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Preface

Despite massive efforts in drug discovery fueled by combi-
natory chemistry, recombinant DNA technology, and high-
throughput screening, surprisingly few molecules make it
through the drug development process. While the reasons
are debated, it is certain that many new chemical entities
(NCEs) suffer from recurring problems that hinder deve-
lopment—low water solubility, instability, or inadequate
pharmacokinetics. An estimated 43% of NCEs are poorly
water-soluble. An entire conference, the 44th Annual Phar-
maceutical Research and Development Conference, was
devoted to the theme of strategies for formulating poorly
water-soluble drugs. Chemical and physical stability pro-
blems of peptides and proteins are well documented. Pharma-
cokinetics is a major reason for failure during drug
development. Many companies have abandoned ‘‘challenging’’
NCEs because of unsatisfactory drug delivery solutions yet
these molecules have the potential to fill unmet needs in
therapy and to serve as a basis for groundbreaking modalities
such as gene therapy.a

a Davis SS, Illum L. Drug delivery systems for challenging molecules. Int J
Pharm 1998; 176:1–8.

ix



The purpose of this book is to survey efforts to adapt,
modify, or tailor polymers for challenging molecules. As sta-
ted by Robert Langer, the needs of materials in drug delivery
can be broken down into two categories—the creation of new
materials and understanding better how to manipulate exist-
ing materials.b In either case, ‘‘you go to the unmet needs.’’
These needs include reducing drug toxicity, increasing drug
absorption, and improving drug release profiles. The goal is
ultimately the spatial and temporal control of molecules or
drug targeting. Meanwhile, the delivery of these challenging
molecules by an array of polymers has captured the attention
and imagination of scientists from diverse fields throughout
the world. This book focuses on their efforts.

This book focuses on four classes of polymers in drug
delivery—water-soluble polymers, hydrogels, biodegradable
polymers, and assembled polymers. In this context, this book
highlight efforts in the delivery of poorly absorbed molecules,
poorly water-soluble or toxic molecules, peptide and proteins,
and plasmid DNA. Well-established polymers with estab-
lished biocompatibility such as the poly(a-hydroxy acids)
and poly(ethylene glycols) have been included, emphasizing
efforts to fill unmet needs in therapy. An attempt in this
book has been made to highlight promising efforts in polymer
synthesis, building structure-property correlations for
drug delivery, and polymer assembles, which hold promise
as nanoscopic carrier systems for a variety of biological
molecules.

This book is written for graduate students, post-docs,
and senior scientists in academia and the pharmaceutical
and biotechnology industry. Efforts in drug delivery are
extensive and interdisciplinary, and advances invariably will
be made by collaboration, especially in the delivery of biologi-
cal molecules—peptides, proteins, and plasmid DNA. This
book is written for scientists in drug development occupied

b Henry CM. Materials scientists look for new materials to fulfill unmet
needs. C&E News, 2002; 80(34):39–47.

x Preface



with challenging molecules. This book may interest polymer
scientists and engineers drawn to problems in drug delivery.

A unique strength of polymers is their versatility, which
permits the creation of tailor-made materials to match the
diversity of molecules in drug development, biotechnology,
and therapy. An attempt has been made to reveal this versa-
tility in this book. Certainly, not all the important develop-
ments in this rapidly evolving field of drug delivery have
been included in this book. However, several of the acknowl-
edged leaders have taken time away from their extremely
busy lives to graciously contribute chapters and provide their
perspectives on the field of drug delivery. In addition, several
relatively young scientists have kindly given their time to
describe their unique contributions in the field of drug deliv-
ery. I would like to thank them all for their considerable
efforts toward the realization of this book.
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N-(2-Hydroxypropyl)
methacrylamide Copolymer

Conjugates

RUTH DUNCAN

Centre for Polymer Therapeutics, Welsh School
of Pharmacy, Cardiff University,

Cardiff, U.K.

1. BACKGROUND

Improved therapies for the treatment of life-threatening and
chronic debilitating disease are urgently needed. Many seek
to achieve more effective chemotherapy through the use of
nanosized drug carriers—now being called ‘‘nanomedicines.’’
The technologies being explored include nanoparticles (1),
polymer-coated liposomes (2), antibodies (3), and polymer ther-
apeutics (4). As liposomes, antibodies (and immunoconju-
gates), and polyethyleneglycolylated-proteins (5) are all now
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routinely used clinically, and an increasing number of
polymer-drug conjugates have entered clinical development,
the field of innovative drug delivery is at last coming of age.
Whilst polymers play a pivotal role in most of these technolo-
gies, the phrase ‘‘polymer therapeutics’’ was specifically coined
(6) to include polymeric drugs, polymer-drug conjugates, poly-
mer-protein conjugates, polymeric micelles (to which drug is
covalently bound), and those multi-component polyplexes
being developed as non-viral vectors for intracytoplasmic
delivery. The water-soluble N-(2-hydroxypropyl)methacryla-
mide (HPMA) conjugates described here are polymer thera-
peutics. From the industrial standpoint they are new
chemical entities (NCEs) rather than conventional drug deliv-
ery systems or formulations which simply entrap, solubilize or
control drug release without resorting to chemical conjugation.
Since the 1970s an impressive literature has grown reporting
the synthesis, characterization, solution, and biological prop-
erties of an ever-larger family of HPMA copolymer conjugates.
These include polymer-drug conjugates (many also bearing
targeting ligands), polymer-protein conjugates, water-soluble
crosslinked polymer conjugates, ‘‘star-shaped’’ conjugates,
and even vesicles entrapping HPMA copolymer conjugates
(Fig. 1, Tables 1 and 2).

de Duve et al.’s realization that the endocytic pathway
might be an ideal gateway for drug targeting (‘‘lysosomotropic
drug delivery’’) (7), and Ringsdorf’s vision of the idealized poly-
mer chemistry for drug conjugation (8,9), began in the 1970s to
set the landscape for research in the field of polymer-drug con-
jugates. A vast number of hydrophilic polymers have since
been explored as carriers [reviewed in (10–12)]. Usually they
have molecular weight between 5000 and 100,000 g=mol, and
include natural polymers (such as dextran, dextrin, and chito-
san), pseudo-synthetic polymers [the polyaminoacids, e.g.,
poly-l-glutamic acid (PGA), poly-l-lysine] and both linear and
hyperbranched synthetic polymers including most recently,
dendrimers and dendronized polymers. A plethora of conju-
gates have now been synthesized, but few have been tested in
vivo, and still fewer have reached clinical development. Only
polyethyleneglycol (PEG) (13,14), PGA (15), polysaccharides
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Figure 1 Schematic representation of the variety of HPMA
copolymer conjugate architectures and compositions under study.
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(16,17) and HPMA copolymer conjugates have been explored
clinically. The first synthetic polymer-anticancer conjugate to
enter Phase I trials did so in February 1994. This was an HPMA
copolymer-doxorubicin conjugate (PK1,FCE28068). Since then,
four HPMA anticancer conjugates, and two HPMA copolymer-
derived gamma camera imaging agents have also been tested
clinically [reviewed in (18–20)].

This chapter describes the evolution of HPMA copolymer-
anticancer conjugates, their current clinical status, and
reevaluates their proposed mechanism of action. The biologi-
cal rationale for design, and methods used to synthesize,
characterize, and evaluate HPMA copolymer-drug and HPMA

Table 1 HPMA Copolymer-Drug Conjugates

Drug bound Use Reference

Daunomycin Anticancer (59,60)
Doxorubicin Anticancer (20,61,62)
Methoxyporpholino-doxorubicin Anticancer (81)
Sacrolysin=melphalan Anticancer (82,83)
Paclitaxel Anticancer (76,84)
Camptothecin Anticancer (77,85)
Mesochlorin e6 Anticancer (80,86,87)
5-Fluorouracil Anticancer (88,89)
Platinates Anticancer (90–92)
Emetine Anticancer (93)
9-Aminocamptothecin Anticancer (94)
Methotrexate Anticancer (95)
Aminoellipticine Anticancer (96)
Geldanamycin derivatives Anticancer (97,98)
Wortmannin Anticancer (99)
1,5-Diazaanthraquinone Anticancer (100)
Aminoglutethamide,

doxorubicin
Anticancer (101)

Ampicillin Antibacterial (102)
Cyclosporine A Immunosuppression,

colon inflammatory
disease

(103,104)

Puromycin Protein synthesis inhibition (59)
l-trans-Epoxysuccinylleucyl

amido (4-amino)butane (Ep459)
Cysteine protease inhibition (105)

8-Aminoquinoline Antileishmania (106)
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copolymer-protein conjugates are described. Prospects for use
of HPMA copolymer conjugates in other applications are also
briefly discussed.

2. HPMA COPOLYMER CONJUGATES—AN
HISTORICAL PERSPECTIVE

Almost all the publications describing HPMA copolymer
conjugates arise from just four research teams (with also colla-
borations between these laboratories): Kopecek and colleagues
(Institute of Macromolecular Chemistry, Prague and subse-
quently the University of Utah); Ulbrich and colleagues (Insti-
tute of Macromolecular Chemistry, Prague); Rihova and
colleagues (Institute of Microbiology, Prague) and my own
group and colleagues (Department of Biological Sciences and
the CRC Centre for Polymer Controlled Drug Delivery at Keele
University, Farmitalia Carlo Erba=Pharmacia, Milan and

Table 2 HPMA Copolymer Conjugates Containing Proteins and
Peptides

Proteins and peptides Reference

Proteins
Insulin (31,138)
Transferrin (139)
Basic fibroblast growth factor (bFGF) (140)
Cathepsin B (141)
b-Lactamase (142)
8.1.1.1.1 Ribonuclease A (143)
Antibodies
Anti-Thy-1.2 antibody (144,145)
Anti-transferrin receptor antibodies (139,146)
Anti-BCL1 antibody (147,158)
Anti-OV-TL16 antibody and its Fab0 fragment (109,148)
Peptides
MSH (149)
8.1.1.1.2 VP2—human rhinovirus antigenic determinant (138)
TAT—peptide to promote cellular uptake (150)
EBV—peptide to promote targeting (151)
Melittin—bioactive peptide to promote membrane damage (152)
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most recently the Centre for Polymer Therapeutics at The
London and Welsh Schools of Pharmacy). During the late
1960s, the Kopecek group synthesized HPMA homopolymer
(pHPMA). It was studied as a potential plasma expander
(21–23). This novel polymer was also viewed as a potential
platform for drug delivery (24–26), and in the 1970s HPMA
copolymers were prepared to contain libraries of peptidyl
spacers chosen for cleavage by model enzymes inclu-
ding trypsin and chymotrypsin (27–29). The first HPMA
copolymer-drug conjugates (30) and HPMA copolymer-protein
conjugates (e.g., insulin) were also synthesized at this time
(31,32). Subsequent evolution of the Kopecek program has
been well documented (33–42).

At the same time we—Margaret Pratten, John Lloyd, and
I—were conducting experiments to unravel the mysteries of
the mechanism of pinocytosis. Polyvinylpyrolidone (PVP), divi-
nylethermaleic anhydride (DIVEMA), and polycations (includ-
ing poly-l-lysine, poly-l-a-ornithine and DEAE dextran) were
chosen as model probes (43–48). Reports from de Duve, and a
collaboration with Helmut Ringsdorf, inspired our search for
effective lysosomotropic polymer-drug conjugates. One early
goal was the identification of a polymer molecular weight that
would ensure cellular internalization, and this was defined
using molecular weight fractions of PVP (49). With the growing
realization that an ideal polymer-drug conjugate would need a
lysosomally degradable, peptidyl linker, Ringsdorf catalyzed
the collaboration between the groups at Keele and Prague. In
1979, I began to study the ability of mixtures of lysosomal
enzymes (tritosomes) to cleave peptidyl side-chains in HPMA
copolymer conjugates using a library of HPMA copolymer con-
jugates. Initially we imagined that cathepsin D would be active
against these substrates, but studies showed little or no side-
chain degradation (50). This was not surprising, as later it
was clear that longer (at least penta-peptidyl) sequences were
required for cathepsin D activity (51). At this time studies
investigating the endocytic uptake of HPMA copolymer conju-
gates clearly showed intracellular degradation to liberate the
drug model p-nitroaniline (52). Re-investigation led to the dis-
covery that it was the lysosomal thiol-dependent proteases that
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were crucial for conjugate degradation (53), and this observa-
tion prompted the design of more appropriate sequences,
including Gly-Phe-Leu-Gly, for conjugation of anticancer
agents (54). These studies also underlined the physiological
importance of undertaking degradation experiments with mix-
tures of enzymes that the substrate is likely to encounter in
vivo. Fundamental studies on the endocytic mechanism also
underlined the need for prudent conjugate design. At high
polymer-loading hydrophobic and cationic moieties caused
substantial non-specific membrane binding of HPMA copoly-
mer conjugates (55,56). This is a non-desirable feature if in vivo
targeting is the goal. In addition, synthesis of HPMA copoly-
mers bearing sugars (galactose and mannose) demonstrated
that multivalent polymer conjugates could be designed to pro-
mote receptor-mediated targeting in vivo (57,58).

Throughout (at Keele University from 1975 to 1992), my
research was supported by the UK Cancer Research Cam-
paign. The ultimate goal was always to identify polymer
anticancer-drug conjugates suitable for clinical evaluation.
Emergence of the anthracyclines in the early 1980s led to
our choice of daunomycin (59,60) and subsequently doxorubi-
cin (61,62) as the most appropriate drug candidates for conju-
gate synthesis. The evolution of our research program has
also been well documented (4,6,37,63–74).

It is important to emphasize that the close collaboration
between Keele and Prague with pivotal contributions of
Blanka Rihova and colleagues, and Karel Ulbrich and collea-
gues, brought together a unique interdisciplinary team that
within five years designed two HPMA copolymer-doxorubicin
conjugates. After patent filing in 1984 (75), conjugates were
transferred into Phase I=II clinical trial as PK (Prague-Keele)
1 (FCE28068a) and PK2 (FCE28069a). The project was made
possible by the UK Cancer Research Campaign Phase I=II
Committee, Czechoslovak Academy of Sciences, and not least,

a It should be noted that in the text these compounds are described as either
PK1 (FCE28068) or PK2 (FCE28069) to acknowledge the distinction
between the product prepared at the laboratory scale (PK1, PK2) or indust-
rially (FCE28068, FCE28069). The latter have a defined specification.
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the Polymer Laboratories and Farmitalia Carlo Erba (became
Pharmacia), Milan. Within Farmitalia Carlo Erba we estab-
lished the protocols for product synthesis to Good Manufac-
turing Practice (GMP) and protocols for Phase I=II trials to
Good Clinical Practice (GCP) guidelines. Although it took
almost a decade to transfer first polymer conjugates from
laboratory to clinic, these meticulous efforts gave credibility
to this new class of therapeutics within the pharmaceutical
industry, ensuring further industrial development of not
only HPMA copolymer-drug conjugates, but also of the other
polymer-drug conjugates that have since emerged.

Into the 1990s development of anticancer conjugates contin-
ued. Building on experience, the time for lead identification and
preclinical development shortened (3–5 years) and it is now com-
parable with thatseen foranyotherNCE.Thetaxanesandcamp-
tothecins emerged as new classes of anticancer agents, and
colleagues in Pharmacia developed second-generation HPMA
copolymer conjugates of paclitaxel (76) and camptothecin (77).
On my return to academia we designed a family of HPMA copo-
lymer platinates (78) that, following license of technology to
Access Pharmaceuticals Inc., have also entered clinical trial.
New concepts for polymeric anticancer combinations, including
polymer-enzyme polymer-drug therapy (PDEPT) (79) and, from
the Kopecek team, HPMA anticancer conjugates containing
photoactivatable drugs (80) have also emerged. Readers are
directed to the reviews cited in this section fora full list ofprimary
studies conducted from the 1970s to the 1990s. The remaining
sections of this chapter focus on the current state of the art
and discuss the future prospects for use of HPMA copolymer
conjugates.

3. SYNTHESIS AND CHARACTERIZATION
OF HPMA COPOLYMER CONJUGATES

3.1. Polymer-Drug Conjugates

Many HPMA copolymer conjugates have been described.
They contain drugs (Table 1), proteins, antibodies, and
targeting ligands (Table 2). Although many subtle changes

8 Duncan



in synthetic chemistry have evolved in an attempt to prepare
better-defined structures, most conjugates are still prepared
by polymer analogous reaction (33,37). Free radical precipita-
tion co-polymerization of HPMA monomer and methacryoly-
lated (MA) peptides terminating in reactive p-nitrophenoxy
groups (ONp) gives a polymeric intermediate to which drugs,
drug analogs or targeting ligands containing an aliphatic
amine can be subsequently bound. This is undertaken either
directly by aminolysis, or after further polymer side-chain
modification to generate the required functionality. This pro-
cedure (Fig. 2) allows synthesis of a library of conjugates
using a common intermediate of defined molecular weight
characteristics, and it has been used to generate the HPMA
anticancer conjugates that have progressed to clinical trial.
Drugs (e.g., doxorubicin) or targeting ligands (e.g., galactosa-
mine) containing an aliphatic –NH2 are bound to a peptidyl
linker via an amide bond (Fig. 3a,b). A monomer feed ratio
of HPMA:MA-peptide-ONp (95:5) was used to prepare PK1
(Fig. 3a), and this was changed to 90:10, to allow addition
of both doxorubicin and galactosamine, in PK2 (Fig. 3b).
Increasing the content of pendant side-chains can also afford
a higher drug loading. Clinically used gamma camera
imaging agents have been prepared by ter-polymerization to

Figure 2 Synthesis of HPMA copolymer conjugates via polymer
analogous reaction.
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Figure 3 HPMA copolymer-anticancer conjugates. Panel (a): HPMA
copolymer-doxorubicin (PK1, FCE28068); panel (b): HPMA copolymer-
doxorubicin-galactosamine (PK2, FCE28069); panel (c): HPMA copoly-
mer-paclitaxel; panel (d): HPMA copolymer-camptothecin.
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include MA-tyrosinamide as a third comonomer (�1 mol%),
which can subsequently be radiolabeled.

There are multiple synthetic routes to the creation of an
HPMA copolymer bearing, for example, a pendant tetrapeptide
side-chain bearing drug (Fig. 4a) (37). In some cases, synthesis
of peptidyl prodrugs before polymer conjugation has become
the preferred route. For example, glycine derivatives of pacli-
taxel via the 20 position and camptothecin modified at the C-
20 a-hydroxy group (Fig. 3c,d) were conjugated to the polymer.
This can be advantageous as it enables conjugation of well-
characterized drug derivatives to shorter side-chains, e.g.,
MA-glycine-ONp (MAG) (76,77).

Conjugates can also be prepared by co-polymerization (or
ter-polymerization) of HPMA, MA-drug and=or MA-targeting
ligand monomers (Fig. 4). MA-N-(4-aminobenzenesulfonyl)
N0-0-butylurea (107), MA-d-galactose (108) and MA-PEG-
Fab0OV-TL have been introduced into HPMA copolymer
conjugates in this way (109). Use of novel comonomers
does, however, require careful optimization of the polymeriza-
tion kinetics, on a case-by-case basis, to ensure adequate
control of the molecular weight characteristics, comonomer
incorporation and conversion (polymerization yield) at
different loadings. The fact that free radical precipitation
polymerization of HPMA and MA-Gly-Phe-Leu-Gly-ONp
(5–10 mol%) reproducibly gives a polymeric intermediate of
Mw� 20,000–25,000 g=mol and relatively low polydispersity
(1.2–1.5), which additionally has established clinical safety,
continues to make it an attractive starting point for drug
conjugation.

Nevertheless, synthesis via the polymer analogous reac-
tion route does have limitations. Quantitation of side-products
including –COOH terminating peptidyl side-chains (hydroly-
sis of the active ester) and 2-hydroxypropylamide terminating
units (from the termination reaction) is difficult (Fig. 2). Addi-
tionally, removal of free drug can be troublesome especially
when potent anticancer agents such as anthracyclines are
used. Recently, Godwin et al. (110) prepared HPMA copolymer
conjugates via a homopolymer intermediate synthesized by
atom-transfer free radical polymerization (ATRP) using

N-(2-Hydroxypropyl)methacrylamide Copolymer Conjugates 11



Figure 4 Synthetic routes to generate HPMA copolymer-linker-
drug-targeting residue conjugates. Panel (a): routes to the synthesis
of a tetrapeptide linker via aminolysis of an HPMA copolymer pre-
cursor; panel (b): preparation of an HPMA copolymer conjugate by
co-polymerization of HPMA and MA-drug-containing monomers
panel (c): ter-polymerization of HPMA, MA-drug-bearing and MA-
ligand-bearing co-monomers.
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N-methacryloxysuccinimide as monomer with a copper
catalyst. The resultant polymeric intermediates had an Mn
of 10,000–40,000 g=mol and narrow polydispersity (Mw=Mn¼
1.1–1.2). Reaction with model amines verified the ability to

generate HPMA homopolymer (using 1-amino-2-propanol)
and also conjugates containing pendant side-chains.

A recognized limitation of HPMA as a polymeric carrier
is the lack of biodegradability of the –C–C– polymer chain.
This excludes safe parenteral administration of polymers
> 40,000 g=mol and prohibits chronic use of its conjugates.
Ingenious methods have been sought to increase ‘‘apparent’’
molecular weight whilst using individual polymer chains of
lower molecular weight. Water-soluble HPMA copolymers
crosslinked via biodegradable peptidyl sequences can be pre-
pared (33,111–113) (Fig. 1c), and used to generate longer cir-
culating carriers for anthracyclines (114). Another option,
pioneered by Ulbrich and colleagues, has been the systematic
design of a family of ‘‘star-shaped’’ conjugates (Fig. 1h). An
antibody serves as the central ‘‘core’’ that is conjugated to semi-
telechelic HPMA copolymers prepared by radical precipitation
copolymerization in the presence of 3-sulfanylpropionic acid
as a chain terminating agent subsequently reacted with
N-succinimide (115).

3.2. Polymer-Drug Linkers

Biological and clinical studies have underlined the fundamen-
tal importance of the polymer-drug linker. When a conjugate is
administered parenterally its stability in the circulation and
ability to release drug at an appropriate rate on arrival in
the target tissue is a principal determinant of therapeutic
index. A variety of chemistries can be used to create pendant
linkers (Fig. 5) (10). Lysosomally degradable peptides ensure
site-specific intracellular activation, but many drug candidates
do not have a convenient aliphatic –NH2 for this purpose.

5-Fluoruracil has been linked to HPMA copolymer bear-
ing peptide side-chains via a-glycine (88), and hydrolytically
labile terminal ester bonds were used to prepare conjugates
of paclitaxel and camptothecin (76,77,116). The endosomal=
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lysosomal proton pump lowers intravesicle pH to 4.0–5.5
(lysosomes) and 5.6–6.5 (endosomes). As extracellular pH is
�7.4, pH-sensitivity can be used to accelerate drug release
intracellularly. Ulbrich and colleagues have exploited pH-sen-
sitive hydrazone or cis-aconityl linkers to explore this strategy
for anthracycline conjugation (117–120). To create a library of
HPMA copolymer-platinates we used peptidyl spacers (Gly-Gly
or Gly-Phe-Leu-Gly) terminating in –COOH, ethylenediamine
(en), malonate (mal), or aspartate as platinum ligands. Cispla-
tin-like (en) and carboplatin-like (mal) polymeric platinates
were thus prepared. The conjugates based on the -Gly-Phe-
Leu-Gly-en-Pt linker only released active platinum species
after side-chain cleavage (90,91) (Fig. 6). The other platinum
chelates, including the malonate derivative AP5280, released
platinum species by hydrolysis (Fig. 7). Use of pendant azo lin-
kers was pioneered by Kopecek and colleagues, with the aim of
achieving site-specific colonic cleavage by bacterial azo-reduc-
tases (121,122). Other conjugation options have been used,
for example, HPMA copolymers bearing pendant side-chains
terminating in maleimide have been used to bind antibody Fab0

fragments (109) and peptides (e.g., TAT peptide) (123) via
thioether linkages.

Figure 5 Linking chemistries used to bind drugs and targeting
residues to HPMA copolymer conjugates.
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Whichever linkage chemistry is used, an important
feature to note is the clear influence of drug loading on
conjugate conformation in solution. This in turn governs
drug release rate. Solution conformation determines rates

Figure 6 HPMA copolymer-platinates.
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Figure 7 Release of platinates from HPMA copolymer-platinates
in vitro. Panel (a): release in phosphate buffered saline (pH 7.4);
panel (b): release in citrate phosphate buffer (pH 5.5). HPMA
copolymer-Gly-Phe-Leu-Gly-en-Pt (`—`); HPMA copolymer-
Gly-Gly-en-Pt (�—�); HPMA copolymer-Gly-Phe-Leu-Gly-COO-Pt
(G—G); HPMA copolymer-Gly-Gly-COO-Pt (�—�). (From Ref. 90.)
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of both hydrolytic and enzymatic degradation. This phenomenon
was again evident in recent experiments with HPMA copoly-
mer-aminoellipticine conjugates (Fig. 8). High loading with
hydrophobic drugs can reduce the rate of pro-drug
activation with a consequent reduction in antitumor activity.

3.3. Characterization and Formulation
of Polymer-Drug Conjugates

Transfer of HPMA copolymer-anticancer conjugates into clin-
ical trial required careful characterization of polymer-drug
conjugates to Regulatory Authority Standards. Colleagues
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Figure 8 Release of aminoellipticine (APE) from HPMA copoly-
mer conjugates during incubation with mixtures of isolated lysoso-
mal enzymes (tritosomes). The results shown represent HPMA
copolymer-Gly-Phe-Leu-Gly(5 mol%)-APE (1a,1b); HPMA copoly-
mer-Gly-Phe-Leu-Gly(10 mol%)-APE (2a) and HPMA copolymer-
Gly-Gly(5 mol%)-APE (3a). The numbers in bold represent the same
samples but incubated without tritosomes. (From Ref. 96.)
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at Farmitalia Carlo Erba=Pharmacia in Milan undertook this
pioneering work. High field (600 MHz) 2D NOESY and
TOCSY 1H NMR were used to define the identity of the
HPMA copolymer-doxorubicin conjugates FCE28068 and
FCE28069 (124). Proton assignment, by comparison with
reference compounds, enabled visualization of the connection
between doxorubicin and the polymer chain, the D and L iso-
meric forms of Phe (inadvertently introduced by the synthetic
chemistry used), and the alternative side-chains terminating
in –COOH and 2-hydroxyproylamide. Such high field NMR
also reveals contaminating solvents, free 2-propanolamine,
free doxorubicin, and in the case of FCE28069, free galactosa-
mine with great sensitivity < 0.1%. Using NMR the bound
galactosamine present in FCE28069 was found to be present
in the four isomeric a- and b-pyranose and furanose forms
with the a-pyranose form predominating (124).

For clinical use, precise definition of molecular
weight characteristics and batch-to-batch reproducibility is
essential. Commercially available gel permeation chromato-
graphy (GPC) columns and compound-specific universal cali-
brations derived from narrow molecular weight fractions of
the polymer-drug conjugate have been used for this purpose
(125,126). In this context, 13 fractions of the HPMA copoly-
mer-paclitaxel conjugate (PNU166945) and 6 fractions of the
HPMA homopolymer were characterized by size-exclusion
chromatography, viscometry, and light scattering to give
the molar mass distribution, intrinsic viscosity, and size
dimensions (127). Whereas the UV extinction coefficient is
often used to estimate total drug in a conjugate, inaccuracies
arising from changes in the extinction coefficient during drug
conjugation can give a dangerous measure of clinical dose.
Specialized HPLC techniques were used to determine total
and free drug content of conjugates (128,129) and also to
quantitate total and free galactose in FCE28069 (129).
For FCE28068 the assay had a sensitivity of 0.01–0.02%
and recovery of free doxorubicin of 97.7% (129).

HPMA copolymer-drug conjugation greatly increases
the solubility of hydrophobic drugs, e.g., doxorubicin solu-
bility increases > 10-fold in FCE28068, but despite this high
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solubility (�5%) the dissolution rate of FCE28068 and
FCE28069 in aqueous solution is relatively slow (> 30 min).
For clinical use, faster dissolving, filter sterilized, freeze
dried formulations were developed containing polysorbate
80 as a dissolution enhancer, lactose, and a small amount
of ethanol (130). The resulting lyophilized cake could easily
be reconstituted with water for injection or NaCl and dissolu-
tion occurred then in �2 min. To ensure safety, absence of
particulates in pharmaceutical formulations for injection is
essential, so considerable care is needed as HPMA copoly-
mer-drug conjugates containing hydrophobic side-chains
tend to form unimolecular micelles and=or multi-molecular
aggregates in aqueous solution (131–134). Recent experi-
ments using small angle neutron scattering (SANS) have
shown subtle differences in the coil structure of PK1 and
PK2 (135) that would account for the differences in their
maximum tolerated dose (MTD) seen in patients (discussed
later).

3.4. Polymer-Peptide and Polymer-Protein
Conjugates

The concept of protein modification by PEGylation is now well
established clinically (5,136,137), and is used to increase pro-
tein solubility and stability, reduce immunogenicity, prevent
rapid renal clearance of small proteins, and prevent receptor-
mediated clearance by cells of the reticuloendothelial system.
Many HPMA copolymer-antibody, -protein, and-peptide con-
jugates have also been synthesized (Table 2). In the main, pro-
tein incorporation has been used to promote cell-specific drug
targeting, but conjugates of biologically active proteins,
enzymes and coiled-coil peptide domains have also been
reported.

Historically conjugates were prepared by non-specific
aminolysis using HPMA copolymer-ONp resulting in random
binding to –NH2 groups in the protein or peptide, but this
does lead to very heterogeneous products. Synthetic routes
to more uniform products are now being used. HPMA
copolymer-OV-TL-TL16 conjugates were prepared by: (i)
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random aminolysis; (ii) reaction with aldehyde groups arising
from antibody carbohydrate oxidation (155), and also most
recently; (iii) using HPMA copolymer-maleimido intermedi-
ates to create thioether linkages to the antibody Fab0 (109).
Comparison of antigen recognition has shown that site-
specific conjugation of Fab0 results in highest retention of
antigen-binding activity. As mentioned above, Ulbrich and
colleagues were the first to create semitelechelic HPMA
copolymers (156). This tool has been useful to synthesize more
homogeneous enzyme (chymotrypsin and bovine ribonuclease
A) (143,156), and antibody (B1 monoclonal) conjugates
(157,158). Using semitelechelic HPMA copolymer-doxorubicin
intermediates, it was possible to synthesize star-shaped
immunoconjugates in which 40–45% of the –NH2 groups in
the antibody were modified (157,158). By elimination of
random antibody crosslinking, the star product had a lower
molecular weight (300,000–350,000 g=mol) compared to
conjugates prepared by the classical route (1,300,000 g=mol).

Peptides have been incorporated into HPMA conjugates
to promote receptor-mediated targeting. Melanocyte stimulat-
ing hormone (MSH) has been used to target melanoma (149),
and an Epstein-Barr virus (EBV) peptide (EDPGFFNVE) to
target T and B cell lymphoma (151). MSH was coupled
via classical non-specific aminolysis; nonetheless HPMA
copolymer-MSH retained biological activity, as demonstrated
by the ability of conjugates to stimulate both tyrosinase
activity and melanin production. Comparison of HPMA
copolymer-doxorubicin conjugates with and without MSH in
the subcutaneous (sc) B16F10 murine melanoma model in
vivo confirmed greater antitumor activity (two-fold) of the tar-
geted conjugate (149). The HPMA copolymer-EDPGFFNVE
conjugate, also prepared by aminolysis, showed binding to B
lymphocytes (Raji B cells) and T cells (CCRF-CEM and
CCRF-HSB-2). Binding to T cells was approximately two-fold
higher; it increased with increasing peptide substitution
per chain (multivalency), and also when a longer spacer
(Gly-Phe-Leu-Gly) was used (151,153). Polymer-protein
conjugates present significant challenges for validated
characterization. GPC is often used to estimate conjugate

20 Duncan



molecular weight but the elution profiles are difficult to
interpret. Standardized GMP manufacture and quality con-
trol for clinical trial will require very careful validation.

4. BIOLOGICAL RATIONALE FOR DESIGN
AND POTENTIAL APPLICATIONS

The factors important for polymer-drug conjugate design are
now well established (4,18). The polymeric carrier must be
‘‘biocompatible,’’ a term defined as ‘‘the ability of a material
to perform, with an appropriate host response in a specific
application’’ (159). No polymer can be designated ‘‘biocompa-
tible’’ unless qualified by information on its route, and
frequency of administration. Polymers for parenteral use
must not elicit a cellular or humoral (IgG or IgM) immune
response. They must be readily eliminated, and preferably
be biodegradable. A polymeric carrier requires sufficient
drug-carrying capacity, tailored on a case-by-case basis to
drug potency, and targeting efficiency. (HPMA copolymers
are well equipped in this respect due to their multifunctional
nature.) The conjugate should protect its payload from prema-
ture metabolism=inactivation during transit, and display the
whole-body pharmacokinetic pertinent to proposed use. For
intravenous (iv) injection and disease-specific targeting, the
conjugate must avoid clearance by the reticuloendothelial sys-
tem (RES). Specific applications may require transport across
biological barriers, e.g., the gastrointestinal tract or blood
brain barrier (BBB). In all cases, conjugation seeks to concen-
trate the drug in the target tissue, while minimizing access to
potential sites of toxicity. At the cellular level those conju-
gates designed to deliver via a specific intracellular compart-
ment (for lysosomotropic or endosomotropic delivery) must be
able to enter the target cell and display intracellular traffick-
ing appropriate to the proposed function (Fig. 9). Finally, the
conjugate must be able to deliver the drug, protein or oligonu-
cleotide at an appropriate rate without premature release
(inactivation) in transit.

Those anticancer conjugates successful in clinical studies
were systematically designed with careful optimization of
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each of these features. For other therapeutic indications
conjugates must be tailored on a case-by-case basis.

4.1. Biocompatibility

Biocompatibility of pHPMA was initially studied in the con-
text of its use as a plasma expander. [14C]pHPMA showed
renal elimination (of lower molecular weight polymers),
and lack of mitogenicity, hematotoxicity, and immunogeni-
city (160,161). pHPMA had a maximum tolerated dose
(MTD) in rabbits of >30 g=kg. The pioneering research of
Rihova and colleagues defined the principal immunological
issues to be considered when constructing any polymer-drug
conjugate. Studies exploring HPMA copolymer conjugates
helped set these basic principles (162,163). HPMA copoly-
mers bearing pendant peptide side-chains are only weakly
immunogenic, acting as thymus-independent antigens. The
antibodies raised are against both the peptide side-chain
and the HPMA polymer backbone. Like PEG, when bound
to proteins, HPMA copolymers significantly reduce protein
immunogenicity (164–167). Copolymers are neither
mitogenic, nor cytotoxic, and do not activate complement
(168). Whereas higher molecular weight polymer chains
accumulate in the RES and skin over time (169,170), lower
molecular weight fractions of 125I-labeled HPMA copolymers
do not show organ tropism and are readily eliminated via
the kidneys (169).

Following administration of HPMA copolymer conju-
gates, the polymeric carrier and the bound drug can be con-
sidered as the two primary metabolites. Documentation of
the fate of each component is important, but it is imperative
to understand the toxicological profile of the conjugate as a
whole, i.e., the drug substance to be given. HPMA copolymer-
anticancer conjugates have typically been significantly less
toxic than free drugs in animals (171). After a single iv
injection to C57black mice, PK1 had an MTD of �95 mg=kg
doxorubicin-equivalent. This can be compared to an MTD of
�20 mg=kg for doxorubicin in this strain (62). In MF1 mice,
the MTD for PK1 was 45 mg=kg doxorubicin-equivalent
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(172). Evaluation of immunogenicity showed that neither
PK1 nor PK2 elicited antibody production (173); they did
not cause bone marrow toxicity at the doses used. Both con-
jugates displayed significantly less cardiotoxicity (a known
side-effect of anthracyclines) than free doxorubicin in a
Wistar rat model (174,175).

Preclinical toxicology of FCE28068 is the only study so
far conducted to ‘‘good laboratory practice’’ (GLP) guidelines
(171). The compound was administered as a single dose to
MF1 mice (22.5 or 45 mg=kg) or as multiple doses to MF1 mice
or Wistar rats weekly for 5 consecutive weeks (12.0 or
22.5 mg=kg, mice; or 3 and 5 mg=kg, rats). Hematological
changes were observed shortly after treatment, and in the
single dose study alanine- and aspartate-aminotransferase
levels were elevated at higher doses. Liver damage was seen
only in rat tissue during histological examination. Other his-
tological changes induced included thymic and testicular atro-
phy, bone marrow depletion, gastrointestinal tract changes
and, in the multiple dose study, an increase in nuclear size
in the proximal tubules of the kidney (although no changes
in urine biochemistry were seen). Recovery from these effects
in rats was seen at 59 days. These toxicities are generally
typical of anthracyclines, and the study recommended an
FCE28068 safe starting dose for Phase I clinical trials of
20 mg=m2 doxorubicin-equivalent.

4.2. HPMA Copolymer-Anticancer Conjugates

More than 80% of publications describing HPMA copolymer
conjugates refer to anticancer conjugates. Although driven by
the desire to create improved chemotherapy, this indication also
allowed progress to early clinical evaluation. The HPMA copoly-
mer conjugate PK2 (Fig. 3b) realized the ambition of a lyso-
somotropic conjugate able to target via receptor-mediated
endocytosis. It contains -Gly-Phe-Leu-Gly-doxorubicin pendant
side-chains, stable in the circulation (176) and degraded
intracellularly by the lysosomal thiol-dependent proteases,
particularly cathepsin B, to liberate drug over a 24–48 h per-
iod. The degradation rate is similar in vitro (177), in vivo
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(178,179), and apparently also in man (20). Although intellec-
tually attractive, tumor targeting by receptor-mediated endo-
cytosis has since been difficult to realize in vivo. PK2 is still
the only ‘‘targeted’’ conjugate to enter clinical trial (180), and
even so PK2 localizes to both normal hepatocytes and hepatocel-
lular carcinoma via the asialoglycoprotein receptor (ASGR)
(57,58,181). This is organ-specific, rather than tumor-
specific, targeting. The magnitude of PK2 targeting in vivo (%
dose) is also markedly dose-dependent due to ASGR receptor
saturation (179). Matching conjugate dose and receptor
number=saturation is a challenge clinically, particularly as
receptor number may be up- or down-regulated in the
presence of ligand. A PK2 gamma camera imaging analog-
enabled non-invasive monitoring of conjugate fate in patients
helped to guide the clinical protocol for dose escalation
(182–184).

4.2.1. Passive and Active Tumor Targeting

As more than ten anticancer conjugates have now been trans-
ferred to clinical trial and all except PK2 are without a bior-
ecognition motif, the mechanism of HPMA copolymer tumor
targeting is worthy of specific discussion. In the 1980s it
became clear that conjugates exhibit significant passive
tumor targeting by virtue of the enhanced permeability and
retention (EPR) effect (185,186). This phenomenon (Fig. 10)
arises due to the hyperpermeability of tumor vasculature
allowing preferential extravasation of circulating macromole-
cules into tumor tissue. Absence of tumor lymphatic drainage
further promotes conjugate retention. EPR-mediated target-
ing was first observed using HPMA copolymer-daunomycin
in a Walker sarcoma model (187), and later confirmed for
PK1 (188) and HPMA copolymer platinates in a B16F10
melanoma model (90,91) (Fig. 11). Since then, numerous
studies using different in vivo tumor models and various
HPMA copolymer conjugates have verified the importance of
this phenomenon (188–190).

Both polymer- and tumor-related characteristics govern
the extent of EPR-mediated targeting. Using HPMA copolymer
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molecular weight fractions in the range 10,000–800,000 g=mol
as probes (191,192), we found that tumor uptake had broad size
tolerance. In the human colon xenograft LS174T, murine
B16F10, and rat sarcoma 180 models, accumulation was
independent of HPMA copolymer size. Conjugate plasma

Figure 10 Schematic showing the mechanism of tumor targeting
by the EPR effect.

Figure 11 (Facing page) HPMA copolymer-anticancer conjugates
demonstrate improved targeting of chemotherapy to an sc B16F10
solid tumor models in vivo. The data shown represent the time-
dependent accumulation of (a) PK1 and free doxorubicin and (b)
HPMA copolymer-platinate. (From Refs. 90,188.)
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Figure 11 (Caption on facing page)
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concentration was the main driving force controlling the extent
of tumor capture (191,192). Visualization of tumor accumula-
tion using the window chamber and a P22 carcinosarcoma
model showed that HPMA copolymer conjugate extravasation
begins within seconds of iv injection and homogenous intratu-
moral distribution is seen within minutes (193).

The magnitude of EPR-mediated tumor uptake deter-
mines conjugate antitumor activity in vivo and this, in turn,
governs the predictive usefulness of tumor models. A large
panel of murine and xenograft models was used to study the
effect of tumor type on targeting, and tumor size on the extent
of EPR-mediated targeting (194). The dye Evans blue (which
binds to albumin and is a known marker of vascular perme-
ability), and PK1 were used as probes. Approximately 50%
of the tumor models studied showed tumor size-dependent
targeting of PK1, with smaller tumors (<200 mg) displaying
highest uptake in terms of percentage dose per gram tumor
(194) (Fig. 12). The other tumor models showed tumor size-
independent localization. After 1 h the levels of PK1 detected
in tumor tissue varied between 2 and 18% dose=g tumor, a
10-fold variation depending on tumor type.

Importantly, intratumoral free doxorubicin (liberated
from PK1) varied to a much greater extent (�200-fold) (194),
suggesting a greater variation in activating enzyme level than
EPR-mediated targeting. Comparison of three doxorubicin
drug-carriers in a standardized B16F10 murine melanoma
model showed highest accumulation for the liposomal formu-
lation Doxil� (up to 13.2% dose=g tumor), followed by PK1
(7.8% dose=g tumor) and then a polyamidoamine (PAMAM)
dendrimer-doxorubicin conjugate (2% dose=g tumor). Again,
tumor levels showed a direct correlation with the plasma
half-life of each carrier (195). It is noteworthy that the clinical
dose of PK1 is >4-fold higher than can be safely administered
for Doxil�.

The increased uptake of PK1 in smaller tumors
(expressed as % dose=g) (194) (Fig. 12b), and the observation
that maximum PK1 extravasation occurs in the tumor
periphery where angiogenesis is taking place (196), posed the
question, ‘‘Would vascular morphology, vascular permeability,

28 Duncan



and=or cathepsin B activity be rate-limiting in determining
PK1 efficacy?’’. Experiments using the murine colon tumor
models MAC15A and MAC26 showed that PK1 (40 mg=kg
doxorubicin equivalent) was significantly more effective than
doxorubicin (10 mg=kg) against MAC15A tumors, but not
against MAC26 tumors (197). Although similar levels of PK1
were detected in both tumors, the peak tumor levels of released

Figure 12 Uptake of HPMA copolymer-doxorubicin (PK1) at 1 h
in tumors of different sizes. Panel (a) shows tumor accumulation
in sc B16F10 tumors in terms of % dose per tumor. As the tumors
increased in size, uptake increased. Panel (b) shows B16F10 tumor
uptake in terms of % dose per gram of tumor. As size increases
uptake in these terms reduces. Panel (c) shows uptake (% dose
per gram of tumor) in MAC 15A colon xenografts of different sizes.
In this case non-size dependence of uptake is seen. (From Ref. 194.)
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doxorubicin were seven-fold greater in the responsive
MAC15A. Therefore, the differences in tumor response were
best correlated with cathepsin B activity (197).

There is continued hope that receptor-mediated target-
ing will further augment the targeting advantage that the
EPR effect brings. To this end, the search continues to find
ligands, effective at tumor targeting in vivo, and in particular
antibody conjugates are being studied (42,198,199). Many
tumors exhibit high levels of the transferrin receptor. HPMA
copolymer-anthracycline conjugates containing transferrin,
or anti-transferrin receptor antibody (B3=25 or CD71) have
been described (139,200). HPMA copolymer-B3=25 conjugates
were internalized by human fibroblasts in vitro nine-fold fas-
ter than conjugates without (200). Conjugates containing dox-
orubicin and anti-CD71antibody have been studied in a B-cell
lymphoma model 38C13 in vitro and in vivo. In vitro the anti-
CD71 conjugate had greater cytotoxicity (nine-fold) than PK1,
and was 4-fold more active than a transferrin conjugate (201).
The anti-CD71 conjugate was also most effective in suppres-
sing the growth of established 38C13 tumors in vivo. Both
the transferrin and antibody conjugate were more active com-
pared to PK1. The mechanism responsible for these differ-
ences is not completely clear. Both the antibody and
transferrin conjugates have a higher molecular weight than
PK1; hence plasma pharmacokinetics and potentially
EPR-mediated targeting will be different. In addition it has
been shown that these different types of conjugates release
drugs at different rates.

Anti-thy-1.2 antibody-targeted HPMA copolymer conju-
gates have also been explored as a means of targeting
the photosensitizer mesochlorin e6 (Mce6) and doxorubicin
(155,202,203). Binding of antibody via oxidized carbohydrate
give a 2-fold better antigen binding. The HPMA copolymer-
Mce6 conjugates were phototoxic towards primary mouse
splenocytes and T lymphocytes, and such conjugates appear
to act via singlet oxygen generation in endosomal or
lysosomal vesicles, causing localized membrane damage
(203,204). Kopecek and colleagues have systematically
studied the targeting of the OA-3 antigen of ovarian cancer
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using conjugates containing OV-TL 16 antibody or its Fab0

fragments (109,155,202,204,205,227). Conjugates containing
doxorubicin or Mce6, and antibody showed increased activity
against OVCAR-3 xenografts (204). In addition, Fab0-targeted
conjugates of Mce6 were more cytotoxic towards OVCAR-3
cells in vitro (IC50¼ 2.6 mM) than non-targeted Mce6 conju-
gate (IC50¼ 230mM) or free Mce6(IC50¼ 7.9 mM) (205).
Recently, HPMA copolymer-doxorubicin conjugates contain-
ing RGD-terminating side-chains, designed to target tumor
endothelial cells have been described (206). Enhanced uptake
by ECV304 cells was demonstrated in vitro, but experiments
to confirm in vivo selectivity are awaited.

4.2.2. Mechanism of Action of HPMA Anticancer
Conjugates

Reappraisal of the current understanding of the mechanism
of action of HPMA copolymer-anticancer conjugates is impor-
tant given the growing database of in vitro, in vivo and clini-
cal data (Fig. 13). Data interpretation is often complex, and in
vivo, many factors (Fig. 13) will act in concert to produce the
antitumor effect observed. Nevertheless, the success of sec-
ond-generation conjugates will rely on design to capitalize
on the mechanism of action of the conjugate rather than solely
on the mechanism of action of the parent drug.

Change in Drug Pharmacokinetics Following
Polymer Conjugation (Fig. 13a)

Unequivocally drug conjugation dramatically alters bio-
distribution. This has been proven in vivo and clinically. After
iv administration the conjugate is initially retained in the
vascular compartment so that drug t1=2a is increased
(20,178,188). The levels of free drug detected in plasma are
very low (>100–1000 times less than seen for the conjugated
drug) (20). Preclinical rodent pharmacokinetic studies and
clinical pharmacokinetics correlate well (20,188). The plasma
half-life of HPMA copolymer-anticancer conjugates is typi-
cally 1–6 h and elimination occurs predominantly via the
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Figure 13 Schematic showing the current understanding of the
mechanism of action of HPMA copolymer-anticancer conjugates at
the: (a) whole organism level, (b) the cellular level, and (c) the mole-
cular level. The exact molecular mechanisms leading to cytostatic
and cytotoxic action are not conclusively proven (see discussion
in the text), so suggested molecular mechanisms are illustrated
and the possible up- and down-regulation of molecular markers
indicated.
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kidney with >50% of conjugated drug excreted within
24 h. The only exception is PK2. Following liver targeting,
hepato-biliary elimination plays a major role.

The biodistribution of HPMA copolymer conjugates
reduces drug access to potential sites of toxicity, including
the heart and bone marrow. This, together with the enhanced
elimination of inactive, conjugated drug via the kidney (when
the polymer-drug linker is stable), explains the significant
reduction in toxicity of anticancer conjugates like PK1 and
PK2 in vivo and in man (20,172). EPR-mediated targeting
can significantly increase the tumor drug concentration area
under the curve (AUC)>70-fold in animal models
(90,187,188). Improved antitumor activity of conjugates
compared to free drug relies on EPR-mediated targeting with
an appropriate rate of drug liberation (activation) at the tar-
get site. Mechanisms of clinical resistance show a maximum
of 5–10-fold decrease in sensitivity, so EPR mediated target-
ing could theoretically provide high enough localized drug
concentrations to overcome both inherent and acquired resis-
tance simply by the pharmacokinetic modification. Gamma
camera imaging has shown some evidence to support EPR-
mediated tumor localization in patients (20,180). However,
further studies are needed in the clinical setting to better
understand the clinical significance of the EPR effect in
human tumors of different tissue origin, the extent of target-
ing at different stages of tumor development (primary, meta-
static, post-surgery, etc.), and not least the extent of targeting
that can be achieved using different dosing protocols and drug
and=or radiotherapy combinations.

Changes in Drug Intracellular Trafficking
Following Polymer Conjugation (Fig. 13b)

Small molecule drugs usually enter cells rapidly (within
minutes) by passage across the plasma membrane. HPMA
copolymer conjugates are taken into cells much more slowly
by endocytosis (52,206,207) and this makes comparative
in vitro screening of activity almost meaningless (18,67).
Endocytic internalization of conjugates has been verified
using a variety of cell lines, together with 125I-labeled probes,
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HPLC assay of drug, and both epifluorescence and confocal
microscopy (128,205,207–210). Conjugates lacking a targeting
ligand are usually internalized slowly as a solute by fluid-
phase pinocytosis, but in some cell types hydrophobic conju-
gates interact with the plasma membrane leading addition-
ally to non-specific adsorptive uptake. Non-specific binding
seems to vary according to the cell line used, and probably
relates to membrane morphology (with or without microvilli)
and the biochemistry of the glycocalyx.

Addition of targeting ligands such as galactose, trans-
ferrin, MSH, -GRGD, and antibodies to conjugates promotes
receptor-mediated internalization (128,149,200,206–209).
Subsequent intracellular trafficking is governed primarily
by the specific receptor-ligand, but the conjugate physico-
chemical nature is also important. For example, galactose-
containing HPMA copolymer conjugates are directed to
lysosomes. Subcellular fractionation showed time-dependant
liberation of [3H]daunomycin from an HPMA copolymer-
[3H]daunomycin-galactose conjugate and redistribution into
the nucleus (207). Similar events can be visualized using
fluorescence microscopy (208), but care must be taken with
interpretation of these images. Artifacts arise due to cell
fixation, changes in fluorescence of polymer-bound and free
drug, and the issues of pH- and concentration-dependent
fluorescence quenching. When using transferrin as a target-
ing ligand, conjugate is also directed toward the transferrin
receptor recycling pathway (200). This has implications for
linker design, as any pH-sensitive linker must be able to off-
load its drug payload during the rapid (5–10 min) intra-
cellular transit. Peptidyl linkers designed for lysosomal
degradation are unsuitable for use in transferrin-conju-
gates; illustrated by the decrease in the in vivo antitumor
activity of HPMA copolymer-Gly-Phe-Leu-Gly-daunomycin-
transferrin conjugates that are directed away the lysosomal
compartment (139).

Jensen et al. (211) recently suggested that a small frac-
tion of HPMA copolymer conjugate initially entrapped within
lysosomes could escape into the cytosol and then traffic to the
nucleus. The process was promoted by addition of nuclear
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localization sequences and=or use of photoactivatable
conjugates to enhance endosomal and=or lysosomal escape
(211). If quantitative transfer can be achieved, this might pro-
vide a novel way to encourage conjugate-mediated cytosolic
delivery of macromolecular drugs. Irrespective of the ultimate
intracellular localization, concern has been expressed that the
lack of polymer main-chain biodegradability might lead to
harmful accumulation. Lysosomal sequestration could
theoretically create an artificial ‘‘lysosomal storage disease’’
syndrome (212). No evidence to date suggests that HPMA
copolymer conjugates do cause lysosomal dysfunction (for
example, by enzyme inhibition), lead to increased lysosomal
membrane permeability (58), or promote increased cytosolic
transfer of polymer anthracyclines (207). However, as
conjugates with different physicochemical form are devised,
perhaps even for chronic use, careful experimentation must
discount this possibility.

Can Conjugate Interaction with the Plasma
Membrane Initiate Tumor Cell Killing
(Fig. 13c)?

This is still a contentious question. When Rihova and
colleagues studied the cellular fate of HPMA copolymer-
Gly-Phe-Leu-Gly-doxorubicin (and related anti-Thy-1.2 and
anti-CD71 conjugates) by EL-4 T-cell lymphoma, SW620 colorec-
tal carcinoma and OVCAR-3 using laser scanning confocal micro-
scopy and fluorescent microscopy, and HPLC (207), they were
unable to detect free doxorubicin in the nucleus (up to 72 h). To
explain the mechanism of cell killing it was suggested that, at
least in part, toxicity might be due to a direct effect of conjugated
drug at the level of the plasma membrane. This is plausible as
hydrophobic conjugates do interact with the surface of some cell
types in vitro. In vivo experiments however argue against this
theory. While non-degradable conjugates sometimes demon-
strate in vitro cytotoxicity (this is likely due to contaminating free
drug not the conjugate per se), in vivo experiments have shown
that drug liberation is a prerequisite for activity. Non-degradable
conjugatessuchasHPMAcopolymer-Gly-melphalan(83),HPMA
copolymer-Gly-Gly-doxorubicin and -Gly-Gly-daunorubicin
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(59,61) and HPMA copolymer-Gly-Gly-en-Pt (90) are all
completely inactive in vivo. On the contrary, the corresponding
conjugates containing degradable polymer-drug linkers demon-
strate greater antitumor activity in vivo than seen for the parent
drug.

Anticancer Action Due to Immunostimulation
(Fig. 13a)

Growing evidence supports the immunostimulatory role
of HPMA copolymer-anticancer conjugates. Rihova postu-
lated that the early antitumor activity in vivo occurs via
cytotoxic or cytostatic action, but that secondary immunosti-
mulatory action of circulating low levels of conjugate supple-
ment this effect (213–215). This hypothesis is supported by
the following observations: (i) Pre-treatment of animals with
immunosuppressive agents (such as doxorubicin and cyclos-
porine A) accelerates the growth of subsequently implanted
tumors whereas pre-treatment with HPMA copolymer-doxor-
ubicin does not. (ii) An increase in circulating natural killer
(NK) cell numbers and anticancer antibodies are seen in ani-
mals treated with conjugate. (iii) Moreover, increased NK
and lymphokine-activated killer (LAK) cells have been seen
in breast cancer patients treated with HPMA copolymer-
Dox-IgG (215). Prolonged low dose chemotherapy is well
known to be immunostimulatory (reviewed in 216), so that
immunostimulatory action of HPMA copolymer conjugates
would be consistent, prolonged liberation of low concentra-
tions of drug from the conjugate. In our laboratory, Flanagan
et al. (217) showed that tumors taken from Walker W256
sarcoma-bearing rats 4 days after treatment with HPMA
copolymer-melphalan conjugates contained significantly
higher numbers of macrophages, B-cells and T-cells than
those from both untreated controls and animals treated with
melphalan alone. Pre-immunization of mice with HPMA
copolymer-doxorubicin before implantation of L1210 tumor
did not impair subsequent antitumor response to the conju-
gate (218). The observation was taken as evidence that the
conjugate did not induce neutralizing antibodies, but this
could also be consistent with immunostimulation.
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Do HPMA Anticancer Conjugates Act at the
Level of Tumor Vasculature?

It is generally assumed that anticancer conjugates act,
after EPR-mediated targeting, at the level of the tumor cell,
and not at the level of the tumor vascular endothelium. The
P22 carcinosarcoma window chamber model was initially
standardized to document the activity of the anti-vascular
agent combretastatin A4 phosphate—a drug that causes vas-
cular shutdown within 1 h (219). The fact that PK1 had no
acute effect of tumor blood flow in this model confirmed a
mechanism different from that of combretastatin A4 (193).
Comparison of in vivo effects of free doxorubicin and PK1 in
a sc human ovarian xenograft A2470=AD model (a doxorubi-
cin resistant cell line), however, showed that whereas free
doxorubicin causes VEGF gene over-expression, surprisingly
PK1 causes a down-regulation of expression and a reduction
in vascular permeability. This was puzzling as the conjugate
was more active than free drug in this model (220). This is
clearly an important observation as the gateway for conjugate
delivery is via permeable vasculature and shutdown would
prohibit subsequent doses of conjugate entering (220,221).
Clinical imaging before, and after, treatment would be the
best way to resolve this question.

Recent studies have described the first HPMA copolymer
antiangiogenic conjugates (222). They were synthesized to
contain O-(chloractyl-carbamoyl) fumagillol (TNP470). This
antiangiogenic agent has undergone clinical evaluation, and
although active it showed unacceptable clinical neurotoxicity
(222). TNP-470 conjugation enhanced and prolonged the
angiogenic activity of the drug in several in vivo models and
abolished neurotoxicity. It was again shown that drug release
was essential for activity (222).

Molecular Mechanisms of Anticancer Activity
(Fig. 13c)

As the molecular mechanisms of tumor cell cycle regula-
tion, control of apoptosis and necrosis, DNA repair, and drug
resistance become better understood, it is interesting to
investigate whether polymer-drug conjugation changes its
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fundamental mechanism of action at the molecular level.
These experiments are technically difficult to design and
interpret, as conjugate and free drugs have such different cel-
lular pharmacokinetics. Moreover, all conjugates contain 1.0–
0.01% free drug. These traces can contribute significantly to
the in vitro activity (18,67). Minko and Kopecek and collea-
gues have undertaken a number of studies aimed at trying
to understand the effect of HPMA copolymer conjugates on
gene expression in normal and resistant ovarian carcinoma
cells (reviewed in (42,189,223–230). The effects of conjugates
on activation of signaling pathways involved in apoptosis,
necrosis, and DNA repair, and expression of the multidrug
resistance efflux pumps MDR1 and MRP were investigated.

Inherent and acquired drug resistance, particularly
multi-drug resistance (MDR), is one of the most important
reasons for the failure of cancer chemotherapy. Intellectually,
lysosomotropic delivery provides an ideal opportunity to
bypass plasma membrane-localized efflux pumps and facili-
tate direct intra-cytosolic drug delivery (Fig. 13c). It has been
reasoned that conjugates using this routing should circum-
vent p-glycoprotein-mediated anthracycline resistance (128),
but direct in vivo evidence to support the hypothesis has been
hard to find (128). In vitro and in vivo, resistant tumors grow
at different rates, and moreover in vivo passive tumor target-
ing may itself lead to drug concentrations high enough to
overcome the plethora of resistance mechanisms. Whereas
PK1 was not exceptionally active against resistant P388R
(murine leukemia) (128), the parent P388 tumor regressed
completely following administration of PK1. Resistant Lovo
(human colon) tumors also did not respond to PK1 in vivo
(Duncan, unpublished). However, antitumor activity seen in
an epirubicin-resistant breast cancer patient (20) at low dox-
orubicin dose (80 mg=m2) established the clinical potential of
drug conjugation. PK1 activity has also been seen in a doxor-
ubicin-resistant ovarian carcinoma xenograft (A2780=AD),
the magnitude of the effect being equivalent to that observed
against the parental tumor A2780 (189). On balance current
evidence supports the likelihood that HPMA copolymer
conjugates can overcome MDR, at least in part, by cellular
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or molecular mechanisms. This remains to be proven
clinically.

A2780=AD cells display a 40-fold resistance to free doxor-
ubicin in vitro. In contrast, Minko and colleagues showed that
the PK1 IC50 only 20% higher than seen in the parental A2780
cells (223). Whereas acute exposure to free doxorubicin
induced MDR1 gene expression, PK1 did not. Even during
chronic exposure, PK1 failed to induce MDR1 gene expression
(225). Similarly, when St’astny et al. examined the in vitro
activity of PK1 and HPMA copolymer-doxorubicin conjugates
targeted with antibodies or transferrin in various normal and
MDR cell lines (including P388-MDR) (231), they found
increased conjugate cytotoxicity in the resistant cell lines. This
was dependent on the targeting ligand used and extent of inter-
nalization of the conjugates, and interestingly, combination of
conjugates with sensitizers, such as cyclosporin A, almost com-
pletely restored the sensitivity of the resistant cell lines (231).

When ovarian carcinoma cells were incubated with free
doxorubicin up-regulation of genes encoding the efflux pumps
(MDR1, MRP), genes implicated in metabolism, detoxification
and genes involved in DNA repair were seen. In contrast,
incubation with PK1 led to down-regulation of the MRP,
HSP-70, GST-p, BUDP, topoisomerase-II a,b and tyrosine
kinase 1 genes (reviewed in 42,189). In these experiments it
was concluded that whereas PK1 and free doxorubicin both
activate the apoptosis signaling pathways (conjugate acti-
vates apoptosis more strongly), only PK1 suppressed protec-
tive mechanisms. PK1 appeared to activate p53, the c-fos (in
A2780 cells) or c-jun (in A2780=AD cells) signaling pathways,
increased lipid peroxidation and displayed increased DNA
damage compared to free doxorubicin (227). Later more
detailed experiments studying the time- and concentration-
dependence of PK1 and doxorubicin action in the same
ovarian carcinoma cell lines reached a different conclusion
suggesting that PK1 causes cell death primarily by necrosis
(229). The proposal that HPMA copolymer conjugates
increase the expression of Fas after 36–48 h in A2780 and that
cell death is at least in part due to activation of the Fas-
receptor pathway (232) complicates this story.
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Figure 14 (Caption on facing page)
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Our studies using B16F10 tumors in vitro and in vivo also
concluded PK1-induced cell killing was by necrosis (233). No
apoptosis was detected using YO-PRO�-1 or Alexa Fluor 488�

annexin V in B16F10 cells incubated with PK1 (10 or 150mg=mL
=mL doxorubicin-equivalent) or free DOX (10mg=mL) in vitro.
When using the Comet assay, there was no significant difference
in DNA damage in vivo caused by PK1 or doxorubicin when care
was taken with tissue processing (Fig. 14) (233). Tumor freezing
prior to assay can itself cause DNA damage.

Using a number of different cell lines, including OVCAR-3,
Rihova and colleagues (209,234) also found that unlike free
doxorubicin treatment (which was a strong enhancer p53
expression) HPMA copolymer conjugates never increased the
expression of p53. Although a number of interesting
observations are emerging, conclusions are conflicting. It is
too early to ascribe any particular mechanism of action to
HPMA copolymer conjugate antitumor activity. In vitro experi-
ments are complicated by the traces of free drug in the conju-
gate, cellular pharmacokinetics of the conjugate compared to
free drug which will vary form one cell type to another (endocy-
tic uptake rates and rate of lysosomal activation). Moreover,
methods used for cell and tissue processing in these experi-
ments can introduce artifacts demanding a vast array of con-
trols before definitive conclusions can be drawn.

4.2.3. The Next Generation of HPMA
Copolymer-Based Anticancer Therapy

Based on the premise that the EPR effect will aid access of
polymeric anticancer conjugates to tumor tissue in humans,

Figure 14 (Facing page) DNA damage determined using the
COMET assay in B16F10 tumors after treatment of mice with
PK1 (15 mg=kg), doxorubicin (7.5 mg=kg) or saline as a control.
Damage is measured as the olive tail moment (OTM) and the data
represent n¼ 3. p value ���<0.0001 relative to saline control. Panel
(a) shows DNA damage at 48 h and panel (b) shows DNA damage at
72 h. Even at earlier time points no significant difference was seen
in damage caused by free doxorubicin and PK1. (From Ref. 233.)
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acting as a gateway for both passive and, in future, receptor-
mediated targeting, a number of strategies are being explored
as second-generation therapies. These include novel antican-
cer conjugates for lysosomotropic delivery, conjugates that
might promote cytosolic access of peptides, proteins and oligo-
nucleotides, conjugates that act extracellularly at the level of
the plasma membrane, and combination therapies designed
to release drug in the tumor interstitium. As an alternative,
conjugates designed to deliver antiangiogenic and target
tumor vasculature have recently been described.

Novel Anticancer Conjugates for
Lysosomotropic Delivery

Having established the clinical profile of HPMA copoly-
mer-anticancer conjugates using traditionally used cancer
chemotherapy (anthracyclines, platinates, taxanes, and
camptothecins), recently synthesized conjugates have evolved
to contain novel antitumor agents. These have been either
compounds that have failed in early clinical development
due to unaccepted toxicity [e.g., ellipticines (96) and TNP-
470 (222)], or interesting novel natural product antitumor
agents [e.g., geldanamycin derivatives (97,98), 1,5-diazaan-
thraquinones (100), wortmannin (99)]. In all cases, HPMA
copolymers of traditional structure (molecular weight charac-
teristics and a Gly-Phe-Leu-Gly linker) have been used as a
platform with the terminal linker dependent on compound
chemistry. With the exception of the HPMA copolymer-TNP-
470 conjugate, which shows remarkable in vivo therapeutic
index (222), more in vivo data are required to verify whether
any of these new conjugates might warrant clinical evaluation.

Combination Chemotherapy for
Lysosomotropic Delivery

In the clinic, to maximize therapeutic index, cancer che-
motherapy is routinely administered as drug combinations.
HPMA copolymer technology has been moving in this direc-
tion too. Kopecek and colleagues developed a chemotherapy-
phototherapy combination using a combination of HPMA
copolymer-Mce6 and HPMA copolymer-doxorubicin. In vivo
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treatment of neuroblastoma and human ovarian carcinoma
xenografts showed an antitumor activity of the combination
that was greater than seen for each element alone (86,87).
Photodynamic therapy is clinically limited by the depth of
laser penetration, and thus cannot be used to treat dissemi-
nated metastatic disease. Nevertheless the added benefit of
site-specific ‘‘targeting’’ that laser activation brings can be
put to good use in other situations such as treatment of super-
ficial disease, compartment-localized disease (e.g., ovarian
cancer) and post-surgical removal of a tumor to eradicate
any residual tumor cells. Combination of the immunomodula-
tors b-glucan and AM-2 with HPMA copolymer-doxorubicin
conjugates targeted with anti-ELA lymphoma antibody conju-
gates led to enhanced antitumor activity in vivo (235). This
observation, and the enhanced activity seen when conjugates
were combined with the p-glycoprotein inhibitor cyclosporine
A (231), show the potential for exploration of combinations in
future clinical studies.

HPMA copolymers provide an ideal platform from which to
deliver more than one drug to a tumor as an optimized drug
combination therapy. Conjugates containing both doxorubicin
and melphalan pendant on the same polymer chain were
already synthesized in the 1980s (unpublished). Recently, the
first conjugates for use in the treatment of hormone-responsive
cancer (breast and prostate) have been described in the form of
HPMA copolymer-aminoglutethimide (Fig. 15) (101). A combi-
nation conjugate, HPMA copolymer-aminoglutethimide-doxor-
ubicin was less hemolytic compared to free drug and
also showed greater cytotoxicity in vitro against MCF-7 cells
than the individual HPMA copolymer-doxorubicin or HPMA
copolymer-aminoglutethimide conjugates alone. Interestingly,
addition of these two drugs to the same polymer chain influ-
ences their drug release rate, so careful optimization of the lin-
ker is needed to maximize therapeutic index in vivo.

Combination Chemotherapy for Intratumoral
Drug Delivery

Tumor cells will be resistant to polymer-drug conjugate
therapy designed for lysosomotropic delivery if: (i) endocytic
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internalization is inadequate, or (ii) levels of activating
enzyme are too low. To circumvent these problems we devised
an alternative approach called ‘‘polymer directed enzyme pro-
drug therapy’’ (PDEPT) (79,141,142). This two-step approach
uses a combination of a polymeric pro-drug and polymer-
enzyme conjugate able to generate cytotoxic drug selectively
within the tumor, but extracellularly (Fig. 16a). To achieve
proof of concept HPMA copolymer-Gly-Phe-Leu-Gly-doxorubi-
cin (PK1) was selected as the model pro-drug, and HPMA
copolymer-cathepsin B as the activating enzyme conjugate.

Figure 15 Structure of HPMA copolymer conjugates containing
doxorubicin, aminoglutethimide and a combination with both drugs
pendant to the same chain. Peptidyl linkers -R- comprising Gly-Gly
or Gly-Phe-Leu-Gly have been used. (From Ref. 101.)
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Figure 16 Polymer directed enzyme prodrug therapy (PDEPT).
Panel (a) is a schematic showing the two-step approach taken to
realize PDEPT; panels (b) and (c) show a combination that utilizes
HPMA-copolymer-glycine-glycine-cephalosporin-doxorubicin as the
macromolecular prodrug and HPMA copolymer b-lactamase conju-
gate as the activating enzyme. (From Refs. 141,142.)

N-(2-Hydroxypropyl)methacrylamide Copolymer Conjugates 45



In vivo,125I-labeled HPMA copolymer-cathepsin B and PK1
showed tumor targeting by the EPR effect in a sc B16F10
model. Moreover, when PK1 (10 mg=kg doxorubicin-equiva-
lent) iv injection was followed after 5 h by the cathepsin B con-
jugate, there was a rapid increase in doxorubicin release
within the tumor tissue (3.6-fold increase in the AUC com-
pared to that seen for PK1 alone). This confirmed the ability
of triggered drug release in the extracellular space (141). Sub-
sequently, a non-mammalian enzyme combination, HPMA-
copolymer-Gly-Gly-cephalosporin-doxorubicin (HPMA copoly-
mer-C-Dox) and HPMA copolymer-Gly-Gly-b-lactamase were
synthesized (Fig. 16b,c) (142). Again the two-step administra-
tion led to release of free Dox in vivo, and this PDEPT combi-
nation caused a significant decrease in tumor growth, in a
B16F10 tumor model that was non-responsive to free Dox
and HPMA copolymer-C-Dox. As the PDEPT combination dis-
played no general toxicity at the doses used and did not lead
to an increase in free doxorubicin concentration in normal tis-
sues further development of this concept is warranted
(141,142).

Conjugates Designed to Act at the Plasma
Membrane

Design of HPMA copolymer conjugates that are able to
act at the level of the plasma membrane is an attractive
alternative. With this objective in mind we synthesized melit-
tin conjugates containing up to 38.9� 2.5% w=w peptide
(152,154). A conjugate with medium loading and Gly-Gly
spacer showed optimal activity, with reduced hemolytic beha-
vior relative to free melittin, but maintained in vitro cytotoxic
activity against B16F10 cells. The MTD of HPMA copoly
mer-MLT was four-fold greater than that of free MLT and
body distribution showed three- to four- fold increased circu-
lation time and improved tumor targeting (�two-fold) of the
conjugate after 4 h.

Anticancer Protein Conjugates

HPMA copolymer-bovine pancreatic ribonuclease (RNase
A) conjugates containing one RNase A and two polymer
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chains retained activity in vitro compared to RNase A,
although the conjugate seemed to be internalized more slowly
than free enzyme (143). In vivo the conjugates showed
enhanced activity after iv and intraperitoneal (ip) administra-
tion in mice bearing human xenografts (236). Tumor histology
showed potent cytotoxicity (143), and confirmed the potential
of this novel antitumor conjugate.

The Tumor Vasculature as a Target

The first HPMA copolymer-antiangiogenic conjugate
(HPMA copolymer-Gly-Phe-Leu-Gly-TNP470) displayed
selective accumulation in tumor tissue due to the EPR effect
and improved antiangiogenic activity in both in vivo tumor
models (A258 human melanoma and Lewis Lung carcinoma)
and a hepatectomy model. Drug conjugation also prevented
TNP470 crossing the BBB and thus eliminating the neuro-
toxicity associated with its clinical use (222). This very pro-
mising approach is worthy of further development. In fact
we hope that a combination of HPMA copolymer conjugates
containing RGD motifs to promote integrin avb3 receptor-
mediated targeting (206) with anti-endothelial chemotherapy
might enhance the effects seen further. In situations where
tumor is well vascularized but vasculature permeability is
poor, this strategy might be essential.

It is noteworthy that there have been hints from clinical
studies (activity in lung cancer patients previously treated
with radiotherapy) that a combination of radiotherapy with
polymer conjugates leads to enhanced tumor targeting and
improved antitumor activity. Radiotherapy, directly or indir-
ectly, may induce an increase in vascular permeability, so
exploration of clinical protocols combining HPMA copolymer
conjugates with radiotherapy is an important option to
explore.

4.3. Conjugates for Intracellular Delivery of
Oligonucleotides and Proteins

Many synthetic non-viral vectors are under development with
the hope of promoting intracellular delivery of macromolecular
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drugs including genes. Usually the polymers used are polyca-
tions, or polymers that demonstrate pH-dependent conforma-
tional change to facilitate endosomal escape. Whereas
hydrophilic, charge-neutral HPMA copolymers would not
seem an obvious choice for use as non-viral vectors, recent

Figure 14 (Caption on facing page)
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observations suggest that HPMA copolymer conjugates can
escape endosomes and lysosomes albeit in low amounts
(211). HPMA copolymer-antisense conjugates prepared from
sulfhydryl-terminating antisense oligonucleotides linked to
HPMA copolymers via a disulfide linkage were reportedly
efficiently taken up by cells in vitro (237). Furthermore,
HPMA copolymers synthesized to contain a synthetic peptide
TAT sequence (H-Gly-Arg-(Lys)2-(Arg)2-Gln-(Arg)2-Gly-Tyr-
Lys-Cys-OH) labeled with FITC (1 TAT peptide per polymer
chain) appear to show rapid, energy-independent cytosolic
access and nuclear delivery of doxorubicin (123).

Early studies synthesized cationic HPMA copolymer con-
jugates containing tri-methyloxyethylammonium chloride a
pendant side-chains (56) these we strongly membrane binding
and subcellular fractionation studies showed that these catio-
nic HPMA copolymer conjugates remained plasma mem-
brane-associated for much longer than galactose-containing
HPMA copolymers (58) (Fig. 17). Presumably this was due
to non-specific membrane adsorption to non-internalizing
membrane elements.

A series of experiments conducted over the last decade
(238–246) by Seymour, Ulbrich, and Oupicky and colleagues
has systematically tried to optimize the use of HPMA copoly-
mer-containing non-viral vectors for oligonucleotide (includ-
ing genes and antisense) delivery. Diblock copolymers of

Figure 17 (Facing page) Comparison of the subcellular distribu-
tion of HPMA copolymer-galactosamine (58) and cationic HPMA
copolymers containing pendant side-chains terminating in oxyethy-
trimethylammonium chloride (56), structure in panel (a). The pro-
files shown in panels (b) and (c) show rat liver fractionation using
a percoll gradient at various times after iv administration of the
conjugates. Panel (b) shows the distribution of 125I-labeled cationic
HPMA copolymers at -e- 10 min, -d- 20 min and -c- 60 min. Aryl sul-
fatase distribution (lysosomes) is shown in -f-. Panel (c) shows the
distribution of 125I-labeled HPMA copolymer-galactosamine in this
case, -g- 10 min, -f- 20 min and -c- 60 min. Arylsulfatase distribution
(lysosomes) is shown in -a- and 5’-nucleotidase (plasma membrane)
in -c-.
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p(HPMA) and 2-(trimethylammonio) ethyl methacrylate
(TMAEMCl) formed interpolyelectrolyte complexes (IPECS)
with DNA. The most effective compositions had a cationic
block of lower molecular weight than the pHPMA block
(239). These pHPMA-pTMAEM block copolymers complexed
to bcl-2 antisense produced small nanoparticles (�36 nm).
Unfortunately their lack of stability precluded in vivo
systemic use (243). To develop longer circulating vectors,
poly-lysine was grafted with short pHPMA side chains (241)
and coated complexes were prepared by covalent attachment
of semi-telechelic pHPMA to the surface of preformed poly-
lysine=DNA IPECS (244). Despite improved properties in
vitro, these complexes also lacked stability in vivo. An alter-
native approach covalently conjugated HPMA copolymer-
Gly-Phe-Leu-Gly-ONp precursors (i.e., multiple points of
attachment) to the surface of the poly-lysine IPEC (245).
The resultant complexes were more stable, and showed pro-
longed circulation times in vivo (246), but lacked the ability
to transfect in vitro unless transferrin was added to promote
cellular uptake (245). Recent studies have explored nano-
sized IPECs prepared by polyethyleinimine-SH complexation
of DNA subsequently coated with HPMA copolymers contain-
ing pendant 2-pyridyldisulfanyl or maleimide groups, the aim
being to form degradable disulfide (reduced on addition of
dithiothreitol) linkages or stable thioether linkages. In vitro
studies confirmed that the degradable constructs had a
40- to 100-fold higher transfection efficiency (247).

5. CLINICAL STATUS OF HPMA COPOLYMER
CONJUGATES

5.1. HPMA Copolymer-Doxorubicin
(PK1, FCE28068)

Standard Phase I entry criteria were used in GCP controlled
trials, although patients known to have brain metastases were
excluded due to concern that brain vascular permeability
might lead to neurotoxicity. Appreciating that conjugate phar-
macokinetics could lead to unexpected anthracycline toxicities,
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hepatic and renal function was also closely monitored (20).
FCE28068 was administered as a short infusion (4.16 mL=
min and drug concentration 2 mg=mL doxorubicin-equivalent)
every 3 weeks and during dose escalation the infusion time was
gradually extended. Dose escalation was made from the start-
ing dose at 20 mg=m2 (doxorubicin-equivalent) to the MTD at
320 mg=m2 (doxorubicin-equivalent) (20). This MTD can be
compared with a normal clinical dose for doxorubicin of
�80 mg=m2. No polymer-related toxicity (or immunogenicity)
was observed, and the dose-limiting toxicities (DLT) were
typical of the anthracyclines, for example febrile neutropenia
and mucositis. Alopecia was not seen at doses<180 mg=m2

and nausea was mild without the need for anti-emetics until
doses of�240 mg=m2. Anthracycline cardiotoxicity was absent
even though individual cumulative FCE28068 doses of up to
1680 mg=m2 (doxorubicin-equivalent) were given. It should
be noted that these cumulative doses represent>20 g=m2 of
HPMA copolymer and are considerably higher than the maxi-
mum allowable cumulative dose of doxorubicin (550 mg=m2).

Two partial and two minor responses were seen in the
study, in non-small cell lung cancer (NSCLC), colorectal
cancer and anthracycline-resistant breast cancer at 80 mg=m2

(doxorubicin-equivalent). Activity in these chemotherapy
refractory patients at relatively low conjugate dose is consis-
tent with targeting by the EPR effect. Clinical pharmacoki-
netics and gamma camera imaging showed a distribution
profile similar to that seen in the preclinical studies, i.e.,
prolonged plasma circulation, absence of liver accumulation,
and significant renal elimination (50–75% over 24 h) over
time. FCE28068 had a t1=2a¼ 1.8 h and t1=2b¼ 93 h (20,248).
There was no evidence of dose dependency of pharmacoki-
netics. Although imaging with a 131I-labeled FCE28068
analog generally showed poor resolution, uptake was seen
in known tumor sites in 6 of the 21 patients studied. The con-
jugate was particularly visible in a head and neck primary
tumor where levels of radioactivity were 2.2% dose at
2–3 h, 1.3% dose at 24 h, and 0.5% dose after 8 days. Phase
II trials were conducted in colon, NSCLC and breast cancer
patients using an FCE28068 dose of 280 mg=m2 again
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administered using a once-in-3-weeks schedule. Although no
activity was seen in colorectal cancer patients, partial
responses were again seen in breast and NSCLC patients
refractory to conventional chemotherapy (249).

5.2. HPMA Copolymer-Doxorubicin-
Galactosamine (PK2, FCE28069)

Phase I evaluation of FCE28069 was conducted in 31 patients,
of which 23 had primary hepatocellular carcinoma (179). Con-
jugate was given iv every 3 weeks, initially at an infusion rate
of 4.16 mL=min (2 mg=mL doxorubicin-equivalent). Due to
pain the rate of infusion was reduced to 2 mL=min (1.0 mg=
mL solution). Six patients were given FCE28069 by 24 h in-
fusion to see if this would improve targeting efficiency by mini-
mizing ASGR saturation. The starting dose was again
20 mg=m2 (doxorubicin-equivalent). FCE28069 displayed a
significantly lower MTD (160 mg=m2) than seen for
FCE28068, but the DLT was typical of anthracyclines; myelo-
suppression and mucositis (179).

Two patients with primary hepatocellular carcinoma had
measurable partial responses lasting>26 and>47 months
respectively (179); a third showed reduction in tumor volume
and 11 had stable disease. FCE28069 did not show dose-
dependency in plasma pharmacokinetics with<0.1% of the
drug in plasma present as free doxorubicin. In this case
urinary excretion at 24 h was only 5% and SPECT gamma
camera imaging showed FCE28069 liver levels of 15–20%
dose at 24 h (179,183). The majority of conjugate was present
in normal liver (after 24 h, 16.9% dose) with lower accumula-
tions within hepatic tumor (3.2% dose). However, it was
estimated that this hepatoma-associated drug was still
12- to 50-fold higher than could be achieved with administra-
tion of free doxorubicin.

5.3. HPMA Copolymer-Paclitaxel (PNU166945)

In Phase I clinical trials PNU166945 was administered by
a 1 h infusion every 3 weeks (84). A starting dose of 80 mg=m2

(paclitaxel-equivalent) was used and the highest PNU166945
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dose administered was 196 mg=m2 (paclitaxel-equivalent).
The toxicity observed was consistent with commonly observed
paclitaxel toxicities: flu-like symptoms, mild nausea and
vomiting, mild hematological toxicity, and neuropathy. Neu-
rotoxicity grade 2 occurred in two patients at a dose of
140 mg=m2 (although grade 1 was pre-existing on their entry)
and one patient at 196 mg=m2 had grade 3 neuropathy after
the fourth cycle. Although no DLTs were reported dose
escalation was discontinued prematurely due to concerns of
potential clinical neurotoxicity.

In this small patient cohort antitumor activity was also
observed. A paclitaxel-refractory breast cancer patient showed
remission of skin metastases after two courses at 100 mg=m2

(paclitaxel-equivalent). Two other patients had stable disease
at a dose of 140 mg=m2. Plasma pharmacokinetics were mea-
sured over 48 h using HPLC and was linear with dose both
for PNU166945 and the released paclitaxel. The conjugate
had a t1=2�6.5 h and its volume of distribution indicated
plasma circulation. Free paclitaxel released from the conju-
gate had a t1=2�1.2 h and free drug levels were low, with
�1% of the paclitaxel present in plasma as conjugate (84).

5.4. HPMA Copolymer-Camptothecin
(MAG-CPT; PNU 166148)

PNU166148 (MAG-CPT) containing the Gly-C6-Gly-camp-
tothecin pendant side-chain was selected for Phase I clinical
studies. Two dosing schedules were studied during Phase I
evaluation. In the first study, 62 patients were entered start-
ing at a dose of 30 mg=m2 (camptothecin-equivalent) and con-
jugate was given as an iv infusion as given 30 min every 28
days (21). Dose escalation progressed to an MTD of
240 mg=m2 with 200 mg=m2 being the recommended dose for
further studies. At 240 mg=m2 the DLTs included grade 4
neutropenia, thrombocytopenia, and grade 3 diarrhea. Severe
and unpredictable cystitis was also seen.

In another Phase I study (250) MAG-CPT was adminis-
tered as a 30 min infusion on 3 consecutive days every 4
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weeks. The starting dose was 17 mg=m2=day and this was
escalated to 130 mg=m2=day, i.e., total dose per cycle¼
390 mg=m2. Hematological toxicity was rare, but cumulative
bladder toxicity was dose-limiting at doses of 68 mg=m2 or
greater. No objective clinical responses were seen in either
of these trials; however, one patient with renal cell carcinoma
had tumor shrinkage and a colon patient had stable disease
for 62 days. A validated assay was developed to measure
bound and free drug in clinical samples (251). No dose-
dependency of plasma clearance of either MAG-CPT or the
released drug was seen (51,52). Plasma levels of free camp-
tothecin were 100 times lower than conjugated drug. The
t1=2a was similar to that seen for other HPMA copolymer con-
jugates and urinary excretion of the MAG-CPT was again high
(66% at 24 h). There was no significant difference in terminal
half-life (�8–10 days) of free and polymer bound drug and the
conjugate was still detectable in urine after 4 weeks (51,52). It is
probable that the observed bladder toxicity relates to the altered
biodistribution of the camptothecin conjugate and lack of stabi-
lity of the polymer-drug linker during renal elimination.

To seek clinical evidence to support the concept of EPR-
mediated targeting, 10 colorectal cancer patients were given
a single dose of MAG-CPT (60 mg=m2 camptothecin-equiva-
lent) at 24 h, 3 days, or 7 days prior to surgery (252). At
surgery plasma, tumor, and adjacent normal tissue samples
were collected and analyzed for bound and free camptothecin.
The concentrations of free and bound drug in plasma, tumor,
and normal tissue achieved equilibrium by 24 h after dosing.
However, while the conjugate achieved similar levels in tumor
and normal tissue at 24 h, free drug levels were lower in tumor
than in normal tissue indicating a lack of preferential accumu-
lation by the EPR effect. These results were in contrast to pre-
vious data from animal tumor xenograft studies (116).

5.5. HPMA Copolymer-Platinates
(AP5280; AP5346)

First Phase I studies were undertaken with an HPMA copo-
lymer-Gly-Phe-Leu-Gly-malonato-platinate (a carboplatin
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analog) (AP5280; Fig. 6) (253–255). Twenty-nine patients
reported were given AP5280 at doses from 90 to 2300 mg=m2

(Pt-equivalent) by short infusion (1 h; 500 mL) (254). The
MTD was 2300 and dose limiting toxicities were uncontrolla-
ble vomiting (not possible to relieve) and grade 2 thrombocy-
topenia. A Phase II program is being planned.

More recently, HPMA copolymer-platinates containing a
1,2-diaminocyclohexyl (DACH) analog have been described.
AP5286 contains the DACH analog bound to an HPMA copo-
lymer-Gly-Phe-Leu-Gly-malonato (Fig. 6), and AP5346 is an
HPMA copolymer-Gly-Gly-Gly-malonato-DACH (255,256). In
in vivo studies using sc B16F10 tumors, AP5346 produced
higher levels of tumor Pt-DNA complexes when compared to
oxaliplatin, and showed superior ability to inhibit tumor
growth. This compound is currently in Phase I clinical trials
designed to establish its MTD and pharmacokinetics in
patients with solid tumors.

5.6. HPMA Copolymer-Antibody-Doxorubicin
Conjugates

Rihova and Ulbrich and colleagues have reported preliminary
clinical experiments in six patients with refractory disease
(angiosarcoma and breast carcinoma) (214,257). HPMA copo-
lymer-Gly-Phe-Leu-Gly-doxorubicin (or epirubicin)-human
immunoglobulin (HuIg) has been synthesized on a case-by-
case basis for patient treatment. The HuIg used was either
prepared was autologous IgG from sera by precipitation with
40% ammonium sulfate, or was a commercially available allo-
genic human g-globulin. The primary aims of these prelimin-
ary studies were evaluation of the immunomodulatory effects
of these conjugates. Disease progression was monitored and a
large number of biochemical and immunological parameters
were assessed. Although it is difficult to assess objectively
the data obtained in the context of GCP guidelines, it is inter-
esting to note that in some patients, antitumor effects were
seen; the conjugate did not seem to induce anti-Ig antibodies
and increased the levels of CD16þ56 and CD4þ cells in
peripheral blood, and the activation of NK and LAK cells
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supported the suggestion that HPMA copolymer-doxorubicin
conjugates can be immunostimulatory.

6. OTHER APPLICATIONS

Few other applications of HPMA copolymer conjugates have
been explored in depth, and none has yet been tested
clinically. Rihova and colleagues (258–260) studied HPMA
copolymer-cyclosporine A conjugates. Cyclosporine A is routi-
nely used as an immunosuppressive agent to treat transplan-
tation patients and also autoimmune diseases. Its use is
however limited by nephrotoxicity and interference with
normal thymocyte differentiation. HPMA copolymer conju-
gates containing cyclosporine A, with or without antibodies
(anti-thymocyte serum, anti-human CD3, and anti-mouse
CD4), overcame the cyclosporine A-induced abnormal thymo-
cyte differentiation (260). Moreover, the severe kidney and
thymus lesions induced by free drug were absent when
conjugate was administered to rats (259).

6.1. Conjugates for Oral Delivery

Oral delivery is a preferred route for all drug administration.
Nonetheless many formulations still require optimization in
respect of (i) site-specific drug delivery within the gastroin-
testinal (GI) tract, (ii) prolongation of GI transit time to
improve and prolong oral bioavailability, and (iii) the ability
to protect and assist the transfer of macromolecular drugs,
particularly proteins and peptides, across the GI barrier.
Cartlidge et al. (113) and Bridges et al. (261,262) discovered
that HPMA copolymers with pendant sugars have the poten-
tial to promote GI lectin binding. Since then, systematic
investigations by Kopecek, Rihova, Rubenstein and collea-
gues have looked carefully at HPMA copolymer conjugate
features pertinent to use in advanced oral delivery systems.
Conjugates bearing pendant side-chains terminating in
sugars, initially galactose (113), fucose (261,262) (selected as
colonic bacteria are known to interact with the GI mucosa
via a fucose-mediated ligand), and cationic residues
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(261,262) were bioadhesive in vitro. Although strongly bioad-
hesive in vitro, in vivo cationic HPMA copolymers (56)
appeared to induce mucin precipitation leading to more
rapid elimination in the feces than observed for unmodified
HPMA copolymers. They were therefore abandoned as oral
bioadhesives (unpublished).

Designing appropriate polymer-drug linkers for orally
administered conjugates is another challenge. Peptidyl
sequences tailored for site-specific cleavage by brush border
enzymes, i.e., at the enterocyte surface (263), were explored,
and also azo linkers for colon-specific, e.g., of anti-inflammatory
agents like aminosalicylic acid (264).

HPMA copolymer-sugar=lectin conjugates have been
advanced. HPMA copolymer-fucose conjugates showed
enhanced binding to rat and guinea pig everted colonic sacs
and enterocytes in vitro and in vivo (265–267), but the magni-
tude of the binding effect was quite variable. The targeting
potential of HPMA copolymer-doxorubicin conjugates con-
taining galactosamine, peanut agglutinin, wheat germ agglu-
tinin or anti-Thy-1.2 antibody was studied using primary
(HT29 and SW 480) and metastatic (SW 620) human colon
carcinoma cells and also an SW 620 line transfected with
Thy-1.2 (SW 620T) (268). The wheat germ agglutinin- and
anti-Thy-1.2-containing conjugates displayed greatest cyto-
toxicity in vitro, but the conjugates of peanut agglutinin were
more selective. Kopecek and colleagues (269–271) also pre-
pared HPMA copolymer-peanut agglutinin, -wheat germ
agglutinin, and anti-Thomsen-Friedenreich antigen antibody
conjugates in an attempt to localize more specifically to dis-
eased or pre-cancerous lesions. Lectin-conjugation did not
change the lectin binding affinity. The differences in normal
vs. diseased tissue localization (peanut agglutinin conjugates
do not localize to normal healthy tissue) might provide
targeting opportunities for anti-inflammatory drugs, e.g.,
cyclosporine A to ulcerative colitis, and anticancer agents;
e.g., aminocamptothecin to colon cancer (94). However, the
fact that the colonic bacterial population influences the muco-
sal glycoprotein composition (target) makes the in vivo models
for efficacy evaluation and clinical trials complicated to design
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(271). Recently, the interaction of multivalent galactose-bear-
ing HPMA copolymer conjugates with human colon carcinoma
cells suggested an alternative opportunity to localize such
conjugates to human colon cancer via the oral route (272).

We examined HPMA copolymer-peptide conjugates as
potential oral vaccines (138). A human rhinovirus peptide
VP2 (VKAETRLNPDLQPTETSQDVANAIVC) was covalently
linked to an HPMA-Gly-Gly-ONp polymeric precursor. Conju-
gation improved peptide stability during incubation with
brush border membrane and luminal peptidases transport
but studies on GI transport and oral immunization failed to
show conjugate advantage.

HPMA copolymer conjugates, as would be predicted,
show minimal ability to cross the BBB although transfer in
rats was elevated using an osmotic infusion protocol (that
has been safely applied clinically) to transiently open the
BBB endothelium (273). Polymer transfer was influenced by
molecular weight, charge and hydrophobicity. Using a cortical
slice model coupled with optical imaging it was recently
shown that HPMA copolymer-FITC or Texas red narrow
molecular weight labeled fractions diffuse in the brain extra-
cellular space with the same tortuosity as small molecules
(274). This is consistent with observations in the tumor inter-
stitium (193).

Improved anti-infective and antiparasitic agents are a
major clinical need, but to date few (102,275) HPMA copoly-
mer conjugates have been designed for this purpose. Nan
et al. (275) recently described the first HPMA copolymer-
antileishmanial agent. It contains 8-aminoquinoline
(NPC1161) and N-acetylmannosamine targeting residues
chosen to locate the conjugate to macrophages which harbor
the parasite. In vitro the HPMA copolymer-NPC1161 conju-
gates with at least 5 mol% N-acetylmannosamine were signif-
icantly more active than non-targeted conjugates, and in vivo
also they were more effective.

FITC-labeled HPMA copolymer conjugates containing
aldendronate and aspartic acid peptide have recently been
synthesized (276). Their ability to target bone was examined
in vitro using a hydroxyapatite model and in vivo in mice,
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and preliminary experiments suggest it would be interesting
to quantitate targeting efficiency in vivo (276).

7. RELATED TECHNOLOGIES

For completeness, it is important to briefly review the
extended family of HPMA copolymer conjugate compositions
now available. In most cases these technologies were devel-
oped to prolong plasma circulation time and thus increase
passive tumor targeting by the EPR effect.

7.1. Water-Soluble Crosslinked Conjugates

Water-soluble crosslinked HPMA copolymer-doxorubicin
conjugates (Mw 100,000–1,000,000g=mol) were synthesized
using N2N5-bis(N-methyacryloyl-Gly-Phe-Leu-Gly-doxorubi-
cin) and a new crosslinking agent N2N5-bis(N-methyacry-
loyl-Gly-Phe-Leu-Gly) ornithine methylester (140,277). In
this case lysosomal enzymes can cleave both the pendant
side-chain and crosslinking sequences. In vivo studies using
OVCAR-3 ovarian cancer xenografts confirmed the increased
plasma circulation half-life of the higher molecular weight
conjugates, compared to PK1, and increased tumor targeting
did correlate with increased antitumor activity.

7.2. HPMA Copolymer-Coated Nanoparticles

Polymeric nanoparticles and nanospheres can be prepared to
have a high drug carrying capacity, but unfortunately recog-
nition by the RES often leads to premature liver and spleen
clearance resulting in poor tumor targeting. In an attempt
to overcome this limitation, nanospheres based on methyl-
methacrylate, maleic anhydride, and methacrylic acid were
covalently coated with semitelechelic pHPMA. The resultant
nanospheres displayed decreased protein adsorption and
with increasing pHPMA molecular weight (Mn 5000–15,000
g=mol) they displayed long-circulating properties and
decreased liver uptake (278).
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7.3. Encapsulation of HPMA Copolymer
Conjugates Within Vesicles

We decided that a convenient way to modulate the pharmaco-
kinetics of HPMA copolymer conjugates and also to build in a
two-step process for triggered drug liberation would be
entrapment (PK1 was used as an example) within vesicles
(279,280). Niosomes were prepared using a variety of compo-
sitions. Whereas passive association of PK1 with preformed
vesicles was low (3–4%), dehydration (freeze drying) followed
by rehydration of the formulation increased the entrapment
to 40–60%. The mean size of C16G2 niosomes was 235 nm,
and transmission electron microscopy revealed an electron-
dense core as evidence of intravesicular concentration of
PK1. Degradation experiments showed slow release of conju-
gate from the vesicle and only once liberated enzymatically
triggered drug release. Preliminary biodistribution studies
showed that these particular formulations require further
optimization if they are to avoid RES capture.

8. FUTURE PROSPECTS

Water-soluble polymer-protein and polymer-drug conjugates
are becoming an accepted addition to the repertoire of
clinically useful chemotherapy. Transfer of HPMA copoly-
mer-anticancer conjugates into clinical trials verified the
practicality of reproducible manufacture of HPMA copoly-
mers to a predefined GMP specification. The data acquired
from>250 patients have also established the safety (including
lack of immunogenicity) of this novel polymer when adminis-
tered parenterally as a short course of treatment (6–10 doses).
Whilst the anthracycline conjugates PK1 and PK2 displayed
promising antitumor activity, sadly they have never been
subjected to the intensive clinical development program
needed to define optimum dose and dosing schedule. Their
true potential is still as yet unknown. Failure of the paclitaxel
and camptothecin conjugates underlines the need for
conjugate rational design with consideration of whole body
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pharmacokinetics and linker stability. Second generation
anticancer conjugates containing novel natural products,
therapy for hormone-dependant cancers and also polymer-
drug combinations are now progressing towards clinical
trial. With the aid of HPMA copolymer-imaging agents [for
both gamma camera imaging and positron emission tomo-
graphy (PET) imaging] it will be possible to assess the clin-
ical significance of both EPR-mediated and also receptor-
mediated targeting.

The proven clinical safety of the HPMA copolymer per se
supports further development of HPMA copolymer-drug
conjugates for treatment of other life-threatening diseases
in circumstances where a short course of treatment will bring
therapeutic benefit. Lack of biodegradability of the polymer
main-chain precludes chronic parenteral administration
although repeated oral dosing would be a practical option.
The scene is now set to progress to better defined HPMA copo-
lymer conjugates (control of molecular weight, structure, and
defined 3D architecture), to conjugates with more imaginative
polymer-drug linkers and to conjugates that will address
modern challenges in macromolecular delivery and promotion
of tissue engineering and repair.
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1. INTRODUCTION

Poly(ethylene glycol) (PEG) is a polymer possessing unique
physicochemical properties such as high water solubility
and flexibility. From these characteristics it is known that
PEG is bioinert, and it has attracted increasing attention in
the sphere of biomedical applications. Since Abchowski
et al. (1) reported that end-functionalized PEG can modify
biologically active proteins, an interaction that caused not
only lowered immunogenicity but also an alteration of phar-
macokinetics, PEG modification chemistry has become
increasingly important in the field of protein drugs. The mod-
ification of the protein by PEG is the so-called ‘‘PEGylation,’’
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and the term has been utilized from the beginning of the
1990s (2,3). As can be seen in Figure 1, the number of publica-
tions on PEGylation chemistry is increasing significantly
every year. Thus, the merits of PEGylation chemistry have
been becoming clear to the research community.

The conventional PEG that is utilized for PEGylation
chemistry is semi-telechelic PEG and, especially, the commer-
cially available methoxy-ended PEG (4,5). A particular form–
the commercially available methoxy-PEG-OH, in which the
hydroxyl group was converted to another functional group–
is used for the modification of proteins. The beard-like PEG
chains that are conjugated to a protein molecule are believed
to prevent recognition by a group of scavenger cells, namely
the reticuloendothelial system (RES) that is located at the
liver, the spleen, and the lungs. In addition, the increase in

Figure 1 Number of publications on PEGylation chemistry.
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the molecular mass of the protein by PEGylation reduces
clearance by renal excretion, resulting in prolonged blood
circulation. Thus, the stealth effect of the PEG chain conju-
gated to biologically active molecules is fairly effective in vivo.
Indeed, several types of PEGylated protein drugs such as
adenosine deaminase, asparaginase, and interleukin 2 have
been successfully applied in clinical applications (6–8). Now,
PEGylation chemistry is extending to other in vivo systems
such as drug carriers. For instance, the PEGylated liposome
improved the performance significantly as compared to that
of the liposome without PEG chains on the surface. Therefore,
PEGylation chemistry is improving rapidly in the field of
bioconjugation and drug delivery systems (9–11).

PEGylation is usually carried out via the covalent link-
age between the end group of the PEG chain and biologically
active molecules such as proteins, as mentioned above. The
other end group of the PEG chain, usually the methoxy-
group, should be inert. In other words, it is not possible to
use the other end group for further linking to ligand mole-
cules. In order to improve PEGylation chemistry, we have
been focusing on the synthesis of heterotelechelic PEG,
which denotes PEG possessing a functional group at one
end and another functional group at the other chain end,
selectively and quantitatively. Several types of heterotele-
chelic PEGs, including end-functionalized block copolymers,
have been prepared so far. In this chapter, the synthesis,
characteristics, and application of these compounds are
described.

2. SYNTHESIS OF HETEROTELECHELIC
POLY(ETHYLENE GLYCOL)S

There are several reports on the preparation of heteroteleche-
lic PEG (12–14). Most of them, however, started from com-
mercially available PEGs possessing hydroxyl groups at
both ends. In particular, one of the hydroxyl groups at the
PEG ends was converted to another functional group first;
then, the other hydroxyl group was converted to one of the

Functional PEG for Drug Delivery 95



other functional groups. These complex consecutive steps not
only make the overall process troublesome but also cause
several problems. Because the reactivity of hydroxyl groups
at both PEG ends is the same, the resulting PEG must be a
mixture of three types of PEG homologues in the first step
as shown in Sch. 1. In this case, the mono-reacted PEG should
be separated from the mixture. It is well known that the
separation of polymeric compounds is very difficult and, thus,
leads to low yield and low purity.

In order to obtain heterotelechelic PEGs that give rise to
both high yield and high purity, we have applied a functional
initiator to a living anionic ring-opening polymerization of
ethylene oxide in order to design new routes (15–18). In this
case, the initiator was introduced to one of the ends of the
obtained PEG quantitatively as shown in Sch. 2. Several
types of initiators were examined for the effective polymeriza-
tion of ethylene oxide. One of the most important and conve-
nient compounds we prepared so far is an acetal-ended PEG.
The acetal group at the PEG chain end can be easily
converted to an aldehyde group by acid treatment (19). The
aldehyde group is known to rapidly react with primary amine,
generating a Schiff’s base intermediate (–CH¼N–), which can
be converted to a secondary amino group (–CH2–NH–) by the
addition of a reducing agent. Also, the aldehyde group is

Scheme 1 Preparation of heterotelechelic PEGs from commer-
cially available PEG possessing hydroxyl groups at both ends.

Scheme 2 Novel synthetic approach to heterotelechelic PEGs
using the functional initiators.
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stable under the neutral media. Thus, the aldehyde-ended
heterotelechelic PEG can be utilized as the ligand installation
via the reductive amination reaction.

As a typical example, a synthesis of a-acetal-o-hydroxyl-
PEG (acetal-PEG-OH) was carried out as follows: To 1mmol
of potassium 3,3-diethoxypropanolate in dry THF under
argon atmosphere, 130mmol of ethylene oxide was added
via a cooled syringe. The mixture was stirred magnetically
and allowed to react for 48h at room temperature. The result-
ing polymer was precipitated into ether, and the precipitate
was filtered. Finally the collected sample was freeze-dried
with benzene. Figure 2 shows the size exclusion chromato-
gram (SEC) of the obtained polymer. The molecular weight
could be controlled by the monomer=initiator ratio, retaining
a low molecular weight distribution factor. Figure 3 shows the
13C NMR spectra of the obtained polymer before and after the
acid treatment. The signals based on the end acetal group can
be observed at 15, 34, 62, and 101ppm before the acid treat-
ment. The acetal signals disappeared completely after the
acid treatment. Instead, a new signal based on the carbonyl
carbon at 202ppm appeared after the acid treatment, indicat-
ing that the acetal group at the PEG chain end can be con-
verted completely to the aldehyde group. Thus, a-aldehyde-
o-hydroxy-PEG (CHO-PEG-OH) was easily obtained. Further

Figure 2 SEC chromatogram of the acetal-PEG-OH.
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functionalization of the hydroxy group at the o-end was been
attained in several ways. One typical example was methane
sulfonation, which took place after the polymerization was
attained. After the monomer was completely consumed in
the polymerization of ethylene oxide, methanesulfonyl chlor-
ide was added to the reaction mixture to convert the mixture
from the potassium alkoxide chain end to the methane sulfo-
nate chain end (Sch. 3). For the amination of the o-end group,
acetal-PEG-SO2CH3 was dissolved in a 25% ammonia aqu-
eous solution. The o-end group (methane sulfonate group)
was quantitatively converted to primary amine by this reac-
tion.

For the O-ethyldithiocarbonate-ended heterotelechelic
PEG, the methane sulfonate end group was reacted with
potassium O-ethyldithiocarbonate. Figure 4 shows both the
13C NMR spectra of the acetal-PEG possessing methane sulfo-
nate (acetal-PEG-SO2CH3) and the O-ethyldithiocarbonate
end groups at the o-end of the PEG chain [acetal-PEG-
S(C¼S)Oet]. The O-ethyldithiocarbonate end group can be

Figure 3 13C NMR spectra of (a) acetal-PEG-OH and (b)
aldehyde-PEG-OH.
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Figure 4 13C NMR spectra of (a) acetal-PEG-SO2CH3 and
(b) acetal-PEG-SC(¼S)OCH2CH3.

Scheme 3 Synthesis of acetal-ended heterotelechelic PEGs.
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easily converted to the mercapto group by the addition of
propylamine (20). Thus, acetal-PEG-NH2 and acetal-PEG-
SH can be synthesized quantitatively. These heterotelechelic
PEGs are very useful not only for protein modification but
also for surface modification.

We have examined several initiators other than the
acetal group for the polymerizations of ethylene oxide. Potas-
sium 4-(diethoxymethyl)benzylalkoxide can be utilized as the
functional initiator for the polymerization of ethylene oxide
to produce various benzaldehyde-ended heterotelechelic
PEGs (Sch. 4) (21). Owing to the lack of the a-protons, the
benzaldehyde-ended heterotelechelic PEGs do not occur in
the dimerization between the aldehyde-PEG ends via the
aldol reaction, which is a major side reaction utilization of
aldehyde-ended PEGs; therefore, the potassium 4-(diethoxy-
methyl)benzylalkoxide initiator system is more useful for the
obtaining of the heterotelechelic PEGs than the potassium
3,3-diethoxy-1-propanolate initiator system. The polymeriza-
tion by the potassium amide of 2,2,5,5-tetramethylcyclopen-
tadisilazane formed a PEG with the organosilyl-protected
amino group at the a-chain end, as shown in Sch. 5. The silyl
group can be easily deprotected by the weak acid treatment
to produce an a-primary-amino-ended PEG-OH (NH2-PEG-
OH). Protected monosaccharide can be also utilized as an
initiator so that sugar-ended heterotelechelic PEGs can

Scheme 4 Synthesis of benzaldehyde-ended heterotelechelic
PEGs initiated by potassium 4-(diethoxymethyl)benzylalkoxide.

Scheme 5 Synthesis of primary amine-ended heterotelechelic
PEG initiated by potassium amide of 2,2,5,5-tetramethylcyclopenta-
disilazane.
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be obtained. Four hydroxyl groups in the monosaccharide
were regioselectively protected via acetal linkage such
as 1,2,5,6-di-O-isopropylidene-d-glucofuranose (DIGL), 1,2,3,
4-di-O-isopropylidene-d-galactopyranose (DIGA), and 1,2-
O-isopropylidene-3,5-O-benzylidene-d-glucofuranose (IBGL)
(Sch. 6) (22,23). The remaining hydroxyl group can be used
as an initiator for the polymerization of ethylene oxide.
The resulting PEGs possess the corresponding sugar moiety
at the a-chain end and a hydroxyl group at the o-chain end.
The o-chain end could be converted to several functional
groups such as allyl group, amino group, and carboxylic acid
group with high yield and high purity. Such heterotelechelic
PEGs possessing a monosaccharide residue at the a-end are
promising as one of the tools for bioconjugate chemistry.

3. SYNTHESIS OF AN END-FUNCTIONALIZED
BLOCK COPOLYMER POSSESSING A PEG
SEGMENT

Block copolymers, consisting partly of PEG, have become
attractive in the field of drug delivery systems (9,24–26). For
example, the PEG=poly(lactide) block copolymer composed of
hydrophilic and hydrophobic segments forms core-shell type
polymeric micelles in aqueous media with a 10–100nmr parti-
cle size, and this block copolymer can be utilized as a nanosphe-
rical drug carrier (Sch. 7). Diverse drugs with a hydrophobic
nature can be loaded with high efficacy into the core of poly-
meric micelles, allowing drugs to be solubilized in aqueous

Scheme 6 Synthesis of sugar-ended heterotelechelic PEGs
initiated by protected monosaccharide.
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media. Indeed, polymeric micelles loaded with the anticancer
drug, doxorubicin, were shown to stably circulate in the blood
stream for a prolonged time period, eventually accumulating
in the solid tumor by the enhanced permeable and retention
effect (EPR) (27,28). Recently, we reported that
PEG=polyamine block copolymers were found to form polyion
complex (PIC) micelles with negatively charged DNA through
electrostatic interaction, and PIC micelles have a size of less
than 100nm (Sch. 7) (29–38). The PICmicelles exhibited excel-
lent solubility in aqueous media, tolerance against enzymatic
degradation, and minimal interaction with the cell membrane
and the serum compartment due to the steric stabilization of
the high-density PEG corona surrounding the PIC core. Thus,
PICmicelles have attractedmuch attention as nonviral vectors
for gene therapy.

However, most of the polymeric micelles, including PIC
micelles, that have been prepared so far possess no reactive
group on the surface. If reactive groups can be introduced
on the surface, any kind of ligand molecule can be installed
on the surface of the micelle. For the preparation of reactive
polymeric micelles, it is important to synthesize block copoly-
mers possessing a functional group at the PEG chain end. By
using heterotelechelic PEGs thus prepared, new types of

Scheme 7 Schematic illustration of polymeric micelles.
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block copolymers possessing a functional group at the PEG
chain end can be designed. In this section, the new molecular
design of the three types of PEG end-functionalized block
copolymers is described.

3.1. Acetal-PEG-Poly(d,l-lactide) Block
Copolymer (39,40)

In the field of drug delivery systems, PEG-poly(d,l-lactide)
(PEG-PLA) block copolymers (41–43) have been extensively
studied because of the following reasons: (i) the potassium
alcholate species of the PEG chain end can initiate the ring-
opening polymerization of the d,l-lactide (LA) monomer with-
out any side reactions (44); and (ii) PLA is biodegradable and
nontoxic (45). After the preparation of acetal-PEG-OK in
THF, a certain amount of LA was added to obtain the acetal-
PEG-PLA block copolymer, as shown in Sch. 8. Figure 5 shows
theSECchromatogramsand 1HNMRspectrumof the obtained
block copolymer.As canbe seen in theSECchromatograms, the
molecular weight of the block copolymer increased, retaining a
narrow molecular weight distribution (MWD) as well as no
remaining prepolymer peak, indicating the high efficiency of
block copolymerization. In addition to the signals based on both
the PEG and PLA segments on the 1H NMR spectrum, the end
acetalprotonswere clearlyobservedat4.7 ppm.Thus, thePEG-
PLA (hydrophilic-hydrophobic) block copolymer possessing an
acetal group at thePEGchain endwas quantitatively obtained.

3.2 Acetal-PEG-Poly(2-N,N-dimethylaminoethyl
Methacrylate) Block Copolymer (46)

Recently, we have found that a methacrylic ester possessing
an amino group at the b-position of the ester moiety can be

Scheme 8 Synthesis of acetal-PEG-PLA block copolymer.
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polymerized by a simple alkoxide species such as potassium
ethoxide (47).We proposed the increased reactivity of an alkox-
ide initiator that was generated by a chelation which was
located between the monomer molecule and the initiator. This
polymerization system can be applicable to a new block copoly-
mer synthesis (48). In the same way as mentioned above, the
acetal-PEG-OKwas prepared in THF, followed by the addition
of a certain amount of 2-N,N-dimethylaminoethyl methacry-
late (AMA) to the reaction mixture, which was stirred for
several minutes (Sch. 9) (49). Figure 6 shows the SEC chroma-
tograms and the 1H NMR spectrum of the obtained block
copolymer. By the addition of an AMA monomer to the
polymerization system after all of the ethylene oxide was
consumed, block polymerization proceeded, although a small

Scheme 9 Synthesis of acetal-PEG-PAMA block copolymer.

Figure 5 SEC chromatograms of (a) acetal-PEG-OH, (b) acetal-
PEG-PLA block copolymer, and (c) 1H NMR spectrum of the
acetal-PEG-PLA block copolymer.
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amount of the prepolymer remained, as shown in Fig. 6b. It
should be noted that theMWD of the obtained block copolymer
was still low, indicating that the possible ester exchange reac-
tion was negligible. After the treatment with ion exchange
resin, the remaining prepolymer was removed completely, as
shown in Fig. 6c. Along with the signals based on both the
PEG and PAMA segments, the end acetal protons were
observed on the 1H NMR spectrum (Fig. 6d), indicating that,
through the use of heterotelechelic PEG as a macroinitiator,
a new end-functionalized PEG=polyamine block copolymer
can be synthesized. In addition, this new end-functionalized
PEG=polyamine block copolymer (acetal-PEG-PAMA) and
DNA will spontaneously form the PIC micelle that can be
utilized as the targetable nonviral gene vector.

3.3. Acetal-PEG=Linear-Poly(ethylenimine)
Block Copolymer (50)

Linear-poly(ethylenimine) (L-PEI) has often been used for
gene delivery as DNA=L-PEI complexes due to its high

Figure 6 SEC chromatograms of (a) acetal-PEG-OH, (b) crude
acetal-PEG-PAMA block copolymer, (c) acetal-PEG-PAMA block
copolymer purified by ion exchange resin, and (d) 1H NMR spectrum
of the purified acetal-PEG-PAMA block copolymer.
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transfection efficiency, because PEI—by virtue of its ‘‘buffer’’
or ‘‘proton-sponge’’ effect—is known to overcome the critical
barrier of endosomal escape (51). The acetal-PEG-SO2CH3

can be also utilized as the macroinitiator for the cationic
ring-opening polymerization of 2-methyl-2-oxazoline (Oz) so
that the block copolymer acetal-PEG=POz (Sch. 10) can be
obtained, and this process is important because sulfonate
derivatives can initiate the cationic polymerization of several
oxazoline monomers (52). The cationic ring-opening polymer-
ization of the Oz monomer in the presence of acetal-PEG-
SO2CH3 was carried out in nitromethane at 70�C for 70h.
Figure 7 shows the SEC chromatograms and the 1H NMR
spectrum of the obtained block copolymer. As can be seen in
the SEC chromatograms, the molecular weight of the block
copolymer increased, retaining narrow MWD as well as no
remaining prepolymer peak, indicating the high efficiency of
the block copolymerization. In addition to the signals based
on both the PEG and the POz segments on the 1H NMR spec-
trum, the end acetal protons were clearly observed at 1.1 and
1.9 ppm. Thus, the PEG=POz block copolymer possessing an
acetal group at the PEG chain end was quantitatively
obtained. The hydrolysis of acetal-PEG=POz using NaOH in
ethylene glycol=ethanol (1:1) produced an acetal-PEG=L-
PEI, of which the 1H NMR spectrum is shown in Fig. 8. The
methyl protons of the acetyl group of the POz segment at
2.1 ppm disappeared completely after hydrolysis, and the shift
of both the methylene protons adjacent to the nitrogen atom
from 3.4 to 2.6 ppm and the end acetal protons at 1.1 and

Scheme 10 Synthesis of acetal-PEG-L-PEI block copolymer.
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Figure 8 The 1H NMR spectrum of the acetal-PEG-L-PEI block
copolymer.

Figure 7 SEC chromatograms of (a) acetal-PEG-SO2CH3, (b)
acetal-PEG-POz block copolymer, and (c) 1H NMR spectrum of
acetal-PEG-POz block copolymer.
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1.8 ppmwere also observed, indicating that the acetal-PEG=L-
PEI was successfully synthesized. PIC micelles composed of
the obtained acetal-PEG=L-PEI block copolymer and DNA
may also have a potential utility as a targetable nonviral gene
vector.

4. BIOCONJUGATION USING
HETEROTELECHELIC PEG

Biologically active molecules such as proteins and oligodeoxy-
nucleotides (ODNs) have attracted much attention as a class
of therapeutic agents in recent years. Nevertheless, the ther-
apeutic value of the proteins and ODNs under in vivo condi-
tions has not been fully proven to be effective, owing to
several obstacles including nonspecific interaction with
plasma proteins, low stability against enzymatic degradation,
and preferential liver and renal clearance. Achievement of
these desired improvements is being addressed in many dif-
ferent ways. Most notable is the introduction of the PEG
chain to biologically active molecules (PEG conjugate). In fact,
it is well known that PEG is a unique molecule that, when
covalently bonded to biologically active molecules, increases
their solubility in aqueous solution, decreases the immuno-
genic effect, and extends the body lifetime. Therefore, numer-
ous reports on the preparation of PEG conjugates have been
reported (1–3).

However, most of the PEG conjugates including the
PEG-protein conjugate and the PEG-ODN conjugate pre-
pared so far possess no ligand molecule at the PEG end
(6–8). Therefore, a way to install the ligand molecules at the
PEG chain end is still required for the achievement of cellu-
lar-specific targeting. If reactive groups can be introduced to
the PEG chain end, any kind of ligand molecule can be
installed at the PEG chain end of biologically active mole-
cule-PEG conjugates. By using the heterotelechelic PEGs
thus prepared, new types of biologically active molecule-
PEG conjugates possessing a reactive group or a ligand
molecule at the PEG chain can be designed. In this section,
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a new PEG end-functionalized PEG-protein conjugate and the
PEG-ODN conjugate are described.

4.1. Modification of Protein by Heterotelechelic
PEG

Our interest is focused on the Superoxide dismutase (SOD)
enzyme as the therapeutic protein, because the biological
function of SOD is known to play a very important role in pre-
venting oxidative damage of DNA by the reactive oxygen spe-
cies (53,54). To achieve the cellular-specific targeting of SOD,
we synthesized heterobifunctional PEGs having a lactose
group at one end and a carboxylic acid group at the other
end (lac-PEG-COOH) by the reductive amination reaction of
a-aldehyde-o-carboxylic acid-PEG (CHO-PEG-COOH) with
p-aminophenyl-b-d-lactopyranoside as shown in Sch. 11. The
SODs conjugated to PEG (lac-PEG-SOD and acetal-PEG-
SOD conjugates) were prepared using acetal-PEG-COOH
and lac-PEG-COOH, which were thus synthesized via an
active ester method in the presence of water-soluble carbodii-
mide. The PEG modification number was found to be 8.3 PEG
molecules per SOD, as determined by the TNBS method.

Using FITC-labeled acetal-PEG-SOD and lac-PEG-SOD
conjugates thus synthesized, cellular-specific uptake was
evaluated by flow cytometry. For in vitro evaluation, HL-60

Scheme 11 Synthesis of lactose-PEG-SOD conjugate.
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cells (human promyelocytic leukemia cells), which are known
to have an abundance of asialoglycoprotein (ASGP) receptors
on the cell surface (55), were used. The sample concentration
was 250mg=mL and was added to the cells, and then incubated
at 37�C for 3h. Cellular uptake observations are shown in
Figure 9. Compared to the control, both the acetal-PEG-SOD
and the lac-PEG-SOD conjugates showed apparent shifts of
the cell distribution peak to high fluorescence intensity. When
0.5% of galactose was added as an inhibitor, the peak of the
acetal-PEG-SOD conjugate stayed in the same position as that
of galactose free. On the contrary, the peak of the lac-PEG-
SOD conjugate shifted back to lower fluorescence intensity.
These results suggest that, on the one hand, the acetal-PEG-
SOD conjugate was taken up via endocytosis and, on the other
hand, the lac-PEG-SOD conjugate was taken up effectively via
the ASGP receptor-mediated endocytosis on the surface of the
HL-60 cells. By using heterotelechelic PEGs, a targetable
protein-PEG conjugate can be successfully synthesized.

4.2. Modification of Oligodeoxynucleotide by
Heterotelechelic PEG (56)

Heterotelechelic PEG can be also utilized for conjugation with
ODN. The synthetic route of the acetal-PEG conjugated to

Figure 9 Flow cytometry diagrams of HL-60 cells treated with (a)
an acetal-PEG-SOD conjugate and (b) a lac-PEG-SOD conjugate.
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antisense ODN through an acid-labile linkage (b-thiopropio-
nate linkage) is shown in Sch. 12. The key issue of the intro-
duction of an acid-labile linkage between the PEG and ODN
segments is to release the active (free) antisense ODN in
response to the endosomal pH (6.0�5.0) (57) leading to effi-
cient interaction of antisense ODN with the target mRNA
in the cytoplasm. To introduce both the reactive group and
the acid-labile linkage in the PEG-ODN conjugate, the hetero-
bifunctional PEG possessing an acetal group at the a-end and
an acrylate group at the o-end (acetal-PEG-acrylate) was
synthesized. As mentioned above, this synthesis was based
on the anionic ring-opening polymerization of ethylene oxide
and involved the use of, first, the potassium 3,3-diethoxy-1-
propanolate initiator system, and, then, 3.0 equivalents of
acryloyl chloride in the presence of triethylamine so that
the acetal-PEG-acrylate could be obtained. To obtain the
acetal-PEG-ODN conjugate, a Michael reaction of the
30-thiol-modified ODN (50-AGG ACA GGT TCA GTG GAT
C-CH2CH2CH2SH-30, dopamine D2 receptor antisense sequence
19-mer) with excess acetal-PEG-acrylate was carried out in
water (pH 8.0) at room temperature for 6h. There was no
remaining 30-thiol-modified ODN after a 6h reaction, as con-
firmed by SEC, suggesting that the Michael reaction quantita-
tively proceeded. Figure 10 shows the 1HNMR spectrum of the
acetal-PEG-ODN conjugate in D2O with assignments. Along
with the signals based on both the PEG segment and the
ODN segment, the end acetal protons were observed at d 1.1,
2.5, and 4.7 ppm. From the integral ratio of the ethylene

Scheme 12 Synthesis of pH-responsive acetal-PEG-ODN conju-
gate.
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protons on the PEG-backbone (3.7 ppm –OCH2CH2–) and
methylene protons of ODN (4.1 ppm, 50-CH2–), the unit num-
ber of deoxynucleotides in the ODN segment was calculated
to be 18.6 bases, which is in good accordance with that of the
starting 30-thiol-modified ODN (19-bases).

Hydrolysis of the acid-labile linkage (b-thiopropionate
linkage) of the acetal-PEG-ODN conjugate was carried out
at pH 5.5 and 7.4, so that the effect of the environmental
pH on the stability of the conjugate could be estimated. Ali-
quots of the reaction mixture at 37�C were taken at appropri-
ate time intervals, and were subjected to an SEC analysis.
Figure 11 shows the cleavage reaction profiles of the
PEG-ODN conjugate as a function of incubation time. The
remaining amount of the intact acetal-PEG=ODN conjugate
after incubation for 24h at pH 5.5 was found to be 3% of
the initial value, whereas almost no cleavage of the acid-labile
linkage was observed at pH 7.4 even after incubation for
24h. The end-functionalized antisense ODN-PEG conjugate
through an acid-labile linkage (b-thiopropionate linkage)
can be successfully synthesized by a Michael reaction of

Figure 10 The 1H NMR spectrum of the acetal-PEG-ODN
conjugate.
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30-thiol-modified ODN with a heterotelechelic PEG. Underly-
ing this process is an aim to develop a novel ODN delivery
system.

5. FUNCTIONALIZED POLYMERIC MICELLES
BY A SELF-ASSEMBLING OF END-
FUNCTIONALIZED PEG BLOCK
COPOLYMERS

As described in Sec. 2, polymeric micelles that are formed
through either hydrophilic-hydrophobic interaction of
PEG-based block copolymers or electrostatic interaction of
PEG-polycation block copolymers with negatively charged
macromolecules have attracted considerable attention in the
field of drug delivery and gene delivery systems, owing to
their excellent biocompatibility, long blood circulation time,
and nontoxicity. In this section, the preparation and the
characterization of end-functionalized polymeric micelles

Figure 11 Stability of the acid-labile linkage in an acetal-PEG-
ODN conjugate at pH 7.4 (c) and 5.5 (�) at 37�C. Cleavage of
the linkage is expressed as percentage of remaining amount of link-
age over time based on SEC data.
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composed of end-functionalized PEG block copolymer
copolymers is described.

5.1. Aldehyde-PEG-PLA Core-Shell Type
Polymeric Micelles (39,40)

It is known that, when exposed to aqueous media, amphiphilic
block copolymers with a suitable hydrophilic-hydrophobic bal-
ance form micelle structures (24–26). In our case, after the
block polymer was dissolved in N,N-dimethylacetamide
(DMAc), the solution was dialyzed against water. Dynamic
light scattering (DLS) measurements made possible an angu-
lar dependent analysis, from which it was found that the
acetal-PEG-PLA (DPPEG¼ 52, DPPLA¼ 56) micelle has a sphe-
rical shape and a size of ca. 30nm. Figure 12 shows the repre-
sentative data for the gamma-distribution of the obtained
polymericmicelle. The acetal-PEG-PLAmicelles thus obtained
possess a unimodal distribution in the histogram analysis.

The conversion of the acetal end group into an aldehyde
end group was conducted after the micelle formation. Hydro-
chloric acid was used to adjust the acetal-PEG-PLA (52=56)
micelle solution to pH¼ 2. After a predicted period, the

Figure 12 Gamma-distribution of the acetal-PEG-PLA polymeric
micelle obtained from histogram analysis of DLS (detection angle,
90�; temperature, 25�C).
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reaction was quenched by neutralization with NaOHaq and
the polymeric micelle was purified by dialysis. The conversion
reaction of the acetal group into the aldehyde group was
monitored by means of 1H NMR spectroscopy. Figure 13
shows the 1H NMR spectra of acetal-PEG-PLA (52=56) in
CDCl3 and D2O after the hydrolysis reaction. As can be seen
in both of the figures, the end-aldehyde proton appeared at
9.8 ppm, whereas the acetal methine proton disappeared at
about 4.6 ppm. Protons based on the PLA segment almost
disappeared when the spectrum was monitored in D2O. This
disappearance indicates that the PLA segments form a solid
core in aqueous media, the solidity, in turn, causing a broad-
ening effect due to the restricted mobility in NMR spectro-
scopy. Therefore, it is reasonable to consider that the
aldehyde-PEG-PLA micelle possesses a core-shell structure
having aldehyde groups on its surface. The extent of the

Figure 13 1H NMR spectra of the acetal-PEG-PLA (52=56) in (a)
CDCl3 and (b) D2O after the acid treatment.
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conversion from the acetal group to the aldehyde group was
determined by the 1H NMR spectrum. More than 80% of the
acetal group was converted to the aldehyde group by the 4h
reaction. This reactive polymeric micelle will be utilized as
the precursor for the targetable drug carrier.

5.2. Targetable PIC Micelle Composed of
Lactose-PEG=PAMA Block Copolymer
and pDNA (58)

As stated above, the PEG-polyamine block copolymer,
through electrostatic interaction, forms a PIC micelle with
negatively charged DNA. A lactosylated PEG=PAMA block
copolymer was obtained from the reductive amination reac-
tion of the aldehyde-PEG=PAMA block copolymer with p-ami-
nophenyl-b-d-lactopyranoside, and this step, in turn, initiated
the introduction of the lactose group (ligand) to the acetal-
PEG=PAMA block copolymer. Figure 14 shows the 1H NMR
spectrum of the lactose-PEG=PAMA block copolymer with
assignment. The protons of the acetal (4.6 ppm) and aldehyde

Figure 14 The 1H NMR spectrum of the lactose-PEG-PAMA block
copolymer.

116 Oishi et al.



groups (9.8 ppm) completely disappeared in conjunction with
the appearance of the protons assignable to the aromatic resi-
due of the p-aminophenyl-b-d-lactopyranoside. From the inte-
gral ratio between the aromatic protons and PEG-backbone
protons, the degree of the functionality of the lactose moiety
was determined to be 28.5%.

Lactose-installed PIC micelles were prepared by the sim-
ple and direct mixing of pDNA (pGL3 plasmid DNA encoding
firefly luciferase) with lactose-PEG=PAMA block copolymer
solutions at various charge ratios (cationic charge=anionic
charge; N=P ratio). All the PIC micelles prepared at various
N=P ratios had a unimodal distribution (m2=G

2¼0.16–0.22)
with an average diameter of approximately 100nm, as
revealed by DLS measurements. Figure 15 shows representa-
tive data for the gamma-distribution of the obtained PIC
micelles atN=P¼ 6.25. The small size of the PIC micelles com-
pared to the dimension of free pDNA strongly suggests the
compaction of complexed pDNA, which forms the collapsed
core of the micelles. In addition, the PIC micelles exhibited

Figure 15 Gamma-distribution of the PIC micelle composed of a
lactose-PEG-PAMA block copolymer and pDNA at N=P¼ 6.25
obtained from a histogram analysis of DLS (detection angle, 90�;
temperature, 25�C).
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not only lower absolute values of zeta-potential compared to
the reported zeta-potential values of the polyplex that was
composed of both simple polycations (without a PEG segment)
(59) and pDNA but also stability against deoxyribonuclease
(DNase I) digestion. This is reasonably assumed to be due to
the formation of a corona surrounding the PIC core of the
micelles.

To estimate the transfection ability of the lactose-
installed PIC micelles against cultured HepG2 cells (human
hepatoma cells) possessing an abundance of ASGP receptors
on the cell surface (60), a transfection study was carried out
in the presence of 5% fetal bovine serum (FBS). PIC micelles
without the lactose moiety (acetal-PIC micelle) and lipofect
AMINE=pDNA complexes (lipoplex) were used as controls.
HepG2 cells were co-incubated with lactose-installed PIC
micelles (N=P¼ 6.25), acetal-PIC micelles (N=P¼ 6.25), or
lipoplex (N=P¼ 5.0) for varying periods of time so that the
time-dependent gene transfection could be observed, as
shown in Figure 16. After approximately 1h of an induction
period, both the lactose-installed and the acetal-PIC micelles
exhibited a time-dependent increase in transfection efficiency
that was greater than that of the lipoplex. Interestingly, the
lactose-installed PIC micelles achieved significantly higher
transfection efficiency than the acetal-PIC micelles, suggest-
ing that interaction between the lactose moieties of the PIC
micelles and the ASGP receptors on the HepG2 cells (ASGP
receptor-mediated endocytosis) may play a role in this phe-
nomenon. In order to confirm the ASGP receptor-mediated
endocytosis mechanism, a competitive assay using asialofe-
tuin (ASF) was performed for both the lactose-installed and
the acetal-PIC micelles. ASF, which is a natural ligand for
the ASGP receptor, should serve as the inhibitor of the lac-
tose-installed PIC micelle, unless the ASGP receptor-
mediated mechanism doses not play a substantial role
therein. The results are shown in Figure 17. The transfection
efficiency of the lactose-installed PIC micelles was higher
than that of acetal-PIC micelles in the absence of ASF. In
contrast, the presence of excess ASF (4mg=mL) resulted
in a significant decrease in transfection efficiency of the
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lactose-installed PIC micelles (P < 0.01). On the contrary, the
transfection efficiency of the acetal-PIC micelles was not
affected by the presence of ASF up to 4mg=mL, indicating
that ASF in the medium has a negligible effect on the cellular
uptake of the acetal-PICmicelle. Thus, it can be concluded that
an appreciable fraction of the lactose-installed PIC micelles is
takenup intoHepG2 cells through anASGP receptor-mediated
endocytosismechanism, yet a fluid-phase endocytosis pathway
may concomitantly take part in the maintenance of as much
transfection efficiency as the acetal-PIC micelles, even in the
presence of excess ASF (4mg=mL).

The installation of lactose (ligand) moieties increases the
gene transfer efficiency of the PIC micelles composed of
PEG=PAMA block copolymers and pDNA against HepG2 cells
through the contribution of the receptor-mediated endocytosis

Figure 16 Effect of transfection time on gene expression. HepG2
cells were transfected with acetal- and lactose-PIC micelles at
N=P¼ 6.25 in a medium (DMEMþ 5% FBS) containing 100 mM of
hydroxychloroquine (HCQ). Transfection with lipoplexe was done
in the same medium except in the absence of HCQ. Data are the
mean � S.E.M.; n¼ 4.
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mechanism, all of which indicates that the polymeric micelles
are a promising contribution to cellular targetable gene
delivery systems.

5.3. pH-Responsive PIC Micelle Composed
of Acetal-PEG=ODN Conjugate and
Poly(ethylenimine) (56)

Because the acetal-PEG-ODN conjugate is one of the homologs
of PEG=polyanion block copolymers, it is expected that the con-
jugate will, based on the electrostatic interaction, mix with the
appropriate polycation and, thus, form a PIC micelle. Linear-
PEI was chosen as the counter polycation because it has often
been used for the gene delivery of DNA=L-PEI complexes and
displays high transfection efficiency, which is due to the ‘‘buf-
fer’’ or ‘‘proton-sponge’’ effect (51). So that the PIC micelle

Figure 17 Inhibitory effect of ASF on gene transfer to HepG2
cells. HepG2 cells were transfected with acetal- and lactose-PIC
micelles at N=P¼ 6.25 in a medium (DMEMþ 5% FBS) containing
100 mM of HCQ. Transfection time was fixed at 6h. Data are the
mean � S.E.M.; n¼ 4.
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would be formed, the acetal-PEG-ODN conjugate was mixed
with commercially available L-PEI that featured an equal unit
molar ratio of thephosphate group in theacetal-PEG-ODNcon-
jugate and theaminogroup inL-PEI (N=P¼ 1). ThePICmicelle
had a hydrodynamic diameter of 102.5 nm with a relatively
narrow polydispersity index (m2=G

2) of 0.096, and showed a
DLS-measured unimodal distribution at 37�C, as shown in
Figure 18. The prepared solution showed no precipitation even
after one-week storage at room temperature.

The stability of ODN against nuclease is an important
issue for in vivo application. Both the acetal-PEG-ODN conju-
gate and its PIC micelle with L-PEI were incubated with
deoxyribonuclease (DNase I) for appropriate time intervals
(5, 30, 60, and 120min), and the digestion of ODN was quan-
tified by means of an SEC analysis. So that an exact evalua-
tion of the stability against DNase I attack of ODN in PIC
micelles could be obtained, excess dextran sulfate (counter
polyanion) was added to the PIC micelles solution. This step

Figure 18 Gamma-distribution of the PIC micelle composed of an
acetal-PEG-ODN conjugate and L-PEI at N=P¼ 1 obtained from a
histogram analysis of DLS (detection angle, 90�; temperature,
37�C).
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released the acetal-PEG-ODN conjugate from the PIC micelle
prior to the SEC analysis. Figure 19 shows that the DNase I
digestion profiles of the acetal-PEG-ODN conjugate and its
PIC micelle with L-PEI are a function of incubation time.
More than 50% of the acetal-PEG-ODN conjugate was
digested in 120min, whereas at least 90% of the acetal-
PEG-ODN conjugate in the PIC micelle still remained intact.
The improved stabilization against DNase I of the acetal-
PEG-ODN conjugate in the micelle apparently results when
the compartmentalization of the ODN segment that occurs
in the core of the PIC micelle, which is surrounded by a highly
dense PEG corona layer, effectively masks the ODN segment,
thus, thwarting any enzyme attack. The stability of PIC
micelle in 10% FBS was also investigated by means of an
SEC analysis, as seen in Figure 20. Even in the presence of
10% FBS, no change in the retention time and the peak

Figure 19 DNase I digestion of acetal-PEG-ODN conjugate in
free form (c) and in PIC micelle (�). The remaining amount of
acetal-PEG-ODN conjugate was established from the peak area
ratio in SEC.
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intensity of the PIC micelle was observed for 24h, suggesting
minimal interaction between the PIC micelle and FBS. It may
be reasonable to assume that the PIC micelle composed of an
acetal-PEG-ODN conjugate and L-PEI might achieve an
improved half-life in blood owing to the effect of the PEG
corona surrounding the PIC core. These characteristics
regarding the PIC micelle’s entrapping of the pH-responsive
PEG-ODN conjugate suggest that the PIC micelle possesses
great utility as a part of a new ODN delivery system.

6. CONCLUSION

We have described here a novel approach to both the precise
synthesis of the heterotelechelic PEGs and their application
to drug delivery and gene delivery systems. Use of potassium
3,3-diethoxy-1-propananolate as an initiator of the polymeri-
zation of ethylene oxide not only produced various heterotele-
chelic PEGs but also end-functionalized PEG block
copolymers such as acetal-PEG-PLA, acetal-PEG-PAMA,

Figure 20 SEC profiles for a PIC micelle in the presence of
10% FBS.
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and acetal-PEG-L-PEI with well-defined structures, high
yield, and high purity. In addition to the preparation of the
end-functionalized PEG block copolymers, heterotelechelic
PEGs were found to be useful for the conjugation of biologi-
cally active macromolecules so that both the lactosylated
PEG-SOD conjugate and the end-functionalized PEG-ODN
conjugate could be obtained. The end-functionalized block
copolymers and end-functionalized PEG-ODN conjugate thus
prepared, formed functionalized polymeric micelles that
exhibited cellular-specific uptake, tolerated enzymatic degra-
dation, and interacted minimally with serum components
owing to the steric stabilization of the highly dense end-func-
tionalized PEG corona surrounding the micelle core. There-
fore, the synthesis of block polymers and bioconjugation
using the heterotelechelic PEGs offers researchers in the field
a promising approach to targetable drugs, proteins, and gene
delivery systems.
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1. INTRODUCTION

In the last two decades, the development of polymers which
change their structures and properties in response to environ-
mental stimuli such as pH, temperature, and light has
attracted a great deal of attention (1–3). Such polymers have
been called ‘‘smart polymers,’’ ‘‘intelligent polymers,’’ ‘‘stimu-
lus-sensitive polymers,’’ or ‘‘responsive polymers.’’ They have
been used in many applications, ranging from bioactive agent
delivery to separation (4,5). Various delivery systems based
on the smart polymers have been proposed because of their
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unique potential in the modulation of drug release and target-
ing functionality (6–8).

A pH-sensitive polymer in drug delivery applications is
different from other stimuli-responsive polymers that require
external stimuli such as temperature and light. The pH-
sensitive polymers can take advantage of variations (whether
they occur naturally or under pathological conditions) of pH
in the body.

In the discussion of new trends in the field of drug deliv-
ery, this chapter will summarize recent research on drug
carriers that use pH-sensitive polymers.

2. pH VARIATION IN THE BODY

The most pronounced pH variation in the human body occurs
in the gastrointestinal tract (GIT). The GIT is a continuous
tube that runs from the mouth to the anus. The interdiges-
tive migration of a drug (or a dosage form) is governed by
GI motility, wherein the drug is exposed to different pHs
at different time periods, as summarized in Table 1 (9).
The stomach has an acidic environment (a pH of 1–2 in a
fasting condition and pH 4 during digestion) induced by
hydrochloric acid from the gastric mucosa. The acidic pH in
the stomach increases up to a pH of 5.5 at the duodenum,
in which the acidic chime mixes with the bicarbonate from
pancreatic juices. The pH then increases progressively from
the duodenum to the small intestines (a pH of 6–7) and
reaches a pH of 7–8 in the distal ileum. After the ileocecal
junction, the pH falls sharply to 5.6 owing to the presence
of short-chain fatty acids and then climbs up to neutrality
during transit through the colon (a pH of above 7–7.5)
because of free fatty-acid absorption (10).

A blood pH of 7.40 corresponds to 40 nM [Hþ], which is
the mean of a normal range of 7.36–7.44 on a pH scale, or
44–36 nM [Hþ]. If the blood pH falls below 7.36 ([Hþ]>
44 nM), the condition is called acidemia. On the other hand,
if the pH rises above 7.44 ([Hþ]< 36 nM), the condition is
called alkalemia. When it is in the pH range of 7.20–7.50,
for every change of 0.01 pH unit, there is a change of
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approximately 1 nM [Hþ] in the opposite direction (11). The
extracellular pH of most tissues and organs is in equilibrium
with the blood pH; however, it is seen that certain diseased
states lead to acidosis.

Extracellular pH (pHe) in most tumors are more acidic
(pHe< 7.0) than in normal tissues (12). Although there is a
distribution range of in vivo pHe among human patients with
a variety of solid tumors (adenocarcinoma, squamous cell
carcinoma, soft tissue sarcoma, and malignant melanoma)
that are located at accessible areas of the body (limbs, neck,
or chest wall), the mean pH value was reported to be 7.0 with
a full range being from 5.7 to 7.8 (13). The variation mainly
depends on the tumor’s histology and volume. Recent
measurements of pHe by noninvasive technology involving
magnetic resonance spectroscopy (19F, 31P, or 1H probes) in
the human tumor xenografts in animals showed and thus
further verified a consistently low pHe. All measurements
(involving either invasive or noninvasive methods) of the
pHe of human and animal solid tumors showed that more

Table 1 Physiological Parameters of the GlT Related to Dug
Delivery

GIT
segment

Approximate
residence time

Approximate
pH of segment

Principal catabolic
activities

Oral cavity Seconds to
minutes

6.5 Polysaccharidases

Esophagus Seconds — —
Stomach 0.2–2.0 h 1.0–2.0 Proteases, lipases
Duodenum 30–40 min 4.0–5.5 Polysaccharidases;

oligosaccharidases,
proteases,
peptidases, lipases

Jejunum 1.5–2.0 h 5.5–7.0 Oligosaccharidases
Ileum — 7.0–8.0 Oligosaccharidases
Colon and

rectum
13–68 h 7.0–7.5 Broad spectrum of

bacterial enzymes
(glycosidases,
azoreductase,
polysaccharidases)
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than 80% of all measured values fell below a pH of 7.2 (14,15).
The high rate of the glycolysis of tumor cells under either
aerobic or anaerobic conditions has been thought to be a
major cause of low pHe. Through both mitochondrial oxidative
phosphorylation and glycolysis, the tumor cells synthesize
ATP. Glycolysis produces 2 mol of lactic acid (pKa¼ 3.9) and
2 mol of ATP from 1 mol of glucose with the hydrolysis of
ATP-producing protons. Despite the high production rate of
protons in tumor cells, their cytosolic pH remains alkaline,
a condition that is favorable for the glycolysis. The mechan-
ism by which protons are exported from a cell remains
unknown. However, the inadequate blood supply, poor
lymphatic drainage, and high interstitial pressure in tumor
tissues have all been implicated in a low pHe (16). Yet, it is
of interest to note that the glycolysis-deficient variant cells
(lacking lactate dehydrogenase) producing negligible quanti-
ties of lactic acid are still present in acidic environments
(17). In interpreting this finding, researchers have suggested
that the acidity is a phenotype of tumor cells rather than a
consequence of cellular metabolic events. The acidic environ-
ment may benefit the cancer cells because it promotes inva-
siveness (metastasis) by destroying the extracellular matrix
of the surrounding normal tissues.

Although the cytosolic pH corresponding to most cells’
intracellular levels is approximately 7.2, the pH in the endo-
somes and the Golgi is slightly acidified and ranges from a pH
of 6.6 to 6.0. Hence, the lysosomes are more acidic (pH 5.0)
(18–22). This acidification is generated by the work of vacuo-
lar-type (V) ATPases, which are a family of ATP-dependent
proton pumps. They produce two to three protons per ATP
hydrolyzed (23). As for endosome, the acidification plays an
important role in intracellular transport by endocytosis
(24,25). During the receptor-mediated endocytosis, a low pH
in early endosomes triggers a dissociation of internalized
ligand-receptor complexes, which allows the recycling of
receptors to the plasma membrane.

The pH of intracellular compartments is influenced by
various transport proteins. The pH of endosomes and of
clathrin-coated vesicles depends on the activity of a chloride
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channel that dissipates the membrane potential generated by
the V-ATPase. A defect in the chloride channel protein-5 gene
leads to defective endosomal acidification in the kidney (26).
Interestingly, disruption of the chloride channel protein-7
(CLC-7) gene blocks the acid secretion of osteoclasts, an event
that leads to osteopetrosis (27). In addition, the passive proton
conductance of a membrane is an important determinant of
the steady-state pH. For example, the activity of a Zn2þ-
sensitive proton channel is of importance in controlling the
lumenal pH of the Golgi (28).

Intracellular pH in tumor cells is different from normal
cells. The pH of a tumor cell is considerably more acidic than
that of a normal cell. The cytosol of a tumor cell has a pH of
about 6.7, and the lumen of recycling endosomes and the
trans-Golgi network has a pH of 6.7. This demonstrates a
significant lack of acidification in the organelles of tumor cells
(29). Interestingly, the pH gradient of multidrug-resistant
(MDR) tumor cells strongly resembles that of normal cells.
For example, in cases of MDR MCF-7 cells (a human breast
cancer cell) and K-562 cells (a human erythroleukemic cell
line), the cytosolic pH is neutral (7.2), endosomes and Golgi
become acidified (6.0), and the lysosomes turn very acidic
(4.9) (30).

3. pH-SENSITIVE POLYMERS

The pH-sensitive polymers containing acidic groups (e.g.,
carboxylic and sulfonic acids) or basic amino groups can
accept or release protons in response to changes in environ-
mental pH. Figure 1 illustrates the structural examples of
anionic and cationic polyelectrolytes and their pH-sensitive
ionization values. Poly(acrylic acid) (PAA) becomes ionized
at a high pH, whereas poly(N,N0-diethylaminoethyl metha-
crylate) (PDEAEM) becomes ionized at a low pH. As shown
in Figure 1, cationic polyelectrolytes, such as PDEAEM, are
more soluble at a low pH. If they are cross-linked, they swell
at this pH owing to ionization. On the other hand, polyanions,
such as PAA, swell at a high pH (31).
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In general, the pH-sensitive polymers manifest their
sensitivity to changes in pH, as soluble-insoluble phase
transition, i.e., swelling-shrinking changes, or as conforma-
tional changes. These properties are dependent on the
degree of the ionization of the ionizable groups in the
polymers; this degree is related to the pK values (pKa or
pKb) of monomers and the environmental local pH. Thus,
the selection of an ionizable monomer is a fundamental
parameter for the control of pH-dependent properties; in
the meantime, the sensitivity is further influenced by the
nature of ionizable groups, the polymer composition, the
ionic strength, and the hydrophobicity of the polymer back-
bone. Conformational changes were also induced by altering
the pH (32,33).

Figure 1 pH-Dependent ionization of polyelectrolytes. Poly
(acrylic acid) (top) and poly(N0,N0-diethylaminoethyl methacrylate)
(bottom). (Adapted from Ref. 31.)
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4. ORAL DELIVERY

Oral intake is considered to be one of the most convenient
routes for administering drugs to patients. Due to the pH var-
iation in the GIT, pH-sensitive polymers have been historically
utilized as an enteric coating material. Enteric-coated products
featuring pH-sensitive polymers include tablets, capsules, and
pellets and are designed to keep an active substance intact in
the stomach and then to release it to the upper intestine. In
addition, the coat reduces the side effects such as foul taste
and severe gastric irritation. Similar coating materials, but
with a different pH sensitivity, have been applied for colon-tar-
geted drug delivery. This special application is due to a pH
change in the ileocecal junction. The polymers that are
designed for colon targeting are able to withstand the low pH
levels of the stomach and proximal part of the small intestine
and then disintegrate at the neutral or slightly alkaline pH
of the terminal ileum and preferably at the ileocecal junction
(10). A process such as this distributes the drug throughout
the large intestine and improves drug availability to the colon.
In addition, the polymer is used for peptide=protein oral deliv-
ery systems. The pH-dependent solubility or swelling allows
for the possibility that polymers can be engineered to conserve
the stability of proteins at a low pH in the stomach and
intestine and then release these proteins at a higher pH.

4.1. Enteric Coating

pH-Sensitive polymers that are used for enteric coating are
anionic polymethacrylates [methacrylic acids copolymerized
with methylmethacrylate or ethyl acrylate (Eudragit�)],
cellulose-based polymers (e.g., cellulose acetate phthalate;
Aquateric�), or polyvinyl derivatives [e.g., poly(vinyl acetate
phthalate) (PVAP); Coateric�]. The threshold pH of acidic
polymers that are commonly employed for enteric coating is
summarized in Table 2 (34).

A general chemical structure of Eudragit is presented in
Figure 2. Its properties are manipulated by copolymer compo-
sition and the ionizable group. For instance, Eudragit L100
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and S100 (Fig. 2) are copolymers of methacrylic acid and
methylmethacrylate. The ratio of carboxyl to ester groups is
approximately 1:1 in Eudragit L100 and 1:2 in Eudragit
S100. The disintegration rate and drug release behavior of a
coated tablet is controlled through various combinations of
different methacrylic acid copolymers. A capsule coated with

Figure 2 Chemical structures of various formulations of Eudra-
git. (Adapted from Ref. 34)

Table 2 Threshold pH of Commonly Used Polymers for Enteric
Coating

Polymer Threshold pH

Eudragit L100 6.0
Eudragit S100 7.0
Eudragit L-30D 5.6
Eudragit FS 30D 6.8
Eudragit L100-55 5.5
Polyvinylacetate phthalate 5.0
Hydroxypropylmethylcellulose phthalate 4.5–4.8
Hydroxypropylmethylcellulose phthalate 50 5.2
Hydroxypropylmethylcellulose phthalate 55 5.4
Cellulose acetate trimelliate 4.8
Cellulose acetate phthalate 5.0

Source: Ref. 34.
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Eudragit L-30 showed gastro resistance for 3 h at a pH of 1.2
(34). The mixtures of Eudragit L100-55 and Eudragit S100
with weight ratios of 1:0, 4:1, 3:2, 1:1, 2:3, 1:4, 1:5, and 0:1
were investigated insofar as they pertained to tablet-coating
material for site-specific oral drug delivery (35). In the formu-
lations, the dissolution rates decreased with the introduction
of Eudragit S100. The effect of a buffer media pH on the
release profiles of the three selected formulations (1:4, 1:5,
and 1:0) is shown in Figure 3. The release profiles were signif-

Figure 3 Effect of the pH of the dissolution medium on the release
of mesalazine tablets tested in pH 6.5 (open symbols) and 7.0 (closed
symbols) mixed phosphate buffers. The mesalazine core tablets were
coated with Eudragit L100-55 and Eudragit S100 combinations of
1:4 (squares), 1:5 (triangles), and 0:1 (circles) ratios (w=w) and tested
in 0.1 N HCl for 120 min prior to the buffer stage. The dissolution
test was performed using United States Pharmacopoeia method B
for extended-release tablets. The vertical bars indicate standard
errors of the means (n¼ 6). (Adapted from Ref. 35.)
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icantly faster at a pH of 7.0 than at a pH of 6.5. Recently,
Eudragit microspheres that were prepared according to an
emulsion-solvent evaporation method have been used for
the delivery of anti-inflammatory agents such as indometha-
cin, ibuprofen, and ketoprofen (36–38). The formulations
showed suppression of drug release in the acidic medium.
Table 3 summarizes various applications of Eudragit.

Polymers with ionizable phthalic acid groups dissolve
faster at a lower pH than polymers with acrylic or methacrylic
acid groups (Table 2). The simple coacervation of hydroxypro-
pyl methylcellulose phthalate (HPMCP) with the addition of a
20% sodium sulfate solution was studied. Coacervation is the
method of choice for the production of pharmaceutical pre-
parations having a high active ingredient content and a smal-
ler particle size of core materials used. With an increase in
pH, the electrolyte (sodium sulfate) amount required to

Table 3 Various Applications of Eudragit

Enteric coatings Eudragit L100-55 or L 30 D-55—delivery to the
duodenum (pH > 5.0). Exact pH-controlled
drug release can be adjusted by a combination
of polymers and coating thickness

Eudragit L100—delivery to the jejunum
(pH > 6.0)

Eudragit FS 30 D—delivery to the colon
(pH > 7.0)

Eudragit S 100—delivery to the intestine (pH
6.0–7.5), site-specific drug delivery can be
achieved by combining with Eudragit L types

Sustained-release
coatings

Eudragit RL and RS—release profile determined
by the ratio of RL to RS polymers, and the film
thickness is applied

Taste masking Eudragit RD 100, p1H independent, fast
disintegrating film

Eudragit E 100 and EPO, pH-dependent cationic
polymer, soluble in gastric fluid up to pH 5.0,
swellable and permeable above pH 5.0

Rapidly disintegrating
films

Eudragit RD 100

Source: From Eudragit Technology Bulletin, Rohm America
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induce the phase separation of HPMCP increased from 5.1%
(w=w; pH 4.75) to 7.7% (w=w; pH 6.75). Thus, no coacervate
was formed below a pH of 5.25, since the polymer separated
immediately as a precipitated form. Above a pH of 5.25,
HPMCP was primarily salted out as a coacervate, which then
was transformed to a precipitate upon the addition of more
electrolytes (sodium sulfate). The charge density increased
from 1.66 mEq=g at a pH of 4.3–2.21 mEq=g at a pH of 7.0.
Considering that the coacervate phases occurred only in a
pH above 5.25, approximately 95% of the phthalyl carboxyl
groups had to be ionized for the coacervate formation (39).
Coated films from an aqueous dispersion of Aquateric, which
is a spray-dried cellulose acetate phthalate (CAP) powder
composed of CAP, Pluronic F-68, Myvacet 9-45, and Polysor-
bate 60, showed no superior acid resistance for theophylline
beads (40). Additionally, CAP was used with a subcoating
material such as aqueous amylopectin for more acid resistance.
The effect of an aqueous amylopectin subcoating on the acidic
resistance and the dissolution behavior of CAP was studied
by using riboflavin sodium phosphate. According to this study,
it seems that the amylopectin subcoating prevented the influx
of the dissolution medium into the pellet core owing to the
higher viscosity and the branched molecular structure of amy-
lopectin, thus decreasing the premature dissolution and
release of the drug from the enteric-coated pellets in 0.1 N
HCl solutions (41). Poly(vinyl acetate phthalate) (Coateric,
threshold pH 5.0) is a commercial product that has been avail-
able since the late 1960s. It is prepared by the esterification of
partially hydrolyzed poly(vinyl acetate) with phthalic anhy-
dride. It is currently used as an ingredient in coating systems
for marketed pharmaceutical oral solid dosage forms with
approximately 10–78 mg of the polymer being applied per
dosage form (42). It is used in prescription drugs and in over-
the-counter (OTC) drugs, such as enteric-coated aspirin.

4.2. Colon-Targeted Drug Delivery

Colon targeting is extremely beneficial when applied to the
treatment of colon diseases. In high local concentrations,
colon-targeted drugs can remedy diseases such as ulcerative
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colitis, carcinomas, and infections. In addition, site-specific
absorption in the colonic regions offers excellent source of
treatment. It targets maladies with diurnal rhythms such
as asthma, arthritis, and inflammation (43–45).

Eudragit produces several advantages in colon-specific
drug delivery owing to its superior pH sensitivity. A study
was conducted using Eudragit on drug delivery systems.
The drugs used for the study were prednisolone (46), quino-
lones (47), sulfasalazine (48), cyclosporine (49), beclometha-
sone dipropionate (50), and naproxen (51). Recently, a
microsphere prepared from a mixture of different Eudragit
has been used to prolong the duration of anticancer drug
release. This was done to avoid over-dose and its side effects.
Six doses of 5-fluorouracil (5-FU) that were injected into each
of the patients at above 500 mg=sq m=week caused the
patients to experience side effects such as diarrhea and toxi-
city (52). At the same time, microspheres from Eudragit
P-4135F showed a pH-sensitive drug-release pattern, exhibit-
ing a dissolution threshold pH of slightly above 7.2. Even
though the microsphere was found to release up to 35% of
the drug at a pH of 6.8 within 6 h, a nearly 100% release
within 30 min occurred at a pH of 7.4. This release behavior
caused side effects. For the prolongation of the drug-release
time, the microspheres from a mixture of polymers of P-
4135F and RS100 (the mixing ratios of P-4135F and RS100
are 9:1, 8:2, and 7:3 wt ratios) were used as a 5-FU delivery
carrier (53). 5-Fluorouracil was slowly released from the
mixed microspheres when tested in buffer systems at pHs of
1.2 and 6.8, maintaining at least 65–70% of the initial drug
load after 6 h of incubation. An extended release was observed
at a pH of 7.4, which delivered about 100% of the incorporated
drug in 100 min. Generally, slower release is found with lar-
ger particles because of prolonged diffusion and transport dis-
tances in the matrix. The mixture ratio of Eudragit RS100
and Eudragit P-4135F did not affect the particle size of the
microspheres, drug loading efficiency, and the prolongation
of the drug release.

Ashford and colleagues (54) showed that pH-sensitive
polymers (Eudragit) are not effective for colon-targeted drug
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delivery systems owing to the systems’ poor site specificity.
The in vivo disintegration of Eudragit was extremely variable
in both time (5.0–15 h) and position. The disintegration sites
varied from the ileum to the splenic flexure and showed a lack
of site specificity. This problem can be partially resolved by
multiple-unit dosage forms prepared from the combination
of different coating processes. Markus and associates (55)
developed a multi-unit dosage form containing 5-amino sal-
icylic acid (5-ASA) for the treatment of ulcerative colitis. Pel-
lets [lactose (20%) and 5-ASA (80%)] were prepared by a
granulation and spheronization process and then coated with
a pH-sensitive polymer (Eudragit FS 30D; Table 2) to achieve
a site-specific drug release close to the ileocecal valve. The
5-ASA release from the pellets coated with Eudragit FS 30D
at a pH of below 6.8 was not observed. The release at a pH
of 7.2 increased by 20% per hour with the threshold pH of
Eudragit FS 30D at 6.8. However, at a pH of 7.5, the release
was completed within 2 h. This means that drug-release
behavior can be controlled through the use of a multi-unit
dosage form.

Another multi-unit dosage form was constituted from
drug-loaded cellulose acetate butyrate (CAB) microspheres
coated with an enteric polymer (Eudragit S). Both CAB cores
and pH-sensitive capsules (Eudragit S) were prepared accord-
ing to an emulsion-solvent evaporation technique in an oil
phase. Being potentially applicable to the local treatment of
intestinal disorders, the most interesting drugs, Ondansetron
and Budesonide, were efficiently microencapsulated in CAB
microspheres at different polymer concentrations (6 and 8%)
(56). These CAB cores (about 60 and 110mm in size) were then
encapsulated with Eudragit S, resulting in a multinucleated
structure (between 200 and 400mm in size). In in vitro drug
release studies, the dosage showed that no drug was released
below a pH of 7. When the microspheres were expossed to a
pH above 7.0, CAB microspheres efficiently controlled the
release of Budesonide.

CODESTM is a unique colon-specific drug delivery
technology that was designed to reduce the lack of site speci-
ficity (57). The design of CODES exploited the advantages of
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certain polysaccharides that are degraded only by bacteria
available in the colon. These bacteria produce organic acids
that subsequently lower the pH. Usually, a CODES is coupled
with a pH-sensitive polymer coating. Because the degradation
of polysaccharides occurs only in the colon, this system exhi-
bits the potential to achieve the consistent and reliable deliv-
ery of drugs to the colon. One typical configuration of CODES
consists of a core tablet covered with three layers of polymer
coats. The first coating (next to the core tablet) is an acid-solu-
ble polymer (Eudragit E; granules, pH dependent, soluble in
gastric fluid up to 5.0, swellable, and permeable above a pH
of 5.0), and the second coating is enteric with an HPMC bar-
rier layer to prevent any possible interaction between the
oppositely charged polymers (an anionic polymer for the
enteric coating and a basic polymer for the acid soluble
layers). The core tablet is comprised of one or more polysac-
charides and other desirable excipients. During its transit
through the GIT, CODES remains intact in the stomach
owing to the protection provided by the enteric coating. When
the drug enters the small intestine, the enteric and barrier
coating dissolves where the pH is above 6. Because Eudragit
E starts to dissolve at a pH �5, the inner Eudragit E coating
becomes only slightly permeable and swellable in the small
intestines. Upon entry into the colon, the polysaccharide
inside the core tablet dissolves and diffuses through the coat-
ing. The bacteria enzymatically degrade the polysaccharide
into organic acids. Consequently, the reduced local pH in
the system facilitates the dissolution of the acid-soluble
coating and subsequent drug release.

Chitosan (CS) has often been employed as a coating
material for the colon-targeted delivery of drugs because of
its pH sensitivity, its complete digestion by the colonic bac-
teria, and its low toxicity (58,59). Chitosan is a cationic poly-
saccharide; the pKa of the NHþ

3 group of CS in water is 6.2,
whereas that of d-glucosamine HCl, a monomer of CS, is
found to be 7.8. Thus, it becomes slightly soluble at or below
a pH of 6.0 and turns completely soluble at a pH of 4.5 (61).
A CS-based multiparticulate dosage form was prepared for
effective colon targeting combining specific biodegradability
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and pH-dependent release behavior (58). To begin with, a CS
microcore [with diclofenac sodium (DS)] was prepared,
according to a spray-drying method (size, 1.8–2.9mm), and
the drug was efficiently entrapped. Then, with an oil-in-oil
solvent evaporation method (the ratio of Eudragit to the CS
core is 5:1), the CS core was encapsulated within Eudragit
L100 or Eudragit S100 so that a multireservoir system is
formed. In turn, they formed microspheres, the sizes of which
were 152mm for the L100 or 223mm for the S100. Even though
CS dissolves very fast at a pH of 1.2, DS release from CS
microcores was suppressed by the coating effect of Eudragit.
However, when reaching the Eudragit pH solubility, a contin-
uous release for a longer time period (8–12 h) was achieved.
This result may have been induced by the deprotonization
of CS at a neutral pH.

Also, a CS dispersed system (CDS), which is composed of
an active ingredient reservoir and an outer drug release-
regulating layer dispersing CS powder in a hydrophobic poly-
mer (Fig. 4), was investigated in relation to colon-specific drug
delivery (59). An aminoalkyl methacrylate copolymer RS
(Eudragit RS) was selected as a hydrophobic polymer, since
it had the ability to be sparsely dissolved in the acidic medium
in which CS is freely soluble. The release rate was controlled
by changes in the thickness of the coating layer. The resulting
enteric-coated CDS capsules reached the large intestine
within 1–3 h after oral administration and, in beagle dogs,

Figure 4 Fundamental structure of chitosan dispersed system
(CDS) capsule. (Adapted from Ref. 59.)
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degraded at the colon. The authors insisted that, for colon-
specific drug delivery, an additional outer enteric coating
was necessary for prevention of the drug’s release from CDS
capsules into the stomach because the dispersed CS in the
layer was able to dissolve easily under acidic conditions.

4.3. Protein=Peptide Oral Drug Delivery

There are many limitations to the oral delivery of therapeutic
proteins. These limitations result from such barriers as enzy-
matic degradation in the GIT, low epithelial permeability,
and protein instability. In order to improve the bioavailability
of a protein or peptide drug, a delivery system must increase
the residence time, maintain drug stability until the drug
reaches its absorption site, and enhance the drug’s permea-
tion into the systemic circulation. Numerous attempts have
been made to deliver proteins orally and have involved the
usage of pH-sensitive enteric-coated capsules (61,62), the cap-
sules being protected in liposomes (63), the capsules having
cyclodextrin (64), the capsules in erythrocytes (65), and in
conjunction with absorption promoters (66), such as sodium
salicylate, sodium glycocholate, and sodium cholate.

In early attempts to deliver protein orally, a number of
different formulations of gelatin capsules that were coated
with polyacrylic acids (PAA) and loaded with insulin were
studied in rats. When delivered orally, the formulation, which
was made of Eudragit and contained 16 IU of insulin, showed
a statistically significant reduction of blood glucose concentra-
tion (67). When compared to the blood glucose reduction
obtained with an intraperitoneal injection of 4 IU of insulin,
these oral formulations demonstrated a pharmacological bioa-
vailability of 9.3–12.7%. The result was encouraging, and
many other researchers in the field subsequently applied
similar strategies to the oral delivery of insulin. When Eudra-
git L100 and S100 capsules were used, the insulin release
from the S100 capsules at a pH of 7.0 was slower than that
from the L100 capsules. As a result, the L100 capsules
released almost all of loaded the insulin into the stomach,
duodenum, and jejunum. The S100 capsules were protective
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at a low pH and released more insulin in the ileal portions of
the small intestines. The S100 capsules reduced a modest 10%
of the glucose concentration in the blood. The glucose reduc-
tion was significantly enhanced through the use of a protease
inhibitor, or specifically by aprotinin (68–70). Eudragit L100
or S100 capsules with absorption promoters showed a signifi-
cant (p< 0.01) increase of the hypoglycemic effect over the 5 h
period of the experiments (66,71).

Kim and coworkers have investigated the potential use of
polymeric beads as an oral peptide drug delivery carrier invol-
ving pH=temperature-sensitive polymers that are composed
of N-isopropylacrylamide (NIPAAm) (temperature-
sensitive), butyl methacrylate (BMA), and acrylic acid (AA)
(pH-sensitive). The pH- and temperature-dependent solubi-
lity of the polymers made the use of organic solvents unneces-
sary for the protein drug in the polymeric beads. The
polymers prevented gastric degradation in the stomach while
providing a controlled release of a peptide drug (72–76). The
beads were formed by precipitation of the polymers at the
interface of cold aqueous solution droplets, the warm oil
phase, and the subsequent drying process. The bioactivities
of the insulin that was released from the beads at a pH of
7.4 and was recovered from the beads which were kept in rats’
stomachs for 5 h were well preserved (72). The loading of insu-
lin from an aqueous medium into the beads was achieved by
preparing a 7% or 10% (w=v) polymer solution with 0.2%
(w=v) insulin concentration at a low pH and below the lower
critical solution temperature (LCST) of the polymer (pH 2.0
and 4�C) (74). The release profile from different MW poly-
meric beads was studied at 37�C. The beads were placed for
2 h at a pH of 2.0 and then at a pH of 7.4 (Fig. 5) (76). A small
fraction of the insulin (less than 10%) was released from all
the polymer beads at a pH of 2.0 with the high MW polymeric
beads showing minimum release. The polymers at a pH of 2.0
and placed under 37�C did not swell or dissolve. Rather,
mainly surface-bound drug was released under these condi-
tions. The beads that were at a pH of 7.4 and under 37�C
swelled or eroded depending on the MW of the polymer, and
all the polymers exhibited a release of drugs. The low MW
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polymeric beads released most of the insulin within 2 h; the
intermediate MW polymeric beads released most of the insu-
lin within 4 h; and the high MW polymeric beads released
insulin over a period of 8 h. The polymer was also used for
calcitonin delivery. Additionally, they reported that as the
AA content increased from 0 to 10 mol%, the loading efficiency
and the stability of calcitonin improved significantly (73).

With regard to protein oral delivery, an experiment was
conducted on a pH-sensitive hydrogel polymer composed of
poly[methacrylic acid-graft-poly(ethylene glycol)] (P(MAA-
g-EG)) (77–80). The P(MAA-g-PEG) nanosphere system
demonstrated low cytotoxicity and was capable of opening

Figure 5 Modulating insulin release profile from pH=temperature-
sensitive beads made of terpolymers of N-isopropylacrylamide
(NIPAAm)=butyl methacrylate (BMA)=acrylic acid (AA) feed
mol ratio 85=5=10 and increasing MW. Beads were placed at pH
2.0 and 37�C for 2 h and then at pH 7.4 and 37�C for the remain-
der of the release studies (n¼ 6). (Adapted from Ref. 76.)
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the tight junctions between epithelial cells. Thus, this signifi-
cantly reduced the transepithelial electrical resistance using
the chelation capability of the polymer (Ca2þ-binding proper-
ties) (81). Insulin was then loaded into the polymeric micro-
spheres and was administered orally to healthy and diabetic
Wistar rats. The gels that were exposed to acidity of the sto-
mach did not swell owing to the formation of the intermolecu-
lar polymer complexes. The insulin did not leak out of the gel
and did not go through a process of proteolytic degradation. In
the areas of the intestine that had basic and neutral pH
levels, the complexes became dissociated. The gel experienced
rapid swelling and eventually released the insulin that was in
the gels. Within 2 h of the administering of the insulin-
containing polymers, strong dose-dependent hypoglycemic
effects were observed in both the healthy and diabetic rats.
According to this study, such effects lasted up to 8 h after
the administration (80).

Chitosan capsules coated with HPMCP were also tested
for insulin oral delivery (82). Using male Wistar rats,
insulin-containing capsules were administered orally to the
rats, each of which received, through polyethylene tubing, a
total dose of 20 IU into their stomachs. The hypoglycemic
effect did not start until 6 h after the administration. This
was when the capsules had reached the colon. The bioavail-
ability of the insulin from the CS formulation was 5.73% as
compared to the intravenous injection. It was observed that
certain absorption enhancers like sodium glycocholate
increased the absorption of insulin in the large intestine (66).

5. PARENTERAL DRUG CARRIERS

5.1. Tumor Extracellular pH (pHe) Targeting

The acidic tumor pHe prompted researchers to design pH-
sensitive targeting systems that targeted these tumors. In
general, fast-release kinetics from drug carriers leads to pre-
mature losses of agents causing systemic side effects.
They fail to concentrate their agents at drug acting sites.
Conversely, there is a high probability that low-release
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kinetics, which also has the potential to compromise drug effi-
cacy at tumor sites, will give rise to multidrug resistance in
initially sensitive tumor cells. This concern has provoked a
strong desire in the field of pH-sensitive research to create
‘‘switching carriers’’ that change from slow release kinetics
to rapid kinetics upon reaching target sites. This can be done
during the drug’s circulating phase.

Initially, tumor pH-induced drug release as a new mode
of drug delivery involved pH-sensitive liposomes that incorpo-
rated the carboxylic group. However, owing to both the poor
stability and responsibility to the range of tumor acidity
(pH 6.5–7.2), the carriers were limited in their utility for
tumor pHe targeting. This finding necessitated the develop-
ment of a polymeric nanocarrier that would be truly respon-
sive to tumor pHe. For this purpose, recent reports have
described two nanocarrier systems that operate according to
different mechanisms: (1) triggered release and improved cell
interaction by aggregation=shrinking (using weak acid) at
tumor pHe (Fig. 6a) and (2) triggered release by carrier desta-
bilization at tumor pHe (Fig. 6b).

5.1.1. Carrier Aggregation=Shrinking System

Bae’s group reported new pH-sensitive polymers based on sul-
fonamide (SD) derivatives (83–86). They revealed that poly-
meric systems bearing SD units (such as linear polymers,
networks, oligomers, or single separate units conjugated to
existing polymers) were, with the first-order-like transitions,
capable of responding to pH changes as small as 0.2 pH units.

Sulfonamide is a generic name for the derivatives of
para-aminobenzene sulfonamide (sulfanilamide). It was the
first effective antibacterial agent employed systemically in
the treatment of bacterial infections for human beings
(87,88). Sulfonamide is a weak acid because the hydrogen
atom of amide nitrogen (N1) can be readily ionized so that a
proton can be liberated in solution (Fig. 7a) (89). The oxygen
atoms of the sulfonyl group (SO2), having high electronegativ-
ity, strongly attract electrons from the sulfur atom. The
resulting electron deficiency of the sulfur atom draws the
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electrons of the N–H bond to the nitrogen atom due to the
ionization (Fig. 7b). The pKa of a SD comes under the substan-
tial influence of the substituted R groups on N1 nitrogen and
varies from 3 to 11.

In approaching the design of new pH-sensitive polymers,
researchers have modified selected SDs over a range of pKa to
polymerizable monomers. The pKa of the monomers, of the

Figure 6 (a) Schematic presentation of polymeric nanoparticles
with weak acid (sulfonamide groups). The polymeric nanoparticles
show good stability at pH 7.4 but are aggregated=shrunken near
the tumor where the pH is below tumor pHe. (b) A schematic con-
cept of anticancer drug release triggered by the change of hydropho-
bic core solubility in the polymeric micelle.

pH-Sensitive Polymers for Drug Delivery 149



homopolymers, and of the copolymers with N,N-dimethyla-
crylamide was examined, as was the pH-induced phase tran-
sition behavior (particularly the solubility). The pKa of both
the SD monomers and the polymers at 25�C was slightly
higher than the pKa corresponding to the SDs. The solubility
transition of each homopolymer in aqueous solutions occurred
at a degree of ionization of 85–90% (83).

The solubility transition, which was observed by means
of light transmittance on the copolymers, occurred in a nar-
row pH range (0.2 pH units), and this transition pH shifted
to a higher pH region as the SD content in the copolymer
increased (Fig. 8) (83). This kind of polymer precipitation
occurs because of the relative balance of the overall hydrophi-
licity=hydrophobicity along the polymer chain. Because the
un-ionized form of the SD units is hydrophobic, the copolymer
with a higher content of SD units requires a higher degree of
ionization for solubilization. Hence, a transition occurs at a
higher pH. A series of new copolymers of the SD monomer
and N,N-dimethylacrylamide demonstrated a reversible

Figure 7 Sulfonamide (a) and resonance forms of ionized sulfona-
mide (b). (Adapted from Ref. 83.)
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Figure 8 Transmittance of poly(methacryloyl sulfamethazine
monomer-co-N,N-dimethyl acrylamide) as pH values of the solution
at 37�C decrease. (a) 20 mol% sulfamethazine, (b) 30 mol% sulfa-
methazine (�, 0.5 wt%; &, 1 wt%; G, 2 wt% solution). (Adapted from
Ref. 83.)
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first-order-like transition in solubility by pH. In principle, by
varying the type of SD and the copolymer composition,
polymers with SD were able to target a narrow range of pH
for transition.

To test the pH sensitivity of the SD units in a polymeric
micelle system, a pH-sensitive polymeric micelle was pre-
pared in which the pH-sensitive SD oligomer was attached
to the end of the PEG block of the ordinary diblock copolymer
micelles. The polymeric micelles were composed of block copo-
lymers of poly(l-lactide) (PLLA)=poly(ethylene glycol)
(PEG)=polysulfonamide (PSD; Mw: 3000). Polysulfonamide
was synthesized through the radical polymerization of a viny-
lated SD (SD monomer; SDM), which was itself based on the
use of 2-aminoethanethiol as a chain transfer agent. Polysul-
fonamide was coupled to a carboxylic PEG (Mw¼ 2000)=PLLA
(Mw¼ 3500) block copolymer (90). The polymeric micelles,
which were prepared in accordance with a diafiltration
method, showed a unimodal size distribution that was smaller
than 60 nm. The PLLA=PEG-PSD micelles aggregated below
a pH of 7.0 owing to the de-ionized SDM on the surface,
whereas the control micelles turned out to be stable.
Figure 9 shows that the polymeric micelles prepared in this
study responded sharply to the change in pH around the
physiological condition.

In another test, a sulfonamide was used to decorate an
existing hydrophobically modified polysaccharide, pullulan
acetate (PA). This technique endowed pullulan with pH
sensitivity owing to the polysaccharide’s conjugation to sulfo-
namide. The pullulan derivative was synthesized by conjuga-
ting a sulfonamide, sulfadimethoxine, to succinylated PA.
The final structure of the resulting polymer conjugate is
shown in Figure 10. The polymers formed self-assembled PA=
sulfadimethoxine hydrogel nanoparticles in an aqueous med-
ium. Confirmation of these polymers was obtained through
the use of fluorometry and field emission-scanning electron
microscopy. The examination of the pH-dependent behavior
of the nanoparticles was based on the measuring of transmit-
tance, particle size, and zeta potential (91). Doxorubicin
(DOX) was loaded and released from the nanoparticles
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at various pHs. The mean diameter of all of the PA=
sulfadimethoxine nanoparticles that were tested was <70 nm,
with a unimodal size distribution.

As a result, the nanoparticles showed stability at a pH of
7.4 but shrank and became aggregated below a pH of 7.0.
Figure 11, which features a comparison of in vitro cytotoxicity
to the MCF-7 cells at two pHs (7.4 and 6.8), reveals that there
was no noticeable difference in the cytotoxicity of the PA and
the PA=sulfadimethoxine nanoparticles at the DOX concen-
tration range of 1–10,000 ng=mL at a pH of 7.4 (Fig. 11a).
When the cells were at a pH of 6.8, the DOX-loaded
PA=sulfadimethoxine nanoparticles showed a significant
increase in cytotoxicity. The DOX-loaded PA nanoparticles
(a control sample), on the other hand, showed no pH effect
on cytotoxicity (Fig. 11b). The pronounced cytotoxicity of
PA=sulfadimethoxine nanoparticles at pH 6.8 may be partly
attributed to the increased DOX release (Fig. 12).

Figure 9 Changes of relative transmittance decreasing with pH
values of the solution. PLLA=PEG (�), PLLA=PEG-SD (�), and
PLLA=PEG-PSD (;) block copolymer. (Adapted from Ref. 90.)
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Although the amount of DOX added to the cell-culture
medium was the same for both the free drug and the loaded
drug, the release pattern of DOX from the nanoparticles fol-
lowed the first-order kinetics. The total percentage of the
DOX that was released after 24 h turned out to be less than
70% at a pH of 6.8. At a pH of 7.4, it was about 30%. The blank
nanoparticles of PA and PA=sulfadimethoxine had no cytotoxi-
city and indicated that the drug-free nanoparticles did not
influence the viability of MCF-7 cells. The cytotoxicity of the
polymer by itself was measured and, at a polymer concentra-
tion of < 0.5 g=L, was found to be not significant (>90% viabi-
lity). Therefore, if we consider that the free drug was added at
the outset to the cell culture, the enhanced cytotoxicity of
DOX-loaded PA=sulfadimethoxine nanoparticles does not rely
entirely on the drug release rate, a finding that suggests the
existence of other factors underlying the observed cytotoxicity.

The effect of pH on the interaction between PA=
sulfadimethoxine nanoparticles and MCF-7 cells is presented

Figure 10 Chemical structures of (a) pullulan acetate (PA) and (b)
sulfadimethoxine (SDM). (Adapted from Ref. 92.)
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Figure 11 Cytotoxicity of doxorubicin (DOX) delivered as a free
drug, in PA or PA=SDM nanoparticles against MCF-7 cells, as a
function of drug concentration at (a) pH 7.4 and (b) 6.8. Data
represent a mean�S.D., n¼ 7. (Adapted from Ref. 92.)
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Figure 12 pH-dependent DOX release kinetics from (a) pullulan
acetate (PA) and (b) PA=sulfadimethoxine (SDM) nanoparticles.
pH 8.0 (�), 7.4 (�), 7.0 (;), 6.8 (c), and 6.4 (&). The doxorubicin
(DOX)-loading efficiency of PA and PA=SDM nanoparticles were
23� 5 and 20� 4 wt%, respectively. (Adapted from Ref. 92.)

156 Na and Bae



in Figure 13. PA nanoparticles minimally adhered to the
MCF-7 cells and this interaction was not influenced by pH.
However, in the case of PA=sulfadimethoxine, although the
fluorescent intensity on the cell’s surface was comparable to
that of PA at a pH of 7.4, it sharply increased at a lower
pH; in particular, at a pH of 6.4, the cell exhibited a three-fold
increase in fluorescent intensity over that at a pH of
7.4. Thus, the degree of interaction between the
PA=sulfadimethoxine and MCF-7 cells was augmented by
decreasing pH, possibly by the pH-induced surface hydropho-
bicity (sulfadimethoxine de-ionization) of the nanoparticles.
Furthermore, the nanoparticles along with the loaded drug
were intracellularly localized, probably via an endocytic path-
way. Therefore, the enhanced cytotoxicity of the
PA=sulfadimethoxine nanoparticles at the tumor pHe was

Figure 13 pH-Dependent interactions of fluorescene isothiocya-
nate-labeled pullulan acetate (PA) and PA=sulfadimethoxine (SDM)
nanoparticles with MCF-7 cells. MCF-7 cells were incubated at 37�C
for 1 h. The FITC-labeled polymer concentration was 10mg=mL. Data
represent a mean�SD, n¼ 7. (Adapted from Ref. 92.)
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induced by the combination of an accelerated drug release at
pHe and internalization into MCF-7 cells (92). These proper-
ties suggest a new mode for anticancer drug delivery systems.

5.1.2. Triggered Release by Polymeric Micelle
Destabilization

A triggered release of an anticancer drug at tumor pHe (<pH
7.0) by the physical destabilization of a carrier may constitute
an advantage over the previous system. This would enhance
carrier accumulation at target tumor sites. In general, stable
nanocarriers stay in the vicinity of a leaky tumor vasculature
after extravasation because of their size (93). Their location
can form an obstacle to other nanoparticles, and further accu-
mulation may be prevented. It is assumed that if the nanopar-
ticles disintegrate completely by the time of the subsequent
administration, a multiple dose scheme may result in effec-
tive tumor targeting.

According to a recent discovery by Dr. Bae’s group
(94,95), it was reported that the synthesis of the block copoly-
mers of poly(l-histidine) (polyHis) and PEG, and the construc-
tion of polymeric micelles from the block copolymers
responded to the local pH changes in the body. Because the
polyHis block is a polybase, the effect of the pH during micelle
fabrication has on the critical micelle concentration (CMC)
was examined and the results are presented in Figure 14.
At a diafiltration pH between 8.0 and 7.4, the CMC of the
polyHis5K-b-PEG2K micelle increased slightly in relation to
a decreasing pH. However, the CMC was significantly ele-
vated below a pH of 7.2. It is evident that the protonation of
the imidazole group in the copolymer at a lower pH level
causes a reduction in hydrophobicity, and this outcome leads
to an increase in CMC. In addition, below a pH of 5.0 (typi-
cally a pH of 4.8), the CMC of the polyHis5K-b-PEG2K micelle
could not be detected. Together, these findings indicate that
at a pH of 8.0, the less protonated polyHis constitutes the
hydrophobic core in the micellar structure, but in a pH range
of 5.0–7.4, the polymer produces less stable micelles. Figure
15 shows that the polyHis5K-b-PEG2K micelles prepared at
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a pH of 8.0 exhibited a sudden drop in fluorescence intensity
at a pH of between 7.0 and 7.4, followed by a gradual fall to
a pH of 6.0. It is apparent that this reduction of the fluores-
cence intensity was due to the instability of the hydrophobic
core and that the cause of the dissociation of the micelles
hinged on the protonation of the imidazole ring. It was con-
cluded that the ionization of the polyHis block forming the
micelle core determined the pH-dependent CMC and the sta-
bility (94). For further optimization of the pH sensitivity, a
mixed micelle (75=25 weight ratio) of polyHis-b-PEG with
PLLA-b-PEG was fabricated. The micelles were stable at a
pH of 7.4, and their critical pH for destabilization was
approximately 7.0; below the pH, DOX release was greatly
accelerated (95).

Based on pH-sensitive biodegradable poly(b-amino
ester), another approach to the topic of carrier dissociation

Figure 14 The pH effect on the critical micelle concentration
(CMC) of polyHis5K-b-PEG2K polymeric micelles that were pre-
pared at various pH values (pH 8.0–5.0). (Adapted from Ref. 94.)
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at tumor pHe based on pH-sensitive biodegradable poly
(b-amino ester) was reported by Lynn et al. (96,97). A
poly(b-amino ester) (poly-1) (Fig. 16) that was used as a
hydrophobic core was synthesized by a conjugate addition
of 4,40-trimethyldipiperidine with 1,4-butanediol diacrylate.
The solubility profile of this hydrolytically degradable poly-

Figure 15 The change of pyrene fluorescence intensity (I1) with
the pH at constant micelle concentration (0.1 g=L). The poly-
His5K-b-PEG2K polymeric micelles were prepared in NaOH(or
HCl)–Na2B4O7 buffer solution (pH 8.0) and exposed to each pH
for 24 h. (Adapted from Ref. 94.)

Figure 16 Chemical structure of poly(amino ester)(poly-1).
(Adapted from Ref. 97.)
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mer is directly influenced by a solution pH. Specifically,
unprotonated polymer is insoluble in aqueous media in the
pH range from 7.0 to 7.4, and the transition solubility occurs
at a pH of about 6.5. The poly-1 microspheres that were sus-
pended at a pH of 7.4 remained intact and stable when
observed visually, but the spheres dissolved instantly when
the pH of the suspending medium was between 5.1 and 6.5.
The release profile of the labeled dextran from the poly-1
microspheres at a pH of 7.4 was characterized by a small
initial burst in fluorescence (7–8%) which then reached a lim-
iting value of about 15% after 48 h. This experiment demon-
strated that the degradation of poly-1 was relatively slow
under these conditions and that 85–90% of the encapsulated
material could be retained in the polymer matrix for a long
period of time at physiological pH values. Thus, the polymer
system could provide increased therapeutic benefits by pro-
tecting its content during circulation in the body. It was also
designed as in a nanoparticle form for tumor-selective pacli-
taxel delivery (98). However, no pH-dependent release pat-
tern was reported.

5.2. Cytosolic Delivery

Another important use of pH-sensitive nanocarriers is the
cytosolic delivery of a bioactive agent. The intracellular traf-
ficking of drugs can seriously impact the efficacy of bioactive
agents that are susceptible to lysosomal acidity and enzymes.
It is therefore an important goal to design and synthesize
polymers that can enhance the transport of endocytosed
drugs from endosomal-lysosomal compartments to the
cytoplasm.

To disrupt the endosomal-lysosomal membranes, exogen-
ous agents such as chloroquine, glycerol, fusogenic peptides,
and inactivated adenoviruses have often been employed.
These agents enhance the efficiency of gene transfer but have
some inherent problems. For example, whereas chloroquine
has received FDA approval for the treatment of malaria, it
is toxic to many cell types in vitro. In high doses, chloroquine
may lead to a variety of undesirable side effects in the
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gastrointestinal and nervous systems (99). Its cellular toxicity
and its side effects make chloroquine impractical for in vivo
applications. Inactivated adenovirus particles conjugated to
the polymer appear to be nontoxic in vitro but may be immu-
nogenic and would introduce additional steps during synth-
esis and purification of the production process of such a gene
delivery vehicle (100).

As described before, the pH of an endosome is acidified by
proton-translocating ATPases (18) that depend on the stage of
endosomal development. This pH gradient is a key trigger in
the design of membrane-disruptive polymers, which could
enhance the endosomal escape of bioactive agents.

5.2.1. The Triggering Polymeric Agent in the
Liposomal Carrier

Acid-triggered conformational changes in polymers and the
association of these polymers with liposomal bilayers often
destabilize the lipid bilayer membranes.

Poly(2-ethylacrylic acid) (PEAA) (Fig. 17a) (101) at a con-
centration of 1 mg=mL can bind to a variety of multilamellar
vesicles (MLVs) including negatively charged liposomes
(102). The complexation was dependent on the external pH,
the polymer’s pKa, and tacticity. When the complexation
was attempted at a high pH (above 8.0), there was no com-
plexation. However, a low pH resulted in greater binding. It
was suggested that the hydrogen bonding between the
polymer’s un-ionized carboxyl groups and the lipid surface’s
phosphodiesters was a primary driving force for the com-
plexation. The pH-responsible release profiles from various
liposomal formulations were demonstrated in a number
of studies (103–105). The transition of pH was modulated
by adjusting the polymer’s molecular weight (106) or by
replacing PEAA with a more hydrophilic or hydrophobic AA
derivative (105).

PEAA in solution, in general, experiences a coil-to-globule
transition at a pH of 6.2 (107). The conformational transition
of PEAA in the presence of dipalmitoylphosphatidylcholine
(DPPC) vesicles shifted to 6.5 (107). Chen and colleagues
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Figure 17 Chemical structures of (a) poly(2-ethylacrylic acid)
(PEAA), (b) hydrophobically-modified succinylated poly(glycidol),
and (c) poly(NIPPAm-co-MAA-co-ODA). (Adapted from Ref. 101.)
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demonstrated that the PEAA covalently conjugated with small
unilamellar eggPC liposomes (3.6 mol%) and that this conjuga-
tion caused a rapid release of calcein at a pH of 6.5. This find-
ing showed that the surface-linked PEAA could destabilize the
eggPC-cholesterol liposomes and encourage their fusion at a
pH of 5.0 (104). Chung and associates (108) hypothesized that,
at this pH, the penetration of hydrophobic segments of the
PEAA into the membranes of neighboring liposomes leads to
close vesicle-vesicle contacts, which, in this case, by facilitat-
ing local dehydration at the contact site, caused defects in
the packing of the membrane lipids, which in turn eventually
caused fusion. Drug release resulted in part from pore forma-
tion as the hydrophobic protonated polymer penetrated into
the bilayer.

Succinylated poly(glycidol)s are structurally related to
the PEG backbone (Fig. 17b). The polymer has hydroxyl and
carboxylic groups (succinic acid) on side chains. Kono and col-
leagues (109–111) have synthesized various succinylated
poly(glycidol)s bearing long alkyl chains (Mw¼ 7600) and
incorporated the polymers in the structure of phosphatidyl-
choline derived from the small unilamellar vesicles of egg yolk
(eggPC SUVs). The study involved efforts to observe leakage
of the liposomal below a pH of 5.5 and more than 1.1 mol%
polymer concentrations. Content leakage was accompanied
by a concomitant intermembrane mixture. Fusion was
enhanced by increasing amounts of polymers in the bilayer.
Although the mechanisms by which the succinylated poly(gly-
cidol) destabilized the lipid bilayers were not investigated, it
was proposed that the protonated carboxylic acid groups
interacted with the lipid membrane causing local dehydration
and membrane fusion. The polymer was employed for the
cytoplasmic delivery of calcein in CV-1 kidney cells via eggPC
SUVs, and the efficiency of the delivery was correlated to the
ability of polymer-coated liposomes that were fused with the
endosomal-lysosomal membrane.

Several studies have shown that liposomes coated with
the copolymers of NIPPAm and MAA bearing long alkyl chains
(hydrophobic moiety) appeared to have a temperature-pH-
responsive property. The alkyl substituent interacts with
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the liposome membrane and serves as an anchor that joins
the polymer to the liposomes (112). The interaction of
hydrophobically modified NIPPAm copolymers with the
bilayers of dimyristoylphosphatidylcholine (DMPC) and 12-
distearoyl-3-sn-phosphatidylcholine (DSPC) has been widely
investigated (113–116).

Leroux’s group (117–119) has proposed a new pH-sensi-
tive liposomal system, and their study details the preliminary
evidence that a pH-triggered release can benefit from both the
pH phase transitions of hydrophobically modified poly(NIP-
PAm-co-MAA) and the ability of this polymer to destabilize
lipid bilayers. The studies focused on the pH-responsive
release, after the incorporation of NIPPAm copolymers in
liposomal membranes, of a highly water-soluble fluorescent
aqueous content marker and the HPTS (pyranine) from egg
phosphatidylcholine liposomes (EPC). The pH sensitivity of
this system correlates with the precipitation of the copoly-
mers at an acidic pH. The pH-triggered release, according to
this study, was induced by the coil-globule transition (pH
5.1–5.7) of the NIPPAm copolymer because it depended on
the polymer’s molecular weight and the portion of hydropho-
bic moiety in the liposome. A low MW of the pH-sensitive NIP-
PAm copolymer (Mw 9756) that bore 1 mol% of the
hydrophobic anchor [octadecylacrylate (ODA)] was able to
trigger the release of approximately 25 and 15% of the liposo-
mal contents at a pH of 4.9 and 5.5, respectively. When the
molecular mass (Mw 44,633) and the ODA content (1.6 mol%)
were increased, a substantial improvement in the maximal
release of the HPTS from the EPC liposomes was obtained;
the released HPTS was 42% at a pH of 4.9 and 16% at a pH
of 5.5 after the removal of the free polymers (see Fig. 18)
(117). Also, the Mw and the ODA concentration of the copoly-
mer did not influence its phase-transition pH.

A recent report characterized a randomly alkylated copo-
lymer of NIPAAm, methacrylic acid, and N-vinyl-2-pyrroli-
done in terms of its pH- and temperature-triggered
conformational change (118). The polymer was complexed to
liposomes so that pH-responsive vesicles would be produced.
The polymer underwent a coil-to-globule phase transition
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over a wide range of temperatures. At 37�C and at a pH of 7.4,
it was partly dehydrated, although the polymer was water
soluble. The liposome-copolymer complexes were stable at
neutral pHs but rapidly released their contents under acidic
conditions. The addition of PEG to the formulation had a det-
rimental effect on pH sensitivity but substantially enhanced
the circulation time. It was recently reported that, at a copo-
lymer=lipid mass ratio of 0.3, the large unilamellar niosome
vesicles from a hydrophobically modified, pH-responsive copo-
lymer consisting of NIPAAm, N-glycidylacrylamide, and

Figure 18 Comparison of the rate of HPTS [8-hydroxypyrene-
1,3,6-trisulfonic acid (pyranine)] release from liposomes (eggPC)
modified with NIPPAm-containing copolymers and the phase tran-
sition of the copolymer (NIPPAm=MAA=ODA 93:5:2 mol%). The
copolymer phase transition was measured as an increase in light
scattering at 480 nm. HPTS release was measured as an increase
in HPTS fluorescence following release from liposomes
(lex¼ 413 nm, lem¼ 512 nm) and is expressed as a fraction of the
fluorescence upon liposome solubilization with Triton X-100.
(Adapted from Ref. 117.)
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N-octadecylacrylamide exhibited good stability and pH sensi-
tivity in buffer and human serum (119).

5.2.2. Endosomolytic Polymers for Gene Delivery

Macromolecules such as genes, oligonucleotides (ODN), and
peptides-proteins are entrapped by endosomal sequestration
after they experience a fluid-phase uptake or receptor-
mediated endocytosis. When the macromolecules complete
their vesicular uptake, the internalized carriers face degrada-
tive pathways that are a collection of hydrolases. The types of
hydrolases include proteases (e.g. cathepsins), phosphatases,
lipases, and glycosidases (120). Unless endosomes-lysosomes
are target organelles, the success of the macromolecular ther-
apeutics depends on the ability of such drugs to escape from
the endosomal compartment into the cytosol (121).

The first polymers that were identified as having pH-
dependent fusogenic properties (endosome membrane disrup-
tion) were the synthetic polypeptides polyHis (122). At a high
pH, the polymer was neutral but developed a positive charge
when the pH decreased. Midoux and coworkers (123,124)
reported that the thing responsible for the presence of histi-
dine in polymers was most likely a fusogenic material. The
histidylated polylysine containing 84 histidyl residues
(His84-pLK) (Fig. 19) was complexed at a pH of 7.4 with a
pUT650 plasmid encoding luciferase gene. The polyplexes
were used to transfect HepG2 cells. The luciferase activity
turned out to be 4.5 orders of magnitude higher than it was
with the pLK=pDNA complexes. Additionally, it was 3.5 and
3 orders of magnitude higher than it was with the pLK=pDNA
complexes in the presence of chloroquine and a fusogenic
peptide, respectively (Fig. 20). They had also designed histi-
dylated oligolysines, which increased the uptake for cytosolic
delivery, and the nuclear accumulation of antisense ODN. A
flow cytometric analysis showed a ten-fold enhancement of
the ODN uptake in the presence of histidylated oligolysines.
These results may be induced by a ‘‘proton sponge’’ mechan-
ism of the imidazole group. The imidazole exhibits a pKa

around 6.0. Thus, it possesses a buffering capacity in the
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endolysosomal pH range and possibly mediates a vesicular
escape. When PEG-polyHis was used for gene delivery, the
transfection efficiency, however, was approximately equiva-
lent to the DNA:polylysine complex. At the same time, it
showed a lower level of cytotoxicity relative to the macro-
phages that were cultured in vitro (100,125). The complex of
the DNA:PEG-polyHis was formed in a 0.01 M acetate buffer
(pH 5). This brought the histidine imidazole to an almost
ionized state. The ionized imidazole cannot produce ‘‘proton
sponge’’ material in the endosome. The incorporation of the
histidine imidazole moieties represents a promising option
for the improvement of both the endosomal escape and the
efficiency of polymers. Moreover, these improvements do not
increase the moieties’ toxicity.

The polyethylenimines (PEI) containing primary, sec-
ondary, and tertiary amines have most often been used for

Figure 19 Schematic structure of histidylated polylysine. i¼DP;
R¼NHþ

3 or His. (Adapted from Ref. 123.)
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gene delivery that does not involve any exogenous agent. This
is the case because of their superior efficacy in in vitro trans-
fection. The amino groups’ various pKb values induce the high
transfection property in question. Primary amines of PEI lead

Figure 20 Histidylated polylysine mediated polyfection. Poly-
plexes were prepared by mixing either His84-pLK (40 mg) or pLK
(5 mg) in 0.3 mL of serum-free DMEM with 10 mg (3 pmol) of
pUT650 plasmid in 0.7 mL of serum-free DMEM. The solution
was kept for 30 min at 20�C. When relevant, the solution was made
100 mM in chloroquine or 10 mM in E5CA. HepG2 cells (3� 105 cells
plated in a 4 cm2 well) were incubated for 4 h at 37�C with poly-
plexes in the presence of 5% FBS. Then cells were washed and incu-
bated in a complete culture medium containing 10% FBS. The gene
expression was determined 48 h later by assaying the luciferase
activity in cell lysates. RLU, the number of relative light units,
represents the luciferase activity in 106 cells. (Inset: Concentration
dependence of polyfection with His84-pLK=pDNA complexes.)
(Adapted from Ref. 123.)
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to the construction of effective complexes, even with large
DNA molecules (126–128), and all of this leads to homoge-
neous spherical particles that have a size of approximately
100 nm or less and are capable of transfecting cells in vitro.
Other unprotonated amino moieties create the ‘‘proton
sponge’’ effect because the amino groups can protonate at
the endosomal pH. This effect induces the osmotic swelling
and the rupture of the vesicle membrane by the influx of coun-
terions. These are brought into the vesicle so that electroneu-
trality can be maintained (129). Thus, among the various
polymeric vectors, PEI has shown particularly promising effi-
cacy in in vitro transfections and fusogenecity. The high den-
sity of positive charges, however, results in a rather high
toxicity, which is one of the major limiting factors especially
for its in vivo application (130). Additionally, extensive litera-
ture has reported various methods for the reduction of PEI
cytotoxicity (131).

Poly(amidoamine)s (MBI) are a class of strong cationic
polymers for endosomal membrane destabilization. The poly-
mers are characterized by the presence of amido and tertiary
amino groups regularly arranged along the macromolecular
chain. Additional functional groups may be introduced as side
substituents (132). The polymers undergo a marked confor-
mational change leading to an alteration from a relatively
coiled hydrophobic structure at a neutral pH (7.4) to a relaxed
hydrophilic structure at an acidic pH (5.5) (133). The confor-
mational change is due to the protonation of the tertiary
amino groups and confers on these groups the ability to selec-
tively damage biological membranes at a low pH. The poly-
mers in a coil form appear to be rod-shaped as it displays a
much larger hydrodynamic volume than other hydrophilic
polymers (e.g., polyvinylpyrrolidone) of a similar molecular
weight (134). Viscosity measurements show that MBIs have
a compact structure at a pH of 7.4. This opens under the
acidic conditions, normally encountered following pinocytic
internalization into the endosomes and lysosomes (pH 6.5–
5.0). To investigate whether these characteristics should be
used to protect a drug payload in the circulation and to facil-
itate subsequent intracellular delivery, an MBI-Triton X-100
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conjugate was synthesized as a model compound (133).
Whereas Triton X-100 alone was highly hemolytic at all of
the pHs (5.5–8.0) studied, the parent polymer MBI was not
hemolytic at any pH and the MBI-Triton X-100 conjugate
was hemolytic at pH 5.5, although not when a pH of either
7.4 or 8.0 was studied. This finding means that MBI has the
potential to hide its Triton X-100 within its intramolecular
core. These early observations initiated the search for new
MBI structures that would be less toxic and would display
inherent membrane activity at low pH values; in other words,
they would be inherently endosomolytic.

New MBIs have subsequently been reported to be bio-
compatible, cause pH-dependent hemolysis, and non-hepato-
tropic when administered in vivo (135). Duncan and Ferruti
and their coworkers demonstrated that the new MBIs (Fig.
21) have the property of pH-dependent membrane destabili-
zation, which makes them potential endosomolytic polymers
(135–137). The first evidence that MBIs can cause endosomal
membrane destabilization came from the observation that
they mediate the transfection of HepG2 cells using pSV-b-
galactosidase as a marker (137). They characterized and
synthesized four different MBIs (ISA 1, ISA 4, ISA 23, and
ISA 22). To study the MBI-mediated transfection, polymers
and various control vectors were used in combination with
pSV-b-galactosidase and HepG2 cells. They used a Lipofec-
tACE as a reference control from which to study the effects
of the vector:DNA ratio (Fig. 22a). The greatest level of b-
galactosidase expression was also mediated by the ISA 23 at
a 1:9 ratio and with an excess polymer. The ISA 23 showed
a higher level of b-galactosidase expression than the ISA 22.
To allow the correlation with known nonviral vectors, the
transfection efficiency was compared at a 5:1 vector excess
(Fig. 22b). The ISA 23 resulted in a b-galactosidase
expression that was equivalent to that seen using the PEI
and LipofectIN. Both the ISA 22 and the ISA 23 showed
significantly higher expressions than those corresponding to
the LipofectACE experiment. The cytotoxicity of the ricin A-
chain (RTA) was also tested so that direct evidence of high
transfection efficiency could be obtained (138). RTA showed
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a dose-dependent cytotoxicity that impacted the B16F10 cells
in vitro (IC50¼ 1.4mg=mL). When incubated with the B16F10
cells, ISA 1 and ISA 4 were relatively non-toxic, showing IC50

values of >2 and 1.8 mg=mL, respectively. In the case of ISA 1
and the RTA combination (250 ng=mL), the IC50 observed was
0.65� 0.05 mg=mL (Fig. 23).

Demonstrations have shown that acidic PEAA and poly-
(propacrylic acid) (PPAA) have pH-dependent membrane-
disruptive properties in liposomes depending on their
molecular weight. A copolymer composed of AA and propacrylic

Figure 21 Chemical characteristics of the poly(amidoamine)s. Mn

(number-average molecular weight) and Mw (weight-average mole-
cular weight) were calculated by gel permeation chromatography
against polyamidoamine standards. (Adapted from Ref. 137.)
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Figure 22 Transfection of HepG2 cells using pSV-b-galactosidase
in the presence of various vectors. Panel (a) shows the b-galactosi-
dase expression after incubation with square with left-vertical lines
ISA 23, ISA 22 (&), and LipofectACE (&) complexes at mass ratios
between 1:1 and 1:10 using excess vector. In panel (b), the b-galacto-
sidase expressions are compared after exposure of HepG2 cells to the
plasmid alone, LipofectIN, LipofectACE, ISA 1, ISA 4, ISA 22, ISA
23, and PEI, and without plasmid. A mass ratio of 5:1 (excess vector)
was used throughout. (Adapted from Ref. 138.)
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acid has displayed a significant pH-dependent membrane-dis-
ruptive effect on red blood cells (139). Hoffman and his cowor-
kers have investigated these cells’ ability to disrupt
eukaryotic cell membranes using a standard hemolytic assay
(139–142). PEAA hemolyzes red blood cells with an activity of
107 molecules per red blood cell, which is as efficient on a molar
basis as the peptide melittin. The membrane-disruption meth-
ods corresponding to these acidic polyelectrolytes differ from
those of the polycations. The pH-dependent membrane-disrup-
tive activities of the polymers are closely associated with the
conformational change of the polymers. The transition from
an expanded conformation at a high pH to a relatively hydro-
phobic, globular coil in acidic solution is triggered by the proto-
nation of the free carboxylic groups of the polymer.

Figure 23 Effect of poly(amidoamine)s and dextran on the cyto-
toxicity of RTA. Assays were performed using B16F10 cells with a
non-toxic concentration of RTA (250 ng=mL) and the data shown
represent dextranþRTA (G-G), ISA 22þRTA (&-&), ISA 1þRTA
(�-�), and ISA 4þRTA (&-&). Data represent mean�SD, N¼ 18.
(Adapted from Ref. 137.)
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Consequently, the collapsed polymer chain provides an
increased number of hydrophobic sites for enhanced polymer
adsorption to the phospholipid membrane (143). The research-
ers also reported that the mechanism of RBC hemolysis by
PEAA is consistent with the colloidal osmotic mechanism.
PEAA’s hemolytic activity rises rapidly as the pH decreases
from 6.3 to 5.0; there is no hemolytic activity at pH 7.4. A
related polymer, PPAA was synthesized, and the goal was to
test whether making the pendant alkyl group more hydropho-
bic would, by adding one more methylene group, increase its
hemolytic activity. PPAA was found to disrupt red blood cells
15 times more efficiently than PEAA at a pH of 6.1. According
to this experiment, the PPAA was not active at a pH of 7.4
and displayed a pH-dependent hemolysis that shifted toward
higher pHs. Table 4 shows the results of the transfection of
NIH3T3 fibroblasts with ternary physical mixtures of the catio-
nic lipid carrier DOTAP, pCMV b plasmid DNA, with or with-
out PPAA at varying charge ratios of added DOTAP (þ) to
DNA (�), and PPAA (�). Table 4 shows that the addition of
PPAA to DOTAP=DNA lipoplexes significantly enhances
transfection efficiencies in the NIH3T3 mouse fibroblast cells
at all of the charge ratios tested. The level of b-galactosidase
gene expression with ternary DOTAP=DNA=PPAA carriers
was increased approximately 20-fold over the control
DOTAP=DNA lipoplexes prepared with a charge ratio of
1.3(� ) (143). Recently, it was reported that, among the various

Table 4 Effect of Poly(propacrylic acid) on In Vivo Transfectiona

Charge ratio (þ)

Formulation 1.0 1.3 1.6 1.9

DOTAP=DNA 50� 10 103� 11 175� 3 346� 17
DOTAP1=DNA=PPAA 1514� 66 2197� 56 1276� 101 1076� 112
DOTAP2=DNA=PPAA 568� 55 1037� 76 876� 42 696� 30

aTransfection levels are reported as milliunits of b-galactosidase activity=mg of
protein. Particles contain 10mg DOTAP1 or DOTAP2.
Source: Ref. 144.
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PAA polymers studied, medium and low molecular PEAAc and
PPAAc were identified as displaying significant pH-dependent
disruptive activity. Relative to the disruptive cationic polymer
poly(butyl methacrylate-co-[2-dimethyl aminoethyl]methacry-
late-co-methyl methacrylate) (PDMAEM) the rank was
PEAA<PPAA<PDMAEM (144).

5.2.3. Fusogenic Polymers for Anticancer Drug
Delivery

Although various pH-sensitive polymers displaying fusogenic
activity have been used for the cytosolic delivery of bioactive
macromolecules, such polymers have seldom been used for
anticancer drug delivery. Polymeric nanocarriers bearing
tumor-specific ligands (Fig. 24a) have been utilized as cytoso-
lic drug delivery carriers for active endocytosis and have
improved cellular drug bioavailability. If the carrier simulta-
neously exhibits both a triggered release in early endosomes
(approximately pH 6) and endosomal disruption after interna-
lized, it will provide higher concentrations of the drug in the
cytosol and the nucleus (potential drug acting sites) (Fig. 25).
Such a system would be an effective delivery mode, particu-
larly for MDR cancer cells. This approach will be useful for
weakly basic drugs (most anticancer drugs are weak bases)
whose partitioning in cytosol and subcellular organelles is
greatly influenced by intracellular pH profiles (more seques-
tration of the drugs occurs in acidic subcellular compart-
ments). Therefore, the development of polymeric
nanoparticles that have targeting ligands and exhibit fuso-
genic activities is required so that more effective anticancer
drug delivery systems—particularly for drug-resistant cancer
cells—can be made available.

The fusogenic effect of polymers containing imidazoles
was discussed earlier. If the polymeric micelles with the
polyHis core were employed, it would become an effective
delivery method against cancer cells. Commercial polyHis
(Mw approximately 10,000) is available but is not soluble in
most organic solvents owing to its high molecular weight
and has difficulty in forming micelles or a self-assembled
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nanostructure. Most recently, Bae’s group reported a novel
pH-sensitive polymer that is mixed with micelles and that is
based on polyHis (polyHis; Mw 5000)=PEG (Mn 2000) (95).
The polyHis=PEG micelles showed an accelerated DOX
release as the pH decreased from 8.0. When the cumulative

Figure 24 (a) A proposed new carrier for switching the release of
an anticancer drug by early endosomal pH from polymeric micelles
and (b) the polymeric micelles for effective anticancer drug delivery
to MDR cells with receptor-mediated endocytosis, switching release
rate, and fusogenic activity of polymeric micelle components.

pH-Sensitive Polymers for Drug Delivery 177



release for 24 h was plotted as a function of pH, a gradual
transition in the release rate appeared in a pH ranging from
8.0 to 6.8. In order to tailor the triggering pH to a more acidic
tumor’s extracellular pH, and to improve the micelle stability

Figure 25 The cytotoxicity of DOX loaded mixed micelles with
PLLA=PEG content (a) 0 wt.%, (b) 10 wt.%, (c) 25 wt.%, (d)
40 wt.%, and (e) 100 wt.% after 48 h incubation at varying pH [pH
7.4 (�); 7.2 (&); 7.0 (G); 6.8 (c); 6.6 (�)]. Free ADR cytotoxicity
is presented as a reference at pH 7.4 (�), 7.2 (&), 7.0 (`), 6.8
(c), and 6.6 (�). (Adapted from Ref. 95.)
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at a pH of 7.4, the PLLA=PEG block copolymer was blended
with a polyHis=PEG: what formed was mixed micelles. The
blending shifted the triggering pH to a lower value. Depend-
ing on the amount of PLLA=PEG in the blending, the mixed
micelles were destabilized with a pH range of 7.2–6.6 (the
triggering pH for the DOX release). The polyHis=PEG
micelles that were loaded with DOX that exhibited a pH of
7.4 showed some cell-killing effect because the micelles had
a certain degree of both instability and DOX release. Cell via-
bility at a pH of 6.8 was greatly reduced under the influence of
enhanced DOX release (Fig. 25a). The mixed micelles with
10 wt.% PLLA=PEG (Fig. 25b) caused less cytotoxicity at a
pH of 7.4. Additionally, there was a high cytotoxicity below
a pH of 7.2. The above results are distinguished from the cyto-
toxicity of free DOX (almost independent of pH). The 25 wt.%
PLLA=PEG micelles (Fig. 25c) appeared to be more sensitive
to the pH levels, especially when a distinction is made
between a pH of 7.0 and a pH of 6.8. The 40 wt.% PLLA=PEG
micelles (Fig. 25d) were distinguished by a pH of 6.8 and of
6.6 in cytotoxicity. Because both the 100 wt.% PLLA=PEG
micelles (Fig. 25e) and the blank micelles had no pH-depen-
dent cytotoxicity, the pH-dependent cytotoxicity solely relied
on the release of DOX at a different pH. As a result, the
change in pH from 8.0 to 6.6 may influence the cell’s surface
charges, cellular physiology, and cells’ viability. The low pH
is a favorable environment for tumor cells but has an opposite
effect on normal cells. For the active internalization of the
micelles, folic acid was introduced into the pH-sensitive mixed
micelles. After the internalization, the micellar carrier
actions could be combined with both the pH-triggered DOX
release at an early endosomal pH and the fusogenic activity
of polyHis, which helped the DOX to be released from the
endosomal compartment to the cytosol. To visualize the
effect of both the folate-mediated endocytosis and the fuso-
genic activity of the mixed micelles, the distribution of the
DOX on MCF-7 cells was observed under a confocal micro-
scopy. After 1 h, the cells’ uptake of the folate-conjugated
micelles proceeded rapidly. The folate-conjugated mixed
micelles and the PLLA=PEG-folate micelles showed a high
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intracellular DOX concentration and a high distribution in
both the cytosol and the nucleus; this was visualized by a
red-intensity signifying the DOX. On the other hand, in
the case of the PLLA=PEG-folate micelles, DOX was not
broadly distributed in the cytosolic compartment but loca-
lized probably in the endosomes. This observation was
clearly distinguished from the observation of the folate-con-
jugated mixed micelle that exhibited fusogenic activity.
The DOX that was carried by the mixed micelles pro-
moted—in a striking way—a cytosolic distribution of DOX.
In contrast, for free DOX, only the low red intensity
appeared in the peripheral region of the cells owing to the
DOX’s slow diffusion process into the cells, which amounted
to a 1 h incubation period.

6. CONCLUSION

Traditionally, anionic pH-sensitive polymers have been
extensively applied as an enteric-coating material for oral
dosage forms. This was to protect labile drugs from dissolving
too quickly in the stomach, prevent patients from experien-
cing irritation in their stomachs, and make the drug taste bet-
ter. Recent works have demonstrated that the pH-dependent
solubility of the polymers facilitated colon targeting and the
oral delivery of peptide-protein drugs.

With the discovery of both new pH-sensitive functional
groups and new polymerization technology, various anionic
and cationic polymers, which are truly sensitive to small
changes in physiological pH or responsive to a target pH,
are now expanding in applications. These include enhanced
drug release at tumor sites that is triggered by the tumor’s
extracellular pH, the cytosolic delivery of labile macromole-
cular pharmaceuticals that are combined with endosomal-
lysosomal membrane disruption properties, and the delivery
of anticancer drugs to MDR malignant cells. As a result, pH-
sensitive polymeric drug carriers are becoming more feasible
in the treatment by drug delivery systems of specific
diseases.
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1. INTRODUCTION

1.1. Hydrogels

A hydrogel is a three-dimensional network of hydrophilic
polymer chains held together by chemical bonds (i.e., covalent
bonds) or physical bonding (e.g., hydrogen bonding, ionic
interaction, and hydrophobic association) (1). Due to the
hydrophilic nature of the polymer chains, the network is able
to absorb water within its structure and swell without dissol-
ving while maintaining the overall structure. Table 1 lists
some examples of commonly used polymers that can be cross-
linked to make hydrogels.

195



Table 1 Examples of Commonly Used Polymers for Making
Hydrogels

Polymer name Polymer structure

Poly(acrylic acid)

Polyacrylamide

Poly(N-isopropyl-
acrylamide)

Poly(ethylene
oxide)

Poly(hydroxyethyl
methacrylate)

Polyvinylpyrrolidone

(Continued)
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Hydrogels can be classified into different groups, just for
convenience, based on the source of origin, chemical struc-
ture, preparation method, electric charge, physical structure,
crosslinking, or function. There are two types of crosslinking:
chemical and physical crosslinking. In the chemical crosslink-
ing, all polymer chains are crosslinked to each other by cova-
lent bonds, and thus, strictly speaking, each hydrogel is one
molecule. For this reason, a hydrogel is sometimes called a
‘‘supermacromolecule.’’ While chemical crosslinking is well
defined by each chemical bond, physical crosslinking is made
through multiple, simultaneous interactions of weaker bond-
ing, such as hydrogen bonding and hydrophobic interactions.
The area of such physical bonding among laterally associated
polymer chains is known as a junction zone (2).

Hydrogels have been used widely in the development of
drug delivery systems and biomedical devices. The water con-
tent in a hydrogel is at least 10% of the total weight. If the
water content exceeds 95% of the total weight, the hydrogel
is called superabsorbent. Due to the presence of water,
the interfacial tension between the hydrogel surface and aqu-
eous solution is very low, and this is one of the reasons why
protein adsorption and cell adhesion to the hydrogel surface

Table 1 (Continued )

Polymer name Polymer structure

Poly(vinyl alcohol)

Carboxymethyl-
cellulose
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is significantly reduced. The presence of water also minimizes
the irritation to the surrounding tissue when a hydrogel is
implanted into the body. The solid content in a swollen hydro-
gel ranges from about 90% to less than 1%, and thus the space,
also known as an effective pore size, between polymer chains
also varies. Hydrogels with an effective pore size in the ranges
of 10–100nm and 100nm–10 mm are called microporous and
macroporous hydrogels, respectively.

In the presence of abundant water, hydrogels absorb
water and swell. This swelling process is the same as the dis-
solution of non-crosslinked hydrophilic polymers. Experimen-
tally it is much easier to measure the weight of a swollen
hydrogel than the volume, and thus the swelling ratio of
hydrogels is usually expressed based on weights. The swelling
ratio is defined as:

Swelling ratio ¼ ðWeight of swollen gelÞ
ðWeight of dried gelÞ

One of the unique properties of hydrogels is that due to isotro-
pic swelling, the original shape can be maintained during and
after swelling.

1.2. Superporous Hydrogels

Hydrogels with the pore sizes larger than 10 mm are known as
superporous hydrogels. The uniqueness of the superporous
hydrogels is that the pores are interconnected to form an open
cell structure, allowing extremely fast absorption of water into
the center of the dried gel by capillary force. Figure 1 shows
fast swelling property of a superporous hydrogel. The dried
superporous hydrogel in Figure 1 swelled to 100 times of its
dried weight (or volumes) within 30 s. This is something not
possible with conventional dried hydrogels that do not have
interconnected pores. Mechanical strength of a swollen gel
can be improved by making superporous hydrogel composites
(3,4) or superporous hydrogels with interpenetrating net-
works with the second polymer (5). The elastic property is use-
ful in making mechanically strong superporous hydrogels
more resilient to compression and elongation (6). The swollen
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hydrogel can be stretched to almost twice the original length
without breaking.

2. APPLICATION OF HYDROGELS IN ORAL
DRUG DELIVERY

Among all the routes of drug administration, oral drug deliv-
ery has been regarded as the most convenient method of drug
administration. Drug delivery technologies are quite
advanced enough to design dosage forms that can deliver
drugs at a relatively constant rate for long periods of time
ranging from days to months and even years. The time period
of oral drug delivery, however, has been limited to a day. The
maximum period of time available for drug absorption from
an orally administered formulation is determined by the total
transit time from mouth to colon, which is usually less than
24h. Table 2 lists the residence time of both liquid and solid
foods in each segment of the gastrointestinal (GI) tract (7).
One of the properties of the GI tract is that the food contents
remain in each part of the GI tract for different time periods.
The values in Table 2 should be regarded as relative, not abso-
lute, and are intended to emphasize general differences
among different parts of the GI tract. Gastric emptying time
ranges from 10min to about 3h depending on many factors,

Figure 1 Swelling property of a dried hydrogel (left) to a larger
size after swelling while maintaining the original shape (right) in
aqueous solution.
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and when foods are present in the stomach, they have a
tendency to delay the gastric emptying.

Development of once-a-day oral dosage forms is still a big
challenge. Most drugs cannot be delivered for 24h by a single
administration, since oral dosage forms pass through the
small intestine where most drug absorption occurs within a
few hours. Once-a-day formulation is possible for some drugs,
such as phenylpropanolamine and nifedifine, since they are
absorbed well throughout the GI tract. Extending the
residence time long enough for a drug to be absorbed from
the upper small intestine remains an extensive research topic.

Recent advances in smart hydrogels have made it possi-
ble to exploit the changes in physiological uniqueness in
different regions of the GI tract for the improved drug absorp-
tion as well as patient’s convenience and compliance. Different
hydrogels that are ideal in delivery of drugs to certain regions
in the GI tract from oral cavity to colon are shown in Figure 2.

2.1. Oral Cavity

2.1.1. Fast-Melting Tablets

For more than a decade, fast-melting (also called fast-
dissolving or fast-disintegrating) tablet technologies have
been steadily advancing in the development of patient-friendly
dosage forms. The fast-melting dosage forms, which can be
administered easily without any water, are suitable for all
age groups, but in particular for children, the elderly, and those
who have difficulty in swallowing conventional tablets and
capsules. The initial success of the first fast-melting

Table 2 Transit Time in Each Segment of the GI Tract

Type of food

Segment Liquid Solid

Stomach 10–30min 1–3h
Duodenum < 60 s < 60 s
Jejunum and ileum 3h� 1.5h 4h� 1.5h
Colon 20–50h
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tablet formulation led to the development of different
technologies. There are mainly three different technologies:
freeze-drying, sublimation or heat molding, and direct com-
pression. Freeze-drying technology produces tablets that
can dissolve in a few seconds, while tablets produced by the
sublimation and molding technology take a little bit longer
to dissolve. The two technologies, however, are quite expen-
sive and the prepared tablets are not mechanically strong.
For this reason, direct compression technologies, which allow
low cost of production and good mechanical roperties, are
preferred, even though the melting time takes usually longer
than 10 s, and sometimes more than 20 s.

To ensure the tablet’s fast-melting property, water must
be quickly absorbed into the tablet matrix. Current fast-
melting tablet technologiesarebasedonmaximizing theporous
structure of the tablet matrix and incorporating appropriate
disintegrating agents and=or highly water-soluble excipients
in the tablet formulation (8,9). Recently, microparticles of
superporous hydrogels with fast swelling and super absorbent

Figure 2 Different hydrogels and hydrogel formulations that can
be used in different sites in the GI tract.
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properties were applied to develop fast-melting tablets by
direct compression method (10). The size and shape of super-
poroushydrogel particles canbevaried.Superporoushydrogels
can be ground in dry state to make porous super disintegrant
microparticles. The hydrogel struts in the superporous hydro-
gels have numerous pores smaller than 1 mm, which are con-
nected to each other to maintain open pore structures. This
unique porous structure allows for transport of water through
capillary forces, resulting in an extremely fast wicking effect
into the tablet core. Tablets prepared by direct compression
in the presence of superporous hydrogel microparticles dis-
integrate in about 10–20 s due to the fast uptake of water into
the core of the tablet (11). Since a lubricant has to be added
for mass production, the effect of different lubricants on the
disintegration time was examined. It was found that the pre-
sence of lubricants, especially hydrophobic lubricants, signifi-
cantly delays the disintegration time. As shown in Figure 3,

Figure 3 Effect of SPH particle size on the disintegration time of
ketoprofen fast-disintegrating tablets.
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the disintegration time is delayed to more than 100 s if magne-
siumstearatewasused.On the other hand, fumed silica did not
cause any such delays. In both cases, however, there were opti-
mum particle size ranges for the fastest disintegration.

2.1.2. Buccal Drug Delivery Systems

In general the buccal tissue is regarded as more permeable to
drugs than the skin. Buccal drug delivery may have faster
onset of drug action and bypass the hepatic first-pass metabo-
lism and degradation in the GI tract (12). One of the useful
systems for increased patient compliance is bioadhesive
dosage forms. Polymers that have been tested and used as
mucoadhesives to the buccal tissue are hydroxyethylcellulose
(HEC), hydroxypropylcellulose (HPC), polyvinylpyrrolidone,
and poly(vinyl alcohol) (13), and mixtures of different poly-
mers, such as HPC, hydroxypropylmethylcellulose (HPMC),
karaya gum, and PEG 400 (14), or HPC and Carbopol 934 (15).

Mixing different polymers presents an advantage, since
it can result in mucoadhesive hydrogel formulations even
when each polymer alone does not form a hydrogel. For exam-
ple, combining xanthan gum and locust bean gum resulted in
formation of hydrogels, even though they do not form hydro-
gels individually (16). The formation of hydrogels was based
on the double helix structure of xanthan gum and the straight
chain of locus bean gum (14).

2.2. Stomach

The pH in the stomach, which is less than 3, is quite different
from the neutral pH in the small or large intestine. This
difference is large enough to be exploited in drug delivery
using polyelectrolyte hydrogels. All the pH-sensitive hydro-
gels have pendant acidic (carboxylic or sulfonic acids) or basic
(ammonium salts) groups that accept or release protons
in response to changes in environmental pH. Poly(acrylic
acid) becomes ionized as pH increases, while poly
(N,N0-diethylaminoethyl methacrylate) (PDEAEM) becomes
ionized as pH decreases (17).

Hydrogels for Oral Administration 203



Polycationic hydrogels swell less at neutral pH than at
acidic pH; thus they minimize drug release at higher pH. This
property was applied to mask poor tastes of some drugs in the
neutral pH environment of the mouth. When caffeine was
loaded into hydrogels made of copolymers of methyl methacry-
late andN,N0-dimethylaminoethyl methacrylate (DMAEM), it
was not released at neutral pH, but released with zero-order
at pH 3–5 where DMAEM became ionized (18).

Polycationic hydrogels in the form of semi-interpene-
trating polymer networks (semi-IPN) have also been used for
drug delivery to the stomach. Semi-IPN of crosslinked chitosan
and PEO showed more swelling under acidic conditions. This
type of hydrogels could be applied for local delivery of anti-
biotics, such as amoxicillin and metronidazole, in the stomach
for the treatment of Helicobacter pylori (19).

2.3. Gastric Retention Devices

Controlled-release drug delivery systems having prolonged
gastric residence time have been studied extensively in both
academia and industry (7). For many drugs that are mainly
absorbed from the upper small intestine, such as drugs with
absorption windows, controlled release in the stomach would
result in improved bioavailability. Gastric emptying of oral
dosage forms is known to be influenced most significantly by
two main parameters: the physical properties (e.g., size and
density) of the oral dosage form and the presence of food in
the stomach (e.g., fasted or fed state). These parameters were
exploited by various methods in the development of gastric
retention devices.

2.3.1. Intragastric Floating Systems (Low-Density
Systems)

In this system, the device is designed to float on top of the gas-
tric juice due to its density being lower than that of water (7).
One example of this type of devices is a single-unit hydrody-
namically balanced system (HBS) which is composed of a
drug, a hydrogel and other excipients (20). Commonly used
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excipients are gel-forming or highly swellable cellulose-type
hydrocolloids and polysaccharides.

2.3.2. Mucoadhesive Systems

A mucoadhesive system is an oral dosage form that is
designed to stick to the mucosal surface of the stomach. If
the dosage form can stick to the mucosal surface, then in
the ideal case its gastric residence time would be increased
until it is removed by turnover of mucins. The best mucoadhe-
sive known so far is crosslinked poly(acrylic acid) (21), which
is commercially available under polycarbophil (22) and Carbo-
pol. They are highly mucoadhesive at pH 1–3 of the stomach.
This is because poly(acrylic acid) interacts with mucins and
other biomolecules through numerous simultaneous hydro-
gen bondings provided by carboxyl acid groups of poly(acrylic
acid) at acidic pH (7). This non-specific mucoadhesive prop-
erty turns out to be a deterrent in developing a useful
mucoadhesive formulation, since the gel sticks to almost all
surfaces it is in contact with. It is necessary to find polymers
with a specific selectivity that they can adhere only to the
mucus layer in the stomach.

2.3.3. Superporous Hydrogel Systems

Superporous hydrogels swell to a very large size with the
swelling ratio being as high as a few hundreds or more. They
also possess the fast swelling property that is required to
avoid premature emptying by the housekeeper waves (3,4).
This fast swelling property was applied to develop a gastric
retention device that can remain in the stomach due to its
large size after swelling.

Superporous hydrogels can be made to have high
mechanical strength even after swelling. The mechanical
strength of swollen superporous hydrogels can be improved
by adding composite materials (4). One of the first useful com-
posite materials was Ac-Di-Sol, which is crosslinked carboxy-
methylcellulose sodium with a hollow microparticulate shape.
The hollow microparticles provide physical entanglements of
polymer chains around the microparticles. This increased
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the effective crosslinking density without making the super-
porous hydrogels too brittle. When tested in dogs, superpor-
ous hydrogel composites showed long-term gastric retention,
ranging from several hours to a day (3,4). Biodegradable
superporous hydrogels can be prepared by adding biodegrad-
able crosslinkers, such as functionalized albumin (23).

2.4. Small Intestine

The small intestine, which is about 7m long, is divided into
the duodenum, the jejunum, and the ileum. The pH of the
GI tract increases to an average of 6.9 in the duodenum,
rising to 7.5 in the distal small intestine. The significant pH
change from that in the stomach to around 7 has been
exploited to develop the pH-dependent squeezing hydrogel
system (24). pH-responsive hydrogel particles based on poly-
(acrylic acid) were used to develop pH-dependent silicone
matrix (25). The release patterns of several model drugs
having different aqueous solubilities and partitioning proper-
ties were correlated with the pH-dependent swelling pattern
of the hydrogel particles. At pH 1.2, the network swelling
was low and the release was limited to an initial burst. At
pH 6.8, the network became ionized and higher swelling
resulted in increased release. Sugar-based hydrogels, which
are biodegradable copolymeric hydrogels based on sucrose
acrylate, N-vinyl-2-pyrrolidinone, and acrylic acid, were
investigated for oral drug delivery (26). A drug entrapped in
the hydrogel showed a faster release profile in intestinal fluid
than in the gastric fluid as a result of higher swelling in the
intestinal fluid.

Hydrogels, especially superporous hydrogels, can also be
used to develop peptide delivery systems through oral routes.
Peptide drugs have been administered mostly by the parent-
eral route. Recently, peroral peptide delivery systems using
superporous hydrogels were developed (27). Superporous
hydrogels used in the systems increased their volume by
about 200 times. Due to the volume increase, the gels were
able to stick to the intestinal gut wall mechanically and
deliver the incorporated drug directly to the gut wall. The

206 Jeong et al.



acid groups of poly(acrylic acid) of the superporous hydrogels
is known to extract calcium ions from the gut wall to result in
an opening of the tight junctions and also to deactivate the
deleterious gut enzymes. After the peptide drugs have been
delivered across the gut wall, the superporous hydrogels
become over-hydrated and their structure become broken
down by the peristaltic forces of the gut, and the remnants
of the delivery systems are easily excreted together with the
feces.

2.5. Large Intestine and Colon

The large intestine is divided into several parts: cecum,
appendix, colon, and rectum. The major function of the colon
is to absorb water and electrolytes. Primarily, absorption
occurs in the proximal half of the colon (28). The surface area
of colon is small, but due to the large residence time in the
colon, drug absorption can be significant for some drugs.
One of the important applications of drug delivery to the colon
is the delivery of protein and peptide drugs including vac-
cines. A number of different methods, which utilize specific
enzymes, different pH, and transit time of GI tract in differ-
ent parts of the body individually or in combination, have
been used for colon-specific drug delivery. Microbial enzymes
present predominantly in the colon can be used for site-
specific drug delivery. pH-sensitive polymers can protect
drugs until they reach the colon. Based on the average transit
time of 5h from mouth to colon, a controlled release dosage
form that can deliver a drug in the colon can be developed
(29). Poly(acrylamide-co-maleic acid) and poly(N-vinyl-2-
pyrrolidone-co-acrylamide-co-maleic acid) hydrogels showed
a strong pH-dependent drug release behavior; i.e., minimum
release at pH 2.0 but maximum release at pH 7.4 (30).

Colon-specific biodegradable hydrogels were prepared
using azoaromatic crosslinkers (30). As shown in Figure 4,
the hydrogels do not swell very well at low pH, so the release
of drug will be minimized in the stomach. As the hydrogels
move down the GI tract, they swell at higher pH due to ioniza-
tion of the carboxylic acid groups. Since azoreductase
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produced by microbial flora of the colon degrades azoaromatic
crosslinkers of hydrogels, the hydrogels can be degraded only
in the colon (31). The swelling kinetics of hydrogels can be
controlled by the polymer composition and by the crosslinking
density. Knowing the transit time, pH in the GI tract, diffu-
sion rate of drugs through hydrogels, the rate of enzymatic
degradation, and degree of swelling, one may be able to design
drug delivery devices with desired release profiles at the
desired time (32).

3. HYDROGELS FOR SPECIFIC APPLICATIONS

3.1. Hydrotropic Hydrogels for Delivery
of Poorly Soluble Drugs

Drug molecules have to be dissolved in the GI tract to be
absorbed. Poor aqueous solubility of hydrophobic drugs,
which usually results in low bioavailability, has been one of

Figure 4 Schematic illustration of colon-specific drug delivery
from biodegradable and pH-sensitive hydrogels. The azoaromatic
moieties in the crosslinks are designated by –N¼N–. (From Ref. 30.)

208 Jeong et al.



the limitations in designing clinically useful oral drug deliv-
ery formulations. Hydrotropes have been used to increase
the aqueous solubility of poorly soluble drugs by 2–4 orders
of magnitude (33,34). Application of low molecular weight
hydrotropes in drug delivery, however, has not been practical,
because it may result in absorption of a significant amount of
hydrotropes themselves into the body along with the drug.
One approach to prevent co-absorption of hydrotropes from
the GI tract after oral administration is to make polymeric
hydrotropic agents (hydrotropic polymers). Various polymeric
solubilizing systems, such as polymeric micelles and micelle-
like aggregates from polymeric amphiphilic agents, have been
used to increase the solubility of poorly water-soluble drugs
(35,36). Hydrotropic polymers and hydrogels are expected to
provide an alternative method to increase the aqueous solubi-
lity of poorly soluble drugs for oral administration.

Hydrotropic hydrogels were examined to improve the
aqueous solubility of paclitaxel (37). The loading of paclitaxel
into the hydrogels was carried out by solubilizing paclitaxel in
aqueous solutions of 2-(4-vinylbenzyloxy)-N-picolylnicoti-
namide) (2-VBOPNA) and 6-(4-vinylbenzyloxy)-N-picolylni-
cotinamide (6-VBOPNA), followed by the in situ crosslinking
reaction to form hydrogels. As shown in Figure 5, paclitaxel
solubility in hydrogels increased as the concentration of
2-VBOPNA or 6-VBOPNA used in hydrogel synthesis
increased. The paclitaxel solubility was increased up to
1.62mg=mL in the experiment, which is more than 5000
times that of paclitaxel solubility in water (37).

3.2. Alginate Hydrogels for Oral Vaccine
Delivery

Peyer’s patches, which are collections of lymphoid tissue con-
taining B and T lymphocytes and macrophages, can be found
in duodenum, jejunum, and ileum. These areas may be tar-
gets for protein and peptide drug delivery including oral vac-
cines (38). Lymphoid tissues analogous to Peyer’s patches can
be found in the large intestine as well. Specialized epithelial
cells in the dome region of the patch, called follicle associated
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epithelial or microfold cells, pick up antigens and transport
them to the underlying lymphoid tissue (38).

Immunization has been relied on in the induction of
humoral immunity by parenteral administration of vaccines.
Antibodies from this do not necessarily reach the mucosal sur-
faces of the GI tract where most infectious agents encounter
the host first. Secretory IgA (sIgA) is the dominant antibody
isotype present at mucosal sites. Since sIgA inhibits the
attachment of bacteria and viruses to mucosa and neutralizes
toxins, mucosal immunity can provide the first line of immu-
nological defense. However, induction of immunity at mucosal
surfaces needs administration of vaccines directly to the
mucosal site.

Since vaccines are quite susceptible to low pH in the
stomach and enzymatic degradation in the GI tract, various
methods have been tried to improve the vaccine delivery.
Alginate microspheres have been examined to deliver
vaccines by oral administration (38). Vaccine-containing

Figure 5 Paclitaxel solubility in N-picolylnicotinamide hydrogels
as a function of the concentrations of 2-VBOPNA and 6-VBOPNA.
(From Ref. 37.)
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alginate hydrogel microspheres were shown to be effective for
oral vaccination in several animal species. This method has
several advantages as compared with other methods. The
alginate vaccine delivery system removes the use of organic
solvents or high temperatures, which are often needed for
the preparation of microparticles using other methods. Since
an aqueous environment is used throughout the preparation
process, this method can also be used with live bacteria and
viruses. The alginate microspheres are able to protect
vaccines from degradation in the GI tract. Since micro-
particles with a diameter 1–10mm are known to be absorbed
well by the Peyer’s patches, special attention has been paid
to making small-sized particles (39).
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1. INTRODUCTION

Modern biotechnology has resulted in the production of a
great variety of pharmaceutically active proteins (1). Recent
statistics show that the Food and Drug Administration
(FDA) has approved 130 biotechnology-derived protein medi-
cines and vaccines (2). The unfavorable biopharmaceutical
properties of these protein drugs, however, have severely
hampered their therapeutic and clinical application. First of
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all, oral administration is hardly possible due to chemical and
enzymatic degradation in the gastrointestinal tract. Second,
proteins have a short half-life after parenteral administration
(e.g., intravenous injection), which makes repeated injections
or continuous infusion of the protein necessary to obtain a
therapeutic effect (3). To overcome these problems, a large
number of delivery systems have been designed and evalu-
ated for the release of proteins (4–6). A frequently investi-
gated polymer involved in the design of controlled-release
systems for proteins is poly(lactic-co-glycolic acid), or PLGA.
This polymer, however, has some intrinsic drawbacks as a
protein-releasing matrix. Organic solvents have to be used
to prepare pharmaceutical dosage forms (e.g., microspheres),
and a low pH might be generated inside the matrix during
degradation (7,8). Both factors adversely affect the structural
integrity of the protein to be delivered. Moreover, it is difficult
to manipulate the release of a protein from PLGA matrices.
As an alternative for these biodegradable polyesters, hydro-
gels (crosslinked, hydrophilic polymeric networks) have been
proposed as protein-releasing matrices. This chapter sum-
marizes the work carried out on biodegradable hydrogels
based on dextran (dex) and amphiphilic poly(ether ester) mul-
tiblock copolymers for protein delivery.

2. HYDROGELS: GENERAL FEATURES

Hydrogels are polymeric networks that absorb and retain
large amounts of water. In the polymeric network, hydrophi-
lic groups or domains are present that are hydrated in an aqu-
eous environment, thereby creating the hydrogel structure.
As the term ‘‘network’’ implies, crosslinks have to be present
to avoid dissolution of the hydrophilic polymer chains=
segments into the aqueous phase. Because of their water-
absorbing capacity, hydrogels have been found to have wide-
spread applications in different technological areas; hydrogels
have been used as materials for contact lenses and protein
separation, as matrices for cell encapsulation, and as devices
for the controlled release of drugs and proteins (9–14). As
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mentioned, crosslinks have to be present in a hydrogel in
order to prevent dissolution of the hydrophilic polymer chains
in an aqueous environment. A great variety of establishment
of crosslinking has indeed been used to prepare hydrogels.
Crosslinking can be established either by chemical means
(e.g., by introducing chemical linkages between different poly-
mer chains) or by physical interactions (15). When the pro-
tein-loaded gels are administered by injection, the
advantages that correspond to hydrogels’ biodegradability
become obvious. Therefore, labile bonds are frequently intro-
duced in the gels. The labile bonds can be broken, in most of
the cases by chemical or enzymatic hydrolysis, under physio-
logical conditions. But degradability as such is not the ulti-
mate solution. Once the hydrogels are implanted, it is of the
utmost importance that the gels have good biocompatibility
and that the formed degradation products have a low toxicity.
In general, hydrogels possess good biocompatibility because
their hydrophilic surface has a low interfacial free energy in
contact with body fluids, a characteristic that results in a
low tendency for proteins and cells to adhere to these sur-
faces. Moreover, the soft and rubbery nature of hydrogels
minimizes irritation to surrounding tissue (16,17). The nature
of the formed degradation products can be tailored by a
rational and proper selection of the hydrogel building blocks.

3. DEXTRAN HYDROGELS AS PROTEIN-
RELEASING MATRICES

3.1. Introduction

During the past decades, many studies have been devoted to
the release of proteins from degradable hydrogels based on
dextran or dex. An important reason to use dex as building
blocks for hydrogels concerns the low or absent toxicity; not
surprisingly, then, dex has been used as a plasma expander
(18). Initially, research was focused on the use of enzymati-
cally degrading hydrogels that were crosslinked by gamma
irradiation or by the free radical polymerization of (meth)a-
crylate functionalized dex and degraded by the action of the
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enzyme dextranase (19–23). An enzymatically degrading
bovine serum albumin (BSA)-loaded hydrogel that was cross-
linked by a condensation reaction between activated dex and
1,10-diaminodecane has also been reported (24). The required
enzyme dextranase is of bacterial or fungal origin and present
in the human colon (25). Therefore, dex-based gels are under
investigation as a colon delivery system (24,26). For delivery
at other sites, dextranase has to be co-encapsulated in the
hydrogel system in order to control the release of the
entrapped protein. However, dextranase is only active in
hydrogels with a relatively low crosslink density (21,27,28).
Moreover, the use of dextranase might evoke unwanted
immune responses to this protein. In order to circumvent
the use of dextranase in parenteral systems, current research
is now focused on the non-enzymatic degradation of dex
hydrogels, i.e., on hydrogels that degrade and release
their contents upon hydrolytic cleavage of the crosslinks. In
the following sections, we will differentiate between chemi-
cally and physically crosslinked hydrogels that are hydrolyti-
cally sensitive and discuss their use as protein-releasing
matrices.

3.2. Chemically Crosslinked Dextran Hydrogels

Methacrylate groups coupled to water-soluble polymers such
as dex (structure given in Fig. 1) are sensitive toward hydro-
lysis under physiological conditions (29). However, after
polymerization, the methacrylate esters are very resistant
to hydrolysis (30). This means that gels derived from these
polymers can only degrade under physiological conditions
once the polymer main chains are hydrolyzed by a matching
enzyme (dextranase). In order to increase sensitivity toward
hydrolysis, we introduced degradable units between the
methacrylate groups and the dex backbone, i.e., a carbonate
ester in dex derivatized with hydroxyethylmethacrylate
(HEMA) (dex-HEMA) or a combination of a carbonate ester
and lactic acid groups in dex derivatized with HEMA-lactate
(dex-lactate-HEMA) (Fig. 1) (31). After polymerization of
these derivatives, the gels degraded under physiological
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conditions, owing to the presence of (carbonate) ester groups
in the crosslinks, and yielded dex, lactic acid, and short
fragments of polyhydroxyethylmethacrylate (pHEMA) as
degradation products (schematically shown in Fig. 2).

The degradation time varied from 1 day to more than 3
months and could be controlled by the type of ester group in
the crosslinks, the crosslink density of the gel, and the length
of the lactic acid spacer (30,32). Interestingly, the gels had
good biocompatibility both in the form of implants and in
the form of injectable microspheres, and the degradation time
in vivo (after subcutaneous implantation in rats) was about
the same as the degradation time in vitro (33,34). This means
that, also in vivo, the degradation is most likely caused by
chemical hydrolysis.

The release of a model protein [immunoglobulin G (IgG)]
from degrading, cylinder-shaped (radius 0.23 cm, length 1 cm)
dex-lactate-HEMA hydrogels with varying initial water con-
tent and degrees of substitution (DS, average number of
HEMA-lactate groups per 100 glycopyranose residues) was
investigated (30,35). Representative release profiles are
shown in Figure 3. From this figure, it appears that, for gels
with a high initial water content, a first-order release of the

Figure 1 Structure of (A) dexMA, (B) dexHEMA and (C) dex(lac-
tate)2HEMA.
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protein is to be observed (diffusion-controlled release),
whereas for gels with a lower initial water content, an almost
zero-order release is to be observed for 35 days (degradation-
controlled release).

Protein-loaded injectable microspheres can be prepared in
an all-aqueous system as schematically shown in Figure 4 (36).
Because the protein is present during the hydrogel formation,
it can be entrapped in pores of the gel that are smaller than the
protein.

Figure 5 shows the release of IgG from different degrading
dex-HEMA microspheres at pH 7.0 and 37�C. Interestingly,
dex-HEMA microspheres showed a delayed release of
the entrapped protein. The delay time increased with an
increasing degree of methacrylate substitution, a correspon-

Figure 2 Schematic representation of the formation and degrad-
tion for dex(lactate)HEMA hydrogels. Gels are formed by radical
polymerization of the methacrylate groups using KPS and TEMED
as initiator system. Degradation occurs by hydrolysis of the carbo-
nate and lactate ester.
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Figure 4 Schematic representation of the microsphere prepara-
tion process.

Figure 3 Cumulative release of IgG in time from dex-lactate-
HEMA hydrogels (DS 10) with initial water content 90% (A), 80%
(B), and 70 % (C). (From Ref.30.).
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dence that demonstrates that the release of the protein was
fully controlled by the degradation rate of the microspheres
(35).

In vivo experiments using DBA=2 mice with Sutton lym-
phoma 2 (SL2), lymphosarcoma, revealed that the cytokine
interleukin-2 (IL-2), which was slowly released from
dex-HEMA microspheres over a period of 3–5 days, had com-
parable therapeutic effects as repeated injections of the free
protein were administered for 5 consecutive days (37). This
finding demonstrates that the biological activity of the
released protein was preserved.

Another route to dex-based hydrogels was published by
Zhang and colleagues. They modified dex with a polymeriz-
able group, either acryloyl chloride or allyl isocyanate
(38,39). The dex derivatives were dissolved in dimethyl forma-
mide (DMF) together with a poly(d,l-lactic acid)diacrylate
macromer (PDLLAM). A network was obtained by ultraviolet
(UV)-induced polymerization. The swelling of the gels
depended on, among other things, the ratio of dex=PDLLA

Figure 5 Cumulative release of IgG in time from degrading
dex-HEMA microspheres [water content 50% (w=w)] in time DS 3
(&), DS 6 (�), DS 8 (`), and DS 11 (c). (From Ref. 35.)
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in the network, the degree of the substitution of dex with the
polymerizable group, and the UV irradiation time (38). These
gels were investigated as a matrix for the release of albumin
and insulin (40,41). The release was dependent on the gel
composition and was governed by a combination of diffusion
and the degradation of the matrix. Although Zhang and col-
leagues claim that these hydrogels are biodegradable, com-
plete biodegradability was not observed and is unlikely
owing to the choice of dex derivatives.

The chemically crosslinked dex hydrogels discussed here
were prepared by the free radical polymerization of the
methacrylate units under mild conditions (room temperature,
pH 7), using either UV irradiation in the presence of a photo-
initiator or an initiator system composed of a peroxydisulfate
and N,N,N0,N0-tetramethylenediamine (TEMED). However,
unreacted peroxydisulfate and TEMED as well as their degra-
dation products, have to be extracted from the gel before in
vivo application. Moreover, these initiator systems can also
damage proteins once they are present during preparation
of the gels, as will be further discussed in Sec. 5. Therefore,
we recently developed physically crosslinked dex hydrogels
that avoid the use of harmful crosslinking agents, as will be
described in the next section.

3.3. Physically Crosslinked Dextran Hydrogels

In physically crosslinked gels, dissolution of the polymer network
is prevented by physical interactions that exist between the poly-
mer chains. Physical crosslinking can be established by, for
instance, ionic, hydrophobic, or coiled-coil interactions (15). A
novel physical method by which to create hydrogel is the use of
stereocomplex formation. This method has been recently investi-
gated by us and others (42–46). In this section, the results
obtained with these gels based on dex are summarized.

The novel hydrogel system, under investigation within
our department, is schematically shown in Fig. 6.

Importantly, the hydrogel is formed in an all-aqueous
environment in which the use of organic solvents is avoided.
Crosslinking is established by stereocomplex formation
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between lactic acid oligomers of opposite chirality grafted to dex
(42). Figure 7 shows the chemical structure of the synthesized
dex-lactate products characterized by their degree of the poly-
merization (DP) of the lactate graft and by their DS. The hydro-
gel system is expected to be fully biodegradable, since the lactic
acid oligomers (that will be degraded to lactic acid) are coupled
to dex via a hydrolytically sensitive carbonate ester bond. These
features make this hydrogel system very suitable for the con-
trolled release of pharmaceutically active proteins.

Protein-loaded stereocomplex hydrogels were simply pre-
pared by dissolving the protein in the dex-lactate solutions
prior to mixing. It was shown that, under physiological condi-
tions, the gels are fully degradable (46). The degradation time
depended on both the pH and the composition of the hydrogel
(i.e., on the number of lactate grafts, the length and polydis-
persity of the grafts, and the initial water content) and varied
from 1 to 7 days (Fig. 8). Under non-degrading conditions

Figure 6 The concept of the stereocomplex hydrogel system. The
hydrogel is simply obtained after mixing aqueous solutions of
dex-(l)-lactate (l-lactic acid oligomer grafted to dextran) and dex-
(d)-lactate.
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(pH 4), the hydrogels, having a water content of almost 90%
in their swollen states, were stable for more than 1 month.

As shown in Figure 9, the gels showed a release of the
entrapped model proteins (IgG and lysozyme) over 6 days,

Figure 8 Swelling behaviour of dex-lactate stereocomplex hydro-
gels (DS ¼ 6, 70% water 37�C): high polydispersity lactic acid grafts
(DPaverage ¼ 12, Mw=Mn �1.25, filled symbols) and low polydispersity
grafts (DP ¼ 11 to 14, Mw=Mn �1.01, open circle). The filled trian-
gles represent swelling under non-degrading conditions (pH 4).
(From Ref. 46.)

Figure 7 Dex-lactate product with DP¼ xþ 2 and DS (degree of
substitution; the number of lactate grafts per 100 glucopyranose
units).
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and the kinetics depended on the gel characteristics, such as
the polydispersity of the lactate grafts and the initial water
content. The release of lysozyme was by diffusion, whereas
for the bigger IgG, whose hydrodynamic radius approaches
the estimated mesh size of the hydrogels, swelling=degrada-
degradation as well, played a role in the release. Importantly,
the proteins were quantitatively released from the gels and
with full preservation of the enzymatic activity of lysozyme,
a fact that emphasizes the protein-friendly preparation
method of the protein-loaded stereocomplex hydrogel.

In a recent study, we investigated the therapeutic effi-
cacy of recombinant human IL-2 (rhIL-2)-loaded, in situ gel-
ling, physically crosslinked dex hydrogels, locally applied to
SL2 in mice (47). As a control, free rhIL-2 was administered
locally in either a single injection or on 5 consecutive days.
All mice received the same total dose of rhIL2. The rhIL2-
loaded hydrogels released most IL-2 over a period of about 5
days. The biocompatibility and the biodegradability of the
gels were excellent, as there was no acute or chronic inflam-
matory reaction and as the gels were completely replaced
by fibroblasts after 15 days. The therapeutic efficacy of

Figure 9 Release profiles of lysozyme (open squares) and IgG (filled
circles) from dex-lactate stereocmplex hydrogel with low polydispersity
grafts (DS¼ 6, DP¼ 11 to 14, 70% water pH 7, 37�C). (From Ref. 46.)
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rhIL2-loaded in situ gelled hydrogels is very good, as was
demonstrated in DBA=2 mice bearing SL2. The therapeutic
effect of a single application of gels loaded with 1� 106 IU
rhIL2 is at least comparable to the therapeutic effect of the
injection of an equal dose of free rhIL2 (47).

4. AMPHIPHILIC POLY(ETHER ESTER)
MULTIBLOCK COPOLYMERS AS PROTEIN-
RELEASING MATRICES

4.1. Introduction

Physically crosslinked hydrogels can be obtained from multi-
block copolymers or graft copolymers. Among them, multiblock
copolymers consisting of repeating blocks of hydrophilic poly(-
ethylene glycol) (PEG) and hydrophobic poly(butylene ter-
ephthalate) (PBT) have been studied extensively for controlled-
release applications (48–58). In vitro and in vivo studies have
shown that PEG=PBT copolymers are well tolerated and do
not cause adverse tissue or systemic effects (59–62). The poly(-
ether ester)s are biodegradable and degrade by hydrolysis (ester
bonds) and oxidation (ether bonds) (63). The copolymers, also
known under the registered trademark PolyActiveTM, have been
used in a wide range of biomedical applications, including bone
(64), cartilage (65), and skin repair (62). Medical devices made
of PEG=PBT copolymers have been approved by both the FDA
in the United States and Notified Bodies in Europe.

The poly(ether ester) multiblock copolymers are synthe-
sized by the polycondensation of dimethyl terephthalate
(DMT) with PEG and 1,4-butanediol (BD). An important
advantage of multiblock copolymers is the possibility of vary-
ing the amount and the length of each of the building blocks,
enabling the manufacturing of a wide range of customized
polymers. In the case of PEG=PBT copolymers, this can be
obtained by varying the feed ratio of PEG to BD or by adjust-
ing the molecular weight of the hydrophilic PEG blocks. The
copolymers are abbreviated as aPEGTbPBTc, in which a is
the PEG molecular weight, b the weight % poly(ethylene gly-
col)-terephthalate (PEGT), and c the weight % PBT (Fig. 10).
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Characteristics such as rate of degradation, swelling,
and mechanical strength can be precisely controlled by a
proper combination of the two copolymer segments. Thus, a
tight control over the release rates of diverse molecules,
including vitamins, peptides, and proteins, can be obtained
(50,54,56,58).

4.2. Protein Release from Poly(Ether Ester)
Hydrogel Films

Protein-containing PEG=PBT matrices (films or micro-
spheres) were prepared according to an emulsion method
(50). Polymer solutions in chloroform or dichloromethane
were mixed with aqueous protein solutions to create a
water-in-oil (w=o) emulsion. The emulsions were either cast
onto a glass plate to form a film or dispersed in an aqueous
solution to produce microspheres according to a water-in-oil-
in-water (w=o=w) emulsion method. As demonstrated for a
model protein (lysozyme) that was entrapped in films
(approximately 100mm in thickness), the release rate
increased with both the increasing PEGT content of the copo-
lymer and an increase in the molecular weight of the PEG
segments (Fig. 11). This was explained by the difference in
the degree of the copolymers’ swelling in water (50). Swelling,
and consequently the permeation of solutes through the
hydrogel, increased as the molecular weight of the PEG
segments or the PEG content increased (51).

For highly swollen copolymers, the release of lysozyme
was complete within 1 day and followed first-order kinetics.
Polymers that were swollen to a lesser extent released

Figure 10 Chemical structure of the block that from PEG=PBT
multiblock copolymers n determines the molecular weight of the
PEG segment, x and y determine the weight ratio between PEGT
and PBT.
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lysozyme with an almost constant rate (near zero-order
release). This release behavior was attributed to a combination
of protein diffusion and polymer degradation (50). However,
the mass loss observed during the in vitro release periods
was very limited (51). Therefore, the effect of polymer chain
scission on protein diffusion was studied. Polymers of
different molecular weights were obtained by incubating
1000PEGT70PBT30 in phosphate buffered saline (PBS) solu-
tions at 37�C for various time periods. Subsequently, the pre-
degraded polymers were used to prepare protein-containing
films. The lysozyme release rate of films increased with the
decreasing molecular weight of the polymers. Figure 12 shows
the diffusion coefficient of lysozyme (D), calculated from
the release curves, as a function of the polymer molecular
weight (Mn).

A linear relationship was observed between D and M2
n.

Taking into account the polymer degradation during release,
Mn can be written as a function of time, resulting in a time-
dependent diffusion coefficient. The new equation for the time-
dependent diffusion coefficient was incorporated into solutions
of the diffusion equation that could adequately describe lyso-
zyme release from poly(ether ester) copolymers (50).

Figure 11 Cumulative release of lysozyme from PEG/PBT films in
PBS (pH 7.4) at 37�C (A) Mw of the PEG segment is 1000 g=mole
and PEGT=PBT ratio is 70=30; 60=40 or 40=60; (B) PEGT wt% is
fixed between 70 and 80% and Mw of the PEG segment is 600,
1000 or 4000 g=mole. (Adapted from Ref. 50.)
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The release mechanism was explained by assuming that
chain scission decreased the amount of effective crosslinks or
entanglements present in the swollen copolymer matrix.
Therefore, the resistance to the diffusion of proteins through
the copolymer hydrogels was reduced. In the case of the
observed zero-order release, the increasing permeability of
the matrix in time may have compensated for the decline in
the release rate caused by the reduced protein concentration
in the matrix, to yield a constant release rate (50).

4.3. Protein Release from Poly(Ether Ester)
Microspheres

Protein-containing PEG=PBT microspheres were prepared
according to the well-known double-emulsion method
(52,53). In contrast to what is often observed for hydrophobic
polymers like PLGA, dense poly(ether ester) microspheres
were obtained. This outcome was explained by the amphiphi-
lic character of the polymers, which created very stable
emulsions. The latter is considered a prerequisite for the for-
mation of non-porous microspheres. A drawback of applying
the w=o=w emulsion technique for the production of protein-

Figure 12 Effect of polymer molecular weght on lysozyme diffu-
sion coefficient (1000PEGT70PBT30). (From Ref. 50.)
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loaded microspheres is related to the entrapment efficiency.
In the case of polymers with a relatively low degree of swel-
ling (e.g., less than 100% swelling), entrapment efficiencies
close to 100% were observed for lysozyme. However, for highly
swollen microspheres, only 10% of the lysozyme was effec-
tively entrapped within the microspheres. This finding was
ascribed to a premature release of lysozyme during the 2 h,
during which the solvent in PBS evaporated. The release dur-
ing preparation increased with the increasing equilibrium
water content of the matrix owing to a greater diffusivity. In
order to encapsulate small hydrophilic drugs in highly swollen
PEG=PBT microspheres, other methods should be applied—
methods that avoid in-water hardening of the spheres.

In general, microspheres released proteins and peptides
in a similar fashion as films (50,52–55). A continuous release
could be obtained, without an initial burst, for periods ran-
ging from days to months. Besides, by changing the copolymer
composition or the molecular weight, the release profile could
be altered by a variation of the w=o emulsion composition (56).
An increase in the water content of the emulsion (the water=
polymer ratio, w=p) increased the water uptake of the
microspheres. At low w=p, this had no effect on the release
rate. However, when the w=p was above a critical value of
1–1.5 mL=g, the release kinetics was altered. Figure 13 shows
that the rate of the BSA release from microspheres increased
with increasing w=p. Interestingly, a delayed release was
observed for the formulation with the lowest w=p. Such a
delayed release may be used to develop vaccine formulations
with intrinsic booster effects.

4.4. In Vivo Protein Release

In order to obtain an in vivo=in vitro correlation for PEG=PBT
multiblock copolymers, radiolabeled lysozyme was incorporated
into microspheres (57). Three different compositions were
selected to produce microspheres with distinct release rates.
The release of lysozyme in vitro (PBS, pH 7.4, 37�C) was essen-
tially complete within 1 week for a 1000PEGT70PBT30 compo-
sition, whereas release continued for 3–4 weeks for both the
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1000PEGT60PBT40 and the 600PEGT77PBT23 microspheres.
After rats were given subcutaneous injections,14C methylated
lysozyme could be detected beyond 14 days after the dose for
the 1000PEGT70PBT30 microspheres but were measurable up
to the last sample point (28 days) for the 1000PEGT60PBT40
and the 600PEGT77PBT23 microspheres (Fig. 14).

On the basis of plasma radioactivity concentrations after
injection of lysozyme-containing microspheres and the
observed clearance rate of free 14C lysozyme, the cumulative
in vivo release was determined. A comparison of the release
profiles showed an excellent congruence between release in
vitro in PBS and in vivo in rats (Fig. 15). Very often for PLGA
microspheres, in vivo release differs from in vitro release
insofar as shape and=or time-course are concerned. In contrast
to PLGA-based microspheres, protein diffusion through the
swollen PEG=PBT matrix is the main rate-controlling factor,
and this conclusion may explain the good correlation. How-
ever, the results for the release of lysozyme from PEG=PBT
microspheres cannot be directly extrapolated to other

Figure 13 Effect of emulsion w/p on the release of BSA from
1000PEGT70PBT30 microspheres in PBS at 37�C. Matrices were
prepared from emulsions with a w/p of 1.75 ml/g (�), 1.5 ml=g
(`) and 1.25 ml=g (&). (From Ref. 56.)

232 Hennink et al.



Figure 14 Mean plasma radioactivity concentration in male rats
after a single subcutaneous dose of 14C-methylated lysozyme,
entrapped in 1000PEGT70PBT30 (�) 1000PEGT60PBT40 (`)
600PEGT77PBT23 (&) microspheres. (From Ref. 57.)

Figure 15 Comparision of in vitro cumulative release and in vitro
cumulative input of radioactivity for 1000PEGT60PBT40 micro-
spheres. (From Ref. 56.)
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proteins. In vivo, the protein-dependent metabolism and
immune response will affect the protein plasma levels.
Furthermore, the model protein (lysozyme) that was studied
was fairly small. Ultimately, the size of the protein may deter-
mine the route of transport through the tissue into the blood
stream.

4.5. Tissue Engineering

At present, various groups study extensively the application
of PEG=PBT copolymers in tissue engineering scaffolds
(65,66). The controlled release of growth factors from such
scaffolds could be important to enhance cell migration, prolif-
eration, and differentiation. In order to prepare porous pro-
tein-loaded polymer scaffolds, prefabricated PEG=PBT
scaffolds were used, of which the inner scaffold pores were
coated with a protein-loaded polymeric film (67). To create
the coating, a w=o emulsion was conducted through the pores
of the scaffold by applying a vacuum. After freeze-drying, the
resulting scaffolds contained a 10–40mm coating, distributed
over the scaffold pores. The release of a model protein
(lysozyme) could be tailored by the emulsion composition.
Figure 16 plots the release of a model protein, lysozyme,
against time for three different w=p ratios. By decreasing

Figure 16 Light micrograph of a coated PEG/PBT scaffold (A) and
lyozyme release from coated scaffolds (B). Coating were prepared
from emulsions varying in ratio of aueous protein solution to poly-
mer ( I�: w/p¼ 2, �: w/p¼ 1, D: w/p¼ 0.5). (From Ref. 65.)
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the w=p ratios, the release rates could be varied from a com-
plete release within a couple of days up to over 2 months.
No extensive decrease of the activity of the protein was
observed (66). However, in future studies, the effectiveness
of this protein release system should be assessed using rele-
vant growth factors like rhBMP-2 or TGF-b.

5. THE STABILITY OF HYDROGEL-
ASSOCIATED PHARMACEUTICAL PROTEINS

Protein degradation reactions can be divided into two broad
classes. Chemical degradation reactions occur because the
amino acids forming the primary structure of the protein
are liable to oxidation, deamidation, isomerization, racemiza-
tion, and disulfide exchange reactions. Peptide bond hydroly-
sis can occur as well (68,69). Some amino acids are known to
be sensitive to particular degradation reactions. For example,
cysteine, methionine, tryptophan, and tyrosine are readily
oxidized. Deamidation reactions occur with asparagine and
glutamine. Peptide bond hydrolysis often occurs around
asparagine or aspartic acid residues.

Preservation of the secondary, tertiary, and—where rele-
vant—quaternary structures of proteins is crucial for the
pharmacological activity of the molecule. Both the therapeu-
tic and the toxic effects exerted by the protein in vivo depend
on these structural characteristics. These higher-order struc-
tures are mainly stabilized by physical forces such as
electrostatic interactions, hydrogen bonds, hydrophobic inter-
actions, and van der Waals interactions. In general, these
forces are much weaker than covalent forces and, therefore,
easily disturbed by changes in environment like temperature,
pH,shear, and ionic strength. The molecular structure itself
may change, and aggregation of colliding molecules may
occuras well.

It is difficult to ensure full stability of a pharmaceutical
protein both on the shelf and after administration and also
before its release from the carrier system, after which release
the protein in question becomes pharmacologically active. An
illustration of this point will be helpful: an Ig molecule from
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the IgG class has a molecular weight of 150 kDa and consists
of over 1000 amino acids and of two sugar chains. Establish-
ing the amino acid sequence and the chemical structure of all
building blocks requires sophisticated modern analytical tech-
niques like mass spectrometry. But the real and critical chal-
lenge is the assessment of the physical structure of the
molecule. Our ‘‘toolbox’’ of physicochemical approaches with
which to assess and monitor the higher-order structures is
filled with chromatographic approaches, light scattering ana-
lyses, nuclear magnetic resonance (NMR) spectroscopy, x-ray
crystallography, and different types of other spectroscopic
approaches, ultracentrifugation, and calorimetric analyses
(70). Immunoassays can also be used to assess structural
aspects of proteins. And, finally, bioassays in vitro (cell
systems) and in vivo (animal models) provide, of course,
highly relevant information on a therapeutic or toxic effect
of the molecule. But, in general, bioassays lack the sensitivity
that is needed to pick up smaller changes in effect.

When monitoring the protein performance with all these
techniques, the question arises which changes are relevant
and which are irrelevant. Is x% deamidation or y% oxidation
acceptable? Endogenous proteins secreted by the patients
themselves, for example, are also present in different isoforms
(in case of glycoproteins) or in partly degraded forms. Another
issue is the sensitivity of proteins for degradation. Some pro-
teins (e.g., lysozyme and albumin) tend to be rather robust.
Interestingly, these compounds are rather often found as model
proteins in stability studies. Other proteins are much more sen-
sitive to external influences such as rhIL-2, growth hormones,
and some interferons. In the discussion concerning acceptable
and non-acceptable protein degradation, the potential immuno-
genicity of the therapeutic protein is of importance, as serious
side effects have been ascribed to immune responses following
the administration of pharmaceutical proteins (71). Aggrega-
tion is often seen as a major driver of immune responses, and
serious efforts have been made to exclude aggregate formation
in pharmaceutical formulations.

In light of the above findings, it is important, when
considering protein-containing hydrogels as parenteral
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controlled-release systems, to pay attention to protein stabi-
lity. Surprisingly, in the existing literature, generally only
one or a few analytical approaches were used from the ‘‘tool-
box’’ for monitoring protein integrity. A study of the stability
of IL-2 in hydrogels based on modified dex was published by
Cadée and colleagues (72). These protein-loaded hydrogels
were prepared without exposure to organic solvents (‘‘all-
water-hydrogel-formation’’; see also Fig. 4 and Sec. 3.2).
Crosslinking was established by radical polymerization with
potassium peroxodisulfate (KPS) and TEMED as catalyst
and initiator, respectively. Sodium dodecyl sulfate polyacryla-
mide gel electrophoresis (SDS-PAGE), high-pressure liquid
chromatography (HPLC), and bioassays were used to monitor
protein integrity. Also found were oxidized protein and some
degree of aggregation, both under reduced and non-reduced
conditions in the SDS-PAGE test. The released product still
retained 60–70% of the bioactivity of the original product.
In a second study, Cadée and colleagues (73) investigated in
great detail the oxidation reactions of human IL-2 in the pre-
sence of KPS and TEMED. Here SDS-PAGE, reversed-phase
HPLC (RP-HPLC), and mass spectrometry were the major
analytical techniques for the monitoring of protein. If KPS
alone was used, oxidation occurred in the methionines in
IL-2 but not in the (buried) tryptophan. The presence of
TEMED or other reducing agents clearly reduced oxidative
damage, but some dimer formation occurred. In conclusion,
oxidative damage by KPS can be modulated by adding other
excipients.

Woo and colleagues (74) worked with composite micro-
sphere systems based on both hydrophobic PLGA and the
hydrophilic acrylic ester of hydroxyethyl starch (acHES).
Albumin or horseradish peroxidase (HRP) was encapsulated
in the acHES core particles, which were pre-crosslinked with
KPS and TEMED. These protein-loaded core particles were
later taken up in the PLGA microspheres. This idea of
encapsulating the hydrogel acHES particulates in the hydro-
phobic PLGA microspheres arose from the notion that the
current, standard PLGA microsphere technology, based on
w=o=w double emulsion formation, does not properly protect

Hydrogels for the Controlled Release of Proteins 237



protein integrity because the protein is in intimate contact
with the hydrophobic PLGA matrix. Sodium dodecyl sulfate
polyacrylamide gel electrophoresis, size-exclusion chromato-
graphy=high-pressure liquid chromatography (SEC-HPLC),
and enzyme activity (HRP) were used to monitor the fate of
the protein. Protein material extracted from the microspheres
showed no degradation with the chromatographic and electro-
phoresis techniques used. In the composite spheres, HRP
enzyme activity was preserved for about 80%; for the conven-
tional PLGA spheres, the activity dropped to about 60%. For
both the PLGA=acHES and the PLGA microspheres, release
patterns were very similar, showing large burst effects. Ear-
lier, Wang and colleagues (75) explored a different route for
the preservation of protein integrity in PLGA microspheres.
They pre-encapsulated the model protein BSA in polyvinyl
alcohol (PVA) microspheres and then dispersed these PVA
spheres into PLGA microspheres. The authors conclude that
the BSA was neither degraded nor aggregated. That may be
true, but BSA integrity was monitored by SEC-HPLC only,
and the validation of the analytical method was not reported.
Recombinant interferon-a-2a (IFN-a) is one of the therapeu-
tic proteins that has to be administered for long periods of
time; it is a prime candidate for encapsulation in sus-
tained-release systems. But, IFN-a is a tough candidate as
it is a molecule that readily loses its structure. Zhou and col-
leagues (76) coated calcium alginate microcores containing
IFN-a that had a poly-dl-lactide-poly(ethylene glycol) (PELA)
film. The integrity of the protein was followed only by a mon-
itoring of the biological activity, not by other means. Biologi-
cal activity for IFN-a in the microspheres ranged from 6.5%
in standard PLGA microspheres prepared via the o=w=o
emulsion technique to 48% for the microcore-coated PELA
microspheres. The authors indicate that further studies are
under way to improve the performance of their composite
systems.

Another approach for the minimization of the degrada-
tion of the protein during PLGA microsphere preparation
and in the release phase is as follows: just mix PLA with
PEG instead of water and make suspended BSA-containing
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microspheres. The hypothesis is that the hydrophilic PEG
acts as an early pore former, avoiding unwanted pH drops
and protein degradation during disintegration of the micro-
spheres (77). Structural information on the released BSA
was obtained through SDS-PAGE and isoelectric focusing
(IEF) electrophoretic, circular dichroism (CD) spectrometric,
and fluorescence spectrometric analyses. The PEG content
of the microspheres was varied between 0 and 30%. At the
10% PEG level, aggregates were observed, both non-
covalently bonded and disulfide bonded. With 20% PEG, no
aggregation could be observed anymore. The authors conclude
that this reduction in BSA aggregation behavior is the result
of an increased water content of the PEG-containing PLA
spheres during the release process.

A different approach to make PLGA more ‘‘protein-
friendly’’ was proposed by Kissel and collaborators (78,79).
They synthesized block copolymer of poly(l-lactic-co-glycolic
acid) (LPLG) and polyethyleneoxide (PEO) (LPLG-PEO-
LPLG) linear triblock copolymers for the encapsulation of ery-
thropoietin (EPO) in microspheres. Interestingly, the occur-
rence of covalently bound aggregates (20% as measured by
SDS-PAGE) tended to be higher for the LPLG-PEO-LPLG
than for the PLGA microspheres prepared according to the
same protocol. Co-encapsulation of protective additives
reduced the aggregation level to less than 5%. AB star-
branched block copolymers consisting of A blocks of PLG or
PLGA and star-branched PEG were synthesized as well.
Sodium dodecyl sulfate polyacrylamide gel electrophoresis
showed aggregation levels between 3 and 10%, levels that
are much higher than those found in marketed regular EPO
formulations (80). So far, this approach has not been met with
much success.

An interesting case study was published by Van Dijkhui-
zen-Radersma and colleagues (58). Poly(ether-ester)s com-
posed of hydrophilic PEGT blocks and hydrophobic PBT
blocks were used to develop a sustained release system for
calcitonin. Calcitonin is a relatively small protein that readily
forms aggregates, often fibrillar in shape, in aqueous media.
To avoid this aggregation, a number of additives were
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screened with little success: calcitonin tends to form aggre-
gates in the polymer and in solution, sooner or later. The cal-
citonin structure in the polymer in the dry solid state and
upon hydration was monitored by Fourier transform infrared
(FTIR). Interestingly, intermolecular beta sheets, suggesting
non-covalent aggregation, could be observed both upon hydra-
tion of the hydrogel-forming polymer and before release of the
protein from the hydrogel. This is one of the few examples
where molecular properties of proteins inside the hydrogel
polymer in the dry and hydrated states were established.
Another example can be found in a short article by Van de
Weert and colleagues (81) in which a description is given of
the model protein lysozyme as it was monitored in PEGT=
PBT films by FTIR. Similar non-covalently bonded aggregates
were found in the films; but, when the protein was released, it
was in its monomeric form, with full enzymatic activity.

6. CONCLUDING REMARKS

There is a need for reliable and versatile controlled-release
systems for pharmaceutically active proteins. Hydrogel tech-
nology might meet these demands. This chapter demonstrates
that the release profiles of proteins can be tailored by the
hydrogel network structure. Importantly, both chemically
and physically crosslinked hydrogels can be rendered biode-
gradable through the introduction of hydrolytically sensitive
groups into the network. A major concern in protein carrier
development is the integrity of the biopharmaceutical upon
release. So far, protein-structure monitoring has only rarely
been done, and if it is done, only a few groups make a real
effort to collect basic information on protein degradation
processes and ways to maintain integrity. However, from
the information presently available, it is clear that hydrogels
are, in terms of protecting the structure of the encapsulated
protein, superior to alternative systems, like those based on
hydrophobic polyesters. Although a number of attractive
hydrogel systems are presently available, there is certainly
room for novel systems with improved characteristics
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methods. It is expected that principles from the expanding
research area of supramolecular chemistry will be applied to
the design of novel types of hydrogels with tailored properties.
Also, protein engineering might contribute to the develop-
ment of hydrogel systems with a very precise control over
their microstructure.

Abbreviations

acHES: acrylic ester of hydroxyethyl starch
BD: 1,4-butanediol
BSA: bovine serum albumin
CD: circular dichroism
dex: dextran
dex-HEMA: dextran derivatized with HEMA
dex-lactate-

HEMA: dextran derivatized with HEMA-lactate
dex-MA: dextran derivatized with methacrylic acid
DMT: dimethyl terephthalate
DP: degree of polymerization
DS: degree of substitution (number of methacrylate

groups or oligo lactate grafts per 100
glucopyranose residues)

EPO: erythropoietin
FTIR: Fourier transform infrared
HEMA: hydroxyethylmethacrylate
HRP: horseradish peroxidase
IEF: isoelectric focusing
IFN-a: interferon-a-2a
IgG: immunoglobulin G
KPS: potassium peroxodisulfate
LPLG-PEO-

LPLG:
block copolymer of poly(l-lactic-co-glycolic acid)
and polyethyleneoxide

PBS: phosphate buffered saline
PBT: poly(butylene terephthalate)
PEG: poly(ethylene glycol)
PEGT: poly(ethylene glycol)-terephthalate
PELA: poly-dl-lactide-poly(ethylene glycol)
PLGA: poly(lactic-co-glycolic acid)
PVA: polyvinyl alcohol
IL-2: interleukin-2
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rhIL2: recombinant human interleukin-2
SEC-HPLC: size-exclusion chromatography=high-pressure

liquid chromatography
SL2: Sutton lymphoma 2
TEMED: N,N,N0,N0-tetramethylethylenediamine
w=o=w: water-in-oil-in water
w=p: water=polymer ratio
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1. INTRODUCTION

Polymeric drug delivery is the most widely studied area of
drug delivery in recent years (1). Polymers can be manipu-
lated to possess certain properties that can meet specific
criteria for the designing of suitable delivery systems. Poly-
meric drug delivery systems may provide advantages such
as (i) increased efficacy, (ii) reduced side effects and toxicity,
and (iii) convenience (1). Like small drugs in general, thera-
peutic macromolecular drugs require the use of polymeric
systems, since these agents have very short half-lives in blood
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plasma and are susceptible to physical or chemical degrada-
tion. Although many therapeutic proteins, peptides, and
DNA-based drugs are available due to advances in biotechno-
logy, the conventional routes by which these biotechnology-
derived drugs are administered—routes such as intravenous
injection, intravenous infusion, subcutaneous injection, and
so on—require frequent injections to achieve a therapeutic
concentration in blood and may result in poor patient compli-
ance stemming from frequent, painful injections as well as
undesirable side effects. Significant research effort has been
made to develop implantable or injectable parenteral devices
for the sustained and controlled release of protein drugs in
order to reduce the frequency of injection (1).

Substantial efforts have been made to develop injectable
polymeric drug delivery systems. Because many biomedical
polymers with molecular weights of pharmaceutical interest
are not water-soluble, certain solvents under a given toxicity
limit may be used to dissolve the polymer. For example, Kost
and coworkers studied polymer implants of poly(lactide-
co-glycolide) (PLGA) dissolved in a water miscible solvent,
glycofurol. When a subcutaneous injection of the drug-
polymer-solvent mixture is made, this solvent diffuses into
the bloodstream so that its concentration in blood on a per
day basis is under the FDA limit (2). Another example is poly-
(ortho-ester) semisolid formulation (3). These systems usemild
conditions and are suitable for protein delivery.

Polymers that exhibit physicochemical responses to
stimuli have been widely explored as potential drug delivery
systems. Kinds of stimuli investigated to date include chemical
substances and changes in temperature, pH, and electric fields,
and the like. Among these, polymers that, in an aqueous solu-
tion, exhibit dramatic changes upon a temperature change
below or above the body temperature are of particular interest
in drug delivery. For instance, low molecular weight triblock
copolymers of PLGAand poly(ethylene glycol) (PEG) have been
designed that are hydrophilic=hydrophobic balanced polymers.
Jeong and coworkers first demonstrated a temperature-
induced sol-gel transition of a PEG-PLGA-PEG aqueous
solution upon subcutaneous injection in rats (4,5). More
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recently, the intratumoral injection of OncogelTM (Macromed,
Inc., Sandy, UT), an injectable formulation of PLGA-PEG-
PLGA (ReGelTM) and paclitaxel, has demonstrated both the
solubilization of a water-insoluble drug and the slow clearance
of paclitaxel from the injection site with minimal distribution
into other organs (6). This system is currently undergoing
Phase II human clinical trials.

The use of thermosensitive polymers in drug delivery
and biomedical application is widespread. The application of
poly(N-isopropylacrylamide) [poly(NIPAAm)] and its copoly-
mers is probably the best example. As mentioned above, ther-
mosensitive and biodegradable polymers are becoming very
important in the development of nontoxic, injectable systems
to tackle challenging problems in the delivery of bioactive
agents, as will be discussed in this chapter.

2. POLY(N-ISOPROPYLACRYLAMIDE)
AND ITS COPOLYMERS

In the past two decades, studies have been carried out by a
number of research groups to design polymers in aqueous
environments that respond dramatically around certain tran-
sition temperatures (7–24). There are polymers that exhibit
lower critical solution temperatures (LCST) in water, above
which the polymer is insoluble. Poly(NIPAAm) has been of
particular interest since the polymer shows an LCST of
�32�C, which falls in the temperature range between body
and room temperatures. Below the LCST, the enthalpy term
contributed by the hydrogen bond between water and polar
groups of the polymer causes the polymer to stay dissolved
in water. Above the LCST, hydrophobic interaction, which is
an entropic term, becomes a major factor that triggers the
collapse of the polymers (7). The LCST of poly(NIPAAm)
can be controlled via copolymerization with monomers having
different degrees of hydrophobicity. It is known that a higher
LCST can be obtained by incorporating a hydrophilic mono-
mer, whereas copolymerizing with a hydrophobic monomer
results in a lower LCST (7).
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Han and Bae have demonstrated that an aqueous solu-
tion of a copolymer of 2–5mol% acrylic acid and NIPAAm
exhibits reversible gelation without significant hysteresis
(8). The critical gel concentration (CGC) in this case was 4%
by weight. Gelation, rather than precipitation, was attributed
to polymer chain entanglements and to the weak physical
association of polymer precipitates while hydration was main-
tained by an ionized segment of AAc (7,8).

Bae et al. have demonstrated the on=off thermo-control
of solute release from poly(NIPAAm) networks (9,10). The
swelling in water as a function of temperature for two series
of NIPAAm polymer networks was investigated. In the first
series, n-butylmethacrylate (BMA) was copolymerized with
NIPAAm, and in the second, polytetramethylene ether glycol
(PTMEG) was incorporated into a NIPAAm network as a che-
mically independent interpenetrating network (IPN). When
an increase in the BMA content in the poly(NIPAAm-
co-BMA) network occurred, a lowering of the gel collapse
point was observed, and the gel’s deswelling occurred in a
more gradual manner as the temperature increased. The tem-
perature dependence of equilibrium swelling in water was a
function of the gel composition in both networks. The net-
works formed a dense skin layer as the temperature increased
past the gel collapse point. This dense layer decreased the
water efflux and formed water pockets at the surface (9).

In the next study poly(NIPAAm)=PTMEG IPNs were
synthesized, and their feasibility as thermosensitive hydrogels
for controlled drug release was addressed (10). The release of
indomethacin incorporated into these matrices showed pulsa-
tile patterns in response to temperature changes with sensiti-
vity to a few degrees of fluctuation. The lag time and the
release profile of indomethacin in the low-temperature region
of each temperature cycle were influenced by the applied
temperature and the gel composition. The results of this
study demonstrated that solute release can be regulated by a
rapid deswelling of the gel surface in response to an applied
temperature change (10).

The unique solution behavior of poly(NIPAAm) has
opened up a new array of applications. Hoffman and coworkers

254 Kwon and Kim



developed methods for biorecognition and immunoassay
using a series of poly(NIPAAm) polymers (11–14). In particu-
lar, poly(NIPAAm) was conjugated to a monoclonal antibody
(MAb), and a novel separation method for an immunoassay
was designed (11). The poly(NIPAAm) precipitated out of
water above an LCST of 31�C, enabling a polymer-bound
immune complex to be separated from the solution. The prin-
cipal advantages of this method are that it utilizes a homoge-
neous incubation for the antigen-antibody reaction and that
it has the ability to assay large-molecular-weight antigens
with sensitivities equivalent to other nonisotopic heteroge-
neous immunoassays. In addition, because the polymer-
immune complex may be reversibly redissolved by cooling,
the method may be used both to concentrate the signal and
to isolate the target analyte (11).

Okano and coworkers have also investigated extensively
the phase transition behavior of poly(NIPAAm) hydrogel
(15–17) and its applications in tissue engineering (16) and bio-
separation (17). Takei and coworkers have demonstrated
reversible bioseparation based on a similar concept. Immuno-
globulin G (IgG) was modified by poly(NIPAAm) to create a
novel bioconjugate that exhibits reversible phase transition
behavior at 32�C in aqueous media. A terminal carboxyl group
introduced into PIPAAm molecules by the polymerization of
IPAAm with 3-mercaptopropionic acid was used for the conju-
gation to IgG via a coupling reaction of activated ester with a
protein amino group. These conjugates exhibited a rapid
response to changes in solution temperature and significant
phase separation above the LCST corresponding to that for
the original poly(NIPAAm). These conjugates bound to antigen
quantitatively in the aqueous system, and the antigen-bound
complex also demonstrated phase separation and precipitation
above a critical temperature, indicating that PIPAAm conju-
gated to a biomolecule can operate as a switchingmolecule (17).

Feil et al. have demonstrated the molecular separation of
solutes of three different sizes by using a poly(NIPAAm-
co-butyl methacrylate)(BMA) copolymer hydrogel membrane
at several temperatures (18,19). The diffusion of urinine
(MW 300) and dextran (MW 4400) was found to follow the
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free-volume theory in this hydrogel membrane although the
partitioning of the solutes did not follow gel hydration due
to partial exclusion and interactions between the hydrogel
and the solutes. The screening effect of the polymer network
played no major role for the diffusion of these solutes, but
probably contributed significantly to the very low diffusion
rate of dextran (MW 150,000) in the gel. Upon incorporating
a pH-sensitive component (diethylaminoethyl methacrylate)
they also found a mutual influence of temperature and pH
on the swelling of the gel (18,19).

The copolymerization of NIPAAm with BMA and AAc
rendered the copolymer pH sensitive as well as thermosensi-
tive. This resulted in the design of copolymer beads as
carriers for oral delivery, encapsulating polypeptide drugs
such as calcitonin (20) and insulin (21). The copolymer beads
prevent gastric degradation in the stomach while providing
for a controlled release of a peptide drug later in the intes-
tines. Serres et al. used linear terpolymers poly(NIPAAm-
co-BMA-co-AAc) to fabricate beads loaded with a peptide
drug, human calcitonin, which was dissolved in an aqueous
phase. The polymeric beads were formed by the dropwise
addition of a cold, aqueous solution of a temperature-sensitive
polymer with human calcitonin into an oil bath kept at a
temperature above the LCST of a polymer, precipitating the
polymer and entrapping the peptide. The loading and the
release of human calcitonin were also studied as a function
of acrylic acid content in the terpolymers. As the acrylic acid
content increased from 0 to 10 mol%, the loading efficiency
and stability of calcitonin improved significantly. The same
trend was observed for the quantity of released calcitonin.
In vivo biological activity of the released hormone was
preserved (20).

Taking a step further, Kim et al. have studied the load-
ing, release, and the preservation of bioactivity of a polypep-
tide, insulin, entrapped in a microbead formation. The
morphology of the beads studied by scanning electron micro-
scopy (SEM) revealed that they consisted of a dense skin layer
and a porous inner structure. This suggested that the critical
step of bead preparation is the formation of this skin layer or
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‘‘surface curing.’’ The release of insulin was triggered by a
change in pH from acidic to neutral pH, whereas little release
occurred at low pH. The released insulin had a preserved
secondary structure as shown by CD spectroscopy. Also, it
had preserved bioactivity as the injection of released insulin
in rats showed no difference from standard insulin (21).

Ramkissoon-Ganorkar et al. have designed a novel poly-
meric delivery system that utilizes linear, pH=temperature-
sensitive terpolymers of NIPAAm, BMA, and AAc. The unique
properties of the pH=temperature-sensitive polymeric beads
make it a potential system for the oral drug delivery of peptide
and protein drugs to different regions of the intestinal tract
(22). The goal of this study was to investigate the effect of
polydispersity and of the molecular weight (MW) of terpoly-
mers of poly(NIPAAm-co-BMA-co-AA) with a feed mol ratio
of NIPAAm=BMA=AA 85=5=10 on the polymer dissolution rate
and on the release kinetics of a model protein, insulin. Varying
the average molecular weight (Mw) and polydispersity of the
polymer modulated the dissolution rate of the polymer and
the release rate of insulin from pH= temperature-sensitive
polymeric beads. An increase in the polydispersity of the poly-
mer through the addition of highMW polymer chains caused a
decrease in the release rate of insulin and in the polymer
dissolution rate. High MW polymer chains impose a certain
degree of interaction between polymer chains, and this is
due to chain entanglement. There is a limiting value of MW
above which chain entanglement has no effect on the drug
release rate (22).

As mentioned earlier, poly(NIPAAm-co-AAc) where AAc
content is small (2–5mol%) forms loose hydrogels above the
LCST.Thismakes the systemanattractive candidate for tissue
engineering application as an extracellular matrix (ECM).
Above a critical concentration, aqueous polymer solutions
of N-isopropylacrylamide copolymers with small amounts of
acrylic acid, synthesized in benzene by free radical polymeriza-
tion, exhibited four distinct phases as the temperature
increased: a clear solution, an opaque solution, a gel, and a
shrunken gel. The transition between the opaque solution
phase and the gel phase was in the range of 30–34�C and was
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reversible without syneresis and noticeable hysteresis under
the experimental conditions used. Islets of Langerhans,
isolated from a Sprague-Dawley rat pancreas and entrapped
in the gelmatrix, remained viable, with no significant decrease
in the insulin secretion function in vitro for 1month. When
islets were encapsulated with the gel matrix in hollow fibers
with a molecular weight cut-off (MWCO) of approximately
400,000 and were exposed to dynamic changes in glucose and
theophylline concentrations, their insulin secretion patterns
exhibited a smaller lag time and higher amplitude in insulin
release than did the islets entrapped in a conventional alginate
matrix under the same experimental conditions. From these
two observations, that is, the gel reversibility and the islet
functionality in the matrix observed in the in vitro experi-
ments, theN-isopropylacrylamide copolymerswith acrylic acid
synthesized in this study seem to be optimum candidates for
the ECM for the recharging of the entrapped cells when the
decrease in the cell functionality in the system is noted (23).

The purpose of a second application of poly(NIPAAm) in
tissue engineering concerns the grafting of poly(NIPAAm)
onto the cell culture surface so that cells can both attach under
the growing condition (above the LCST) and easily and rever-
sibly detach below the LCST. This is important in that the
conventional method of cell detachment using proteolytic
enzymes can damage cells. This concept brought about the
so-called ‘‘cell sheet engineering’’ in which this type of surface
is used. Such technology may be useful in the repairing of
damages in various organs (24).

3. PEO-PPO-PEO TRIBLOCK COPOLYMERS

Poly(ethyleneoxide)-poly(propylene oxide)-poly(ethyleneoxide)
(PEO-PPO-PEO) is another kind of thermosensitive polymer,
known as poloxamer (25,26). Poloxamers are a series of
surfactant polymers that are commercially available. Among
these, poloxamer 407 (Pluronic F127) has been of particular
interest, since this amphiphilic triblock copolymer can form
micelles at low concentration in water and, with increasing
concentration, can form a hydrogel at body temperature via
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packing of the micelles. This means that the aqueous
solution of this polymer may be used for a parenteral depot
system. However, the gel depot of the PEO-PPO-PEO block
copolymers disintegrated quickly (within 1 day) upon dilution
and therefore is not suitable as a sustained release system. It
was speculated that this surface dissolution may be related to
its gelling mechanism, which involved the mere packing of
micelles at high concentrations (25).

4. THERMOSENSITIVE AND BIODEGRADABLE
POLYMER HYDROGELS

Biodegradable polymers used for drug delivery to date have
mostly been in the form of injectable microspheres or implant
systems, which require complicated fabrication processes
using organic solvents. A disadvantage of such systems is that
the use of organic solvents can cause denaturation when pro-
tein drugs are to be encapsulated. Furthermore, the solid
form requires surgical insertion, which often results in tissue
irritation and damage.

Synthesis of a thermosensitive, biodegradable hydrogel
consisting of blocks of poly(ethylene oxide) and poly(l-lactic
acid) was carried out (4). Aqueous solutions of these copoly-
mers exhibited temperature-dependent reversible gel-sol
transitions. The hydrogel can be loaded with bioactive mole-
cules in an aqueous phase at an elevated temperature
(around 45�C), where they form a solution. In this form, the
polymer is injectable. On subcutaneous injection and subse-
quent rapid cooling to body temperature, the loaded copoly-
mer forms a gel that can act as a sustained release matrix
for drugs (4).

In the next series of studies, Jeong et al. found compo-
sitions of HPL=HPB balanced triblock copolymers, PEG-
PLGA-PEG, that exhibit sol-to-gel (lower transition) and
gel-to-sol (upper transition) transitions as temperature mono-
tonically increases (27). The lower transition is important for
drug delivery application because the solution both flows
freely at room temperature and becomes a gel at body
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temperature. The lower transition may be related to micellar
growth and intra- and intermicelle phase mixing and packing,
while the upper transition involves a breakage of the micellar
structure. The CGC and critical gel temperature are con-
trolled by polymer parameters, such as block length and
composition of PEG-PLGA-PEG triblock copolymers, and by
additives such as salts (27).

When aliquots of the 33wt.% aqueous solutions of PEG-
PLGA-PEG triblock copolymers were administered via subcu-
taneous injection into rats, transparent gels were observed.
The gels showed good mechanical strength and the integrity
of the gels persisted longer than 1 month. The gel underwent
degradation by hydrolysis and became opaque, a development
that was probably due to the preferential mass loss of
PEG-rich segments from the in situ formed gel. The number-
averaged molecular weight (Mn) determined by gel-

Figure 1 Phase diagram for PLGA-PEG-PLGA in aqueous
solution (ReGelTM). (From Refs. 6.)
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permeation chromatography (GPC) decreased from 3300 to
1900 and a 30% mass loss was observed over 1month (5).

Two model drugs were released from the PEG-PLGA-
PEG triblock copolymer hydrogel formed in situ at 37�C.
While ketoprofen, a model hydrophilic drug, was released
over 2 weeks with a first-order release profile, spironolactone,
a model hydrophobic drug, was released over 2 months with
an S-shaped release profile. The release profiles were simu-
lated by models considering both degradation and diffusion,
and were better described by a model assuming a domain
structure of the gel (28).

The ABA-type triblock copolymer, PLGA-PEG-PLGA, is
also a biodegradable, biocompatible polymer that demon-
strates reverse thermal gelation properties (6,29). Its phase
diagram is shown in Figure 1. The unique characteristics of
the gel (ReGelTM, Macromed, Inc.) lie in the following two
key properties: (i) the triblock copolymer is a water soluble,
biodegradable polymer at temperatures below the gel transi-

Figure 2 In vitro release of paclitaxel from OncoGelTM (23%,
w=w in water) and Pluronic F-127. (From Ref. 6.)
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tion temperature; and (ii) the polymer also forms a water-
insoluble gel once injected. This hydrogel formed above
transition temperature possessed physical interactions
between hydrophobic domains. A dynamic mechanical analy-
sis revealed that an increase in viscosity of approximately
4 orders of magnitude accompanies the sol-gel transition.
The gel forms a controlled release drug depot with delivery
times ranging from 1 to 6 weeks. The inherent ability of the
polymer to solubilize (400 to > 2000-fold) and stabilize poorly
soluble and sensitive drugs, including proteins, is a substan-
tial benefit. The gel provided excellent control of the release
of paclitaxel for approximately 50 days, as shown in Figure
2. Paclitaxel loaded in the hydrophobic domain (Fig. 3) slowly
diffuses out in the first phase of release followed by a more
rapid release when the degradation of the polymer matrix

Figure 3 Physical crosslinks in the PLGA-PEG-PLGA in water
(ReGelTM) showing hydrophobic domain structures (Courtesy of
Macromed, Inc., Sandy, UT.)
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Figure 4 Released GLP-1 from ReGelTM formulation in vitro. The
graph represents the average�SE, and each group was composed
of three samples. (From Ref. 32.)

Figure 5 Blood glucose level in ZDF rats after injection. The
graph represents the average�SE, and each group was composed
of five rats. (From Ref. 32.)
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becomes more significant. Direct intratumoral injection of
ReGel=paclitaxel (OncoGelTM) was mentioned earlier.
Efficacies equivalent to maximum tolerated systemic dosing
were observed at OncoGel doses that were ten-fold lower (6).

This ABA-type triblock copolymer was used as a drug
release depot for continuous release of human insulin and of
glucagons-like peptide-1 (GLP-1). The observation of both
reduced initial burst and a constant release of human insulin
from ReGel in vitro is due to the domain structure of the gel
and to the modification of the association states of insulin
by zinc. Animal studies using SD rats were performed to
verify the release profile of insulin from this ABA block copo-
lymer hydrogel. ReGel formulation maintained insulin
release for up to 15 days, which could allow diabetic patients
to reduce the number of insulin injections to two per month
for basal insulin requirements (31).

The triblock copolymer hydrogel was used also as an
injectable formulation for the controlled release of GLP-1 in
vitro and in vivo (32). Because the aqueous solution of ReGel
used in this study has a sol-gel transition around 32�C, the
mixture of the GLP-1 and the aqueous free-flowing polymer
solution spontaneously formed a gel at body temperature.
GLP-1 was formulated into ReGel as an insoluble zinc com-
plex to stabilize GLP-1 against aggregation and to sustain
the release rate. The in vitro GLP-1 release from ReGel
formulation at 37�C showed no initial burst, as shown in
Figure 4. Further release was controlled by zero order
kinetics. An animal study using Zucker Diabetic Fatty
(ZDF) rats, as a type-2 diabetes animal model, showed that
a blood glucose level was maintained at mild hyperglycemic
level as shown in Figure 5. The glucose level dropped to a
level significantly lower (�200mg=dL) than the control
(�400mg=dL). A single injection of ZnGLP-1 loaded ReGel
can be used for the controlled delivery of bioactive GLP-1 over
a 2-week period (32).
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5. BIODEGRADABLE MICROSPHERES BASED
ON THE THERMOSENSITIVE PROPERTY
OF PLGA-PEG-PLGA

Injectable controlled release systems based on biodegradable
copolymers of lactic and glycolic acids (PLGAs) have become
widely used for the delivery of both protein therapeutics
and vaccine antigens (33–47). Although numerous protein
therapeutics have been approved or are in clinical trials, the
development of more sophisticated delivery systems for this
rapidly expanding class of therapeutic agents has not kept
pace. The short in vivo half-lives, the physical and chemical
instability, and the low oral bioavailability of proteins cur-
rently necessitate their administration by frequent injections
of protein solutions. This problem can be overcome through
the use of injectable depot formulations in which the protein
is encapsulated in, and released slowly from, microspheres
made of biodegradable polymers. Although the first report of
the sustained release of a microencapsulated protein was
more than 20 years ago, the instability of proteins in these
dosage forms has prevented their clinical use. Advances in
protein stabilization, however, have aided the development
of sustained release forms of several therapeutic proteins,
and clinical testing of a monthly formulation human growth
hormone was carried out. The obvious advantage of this
method of delivery is that the protein is administered less fre-
quently, sometimes at lower overall doses, than when formu-
lated
as a solution. More importantly, this method of delivery
can justify commercial development of proteins that, for
a variety of reasons, could not be marketed as solution
formulations (36).

However, there are drawbacks observed in protein-
loaded microspheres. The protein release kinetics exhibits
an initial fast release followed by a slow release, resulting
in an incomplete protein release despite significant degrada-
tion of microspheres (36). The very slow release kinetics was
attributed to the protein aggregation and nonspecific adsorp-
tion within the microspheres. It was found that the protein
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was significantly denatured and aggregated during the
double emulsion formulation step (35). This problem is
inherent in the fact that the polymer (e.g., PLGA) is not water
soluble; thus a water-immiscible solvent (i.e., methylene
chloride) has to be used. This also means that high mechani-
cal energy input for the dispersal of the proteins in the
organic phase and in this process w=o interface is created
(37). Kwon et al. have observed that rapid aggregation of
insulin is induced by the interface between water and methy-
lene chloride (38).

For example, NutropinTM (Genentech, Inc., South San
Francisco, CA), human growth hormone-loaded PLGA micro-
spheres (40), was approved by FDA. However, the initial
burst effect was not resolved. Burst release can result in acute
overdosage and this could lead to fluid retention, headache,
nausea, vomiting, or hyperglycemia.

Over the last few years, improvements were suggested
toward overcoming the difficulty of stabilizing PLGA-

Figure 6 In vitro release of human insulin from Msp A (aqueous-
based) and Msp B (dichloromethane-based) (n¼ 3, mean�SD).
(From Ref. 49.)
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encapsulated proteins. In addition to the stabilization of pro-
teins during encapsulation with anhydrous methods, protein
complexation with zinc and the control of PLGA microclimate
pH with basic excipients were also suggested (33).

One way to overcome the problems associated with both
PLGA microspheres and the use of organic solvents is to uti-
lize the thermosensitive property of PLGA-PEG-PLGA so that
protein loading can be achieved without having to use organic
solvents such as CH2Cl2, hence avoiding water=organic
solvent interfaces (48,49).

Microspheres of the biodegradable, triblock copolymer
(PLGA-PEG-PLGA, Mw¼ 4000, 1500–1000–1500 by NMR)
were prepared in two methods: microsphere A (Msp A;
aqueous-based) and microsphere B (Msp B; dichloromethane).
For both microspheres, an equal amount of Zn-insulin was
loaded (�4% of polymer mass). In vitro release studies were
carried out with both. As shown in Fig. 6, Msp A exhibited
a continuous and nearly complete release of insulin over 3
weeks. The first phase of insulin release (the first 10 days)
from Msp A seems to be dependent more upon diffusion,
indicated by the slight decrease in the release rate over time.
Then, after day 10, the insulin release rate turned to an

Figure 7 Confocal microscopy images of FITC-insulin loaded
microspheres. (Left) Msp A; (right) Msp B. (From Ref. 49 with per-
mission.)
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increasing mode, and this is probably where the degradation
of the matrix, at this time point, begins to play a more signifi-
cant role in release than in the earlier phase. However, Msp B
exhibited an initial burst release (�50% in 1 day), and release
was discontinued at �60% afterwards. In the preparation of
Msp B, during the formation of primary emulsion where it
involves high shear and heat generation in the creation of a
large water=organic solvent interfacial area, proteins can
undergo rapid aggregation, and thus the incomplete release
of proteins from microspheres may be due to these trapped
aggregates formed during microsphere fabrication. This
accounts for the slow and incomplete release after the initial
release phase with the burst effect (48).

In the case of Msp A, microspheres were prepared in a
mild environment; that is, an organic solvent and a high
shear were absent. A circular dichroism (CD) spectrum of
insulin released from Msp A was virtually identical to that
of a freshly prepared native insulin solution. This means that
the released insulin preserved its secondary structure. In
contrast, the CD spectrum for Msp B indicated a loss of
secondary structure integrity due to both the use of dichloro-
methane and the harsh preparation conditions employed (48).

The observed release pattern from both types of micro-
spheres lies in the distribution of the protein inside a micro-
sphere, which is associated with the preparation method.
In order to see this, FITC (fluorescein isothiocyanate)-insulin
incorporated microspheres were observed under a confocal
microscope, as shown in Fig. 7. For Msp A, a homogeneous
distribution of fluorescence was observed while Msp B exhib-
ited a rather heterogeneous distribution of FITC-insulin. In
addition, Msp B shows significant surface fluorescence. These
observations are, hence, consistent with the observed initial
burst from Msp B and from the constant insulin release from
Msp A over a prolonged period of time. It is reported that the
constant release of insulin from triblock copolymer hydrogel
may be attributed to the hydrophilic=hydrophobic domain
structure of the gel. The incorporation of a significant fraction
of insulin in the hydrophobic domain may have made possible
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the sustained release of insulin (49).
An animal study with streptozotocin-induced diabetic

rats was carried out and involved the subcutaneous injection
of both microspheres. While Msp B caused a burst effect
(hypoglycemia) followed by a quick change in blood glucose
and insulin levels, Msp A exhibited relatively sustained blood
glucose levels and the release of insulin for 10 days. In vitro
and in vivo insulin release profiles were found to be rather
consistent (49).

6. CONCLUSIONS

The utility of thermosensitive hydrogels in drug delivery
and biomedical application is immense. In particular, bio-
degradable, thermosensitive triblock copolymers can be
formulated into potentially useful drug delivery systems
for therapeutic protein drugs or poorly water soluble drugs
because such copolymers exhibit unique aqueous solution
properties, biodegradability, and biocompatibility. Single
injections of paclitaxel, insulin, and GLP-1 in the triblock
copolymer hydrogel (ReGel) have demonstrated sustained
and controlled release patterns of the agents both in vitro
and in vivo. Based on the thermosensitive property of the
triblock copolymer, PLGA-PEG-PLGA, biodegradable micro-
spheres for protein delivery have been designed and contin-
uous insulin release achieved, resulting in both a significant
reduction in burst release and the preservation of bioactiv-
ity. These systems can be potentially useful for the delivery
of a wide range of therapeutically challenging agents
such as DNA as well as protein and water-insoluble=toxic
drugs.
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1. INTRODUCTION

Hydrogels are physically or chemically cross-linked polymer
networks swollen with large amounts of water. Due to their
crosslinked nature, these gels do not dissolve in aqueous
media but contain an enormous amount of solvated water
molecules within the entangled polymer chain matrix. Hydro-
gel properties are reviewed elsewhere in this book. This chap-
ter is dedicated to a unique hydrogel family that responds to
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externally applied stimuli that, in turn, alter these hydrogels’
swelling properties. During the past two decades, much work
has been dedicated to the development of stimuli-responsive
hydrogel materials. These ‘‘intelligent materials’’ sense exter-
nal stimuli, alter (depending on the degree or strength of sti-
mulation) their physicochemical network properties, and
release drug molecules or absorb water or both to reach an
equilibrated state. Such auto-feedback systems are commonly
observed in metabolic processes in the human body. Therefore,
these intelligent materials are appropriately applied to the
development of new drug delivery matrices responding to sev-
eral physiological stimuli arising from disease states or meta-
bolic events in the human body. One key strategy for drug
delivery systems is the spatio-temporal control of drug release
responding to any changes in body physiology at specific sites
(1,2).

In the present chapter, several types of stimuli-
responsive hydrogels are introduced, and their applications
to drug delivery systems will be reviewed.

2. STIMULI-RESPONSIVE HYDROGELS
AND THEIR APPLICATIONS IN DRUG
DELIVERY SYSTEMS

2.1. Temperature Sensitive Polymeric Materials

Several types of hydrogels are known to undergo physical
changes in response to changes in temperature. These include
poly(vinylmethyl ether)s cross-linked by gamma ray irradia-
tion (3), poly(N-isopropylacrylamide) (PIPAAm) and its deri-
vatives (4–15), poly(ethylene oxide)-b-poly(propylene oxide)
-b-poly(ethylene oxide) triblock copolymers (16–19), poly(alkyl
vinyl ether)s and their block copolymers, hydroxymethylcellu-
lose, gelatin, and other more exotic materials. All of these
materials share in common a unique hydration chemical
structure in aqueous milieu that is metastable and can be
radically altered by increasing the thermal energy in the sys-
tem. Changing temperature therefore often produces a dra-
matic and pseudo first-order phase change resulting from
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the dehydration and rehydration of the materials’ chemistry,
resulting in a collapse and expanding behavior in water. This
phase transition is reversible, with some characteristic
hysteresis, upon reversal of the temperature change. Many
materials exhibit this property (20–23).

2.1.1. Poly(N-isopropylacrylamide) Hydrogels
for Thermo-Responsive Drug Delivery

With several chemical features analogous to proteins, polya-
mides, and poly(amino acids), PIPAAm was synthesized as a
model polypeptide analogue so that its solution behavior in
water could be investigated (24). PIPAAm in an aqueous solu-
tion shows a lower critical solution temperature (LCST) at
32�C. This unique temperature response of PIPAAm in an
aqueous solution has been extensively investigated for use
in stimuli-responsive materials for biomedical applications
in drug delivery systems, bioseparations, bioconjugates, and
noninvasive cell manipulations (4–7,9,11,25–42). In cross-
linked PIPAAm networks, the polymer’s aqueous soluble-
insoluble changes that occur in relation to temperature result
in reversible swelling-deswelling in the hydrogels. Copoly-
merization of IPAAm with either hydrophilic or hydrophobic
monomers produces an increase or decrease in the transition
temperature of PIPAAm. Such a strategy can be exploited so
that a hydrogel’s transition temperature can be controlled
and that the drug release behavior can, thus, be regulated.
In the present section, recent advances in the development
of thermo-responsive hydrogels and their applications in drug
delivery systems are reviewed.

For PIPAAm hydrogels, a large temperature increase ori-
ginating below the polymer transition temperature of 32�C
induces an outside-in shrinking response in the gel: thermal
transfer and polymer mass transfer kinetics compete for the
determining of the polymer phase behavior. For this condi-
tion, the result is the formation of a dense shrunken collapsed
polymer layer at the gel-water interface (a skin layer). These
dehydrated polymer skin layers on the surface of shrunken
PIPAAm hydrogels prevent even water molecules from

Hydrogels 277



readily diffusing through the gel. Thus, drug release from
PIPAAm and their derivative hydrogels is governed by a
drug’s bulk water diffusion below the transition temperature,
with the release of the drug completely impeded above the
transition temperature (5,6,31). This temperature-dependent
drug release mechanism produces a thermo-responsive on-off
drug release with PIPAAm hydrogels that is useful for
triggered thermal release control.

Rapid swelling-deswelling gel kinetics cannot be obtained
with conventional hydrogels in which mass transfer kinetics
are governed by the reciprocal of the squared dimension of
the gels (23). Therefore, both the inclusion of macro- or micro-
porous structures within gels and a reduction in gel size are
common methods by which to accelerate gel shrinking beha-
vior (3,13,43). To overcome this limited swelling-deswelling
kinetics issue, we have introduced freely mobile grafted
PIPAAm chains within multiple bonded three-dimensional
cross-linked PIPAAm hydrogels (10,44,45). Using telomeriza-
tion polymerization, we prepared a chain transfer agent in
the form of PIPAAm chains that had one terminal amino
end group and that were in the presence of aminoethanethiol.
Terminal amino groups were then converted, through a reac-
tion with acryloyl chloride, to polymerizable acrylamide moi-
eties. PIPAAm macromonomers were then copolymerized
with an IPAAm monomer in the presence of the cross-linker,
N,N0-methylenebisacrylamide. The structural formula is
shown in Fig. 1. These novel graft-type PIPAAm hydrogels
exhibit the same transition temperature as conventional
PIPAAm hydrogels at 32�C but also exhibit highly altered
swelling-deswelling kinetics. The molecular weight of the
grafted PIPAAm chains showed significant influences on gel
deswelling. Comb-type grafted PIPAAm hydrogels with differ-
ent graft chain lengths were examined for their swelling-des-
welling characteristics. These kinetics were investigated with
PIPAAm hydrogels containing grafted side chains of 2900,
4000, and 9000 g=mol. PIPAAm grafted gels with a graft mole-
cular weight of 9000 (IGG9000) showed rapid shrinking
kinetics upon a temperature increase above the transition
temperature in buffer at 32�C. Such rapid gel shrinking is
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probably due to the existence of grafted PIPAAm chains that,
owing to their mobile nature in the gel, dehydrate and then
aggregate upon a temperature increase prior to bulk gel dehy-
dration. Such hydrophobic aggregation of grafted chains
induces and accelerates the entire gel-deswelling behavior.
However, hydrogels with grafted chains of lower molecular
weight showed relatively slow deswelling, with only partial
skin layer formation, even though the overall grafted chain
content was the same (approximately 30 wt.%) as for the
PIPAAm gels having longer grafted chains. The cylinder-
shaped, faster deswelling hydrogel, IGG9000, showed repeti-
tive and large oscillations in length when gels were
subjected to temperature cycles between 20 and 40�C with
hysteresis accorded to collapse-rehydration dynamics and
water mass transport in these bulk systems (44).

Such differences in bulk gel-deswelling characteristics
have a significant influence on the release of incorporated
drug molecules, especially for higher molecular weight drugs.
Figure 2 shows the temperature-induced drug release beha-
vior from conventional and PIPAAm-grafted hydrogels that

Figure 1 Structural formula of linear PIPAAm-grafted PIPAAm
hydrogels and schematic illustration of their shrinking behavior.
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had different graft chain lengths. Figure 2a illustrates the
release of small, water soluble sodium salicylate from these
gels upon a temperature increase from 10 to 40�C. Drug
release from conventional PIPAAm hydrogels was pulsed.
Immediately after the temperature increased, a small amount
of the drug was released, and then a substantial decrease in
the amount of the drug being released took place so that the
release was completely impeded after 15 min. This result is
due to the impermeable, dense collapsed polymer skin layer
formation at the gel’s outer surface. Drug release from
graft-type hydrogels exhibited rapid, pulsed release; 65% of
drug molecules incorporated were released from IGG9000
within the first 15 min after temperature change. IGG4000,
however, exhibited oscillating release profiles. For relatively
lower molecular weight grafted chains, chain aggregation
forces still operated within the gels above the transition tem-
perature, and thus, surface skin layers were formed on these
hydrogel surfaces. However, these lower molecular weight
chains’ collapse forces are weaker than those of longer chains:
the increasing internal hydrostatic pressure resulted from the
bulk gel shrinking of both the aggregated grafted chains and,
subsequently, the main chain. These hydrostatic forces even-
tually overwhelm the weaker short-chain collapse forces on

Figure 2 Thermo-responsive drug release behavior from PIPAAm-
grafted PIPAAm hydrogels upon step temperature gradient for (a)
sodium salicylate, and (b) dextran of MW 9300.
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the device surface, an outcome that allows a pulse of outward
water-drug flux to release the pressure gradient. This
produces a cyclic, pulsatile drug release profile.

For higher molecular weight drugs (e.g., dextran MW
9300), a burst release was observed for IGG9000 hydrogels
after a temperature increase to 40�C (Fig. 2b). By contrast,
the dextran release from IGG4000 was relatively suppressed
and distinctly different from the small molecule case. These
differences in drug release behavior for the two grafted gels
are probably due both to the chain aggregation forces operat-
ing within the hydrogels and to their influence on diffusing
molecules of different size. That is, longer grafted chains form
more hydrophobic cores within the hydrogels immediately
after a temperature increase above the transition tempera-
ture, an outcome that facilitates faster hydrogel deswelling
and hydrostatic pressure-driven outward transport. In con-
trast, the hydrophobic aggregation between the dehydrated,
shrunken grafted chains of IGG4000 is comparatively rela-
tively weak. Therefore, the thin collapsed polymer skin layers
formed at the interface of IGG4000 gels limit and retard large
drug diffusion from the gel’s interior. These results strongly
suggest that the drug release behavior of various drugs with
a diverse range of molecular weights can be regulated with
the grafted chain lengths of comb-type grafted PIPAAm
hydrogels.

Similar fast deswelling characteristics were observed
using poly(ethylene glycol) (PEG)-grafted PIPAAm hydrogels
similar in structure to PIPAAm-grafted hydrogels above the
characteristic transition temperature near 32�C (46). PEG-
grafted chains did not alter the bulk hydrogels’ thermo-
responsive characteristics, although PEG itself is a highly
hydrophilic polymer. Thus, hydrophilic PEG-based channels
or pores remained after the bulk gel transition. This outcome
is in sharp contrast to conventional PIPAAm hydrogels
containing acrylamide (AAm) or acrylic acid (AAc) as the
hydrophilic co-monomer, since the introduction of these
co-monomers incorporates random compositional distribution
throughout the bulk gel and is not polymer grafting per se.
This hydrophilic monomer incorporation produces a
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significant increase in the gel transition temperature, and
further co-monomer introduction eventually abolishes the
thermo-responsive characteristics of PIPAAm hydrogels.
Maintenance of the thermo-responsive characteristics of
PEG-grafted hydrogels is probably due to the structural inde-
pendence of PEG-grafted chains and PIPAAm cross-linked
chains. The deswelling mechanism for PEG-grafted PIPAAm
hydrogels is distinct from PIPAAm-grafted hydrogels, as PEG
chains are highly hydrated at all of the temperature ranges
examined. The PEG chains form water-releasing channels
within the dehydrated and collapsed skin layers on the
shrinking PIPAAm hydrogels owing to a microphase separa-
tion of PEG chains within the collapsing PIPAAm phase. This
effect accelerates bulk gel-deswelling above the transition
temperature. Therefore, rapid hydrogel dehydration is
achieved. Using this unique deswelling mechanism that
shrinks PEG-grafted PIPAAm hydrogels, researchers can
achieve both rapid drug release and bulk water release.
Furthermore, such hydrogels can be used to target temporal
drug releases, activated only when stepwise temperature
stimuli are applied at target sites.

2.1.2. Thermo-Responsive Sol-to-Gel Transitions
and Exploitation for Injectable Drug
Delivery

Poly(ethylene oxide)-b-poly(propylene oxide)-b-poly(ethylene
oxide) (PEO-PPO-PEO) (Fig. 3) is a well-known thermo-
responsive self-assembling polymer with the trade name of
Pluronic�, (BASF, Florham, NJ., USA) (47). A variety of Pluro-
nics have been developed with varying compositions of PEO
and PPO blocks. Pluronics with relatively large PEO weight
ratios are soluble in water through the self-association of rela-
tively hydrophobic PPO segments, resulting in the formation
of polymer micelles. These polymeric micelles exist in an equi-
librated state between monomeric polymer molecules and
micelles. Some types of Pluronics exhibit thermally reversible
physical gelation at certain concentration ranges and tem-
peratures (48). Pluronic F127, containing 70 wt.% PEO with
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Figure 3 Structural formulae for a variety of types of thermo-
gelling materials.
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12,000 MW triblock segments, is a typical example of a ther-
mally reversible gelation material. Aqueous solutions of Pluro-
nic F127 (>20 wt.%) gel spontaneously upon a temperature
increase of �20�C without syneresis of water molecules; that
is, no volume change occurs during gelation. This outcome is
due to the dense packing of polymeric micelles, which occupy
the entire volume of the polymer solution and encapsulate
all of the bulk water. Such gels achieve a thermally reversible
solution state upon a decrease in temperature. This unique
property has been utilized for injectable drug delivery sys-
tems, especially for labile drugs such as peptides and proteins.
The Pluronic drug delivery formulation results from the mix-
ing of polymers directly with a drug at low temperatures, fol-
lowed by injection of the mixture into the body. At injection
sites, the Pluronic solution—once placed in the body—gels
owing to a temperature increase. Drug molecules then diffuse
from the in situ-formed gels in a controlled release fashion
(16,17,19,49,50). Pluronic gel monoliths slowly dissolve owing
to their dilution with body fluids and are ultimately excreted
from the body. Thus, drug release can be extended from sev-
eral hours to a few days, with drug release for longer periods
not achievable with this formulation.

Kim and his colleagues (51–55) designed ABA-type
triblock polymers that, as do Pluronics, exhibit thermo-
responsive gelation at body temperature. As this book has
devoted one chapter for these thermogelling triblock copoly-
mers and their applications in drug delivery systems, only
limited information will be given here.

The researchers used methoxy-terminated PEG with a
known molecular weight for macroinitiator, to initialize the
ring-opening polymerization of lactide or glycolide and formed
a PEG-polylactide diblock copolymer. Then, two diblock poly-
mer molecules were coupled using hexamethylene diisocya-
nate to form PEG-PLLA-PEG (51,56) or PEG-PLGA-PEG
(52,53,55) triblock copolymers that exhibited a relatively nar-
row molecular weight distribution (Mw=Mn� 1.2). As shown
in Figure 3, these triblock copolymers contain biodegradable
polyester segments. Researchers found the thermally induced
gelation of triblock polymer aqueous solutions at 17–40 wt.%
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near 30–36�C (52) (Fig. 4). A further increase in temperature
affected gel appearance, from transparent to turbid (just
above the physiological temperature), translucent, turbid,
and then finally dissolving back to an opaque solution at a
critical temperature ranging from 44 to 70�C.

Kim and his colleagues then investigated the in situ gela-
tion of a PEG-PLGA-PEG triblock copolymer that, being in an
aqueous solution (33 wt.%), was injected subcutaneously into
rats (57). Transparent gels formed immediately after subcuta-
neous injection, and these formed gels became strong enough
to handle with forceps 24 h after injection. PEG-PLGA-PEG
triblock copolymer hydrogels remained at subcutaneous sites
1 month after incubation with turbid appearance. This out-
come is in sharp contrast to Pluronic hydrogels, which dis-
solve and disappear from the injection site within a few
days. The relatively hydrophobic core of PEG-PLGA-PEG tri-
block copolymers prevents permeation of water molecules
and, thus, results in a relatively stable core-shell micelle
structure. These gels lost their mass approximately 30% after
1 month of incubation in the body, probably due to hydrolysis.

Figure 4 Phase diagram of PEG-PLGA-PEG (550-2810-550) tri-
block copolymer aqueous solution. Cross bar: temperature where
the formed gels become turbid. (From Ref. 50.)
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13C NMR analyses revealed that degradation in the body
caused PEG segments to be preferentially diffused out of
the gels.

Kim and his colleagues (53) also investigated the drug
release behavior from PEG-PLGA-PEG in situ formed gels.
Two low molecular weight compounds, ketoprofen and spiro-
nolactone, were used as model drug molecules having differ-
ent hydrophobicities. The relatively hydrophilic ketoprofen
was released monotonously through diffusion mechanisms,
with approximately 90% of the drug released within 5 days.
In contrast, the more hydrophobic spironolactone was
released and showed a sigmoid curve, with the release extend-
ing over 50 days. Given that the polymeric micellar structure
was maintained within the triblock copolymer gels, the spiro-
nolactone molecules in PEG-rich shell layers were released
mainly by a diffusion process, while drugs preferentially
existing in the hydrophobic micelle core were released via
diffusion and bulk micelle matrix degradation. Thus, the
longer-term sustained release of drugs was achieved using
PEG-PLGA-PEG triblock copolymer gels.

These triblock copolymer formulations are attractive as
drug delivery depots because (i) their formulation requires
no organic solvent; (ii) the triblock copolymer matrices can
be stored as dry, solid forms before administration; (iii) drugs
with a delivery vehicle can be injected directly by syringe so
that no surgical operation is necessary; and (iv) the polymeric
matrix is biodegradable, and the components come to have
low molecular weight molecules so that those components
are excreted by physiological mechanisms.

Zentner et al. (58) prepared PLGA-PEG-PLGA triblock
copolymers via the bulk polymerization of PEG with lactide
and glycolide in the presence of stannous 2-ethylhexanoate,
for commercial delivery products, ReGel� (see structures in
Fig. 3). These triblock copolymers have an analogous but
inverted structure derived from the triblock systems reported
by Kim and colleagues (51–55). Aqueous polymer solutions of
more than 10 wt.% show three phases—solution, gel, and pre-
cipitate—depending on temperature, as shown in Figure 5.
During the solution-to-gel transition, 23 wt.% ReGel showed
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large viscosity changes (approximately four orders of magni-
tude) from 0.4 P in the sol state to 5700 P at the onset of gela-
tion at 13.6�C. Such viscoelastic behavior is reproducible with
repeated temperature changes. In vitro degradation of ReGel
showed more rapid degradation at higher temperatures. Com-
plete degradation of ReGel occurred after 6–8 weeks at 37�C,
whereas, at low temperatures, polymers were stable for (for
example) 20–30 weeks at 5�C and more than 2 years at
–10�C. The in vivo degradation of ReGel after subcutaneous
injection indicated that gel appearance dramatically changes
between 2 and 4 weeks: initially gelled polymer matrices
decrease in size during the first 2 weeks; then, they become
a mixture of gel and a viscous liquid, and then a completely
viscous liquid with no gel; finally, the matrices are completely
absorbed into the body, and follow a simple hydrolysis
mechanism.

Highly hydrophobic, and thus practically insoluble, drugs
such as paclitaxel and cyclosporin A (�4mg=mL), can be
dissolved dramatically by mixing these drugs into a 23 wt.%

Figure 5 Phase diagram of ReGel�. (From Ref. 55.)
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ReGel at 5�C, a solubility increase of 400 to >2000-fold. These
drugs are stable in ReGel formulations, with more than 85%
stability after 30 days of incubation at 37�C, and more than
99% after storage for one year at –10 and 5�C. Thus, drug
stability is significantly improved by the use of ReGel
formulations.

Zentner et al. (58) also evaluated in vitro paclitaxel
release from the ReGel system and in comparison with the
Pluronic F127 system. Drug molecules were completely
released from the Pluronic F127 formulation within a 1-day
period, indicating an unstable gel structure (Fig. 6). In sharp
contrast, the paclitaxel release from ReGel systems showed a
two-phase release pattern: a diffusion-governed mechanism
for initial 14 days, and the combined mechanism of diffusion
and polymer degradation for 50 days. Direct injection of pacli-
taxel containing ReGel solutions to solid tumor sites that had
developed in mice resulted in the gelation of polymers only at
injection sites, that is, within tumor tissues. Paclitaxel thus

Figure 6 In vitro release of paclitaxel from ReGel� (23 w=w% in
water) in comparison with that from Pluronic F-127. (From Ref. 55.)
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affected not normal tissues but only tumor tissue. The drug
remained at the tumor site 42 days after injection, by which
time it had gradually decreased to 20%.

ReGel can also be utilized for the formulation of peptide
drugs, like insulin (59), growth hormones (GH) and granulo-
cyte colony-stimulating factor (G-CSF). In vitro protein drug
release is monotonous and lasts for approximately 2 weeks
after injection. Such differences may be due to the different
molecular weights of drug molecules and the drug distribu-
tion within the gel matrix.

The degradation of the ReGel matrix results in the for-
mation of lactic acid, glycolic acid, and PEG with a molecular
weight of 1000 or 1450, which are all considered biocompati-
ble. Thus, the ReGel formulation may be widely applicable
to many types of drug molecules and peptides.

Jeong et al. (60) designed a relatively short-term drug
delivery depot based on PEG grafted with biodegradable
poly(lactide-co-glycolide) (PLGA) (see structure in Fig. 3).
They initially reacted PEG (MW 1000) with glutaric anhy-
dride to form carboxyl-terminated PEG, followed by chain
extension with epoxy-PEG. During this reaction, pendant
hydroxyl groups were also simultaneously introduced. These
hydroxyl groups were then used to polymerize lactide and
glycolide and, thus, to form hydrophobic, biodegradable
grafted side chains. In water, PEG chains were hydrated
and elongated, whereas PLGA chains were hydrophobic and
condensed. These graft type polymers thus formed a polymer
micelle structure 9 nm in diameter in water above their criti-
cal micelle concentration of 0.01–0.05 wt.%. Polymer solutions
of more than 16 wt.% show a temperature-dependent sol-
to-gel phase transition. These gels form two phases, water
and precipitates, with an increase in temperature. Interest-
ingly, polymer solutions at some concentrations remain in a
gel phase at 37�C. Such properties allow for the use of the
solutions as an injectable, in situ-gelling drug delivery depot.
Aqueous polymer solutions of 22 wt.% show a lower viscosity
of approximately 30 cP at 20�C, but induce gel formation
when the temperature rises to 37�C. Gels remain unchanged
for 7 days, after which point the gel matrix disintegrates,

Hydrogels 289



resulting in a clear solution. These data indicate that in
situ-formed PEG-g-PLGA gels can be used for drug delivery
systems that require only short-term duration.

Chung et al. (61) prepared graft copolymers comprising a
PLGA backbone with PEG-grafted chains by a one-pot ring-
opening polymerization of lactide and glycolide in the presence
of methoxy-PEG and epoxy-PEG (see structure in Fig. 3).
These PLGA-g-PEG polymer solutions showed a tempera-
ture-dependent sol-to-gel phase transition at concentrations
of 20–30 wt.% and a transition temperature of around 30�C.
Gel formation occurred immediately after a temperature
increase, with subcutaneous injection into rats resulting in
the formation of a round-shaped gel at injection sites. PLGA-
g-PEG gels remained at injection sites for more than 2 months.
Thus, the long-term release of drugs can be achieved with
these gels.

Jeong et al. (62) also used these two types of copolymers
as a protein delivery depot or tissue engineering matrices.
Two different formulations were prepared: (i) PEG-g-
PLGA=PLGA-g-PEG (50=50 by weight) and (ii) PLGA-g-PEG
alone. These graft copolymers contained three graft chains
and had a number average molecular weight of �6000. The
two formulations were dissolved in phosphate buffer at 25
wt.% with insulin, and injected subcutaneously (35.54
mg=kg-rat) into streptozotocin-induced diabetic rats. After
injection, blood glucose levels were monitored periodically:
normal glucose levels were observed for 5 days after the injec-
tion of the PEG-g-PLGA=PLGA-g-PEG mixture, and 2 weeks
in the case of PLGA-g-PEG alone. The former formulations,
consisting of two different graft copolymers, were mechani-
cally weaker than the latter, and faster erosion occurred in
the body for mixtures of PEG-g-PLGA=PLGA-g-PEG. Tissues
around gel implantation sites were analyzed histologically
and, after one month, were found to exhibit minimal chronic
inflammation. Thus, these in situ-formed gels can be used
as delivery devices for peptides and proteins.

In situ formation of gels can also be applied so that target
cells are fixed at desired sites and that the gel structures are
maintained as long as the repaired tissues replace the gel
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matrices. Such an approach, termed cell delivery, has recently
received a great deal of attention from researchers. Results
indicate that injected cells can, depending on the signal
strength, respond to external signals and produce bioactive
compounds (63–65).

Aoshima and colleagues (66–72) recently investigated the
cationic living polymerization of a variety of vinyl ethers having
oxyethylene side chains with o-alkyl or hydroxyl groups in the
presence of added bases. Owing to the characteristics of ionic
polymerization, polymers synthesized in this fashion have a
narrow molecular weight distribution. Thus, in these block
copolymers, block lengths and polymer molecular weights are
precisely regulated. The unique characteristics of these synthe-
sized poly(vinyl ether)s are (i) phase separation temperatures
controlled by changing side oxyethylene units or o-alkyl
groups, (ii) narrow molecular weight distribution resulting in
a highly sensitive phase separation temperature, and (iii) block
copolymers of two types of thermo-responsive poly(vinyl
ether)s showing multiple phase separation temperatures, cor-
responding to that of each of the blocks. This is all in sharp con-
trast to the properties of random copoly(vinyl ether)s. While
these polymers were being characterized, stimuli-responsive
soluble-insoluble changes were observed. Further investiga-
tion revealed that the block copolymers formed micelles and
physical gels similar to PEO-PPO-PEO triblock copolymers or
PEO-b-poly(alkylene oxide)s. Figure 7 shows several types of
poly(vinyl ether)s synthesized. They are classified as having
(i) hydrophilic, (ii) thermo-responsive, and (iii) hydrophobic
segments. Thermo-responsive physical gelation of polymer
solutions can be obtained by the inclusion of hydrophilic seg-
ments and thermo-responsive segments, or of thermo-respon-
sive segments and hydrophobic segments, in block copolymers.

Figure 8 (66) shows the typical viscosity changes of a
poly[2-(2-ethoxy)ethoxyethyl vinyl ether]-b-poly(methox-
yethyl vinyl ether) [(EOEOVE)200-b-MOVE400] solution upon
temperature increase. Poly(EOEOVE) exhibits a phase
separation temperature of 40�C, whereas polyMOVE shows
a transition temperature of 70�C. In the block copolymer
solution, the transparent solution forms a clear gel at 40�C,
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Figure 7 Structural formulae of functional poly(vinyl ether)s.
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resulting in a sharp increase in solution viscosity. This gel
phase is maintained between 40 and 55�C. A further tempera-
ture increase results in a hot clear liquid until 63�C is
reached. Then, solution viscosity suddenly drops, and the
solution becomes opaque to turbid above 63�C. In sharp
contrast, random copolymers of EOEOVE and MOVE show
not viscosity changes but precipitation at 53�C. Therefore,
the structure of block copolymers is an important factor in
temperature-responsive physical gelation.

Figure 8 Temperature dependent apparent viscosity changes of
20 wt.% EOEOVE200-b-MOVE400. Solution appearances (a) at
30�C and (b) at 40�C are also indicated. (From Ref. 60.)
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To elucidate the physical gelation mechanisms of block
poly(vinyl ether)s, Aoshima and colleagues utilized small-
angle neutron scattering (SANS) (71) and differential
scanning calorimetry (72) to study poly(ethoxyethyl vinyl
ether)-b-poly(hydroxyethyl vinyl ether) (EOVE-HOVE). The
block copolymers formed a micelle structure in aqueous solu-
tions above the transition temperature of EOVE (20�C). At
higher concentrations above 10 wt.%, micelles formed a crys-
tal-like structure with a macrolattice formation, which should
be the primary factor underlying physical gel formation at
elevated temperatures. This unique property could be utilized
to incorporate drug molecules from aqueous solutions and,
thus, to formulate an injectable drug delivery system.
Although such an application of these poly(vinyl ether)s and
their block copolymers has not yet been reported to date, it
could be beneficial to some researchers trying to develop
new drug delivery devices because the appropriate selection
of block components can result in the design of polymers that
feature particular desired properties.

2.2. pH-Responsive Polymeric Hydrogel Systems

The gastrointestinal tract is known to possess a wide pH
range, from a gastric pH of 1–2 to an intestinal tract pH of
7–8. Such significant changes could be utilized for the forma-
tion of pH-responsive drug delivery devices. Additionally,
tumor sites and some sites of infection are known to have local
acidic pH values amenable to pH-sensitive release methods.

Dong et al. (73) prepared pH- and thermally responsive
gels for applications in protein delivery. They prepared
macroporous hydrogels that consisted of N-isopropylacryla-
mide (IPAAm), acrylic acid, and divinyl-terminated poly-
dimethylsiloxane in the presence of small amounts of the
cross-linker methylenebisacrylamide. The resulting gels
remained in an unswollen state at pH 1.4 and 37�C. However,
at pH 7.4, gels swelled significantly owing to the dissociation
of carboxyl groups of acrylic acids and formed carboxylate
anions, which, in turn, formed large pores within the gel
matrixes from the repulsion of the anionic groups. Protein
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drugs were then released through the large pores formed by
swelling. Incorporation of amylase as a model protein drug
into these gels resulted in a high retention of enzymatic activ-
ity. Therefore, Dong and colleagues concluded that the
thermo- and pH-sensitive macroporous hydrogels could be
utilized for the gastrointestinal delivery of protein drugs.

Kang and Bae (74) prepared various types of sulfona-
mide-containing copolymers with N,N-dimethylacrylamide
(DMAAm) as the main chain components. Because sulfona-
mide units have pH sensitivity, pH-dependent polymer
solubility changes as well as the pKa shifts of precursor com-
pounds and monomeric sulfonamide units after polymeriza-
tion were studied. The introduction of methacryloyl groups
and further polymerization induced an increase in the pKa
values of the analogous units of sulfonamides. The pH-depen-
dent solubility changes revealed that, with increasing sulfo-
namide units in the copolymers, the pH-dependent
solubility transition increased from approximately pH 5 to
pH 7, and at higher pH ranges, the copolymers were comple-
tely soluble in water. Interestingly, such solubility changes
occurred within a narrow range of pH changes (ca. 0.2–0.3
pH units). Furthermore, the solubility transition was comple-
tely reversible without hysteresis. Such sulfonamide-contain-
ing polymers were used to form cross-linked hydrogels (75).
The introduction of a methacryloyl group to sulfadimethoxine
resulted in a polymerizable sulfonamide moiety. This sulfona-
mide monomer was then polymerized with DMAAm in the
presence of the cross-linking agent, N,N0-methylenebisacryla-
mide so that hydrogels with different sulfonamide contents
would form (Fig. 9). Kang and Bae then investigated the
pH-responsive gel-swelling behavior. All the prepared gels
swelled at higher pH regions, and as the sulfonamide content
in the copolymer gels increased, the swelling ratio increased.
A sharp swelling transition was observed, within a narrow
pH range, for hydrogels that had higher sulfonamide contents
(see Fig. 10). At lower pH ranges, hydrogen bonding between
hydrogen atoms in sulfonamide groups and oxygen atoms of
sulfonyl groups may stabilize weaker dispersive interactions
from surrounding phenyl groups in sulfonamide units. Such
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interactions induce the crystallization of sulfonamide units
at low pH regions. This finding is confirmed by the x-ray dif-
fraction measurements and apparent effective cross-linking
density measurements of the sulfonamide gels at pH 6.8
and 7.4. Seeking possible applications in insulin delivery
systems, the researchers further utilized pH-responsive
sulfonamide-containing hydrogels for glucose-responsive

Figure 9 Structural formula of pH-responsive sulfonamide
copolymer gels.

Figure 10 (a) pH-dependent solubility changes of sulfonamide
monomer at 37�C. (b) pH-dependent equilibrium swelling ratio of
the sulfonamide containing gels with (A) 10, (B) 20, (C) 30, (D) 40
mol%, respectively at 37�C. (From Ref. 69.)
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swelling-deswelling control. They prepared sulfonamide-con-
taining hydrogels in the presence of polymerizable glucose
oxidase (GOx) and polymerizable catalase. GOx worked to
form glucuronic acid from glucose and to maintain an acidic
microenvironmental pH. Catalase stabilizes GOx by reducing
the concentration of hydrogen peroxide, an outcome that has
adverse effects on GOx activity. The prepared hydrogels
showed pH-responsive gel-swelling changes, with linear swel-
ling changes between pH 6.9 and 7.4. The researchers tested
these gels for glucose-responsive swelling changes by immer-
sing the gels in glucose solutions of different concentrations.
With increasing glucose concentration, the microenvironment
in the hydrogels became acidic owing to the formation of
glucuronic acid within the gels, inducing gel shrinking
through the neutralization of sulfonamide groups. By
reducing the glucose concentration, re-swelling occurred.
The glucose-responsive hydrogel swelling-deswelling changes
were reproducible. The gels shrink with glucose concentra-
tion, a finding that warrants further investigation for applica-
tions in insulin delivery devices; moreover, the gel itself has
the potential to improve the use of stimuli-responsive devices.

Traitel et al. (70) prepared poly(2-hydroxyethyl methacry-
late-co-N,N-dimethylaminoethyl methacrylate) [poly(HEMA-
co-DMAEMA)] hydrogels which entrapped GOx, catalase,
and insulin. This hydrogel system proved to be the reverse of
that presented by Kang and Bae (77). Glucose reacted with
GOx to form glucuronic acid, which protonates hydrogel amino
groups to induce gel-swelling. As the gel-swelling increased,
the entrapped insulin was released. Furthermore, preliminary
in vivo tests with rats revealed that released insulin shows the
ability to decrease blood glucose levels. There was no observed
tissue encapsulation around the hydrogels after implantation
in the peritoneal cavity. Although confirmation remains neces-
sary that no entrapped GOx and catalase leaked from the
hydrogels, Gox-entrapped pH-responsive hydrogel systems
show unique characteristics of insulin release.

Ma et al. (78) recently reported the pH-responsive
micelle and physical gel formation of ABA-type triblock
copolymers. They prepared ABA-type triblock copolymers
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Figure 11 (Caption on facing page)
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through an atom transfer radical polymerization (ATRP)
technique to obtain polymers with narrower molecular weight
distributions of 1.12–1.20. The A block consisted of either
poly[2-(diisopropylamino) ethyl methacrylate] (DPA) or poly[2-
(diethylamino)ethyl methacrylate] (DEA), and the B block
contained poly( [2-methacryloyloxyethyl phosphorylcholine] )
(MPC). At low pH regions, amino groups in the A blocks were
protonated and highly soluble in water, whereas these blocks
deprotonated at neutral or higher pH ranges. The resulting tri-
block copolymers were soluble in water at acidic pH and
became micelles of A blocks in ABA triblock copolymers to form
hydrophobic aggregated cores, and the neutral hydrophilic B
blocks formed the micelle corona (Figure 11a,b). At higher poly-
mer concentrations in basic pH solution, physical gels are
formed, as shown in Figure 11b. Thus, at physiological pH,
drugs can be incorporated in the micelle cores, and a slow
release of the drugs is achieved. Figure 11c shows the concen-
tration-dependent release profiles of a model cardiovascular
drug, dipyridamole, from DPA-MPC-DPA triblock copolymer
gels. At pH 2, the polymer gels immediately dissolved and
released drugs rapidly. Thus, pH-dependent controlled release
can be achieved with the triblock copolymers indicated here.

2.3. Glucose-Responsive Hydrogel Systems
for Possible Insulin-Release Devices

Insulin-dependent diabetes mellitus patients lack the
pancreatic function that releases insulin in response to blood
glucose levels. These patients require daily self-injections of

Figure 11 (Facing page) (a) Structural formula of pH-responsive
triblock copolymer consisting of poly[(diisopropylamino)ethyl
methacrylate]-b-poly(methacryloyloxyethyl phosphorylcholine)-b-
poly[(diisopropylamino)ethyl methacrylate] prepared by ATRP
technique. (b) Formation of macroscopic gels of concentrated solu-
tion of triblock copolymer. (c) Drug release behavior from triblock
copolymer gels at 37�C and at pH 7.4. (From Ref. 72.)
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an appropriate amount of insulin that help them to avoid
hyperglycemia. Diabetic patients suffer from a gradual
decline in the efficiency of various organs, leading to vision
loss and long-term diseases. Severe conditions may even lead
to patient death. Thus, injection of properly dosed insulin at
proper times is required for insulin-dependent diabetes
mellitus therapy. Self-injection of insulin, however, results in
patient discomfort, varied bioavailability, and sometimes a
hypoglycemic coma due to an overdose of insulin. Alterna-
tively, insufficient insulin induces hyperglycemia and related
complications. Therefore, the precise control of blood glucose
levels with an effective, stimuli-responsive insulin release
would be of great utility. Here, several formulations incorpor-
ating hydrogels for glucose concentration-dependent insulin
release are reviewed.

Several insulin-release systems have already been intro-
duced, and those systems utilize responsive gels and mem-
branes with glucose (79,80). Ishihara et al. (81) prepared
two types of gel membranes that respond to glucose and that
regulate insulin permeability through the gel membranes.
They prepared gel membranes which immobilized indepen-
dently with GOx and nicotinamide. Glucose molecules were
oxidized upon reaction with GOx, resulting in hydrogen per-
oxide oxidized gel-immobilized nicotinamide molecules to give
positive charges in the gel membrane. These sequential reac-
tions induced hydrophilic changes in the gel membranes and,
thus, enhanced the membranes’ permeability for the release
of insulin. Kost et al. (82) and Albin et al. (83) prepared
hydrogels consisting of hydroxyethyl methacrylate and
N,N-dimethylaminoethyl methacrylate immobilized with
GOx. Glucose molecules were converted, by means of the
immobilized GOx, to glucuronic acid, and amino groups in
the gels became protonated owing to the increased microen-
vironment acidity. Thus, the gels became swollen and induced
insulin permeability that, at 400 mg=dl glucose, was 2.2–5.5
times higher than that at 0 mg=dl.

Obaidat and Park (84,85) prepared sol-gel transition poly-
mers responsive to glucose. They prepared a water-soluble
copolymer of acrylamide and allyl glucose. The resulting

300 Kikuchi and Okano



polymers cross-linked in the presence of the sugar-recognizing
lectin, concanavalin A (Con A), at side chain glucose moieties.
Because binding constants of native glucose molecules are
higher than those of glucose moieties on the copolymer side
chains, an exchange reaction occurred between added glucose
and copolymer glucose moieties, inducing a gel-to-solution
phase transition. Such changes can be utilized for the permea-
tion control of insulin. Thus, the authors used two-chamber cells
separated with copolymer-Con A hydrogel membranes in order
to investigate the glucose-dependent permeation control of
insulin. Copolymer-Con A membranes showed glucose-depen-
dent changes, though the response was slow, indicating that
further optimization is needed to achieve sensitive membrane
property alterations that can effectively facilitate the release
of insulin in appropriate amounts and at appropriate times.

The above-mentioned examples all used proteins such as
GOx and Con A. Exposure of these proteins and peptides to the
body may cause an undesirable immune response upon con-
tact. Therefore, these naturally derived proteins and peptides,
and their whole systems, should be separated from the body
using semi-permeable membranes. Utilization of totally syn-
thetic polymer systems would be a versatile choice for the con-
struction of new glucose-responsive insulin-release devices.

Kitano et al. (86–88) and Shiino et al. (89–92) prepared
totally synthetic polymers with glucose-responsive functions.
They focused on the unique characteristics of phenylboronic
acid as a glucose-responsive moiety. Boronate is known to
form reversible bondings with polyols such as cis diol sugar
compounds like glucose (Fig. 12). The researchers prepared
water-soluble copolymers containing phenylboronic acid side
chains using m-acrylamidophenylboronic acid (AAPBA) and
various water soluble monomers, including N-vinylpyrroli-
done, acrylamide, and DMAAm. The resulting copolymers
formed reversible complexes with poly(vinyl alcohol) as polyol
compounds (86–88). These complexes dissociate with the
addition of glucose in a concentration-dependent manner
(Fig. 13) (88). Such complex formation and dissociation
occurred owing to the different dissociation constants of
phenylboronate anions with PVA or glucose. Utilizing the
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polyol-binding characteristics of boronate anions, the
researchers prepared polymeric microgel beads containing
phenylboronic acid moieties (with diameters ranging from
100 to 400mm) (90). At the same time, the researchers modi-
fied insulin with glucuronic acid to form a complex with bor-
onate anions on the microgel beads. Insulin-bound microgel
beads were then packed into mini-columns, and a glucose
solution in phosphate-buffered saline was passed through
the mini-column. Insulin was released as effluent in a glucose
concentration-dependent manner. Insulin release from the
mini-column can be modulated by the stepwise modulation
of a glucose concentration from 80 to 200 mg=dl (anything
above this range was called hyperglycemic). A superior char-
acteristic of the mini-column systems is the recharge capabil-
ity of gluconate insulin onto the phenylboronate anions in the
column matrix beads. The system, however, had the disad-
vantage that glucose-responsive insulin release can be
achieved only at pH 8.5, where boronate anions complex with
gluconated insulin or blood glucose. Thus, it is necessary to
reduce the working pH to physiological conditions, that is,
to pH 7.4. To overcome this disadvantage, amino groups were
incorporated proximal to phenylboronic acid moieties (91).
The lone electron pair of the amino nitrogen atom coordinated

Figure 12 Schematic illustration of equilibria of alkylphenylboro-
nic acid in aqueous solution in the presence of sugar.
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with the unoccupied orbital of the boron atom so as to allow
the formation of stable complexes between polyol compounds
and boronate anions, even at physiological pH 7.4. Shiino
et al. (91) have prepared amine-containing phenylboronic acid
microgel beads incorporating gluconated insulin. Amine-
containing phenylboronic acid microgel beads were designed
to release insulin in a glucose concentration-dependent
manner at pH 7.4. If the daily insulin requirement in adult
diabetes mellitus patients is 1 mg, only 1.36 cm3 of insulin
conjugated phenylboronic acid gel beads would be required
to maintain normal blood glucose levels. The researchers
compared their newly developed systems with the microcap-
sulated Con A-glucosylated insulin systems that Makino
et al. (93) have created. In the case of microencapsulated
Con A-glucosylated insulin, over 8000 cm3 (8 liters!) of micro-
capsules were required to maintain similar therapeutic
effects. This amount is too large for use in the human body.
Thus, the amine-containing phenylboronic acid microgel
beads systems not only display the realistic dosage capacity
required for clinical applications, but also possess the feasible
rechargeability of insulin once exhausted.

Kataoka et al. (94) developed dual stimuli-responsive
hydrogels using 3-AAPBA as glucose-responsive moieties and
IPAAm as thermo-responsive units (the prepared gels were
termed NB hydrogels). The prepared gels with 10 mol % boro-
nate units and in the absence of glucose in the medium showed
a transition temperature at 22�C. The gels remained in a swol-
len state below the transition temperature of 22�C. The glucose
addition to the medium induced an increase in the transition
temperature to 36�C, that is, almost close to the physiological
temperature, at 5 g=L glucose concentration, which is an extre-
mely higher glucose concentration. Phenylboronic acid moi-
eties were in an equilibrium state between the uncharged
(undissociated) and charged anionic (dissociated) states. As
the glucose concentration increased, the equilibrium shifted
to produce more anionic charged boronate groups, inducing a
hydrophilic and swollen gel (Fig. 12). Thus, the gel swelling-
deswelling can be regulated with a glucose concentration at
fixed temperatures. Insulin was then incorporated into dual
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stimuli-responsive polymer gel beads and investigated for
their glucose-responsive insulin-release behavior at pH 9.0
and at 28�C, where the gels showed significant and repetitive
swelling-deswelling changes in glucose concentration. This
finding is probably due to the bulk hydrophobicity of the poly-
mer matrix, as well as the higher pKa value of phenylboronate
anions. Insulin release was significantly suppressed below 10–
20% at glucose concentrations ranging from 0 to 1.0 g=L during
a 24-h incubation. More rapid insulin release was observed at
glucose levels of 3.0 g=L, where approximately 80% of incorpo-
rated insulin was released during the initial 10 h. NB hydro-
gels were in a relatively hydrophobic and shrunken state
below glucose concentrations of 1.0 g=L, and then swelled
above this concentration owing to an increase in hydrophilicity
arising from an increased number of boronate anions bound
with glucose. Electrostatic charge was an additional driving
force for hydrogel swelling. These results clearly indicate
that a threshold in glucose concentration exists that alters
hydrogel swelling-deswelling changes and thus the release of
insulin from the swollen gels. The repetitive insulin-release
characteristics were then investigated using thermo- and

Figure 13 Schematic illustration of glucose-responsive insulin
release from phenylboronic acid containing hydrogels cross-linked
with poly(vinyl alcohol).
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glucose-responsive NB hydrogels. Figure 14 shows glucose-
responsive insulin-release behavior from NB hydrogels at
28�C. These data show that insulin release is, without delay,
synchronized with glucose-concentration changes. Interest-
ingly, the gels stopped releasing insulin because decreases in
glucose concentrations resulted in the formation of dense
shrunken layers on the gel surfaces. The obtained gels were
sensitive to glucose concentration changes, which affect gel-
swelling states, although temperature ranges and operating
pH must be optimized before clinical application can be
achieved.

Matsumoto et al. (95) recently synthesized a new glucose-
sensitive monomer, 4-(1,6-dioxo-2,5-diaza-7-oxamyl)phenyl-
boronic acid (DDOPBA), possessing a low pKa value of �7.8.
They chose poly(N-isopropylmethacrylamide) (PNIPMAAm)
because this polymer shows a phase transition temperature
near the physiological temperature of 37�C. Then, they copoly-
merized PNIPMAAm with the newly developed monomer,
DDOPBA (structural formulae shown in Fig. 15a). The
researchers investigated the pKa values of the obtained copo-
lymers by changing the pH, as well as the temperature of the
solution. The apparent pKa value of DDOPBA is 7.79, which is
approximately 0.4 units lower than that of previously used

Figure 14 Glucose responsive insulin release from poly(N-isopro-
pylacrylamide-co-acrylamidophenylboronic acid) copolymer gels.
(From Ref. 88.)

Hydrogels 305



(AAPBA) over a wide range of glucose concentrations. Thus,
the researchers synthesized copolymers of NIPMAAm with
10 mol% of DDOPBA. Owing to the restricted main chain
rotation by a-methyl groups on PNIPMAAm, the transition
temperature increased relative to the PNIPAAm, although
the hydrophobicity was higher in the PNIPMAAm than in
the PNIPAAm. Figure 15b shows the pH- and glucose-
responsive transition temperature changes of the newly
developed copolymer of NIPMAAm and DDOPBA. The copo-
lymer showed transition temperature changes that were
similar to those observed in the control copolymer NIPAAm
and the AAPBA, yet a distinctive difference was seen in the
transition temperature ranges, shifting to higher regions to
include the physiological temperatures range. Furthermore,
it is noteworthy that the NIPMAAm-DDOPBA copolymer
containing higher PBA moieties resulted in a decrease in
the transition temperature; at the same time, however,

Figure 15 (a) Structural formula of poly[N-isopropylacrylamide-
co-4-(1,6-dioxo-2,5-diaza-7-oxamyl]phenylboronic acid) [P(NIPAAm-
DDOPBA)]. (b) Glucose and pH dependent changes in the LCST of
10% DDOPBA (square plot) and of 18.4% DDOPBA (diamond) in
the presence (closed plots) and absence (open plots) of 5 g=L glucose.
(From Ref. 89.)
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more drastic changes in the transition temperature were
observed as pH increased. Moreover, a significant transition
temperature change occurred in the presence of glucose
near physiological pH 7.4. These results strongly suggest
that the newly developed copolymers could be a promising
material for the preparation of glucose-responsive insulin
delivery devices operating at physiological temperature
and pH ranges.

2.4. Other Stimuli-Responsive Hydrogel Systems

2.4.1. Electrically Responsive Hydrogel Systems

Several technologies are currently under investigation for the
development of new drug delivery devices that can achieve
chronotherapy, specifically, iontophoresis, infusion pumps,
and sonophoresis (96).

Using polyelectrolyte gels as drug containers, Kishi et al.
(97) prepared drug delivery devices responding to electrical
stimuli to alter gel-swelling behavior. The gels responded to
the on-off stimulus of electrical currents, which induced the
gel swelling-shrinking that contributes to the release of drug
molecules. The researchers prepared poly(sodium acrylate)
microparticle gels containing pilocarpine as a model drug.
During application of a direct electric current, the pilocarpine
release increased in a current-dependent manner. However,
the pilocarpine release did not stop upon termination of the
electrical stimulus, since the prepared gels themselves main-
tained a highly swollen state. Thus, a complete on-off release
regulation of drugs cannot be achieved with this polymer gel
system.

Kwon et al. (98–100) prepared cross-linked poly(2-acryla-
mide-2-methylpropanesulfonic acid-co-butyl methacrylate)
[P(AMPS-co-BMA)] hydrogels and evaluated the applicability
of these hydrogels for electrical stimuli-responsive drug deliv-
ery devices. They used a cationic drug molecule, edrophonium
chloride, within the negatively charged hydrogel. Rapid drug
release from the hydrogels resulted from an application of
electric fields through the ion exchange between positively
charged drug molecules and protons at the cathode. The
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squeezing effects arising from the electric field application
induced rapid drug release from the gels, which increased
as the voltages increased in a dose-dependent manner. Using
the P(AMPS-co-BMA) hydrogels, an on-off drug release
regulation was achieved under an on-off application of electric
current.

Kwon et al. (101) further investigated the electric cur-
rent-induced release of anionic heparin from a positively
charged polyallylamine polyion complex. Rapid structural
changes and an apparent dissociation of the polyion complex
occurred upon application of an electric current. During the
electric current application, the positively charged polyallyla-
mine was neutralized at the cathode owing to the microenvir-
onmental pH changes, and apparent dissociation of the
polyion complex occurred. Although bioactive heparin was
released by electric current application, polyallylamine was
also released. Such positively charged molecules are incompa-
tible in vivo, and these complications must be addressed
before clinical applications can be considered.

2.4.2. Inflammation-Responsive Hydrogel
Systems

Inflammatory reactions are commonly observed at injury
sites. Inflammation-responsive cells like macrophages and
polymorphonuclear cells play a key role in normal healing
processes after injury. Hydroxyl radicals (�OH) are produced
from the inflammation-responsive cells at the injured sites.
Yui et al. (102,103) recently designed a hydroxyl radical-
responsive drug delivery system that utilized the hydroxyl
radicals produced at inflammation sites. The researchers
utilized hyaluronic acid (HA), a linear mucopolysaccharide
consisting of repeating units of N-acetyl-d-glucosamine and
d-glucuronic acid. In the human body, HA is usually degraded
by the specific enzyme hyaluronidase or by hydroxyl radicals.
However, in a healthy state, the hyaluronidase-driven degra-
dation of HA is unusual, and the majority of degradation
occurs by hydroxyl radical exposure. For the preparation of
inflammation-responsive hydrogels, HA was cross-linked with
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ethylene glycol diglycidylether or polyglycerol polyglycidy-
lether. A Fenton reaction was used to produce hydroxyl radi-
cals, and the hydroxyl radical-induced degradation behavior
of cross-linked HA hydrogels was observed. HA degradation
in response to hydroxyl radicals was observed only at the sur-
face of the gel, indicating that these gels exhibit surface erosion
degradation. Further utilization of these hydrogels involved
the introduction of microspheres as model drug carriers in
the hydrogels, and the release behavior of microspheres from
the gels was monitored. It was noted that the release of micro-
spheres from this system also followed the surface erosion
characteristics of the gels. In vivo degradation was also inves-
tigated. Surgery-induced inflammation and thus hydroxyl
radical production at the surgery sites also degraded the HA
hydrogels. Control HA gels did not degrade after long incuba-
tion times in the body. Thus, the prepared HA gels can be used
in vivo for inflammation-induced drug delivery systems, such
as incorporation with anti-inflammatory drugs and specifically
for chronic inflammatory problems including rheumatoid
arthritis.

2.4.3. Antigen-Responsive Hydrogel Systems

Recently Miyata et al. focused on naturally occurring bioac-
tive proteins to develop new hydrogels having antigens
and entrapped antibodies within the gel matrices (104–106).
The obtained poly(acrylamide) (PAAm) hydrogels had chemi-
cally cross-linked points of MBAAm; moreover, the vinyl-con-
jugated antigen and antibody complex formation through
non-covalent multiple bonds served to further cross-link the
gel. When free rabbit IgG antigen molecules were added to
the solution with immersed hydrogels, an exchange reaction
occurred between the antigen molecules bound to the hydro-
gels’ main chains and the added free antigen owing to the dif-
ference in the binding constants to the goat anti-rabbit IgG
antibodies. This antigen competitive exchange resulted in a
decreased number of cross-linking points in the hydrogels,
and thus promoted the swelling of hydrogels (Fig. 16). Such
changes are very antigen specific, so that the addition of other

Hydrogels 309



antigens including goat IgG did not alter hydrogel swelling,
since there is no specific binding between goat IgG and goat
anti-rabbit IgG and, thus, no decrease in gel cross-linking
points. However, hydrogel shrinking did not occur because
the newly formed antigen-antibody complexes were no longer
mutually connected within the gel matrices. Thus, Miyata et
al. then prepared semi-interpenetrating polymer network
(semi-IPN) gels of antigen-conjugated cross-linked hydrogels
synthesized in the presence of a polymerized antibody. The
polymerized antibody does not easily diffuse out of these
semi-IPNs, since the polymer chains are entangled with
three-dimensionally cross-linked antigen polymer networks.
Through the semi-IPN gels, antigen concentration-dependent
repetitive gel swelling-deswelling kinetics was obtained. Anti-
gen addition induced the dissociation of the polymerized anti-
gen-antibody complex within the semi-IPN hydrogels, and the
gels swelled. On the contrary, the swollen gels began to
shrink gradually in the absence of free antigen molecules.

Figure 16 Swelling-deswelling changes of antigen-responsive
hydrogels.
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Antigen containing polymer chains were entangled within the
cross-linked gels, and thus the micro-environmental antigen
concentration increased when in the presence of polymerized
antigens and in the absence of free antigens. Therefore, gel
deswelling occurred repeatedly. Using two-chamber cells
separated with antigen-antibody semi-IPN hydrogels, the
researchers then investigated the antibody concentration-
dependent permeation control of hemoglobin. Stepwise
antigen exposure of the antigen-antibody complex-forming
semi-IPN showed repeating swelling-deswelling changes,
and on-off permeation control of hemoglobin was synchro-
nized through the semi-IPN gel membranes. The prepared
semi-IPN hydrogel systems can be used as possible drug
delivery systems for the antigen-dependent release of drug
molecules.

3. CONCLUSIONS

In the present chapter, stimuli-responsive hydrogels and
their applications in stimuli-responsive drug delivery systems
were reviewed. A variety of stimuli can be exploited for the
design of new drug delivery devices that can be used to satisfy
a variety of options for controlled release. In all cases, effec-
tive gel systems should include (i) sensor functions specific
to the desired stimulus, (ii) signal processing with which to
alter appropriate gel physicochemical properties and subse-
quent drug release profiles, (iii) the release of an adequate
amount of a drug (dose) over an appropriate time frame,
and (iv) a reliable halt to drug release after the stimulus sig-
nal returns to normal. Synthetic polymers possess attractive
potential because experts in the field can easily alter their
design in order to achieve the desired characteristics of hydro-
gels that respond to many stimuli of physiological and techni-
cal relevance. A more precise design of new materials and
innovative gel architectures will facilitate novel fine-tuned
drug delivery devices that, by responding to desired stimuli,
offer the medical community more effective and reliable treat-
ments of a variety of diseases.
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1. INTRODUCTION

Central nervous system (CNS) tumors account for tremendous
morbidity and mortality. In the United States, the annual
incidence of primary brain tumors approaches 16,800 people
and corresponds with 13,100 lesion-related deaths (1). Histo-
pathological classification deconstructs primary brain tumors
into several categories based on grade and cell of origin. Glio-
mas, for example, derive from glial cells and constitute half
of all primary brain tumors. Astrocytomas, in turn, encompass
three-quarters of all gliomas, and define a heterogeneous
tumor class ranging from low-grade to high-grade anaplastic
variants. Glioblastoma multiforme (GBM) represents the most
common and aggressive form of astrocytoma.

Unfortunately, high-grade malignant gliomas carry a
dismal prognosis, and conventional therapy minimally alters
the natural history of disease. The historic standard of care
involves three phases: (i) surgical biopsy for appropriate patho-
logic diagnosis (2); (ii) operative debulking of accessible tumor,
and (iii) adjuvant radiation and chemotherapy (3–7). Surgical
resection alone offers a 6-month median survival with only
7.5% of patients surviving 2 years. Additional radiation
extends median survival to 9 months and post-operative che-
motherapy offers minimal benefit (8,9). Recent advances in
neurosurgical techniques and neuroradiology, while improving
the quality of life, likewise fail to confer long-term significant
survival benefit. The continued disease burden inflicted by
malignant brain tumors underscores the urgent need for novel
therapeutic approaches.

Surgery, radiation, and chemotherapy comprise the
three dimensions of conventional brain tumor therapy, and
therefore offer possible intensive and extensive margins for
treatment enhancement. Each modality carries its own set
of management challenges and technical limitations. For
example, the highly invasive nature of malignant gliomas
prevents gross total resection without microscopic tumor
remnants. Broader surgical margins, however, endanger
functional brain tissue and increase the attendant likelihood
of immediate morbidity and neurological deficit. Likewise,
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dose or field augmentation of radiation protocols presents
unacceptable risks to healthy brain tissue. Surgery and radia-
tion, in the absence of heretofore unrealized techniques to dis-
tinguish tumor from healthy brain tissue, confront significant
technical limitations to improving patient survival. Thus,
current efforts largely target adjuvant chemotherapy as a
means of enhancing brain tumor therapy. Ongoing pharmaco-
logical research focuses on the tandem development of
more effective agents and the advancement of drug delivery
methods.

This chapter explores the development of biodegradable
polyanhydride polymers as a local chemotherapeutic delivery
system in brain tumor patients. In so doing, the authors detail
the unique pharmacokinetic considerations inherent in CNS
drug delivery, and the resultant advantages of local adminis-
tration. Subsequent sections chronicle the development of
biocompatible technologies, preclinical and clinical experience
with polymer-based tumor treatments, and potential future
advancements in local antineoplastic drug delivery.

2. DRUG DELIVERY CONSIDERATIONS
IN THE CNS

With rare exceptions, the blood-brain barrier (BBB) physiolo-
gically isolates the CNS, and greatly complicates brain tumor
pharmacotherapy. Tight junctions join endothelial cells
within CNS-supplying capillaries (10), thereby posing a
selective pharmacological barrier between the CNS and the
remainder of the circulation. The chemical properties of
many antineoplastic agents compound the drug delivery
difficulties presented by the BBB. Though small, electrically
neutral, lipid-soluble molecules readily access the CNS,
chemotherapeutic moieties are often large, ionically charged
or hydrophilic (11). Figure 1 illustrates the resultant poor cer-
ebrovascular permeability associated with a broad spectrum
of antineoplastic drugs (12). Thus, the achievement of thera-
peutic CNS doses by peripheral administration often requires
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intolerable systemic concentrations and the introduction of
dose-limiting toxicities.

Improved drug delivery in brain tumor patients there-
fore requires resolution of the practical obstacles posed by
the BBB. Three overarching strategies characterize current
efforts to enhance chemotherapeutic delivery: (i) chemical
modification of existing antineoplastic agents to optimally
accommodate natural BBB permeability characteristics; (ii)
mechanical disruption of the BBB followed by sequential sys-
temic drug administration; and (iii) BBB circumvention by
local CNS drug delivery. The remainder of this section
broadly surveys progress within each area, and proceeds to
a more detailed examination of local drug delivery.

Given BBB permeability characteristics, pharmacological
alteration of existing drugs to produce more lipophilic variants
would theoretically increase CNS chemotherapy delivery. Early

Figure 1 Cerebrovascular permeability vs. octanol-water parti-
tion coefficient of selected chemicals and drugs. (From Ref. 12.)
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work with carmustine (BCNU), a known chemotherapeutic agent
with modest efficacy against malignant brain tumors, led to the
isolation of more lipophilic variants, lumustine (CCNU) and
semustine (methyl-CCNU) (13). Later clinical trials, however,
failed to realize the promise of improvedCNS penetration; neither
systemic agent demonstrated significant efficacy over BCNU in
treating glial tumors (5). Carrier linkage represents an alternative
means of enhancing BBB permeability to chemotherapeutic
agents.Dihydropyridine, for example, serves as a lipophilic carrier
for a variety of antibiotics, neurotransmitters and antineoplastic
agents; recent work suggests increased intracranial drug concen-
trations with dihydropyridine coupling (14). Furthermore, the
development of new transport vectors, typified bymodified protein
or receptorspecific monoclonal antibodies (15), defines ongoing
efforts to increaseCNSpenetrationwith systemic chemotherapeu-
tic administration.

The second general approach to CNS chemotherapeutic
delivery divides into two phases: (i) initial disruption of the
BBB; and (ii) systemic delivery of antineoplastic agents to
exploit the compromised BBB. Intra-arterial hyperosmolar
mannitol, for example, employs diuretic properties to acutely
dehydrate and shrink endothelial cells, thereby widening
the tight junctions associated with adjacent cell membranes.
Williams et al. (16) studied mannitol premedication in
34 intracranial tumor patients receiving carboplatin and
etoposide therapy. Though primitive neuroectodermal tumors
(PNETs: four out of four patients) and CNS lymphomas (two
out of four patients) demonstrated some response to mannitol
administration, GBM, oligodendrogliomas, and metastatic
carcinomas were refractory to the premedication regimen.
Notably, improved BBB passage of hydrophilic substances
with mannitol does not imply increased drug delivery to the
actual tumor site, and represents a potential explanation for
the observed results (17). The bradykinin agonist RMP-7 pro-
vides an alternative means of BBB disruption. Experimental
brain tumor models demonstrate increased carboplatin
uptake with prior RMP-7 administration (18). Unfortunately,
RMP-7 likely shares mannitol’s limited in vivo efficacy
against more aggressive intracranial malignancies; antineo-
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plastic agents lack established tumor site penetration after
crossing the BBB by these means.

The third general approach to CNS drug delivery circum-
vents the BBB by local tumor site delivery. Three interven-
tional strategies reflect the majority of local tumor site
pharmacotherapy: (i) cerebrospinal fluid (CSF) exposure; (ii)
catheter-based administration; and (iii) sustained release
via implanted local delivery polymers. From a teleological
standpoint, local delivery methods facilitate the sustained
maintenance of significant tumor site drug concentrations
without toxic systemic exposure. Moreover, 80–90% of malig-
nant glioma recurrence occurs within 2 cm of the resection
site, rendering such tumors particularly appropriate targets
for local chemotherapy administration.

CSF chemotherapy infusion requires the placement of an
intraventricular catheter or lumbar puncture. Given that the
ependymal lining of the ventricular system lacks tight junc-
tions, CSF drug delivery would physiologically bypass the
BBB. Regrettably, CSF chemotherapy infusion has met with
disappointing results primarily due to poor parenchymal drug
penetration (19).

Catheter-based systems for drug administration rely on
two central elements: (i) accurate and secure placement of
the catheter tip within the tumor site; and (ii) a drug reser-
voir to provide an infusion source. The Ommaya reservoir,
an early example of a catheter system, delivers intermittent
bolus injections of chemotherapy into the tumor (20).
Recent development of implantable pumps permits constant
drug infusion over an extended time period, a more favor-
able alternative to bolus delivery. The Infusaid pump (Infu-
said Corp., Norwood, MA) employs compressed vapor
pressure to deliver a solution at a constant rate (21); the
MiniMed PIMS system (MiniMed, Sylmar, CA) (22) and
the Medtronic SynchroMed system (Medtronic, Minneapolis,
MN) (23) rely on a solenoid pump and peristaltic mechan-
ism, respectively, to maintain constant drug delivery. None
of the existing catheter-based variants currently demon-
strate superior treatment efficacy against malignant glio-
mas. Overall, catheter-based systems share common
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limitations of mechanical failure, obstruction by clot or tis-
sue debris, and infection risk.

A variant of catheter-based systems is convection deliv-
ery, which relies on a simple pressure gradient rather than
diffusion to disseminate drugs intraparenchymally. Unlike
diffusion, convection is independent of drug molecular weight.
Drug infusion into cerebral white matter generates a pressure
gradient and thereby allows the convective introduction of
high drug concentration into the brain without attendant
structural or functional side effects (24–26). Primate trials,
for example, examine the treatment of Parkinsonian
symptoms using convection-enhanced drug delivery (CEDD)
(27). A recent study employed CEDD in Taxol treatment
of three brain tumor patients; diffusion-weighted MRI
monitored drug delivery effects (28). Preclinical and
clinical studies using CEDD to delivery immune toxins and
chemotherapy agents are ongoing (29,30).

Biocompatible sustained-release polymers, the final
method of local drug delivery, divide into biodegradable and
non-biodegradable variants. Both involve surgical resec-
tion=debulking of malignant gliomas followed by polymer
implantation in the residual tumor bed. Biodegradable poly-
mers release drug by degradation of the polymer matrix.
Non-biodegradable polymers, in contrast, remain intact after
chemotherapeutic release (31). Both polymer designs slowly
release drug over time.

3. BIOCOMPATIBLE POLYMER
DEVELOPMENT: AN HISTORICAL
PERSPECTIVE

Langer and Folkman (32) first reported in 1976 the
sustained and predictable release of macromolecules from a
non-biodegradable polymer. Ethylene vinyl acetate (EVAc)
copolymer facilitates local diffusion of incorporated drug
through matrix micropores. Chemical properties of the agent,
namely molecular weight, charge and water solubility, deter-
mine the drug diffusion rate. Having demonstrated unprece-
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dented local release properties, EVAc underwent safety
assessments. Rabbit cornea studies established EVAc
biocompatibility (33) and rat brain research supported poly-
mer inertness (34–38). Clinically, EVAc polymers currently
contribute to glaucoma treatment, dental care, insulin
therapy, asthma treatment, contraception, and chemother-
apy. Recent work in a rat brachial plexus injury model demon-
strates successful EVAc polymer delivery of neurotrophic
growth factors to treat peripheral nerve injuries (39). EVAc
polymer inertness, however, remains a primary obstacle to
approval for intracranial use (40). Aside from the permanent
foreign body left by an intact EVAc matrix, the polymer drug
release rate decreases over time, following first-order release
kinetics (41). Later discussion emphasizes the advantage of
constant drug diffusion rate or zero-order release kinetics for
local delivery.

The development of biodegradable systems naturally
evolved from concerns regarding polymer inertness. By cou-
pling drug diffusion and polymer degradation, sustained poly-
mer-based drug release was possible without the attendant
risks of a permanent foreign body (Figs. 2 and 3). The lacti-
de=glycolide polyesther family, characterized by lactic and

Figure 2 (a) Bulk erosion of biodegradable controlled-release
polymer implants leads to unpredictable release profiles. (b) Poly-
mers exhibiting surface erosion release drug at nearly constant rate
(zero-order kinetics) as they dissolve in water. (From Ref. 61.)
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glycolic monomers polymerized with ester bonds, represented
the first foray into biodegradable polymers. The polylactic-
co-glycolic acid (PLGA) polymers enjoyed several advantages
over their non-biodegradable EVAc predecessors. Aside from
biodegradability, PLGA polymer drug release rates vary
with the ratio of lactic and glycolic acid monomers, thereby
allowing tailored delivery over time (42). Rat brain studies

Figure 3 Polymer implants releasing drug by degradation
provide more predictable release profiles compared to diffusion.
(From Ref. 61.)
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(43–45) and PLGA fashioned into sutures (now in wide clini-
cal use) (46,47) demonstrated polymer biocompatibility.
PLGA polymers, often in an injectable microsphere form
(48), have successfully delivered a variety of drugs,
ranging from steroids, anti-inflammatory agents, antibiotics,
anesthetics, and narcotics to antineoplastic agents (35,49–
58). Notably, a PLGA microsphere design exists specifically
for stereotactic implantation into the brain (59). The develop-
ment of polyethylene glycol coating further advances the
potential use of PLGA polymers. By covalent linkage to the
polymer matrix, the coating significantly reduces opsoniza-
tion and elimination by the immune system (60). Despite
the great promise of PLGA polymers, associated bulk erosion
(like a sugar cube) (Fig. 2a) connotes an unfavorable release
characteristic for chemotherapy for the brain; sporadic drug
dumping, suboptimal tissue exposure, and unexpected toxi-
city represent possible sequelae of bulk erosion and erratic
drug release (61).

Leong et al. reported on the formulation of the polyan
hydride poly[bis(p-carboxyphenoxyl)] propane-sebacic acid
(pCPP:SA) matrix in 1985. pCPP:SA spontaneously breaks
down to dicarboxylic acids in aqueous environments, and
therefore equals PLGA polymer biodegradability. Moreover,
the pCPP:SA matrix possesses several important qualities
critical to effective local drug delivery. The extreme hydropho-
bicity of the pCPP:SA matrix, for example, shields incorpo-
rated drug from the aqueous media, thereby sparing
compounds with particularly short biological half-lives from
premature degradation. Additionally, pCPP:SA undergoes
macroscopic breakdown by surface erosion (like peeling an
onion) (Fig. 2b), and therefore avoids the pitfalls encountered
with PLGA bulk erosion (like a sugar cube). Surface erosion
further confers the theoretical advantage of stable zero-order
release kinetics, implying stable drug delivery rates unrea-
lized by earlier methods. Furthermore, the pCPP:SA polymer
matches the manufacturing flexibility of earlier polymer
systems, and is compatible with a variety of shapes, includ-
ing microspheres, sheets, rods, and wafers (62–68). Analo-
gous to the PLGA polymer system, the pCPP:SA matrix
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breakdown rate varies with the ratio of its constituent mono-
mers. The variance in pCPP:SA drug delivery time can be
dramatic: a 1mm thick pure CPP polymer degrades in 3
years while a 20% CPP and 80% SA [pCPP:SA (20:80)]
requires 3 weeks (58).

Multiple studies confirm pCPP:SA biocompatibility. Stan-
dard assays attribute no mutagenic, carcinogenic, or
teratogenic effects to the dicarboxylic acid breakdown products
of pCPP:SA polymers (69). In vitro proliferation assays with
endothelial and smooth muscle cells showed no growth inhibi-
tion by the pCPP:SA matrix (62). Rabbit cornea assays with
pCPP:SA polymers (26,60) identified no reactive inflammation.
Rat (70), rabbit (71), and monkey (72) brain studies established
neural tissue biocompatibility. Given its enumerated drug
release characteristics and biodegradability, pCPP:SA enjoys
widespread clinical use; the following section explores current
neuro-oncologic applications of pCPP:SA polymers.

Other local drug delivery systems developed for sus-
tained intracranial release merit discussion. The fatty acid
dimer-sebaceic acid (FAD:SA) polymers (73–75), for example,
specifically facilitate delivery of hydrophobic chemotherapeu-
tic agents (76–78). Polyethylene glycol coated liposomes suc-
cessfully deliver anthracyclines (79) and gelatin-chondroitin
sulfate coated microspheres serve as depots for cytokine
release (80). Various surgical materials, namely fibrin glue
(81), gelatin sponges (82), Surgicel (oxidized regenerated
cellulose) (75), polymethylmethacralate (83), and silastic tub-
ing (84), have served as vectors for local intracranial drug
delivery.

4. CLINICAL APPLICATIONS OF
POLYANHYDRIDE POLYMERS FOR
INTRACRANIAL DRUG DELIVERY

4.1. BCNU (Gliadel�) Development and
Clinical Use

Carmustine (BCNU), a member of the nitrosurea family, was
widely used as a systemic agent for treating malignant brain
tumors. Given its established mechanism of action against
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glioma cells, BCNU was a natural candidate for the initial
development of intracranial polymer-based chemotherapy.
BCNU specifically chloroethylates guanine at the O6 position,
alkylating the nitrogen bases of DNA. Low molecular weight
and lipid solubility allows BCNU passage across the BBB at
potentially tumorcidal concentrations (13), and facilitates its
use as a systemic agent. However, BCNU efficacy as systemic
chemotherapy confronts dual limitations: (i) a relatively short
half-life (< 15min); and (ii) a systemic toxicity profile that
includes bone marrow suppression and pulmonary fibrosis.
Clinical trials devoted to systemic BCNU administration
indeed demonstrated only modest improvements in survival
(4,6). BCNU incorporation into local delivery polymers poten-
tially minimizes half-life and systemic toxicity limitations and
maximizes clinical efficacy

4.1.1. Preclinical Trials

In Vivo Release Kinetics and Biodistribution

Preclinical studies of BCNU-polymer preparations
proceeded in four systematic stages. The first series of experi-
ments examined in vivo release kinetics of BCNU loaded poly-
mers. The initial study involved EVAc copolymer implantation
in the rat brain (31). Subsequent to polymer placement, a Brat-
ton-Marshall assay measured BCNU concentrations in both
cerebral hemispheres, and serum samples were collected at
prescribed time points. The hemisphere ipsilateral to polymer
placement corresponded with peak BCNU levels at 4 h; clini-
cally significant concentrations persisted at day 7. In contrast,
both contralateral hemisphere and serumBCNU levelswere at
least an order of magnitude lower throughout the experiment.
Thus, the study served as proof of principle of the ability of poly-
mer technology to simultaneously achieve sustained release
and local delivery of chemotherapy within the CNS.

A second experiment employed the same rat intracranial
model to compare BCNU release kinetics and biodistribution
using pCPP:SA (20:80) copolymer delivery vs. direct stereo-
tactic injection (85). Following implantation or injection,
tritiated BCNU allowed drug distribution assessment by
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quantitative radiography in brain sections collected at
various time points. High performance liquid chromatogra-
phy confirmed the correspondence of radioactivity with active
BCNU. Polymer delivery afforded BCNU exposure to 50% of
the ipsilateral hemisphere at day 3 and 10% exposure at
day 14. Considered in absolute terms, a polymer containing
600 mg of BCNU, on days 3 and 7 post-implantation,
maintained drug tissue concentrations of 6mM within a
10mm radius. Direct stereotactic injection failed to match
the sustained delivery of the pCPP:SA polymer system; a 1–
3h broad, post-injection spike of BCNU distribution rapidly
dissipated over time.

A third experiment examined 20% (w=w) BCNU loaded
pCPP:SA polymer release kinetics and biodistribution in a
primate intracranial model. Tumorcidal concentrations of
BCNU spread up to 4 cm from the polymer implantation site
24h post-operatively (86). Taken together, these animal
studies established the drug delivery capabilities of polymer
technology, and confirmed the viability of local, sustained,
and clinically significant in vivo delivery of chemotherapeutic
agents within the CNS.

Preliminary Efficacy of BCNU-Loaded
Polymers in Glioma Models

Using rat flank and intracranial 9L gliosarcoma models,
Tamargo et al. (70) initially compared the efficacy of polymer
and systemically based BCNU. EVAc polymer delivery in the
flank model produced significant tumor growth delay rela-
tive to systemic administration (15.3 vs. 11.2 days,
p< 0.05). In the intracranial model, a 10mg polymer with
20% (w=w) BCNU polymers dramatically improved survival
in animals with established 9L gliosarcoma. EVAc and
pCPP:SA polymers conferred respective survival advantages
of 7.3-fold and 5.4-fold over controls. Systemic BCNU, in
contrast, increased survival only 2.4-fold compared to
controls.

A second study in the same established rat intracranial
9L gliosarcoma model evaluated the efficacy of 20% (w=w)
BCNU-loaded pCPP:SA polymers vs. direct stereotactic injec-
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tion of an equivalent BCNU dose (87). Compared to controls,
the polymer group enjoyed a 271% median survival improve-
ment; stereotactic injection extended median survival only
36%. Moreover, the polymer group contained twice as many
long-term survivors.

Polymer Design: Monomer Ratio and BCNU
Percentage Optimization

Following the original promise of polymer in vitro
release kinetics and efficacy data, the third series of studies
established the optimal pCPP:SA monomer ratio and BCNU
dosing percentage (88). Initially, Sipos et al. assessed the in
vitro release kinetics for 50:50 and 20:80 pCPP:SA formu-
lations of both 4% and 32% BCNU-loaded polymers (81).
Theoretically, a lower CPP proportion should slow polymer
degradation, thereby enhancing sustained drug release.
Though release kinetic studies demonstrated minimal differ-
ences between the 50:50 and 20:80 variants loaded at 4%
BCNU, the 32% BCNU-loaded polymers revealed a 150%
increased release duration (18 vs. 7 days) with the 50:50
formulation. Thus, empirical data confirmed the proposed
relationship between drug release duration and the pCPP:SA
monomer ratio.

Subsequently, an efficacy study examined multiple
permutations of BCNU dose percentage and monomer ratio in
the established rat intracranial 9L gliosarcoma model, testing
polymer loads of 0%, 4%, 8%, 12%, 20% and 32% (w=w) in both
50:50 and 20:80 pCPP:SA formulations. The 20% (w=w) BCNU-
loaded pCPP:SA (20:80) combination corresponded with maxi-
mal longevity, conferring 63% survival at 200 days relative to a
control groupmedian survival less than 20 days. Toxicity studies
in the cynomoglusmonkey intracranialmodel found no systemic
or localmorbidities associatedwith 20%BCNU-loaded pCPP:SA
(20:80) polymer implantation; MRI images obtained up to 150
days post-implantation documented no evidence of edema or
mass effect (81).
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Preliminary Efficacy of BCNU-Loaded
Polymers in Brain Metastasis Models

Brain metastases constitute the majority of newly diag-
nosed brain tumors (89), and represent a major cause of mor-
tality in patients with metastatic cancer (90). Metastatic
disease therefore merits separate consideration for local poly-
mer-based chemotherapy. A final set of preclinical studies
investigated local polymer delivery of various neoplastic
agents, including BCNU, to combat brain metastases (91).
The experimental series followed a logical progression and
employed a mouse intracranial model. Initially, toxicity stu-
dies with each agent loaded in pCPP:SA polymers established
maximum non-toxic dosages. Subsequently, experiments
with several metastatic tumor lines evaluated treatment
efficacy in the presence and absence of concurrent radiation
therapy. Cell lines included B16 melanoma, RENCA renal cell
carcinoma, CT26 colon cancer, and Lewis lung carcinoma.
Though both BCNU-loaded polymers and radiation therapy
demonstrated independent efficacy, combination treatment
conferred a synergistic survival benefit against B16 mela-
noma (median survival 35 days vs. 21.5 days for controls;
p¼ 0.0005), RENCA cell carcinoma (38.5 vs. 12 days; p <
0.007), and Lewis lung carcinoma (23 vs. 21 days; p¼
0.001). Later work with the EMT-6 breast cancer line in mice
showed intracranial BCNU polymers efficacy in the presence
(41 vs. 17 day median survival; p¼ 0.02) and absence ( > 200
vs. 17 days; p < 0.0001) of radiation therapy (92). Encouraged
by these findings, clinical trials of BCNU-loaded pCPP:SA
treatment for metastatic brain tumors are in the planning
stages.

4.1.2. Clinical Experience for Recurrent Gliomas

Having confirmed pCPP:SA polymers are (i) biocompatible
and non-toxic with BCNU-loading and possible radiation
therapy, (ii) capable of broad BCNU distribution from the
implantation site, and (iii) more effective delivery systems
than systemic BCNU in animal survival studies, research
development progressed to a multicenter phase I–II clinical

Treatment of Malignant Brain Tumors 337



trial in humans (93). Enrollment criteria required standard
therapy failure; only patients with recurrent malignant glio-
mas after a previous craniotomy for surgical debulking quali-
fied. Other eligibility requirements included an indication for
reoperation, a unilateral single tumor focus with �1 cm3 of

Figure 4 After surgical debulking, the tumor resection cavity is
lined with up to eight 200mg 3.8% (w=w) BCNU pCPP:SA (20:80)
(Gliadel�) polymer, where the loaded drug is gradually released
as they dissolve.
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enhancing volume on MRI or CT, completion of external beam
radiotherapy, a Karnofsky Performance Scale (KPS) score
�60, and no nitrosurea exposure during the 6 weeks prior
to polymer implantation. Twenty-one patients received
treatment; the study tested polymer BCNU loads of 1.93,
3.85, and 6.35% (w=w). Each polymer weighed 200mg, and
most patients received a maximum of eight wafers in the
tumor cavity following debulking (Fig. 4). Initial tumor
volumes were similar in all groups.

The first human trial of BCNU-loaded polymers provided
a safety and radiological data. Frequent blood chemistry and
urinalysis panels uncovered no evidence of systemic toxicity.
KPS scores fell slightly in the immediate postoperative
period, but returned to baseline and remained stable for at
least 7 weeks, suggesting preserved quality of life during the
chemotherapeutic course. Implanted polymers were detect-
able on postoperative CT and MRI, appearing as areas of
decreased signal intensity on T1-weighted MRI, and some
remaining visible by CT for as long as 49 days after surgery.
In 13 of the 21 patients, routine protocol scans revealed some
areas of marked enhancement around the implant sites. Sig-
nificantly, the observed enhancement at no time corresponded
with clinical findings, namely neurological impairment or
other toxic sequelae, and generally resolved spontaneously.

Over the course of the study, 10 patients experienced
declining neurological status with increased MRI or CT
enhancement, and therefore underwent reoperation. Intrao-
peratively, a rim of necrotic tissue up to 1 cm thick, similar to
that described in interstitial brachytherapy, was found with
general KPS score improvement subsequent to tissue removal.

From an efficacy standpoint, overall median survival
times were 46 weeks from implantation and 87 weeks after
initial diagnosis; 86% of patients lived more than 1 year after
diagnosis. Based on this work, the 3.85% BCNU-loaded
polymer was chosen for further clinical study.

The resultant clinical trial was a rigorous, multicen-
tered, prospective, randomized, double-blinded, and placebo-
controlled phase III study (94). The investigators examined
the efficacy of 3.85% BCNU (w=w) pCPP:SA polymers in
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treating recurrent malignant gliomas; enrollment included
222 patients from 27 North American medical centers. Rando-
mized patients received either a BCNU treatment polymer
or a blank placebo. Selection criteria matched the phase
I–II with one exception: the phase III trial prohibited any
chemotherapy 4 weeks preoperatively and permitted systemic
administration 2 weeks postoperatively. Individual patients
and their surgeons decided upon additional operations for
tumor recurrence during the study period.

In terms of study population characteristics, mean age
was 47.8 years, and randomization rendered the treatment

Figure 5 Overall survival for patients receiving BCNU-loaded
polymers vs. controls at the time of the operation for recurrent
malignant gliomas. (From Ref. 94.)

340 Khalessi et al.



and placebo groups well matched for age, tumor type and
preoperative KPS scores. All patients underwent antecedent
external beam radiotherapy; 48.2% of control and 52.7% of
treatment group patients underwent chemotherapy prior to
trial enrollment.

Median postoperative survival of patients receiving
BCNU-loaded polymers was 34 weeks compared to 23 weeks
with placebo (hazard ratio 0.67, p ¼ 0.006) (Fig. 5). The
6-month survival rate for treatment and control groups
was 60% and 47% respectively. Remarkably, the difference
in 6-month survival rate was quite dramatic in the patients
with the most malignant tumors; i.e., GBM patients
(n¼ 145); BCNU patients were 50% more likely to survive
6 months postoperatively than controls. Study results sup-
ported BCNU-loaded polymers as safe and well tolerated.
Significantly, polymer delivery showed no evidence of bone
marrow suppression or other toxicities associated with sys-
temic BCNU administration. Within 6 months of polymer
placement, 11.8% of BCNU patients and 11.6% of control
patients underwent reoperation. The BCNU-treated group
experienced a higher incidence of intracranial infection than
the placebo group (4=110 or 3.6% vs. 1=112 or 0.9%), but the
difference did not reach clinical significance. Postmortem
examination of 11 brains from the treatment group patients
revealed mild inflammatory reactions with no marked
necrosis.

Taken together, the enumerated series of clinical stu-
dies established BCNU-loaded polymers as a safe and effec-
tive treatment of recurrent malignant gliomas. In 1996, the
Food and Drug Administration (FDA) approved 3.85%
BCNU (w=w) pCPP:SA polymer (Gliadel) for the treatment
of recurrent GBM. Gliadel was the first treatment for malig-
nant gliomas to receive FDA approval in 23 years.

4.1.3. Clinical Experience as Initial Therapy

Further research into possible Gliadel applications coincided
witha general oncologic principle: treatments effective at recur-
rence invariably provemore efficacious as initial therapy. Thus,
givenGliadel’s established role in treating recurrentmalignant
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gliomas, attention naturally turned to its therapeutic potential
during initial disease presentation. A phase I–II trial, enrolling
22 patients, addressed the safety of Gliadel polymers at initial
surgery (95). Concordant with earlier studies, polymer wafers
weighed 200mgandmost patients received amaximumof eight
wafers. Inclusion criteria included a single enhancing tumor
focus�1 cm3, age > 18, and aKPS score�60. The study popula-
tion’s mean age was 60. All patients received external beam
radiation therapy averaging 5000 rads, and no patient received
additional chemotherapy during the 6 months following
surgery.

Phase I–II trial results confirmed Gliadel as a safe treat-
ment option for patients newly diagnosed with malignant
gliomas who received post-operative radiation therapy. The
study was free of perioperative mortality, and furnished no
evidence of polymer-induced local or systemic toxicity. Of 22
patients, 21 received a pathological diagnosis of GBM; median
survival was 44 weeks from implantation with four patients
surviving beyond 18 months.

With the safety of locally implanted Gliadel documented,
a phase III, multicenter, randomized, double-blinded,
placebo-controlled study was undertaken to assess polymer
efficacy against newly diagnosed malignant gliomas (96).
Similar to previous clinical studies, patient inclusion required
a single tumor focus with �1 cm3 of enhancement, age
between 18 and 65 years, a KPS score �60, and a histopatho-
logical diagnosis of either anaplastic astrocytoma or GBM on
intraoperative frozen section. Unfortunately, temporary
unavailability of the drug required premature study termina-
tion at 32 subjects, rather than the intended 100 patients.
Each randomized cohort included 16 patients; median age
(55.5 yrs vs. 53 yrs) and KPS scores (75 vs. 90) were compar-
able between the BCNU and placebo groups. However, a
discrepancy in tumor pathology persisted despite randomiza-
tion. All placebo patients harbored GBMs, but only 11=16
BCNU patients received a GBM frozen section diagnosis.

Considering all 32 patients in the analysis, the treatment
group’s median survival of 58.1 weeks significantly outpaced
the 39.9 weeks associated with placebo (p ¼ 0.012) (Fig. 6).
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Further subset evaluation of GBM patients revealed a median
survival advantage of 53.3 weeks vs. 39.9 weeks with placebo
(p¼ 0.008). Interestingly, three of the study’s four long-term
survivors (still alive 3 years after study termination) received
BCNU-loaded polymers. Age and KPS score significantly
impacted survival while the survival effect of tumor type
failed to achieve statistical significance. The phase III trial
reinforced earlier research documenting no local or systemic
morbidities with polymer implantation.

Recently, a larger phase III, multicenter, randomized,
double-blinded, placebo-controlled study of 240 patients
definitively assessed the efficacy of Gliadel as initial malig-
nant glioma therapy (97). Gliadel increased median survival
(13.9 vs. 11.6 months, p¼ 0.03) relative to controls receiving
blank polymers. Again, the effect for some patients was sus-
tained with patients surviving 3 years in the Gliadel group
compared to patients surviving 3 years in the control group.

Figure 6 Kaplan-Meier survival curve for patients with initial
therapy for grade III and grade IV gliomas treated with BCNU-
loaded polymer implants vs. placebo. (From Ref. 96.)
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In 2003, the FDA therefore approved Gliadel for the treat-
ment of initially diagnosed malignant gliomas. The FDA
approval decision marks another watershed in brain tumor
therapy, and the continued evolution of polymer systems for
local chemotherapeutic delivery.

BCNU-loaded polymers remain the basis for several
ongoing clinical investigations. A phase I–II dose-escalation
study recently established the maximal non-toxic BCNU
loading dose in 20:80 pCPP:SA polymers. Analogous to
findings from earlier animal models (81), the maximal toler-
ated dose in humans was 20% BCNU (w=w) (98). Given Glia-
del loading at 3.85%, future clinical trials will include phase
III assessment of an improved 20% BCNU wafer. Moreover,
ongoing research efforts expand Gliadel application to meta-
static tumors, and consider Gliadel inclusion in combination
chemotherapy and with drug resistance modifiers.

4.2. Other Neuro-Oncologic Applications
of Polymer Delivery

The successful development of BCNU-loaded sustained-release
polymers from the laboratory to standard clinical use
provides a model for future investigation. Local delivery
opens neuro-oncology to chemotherapeutics previously pre-
vented by systemic toxicity. The following section reviews
other agents successfully incorporated into polymers or
employed as adjuvant therapy to polymer-based treatment.
O6-Benzylguanine and paclitaxel are in clinical trials, and
camptothecin, for example, represents alternative polymer-
based chemotherapeutic agents approaching the clinical
research phase. Additionally, the section chronicles local
polymer delivery of immunotherapy and angiogenesis inhibi-
tors. Finally, the section provides a broad survey of various
other agents receiving preclinical research attention as can-
didates for local polymer delivery.

4.2.1. O6-Benzylguanine

Over the course of Gliadel therapy, many brain tumors
acquire resistance through the expression of AGT, a DNA

344 Khalessi et al.



repair protein found in the majority of brain tumors treated
with BCNU (99). Mechanistically, BCNU exerts its antineo-
plastic effects by chloroethylation of DNA at the O6 position
of guanine. AGT removes adducts at this position, thereby pro-
tecting tumor cells from BCNU activity. O6-Benzylguanine
(O6-BG) irreversibly inactivates AGT. Acting as a substrate
analog, O6-BG transfers a benzyl group to a cysteine residue
at the AGT active site (100). Naturally, interruption of a
mechanism responsible for tumor resistance represents a
potentially useful adjuvant to existing Gliadel treatment.

O6-BG mediated AGT inhibition indeed increases tumor
sensitivity to BCNU. However, concomitant O6-BG and
systemic BCNU administration in animal models reduced
the maximum tolerated dose 6-fold due to bone marrow toxi-
city (101). Presumably, O6-BG imparts the same increased
BCNU sensitivity to tumor cells and those vulnerable to sys-
temic toxicity. Rhines et al. postulated systemic O6-BG
administration with intracranial BCNU polymer delivery,
not systemic BCNU, would significantly reduce the side
effects of combination therapy (102). In the established rat
intracranial F98 glioma model (a tumor line with high AGT
activity), systemic O6-BG with BCNU-loaded pCPP:SA
polymers improved median survival over either O6-BG alone
(34 vs. 22 days, p¼ 0.0002) or BCNU polymer alone (34 vs. 25
days, p¼ 0.0001). Moreover, Rhines et al. showed the reduc-
tion in BCNU polymer load was not necessary with the
systemic introduction of O6-BG. The animals further demon-
strated no gastrointestinal or bone marrow toxicity from
combination therapy (95).

These results suggest that concurrent use of O6-BG and
BCNU polymers may serve as an important addition to the
treatment of malignant brain tumors. To this end, recently
completed NIH-funded phase I clinical trials investigated
O6-BG as an adjuvant to BCNU treatment. Ongoing efforts
center on the method of O6-BG delivery. Incorporation of
O6-BG within polymers for local delivery and dose-escalation
studies for systemic and local-delivered O6-BG represent
active areas of development.
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4.2.2. Paclitaxel

Paclitaxel (Taxol), a microtubule-binding agent, exerts estab-
lished tumorcidal activity against non-small cell lung cancer,
breast cancer, and ovarian cancer. In vitro studies demon-
strate potent paclitaxel activity against rat and human
glioma lines (103). Blood-brain barrier impermeability to
paclitaxel (104) and its anti-tumor properties render it an
excellent candidate for local polymeric delivery.

In vitro kinetics studies with 20–40% (w=w) paclitaxel-
loaded pCPP:SA (20:80) polymers demonstrated sustained
drug release approaching 1000h. Biodistribution studies
concordantly revealed tumorcidal paclitaxel concentrations in
the rat brain for > 30 days post-implantation. Median
survival in the established rat 9L gliosarcomamodel improved
from 19.5 days in rats treatedwith blank polymers to 61.5 days
with 20% paclitaxel-loaded polymers (p< 0.001) (105).

Clinical trials employing a paclitaxel-loaded PACLIMER
(106) microsphere delivery system for treatment of ovarian
cancer are currently underway. In terms of intracranial appli-
cations, initial toxicity trials in dogs demonstrate no early
mortality or morbidity attributable to the paclitaxel polymer
(107). Pending completion of the canine toxicity studies and
demonstration of safety, phase I–II clinical trials for pacli-
taxel-loaded polymer treatment of intracranial tumors are
planned. Paclitaxol in loaded polymer has already been
utilized clinically for recurrent ovarian cancer.

4.2.3. Camptothecin

The camptothecins inhibit topoisomerase I, a DNA replicating
enzyme, and thereby exhibit antineoplastic properties (108).
Though in vitro and in vivo studies offered great promise,
clinical trials exposed unexpected toxicities with systemic
administration (109). Though toxicity prevented its use as a
systemic agent for gliomas, camptothecin remained suitable
for local polymer delivery (30). Among the family of camptothe-
cins, sodium camptothecin possessed chemical properties sui-
table for facile polymer loading.
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Initially incorporated into EVAc polymers, sodium camp-
tothecin demonstrated sustained release by in vitro kinetics
experiments. Efficacy studies in the established rat intracra-
nial 9L gliosarcoma model showed dramatically increased
median survival from 19 days in control animals to > 120
days with 50% (w=w) polymer administration (p< 0.001).
Additionally, 59% of treatment animals survived > 120 days;
no control rats lived beyond 32 days. Systemic camptothecin,
in contrast, conferred no survival benefit. Animals
undergoing polymer implantation suffered no associated local
or systemic toxicity.

Studies examining sodium camptothecin-loaded pCPP:SA
polymers include the previously described mouse metastatic
tumor study (84) and recent work in the established rat intra-
cranial 9L gliosarcoma model (110). In the metastatic study,
camptothecin-loaded pCPP:SA polymers conferred a survival
benefit only against the B16 melanoma and only when admi-
nistered in conjunction with radiation therapy (median survi-
val 27.5 vs. 19 days; p¼ 0.043). Against the 9L gliosarcoma,
50% (w=w) camptothecin-loaded polymers extended median
survival from 17 days in controls to 69 days (p< 0.001). Poly-
mer implantation corresponded with no notable local or sys-
temic toxicity. The study confirmed active camptothecin
release for 1000h. Ongoing research involves preclinical
efficacy studies of various camptothecin analogs (111).

4.2.4. Immunotherapy

Immunotherapy to combat malignant gliomas requires the
generation and maintenance of an anti-tumor immune
response. Genetic mutations within tumor cells produce
protein expression patterns foreign to the host, thereby
offering appropriate targets for immune system recognition.
Cytokines, namely interleukins (IL), interferons (IFN), and
colony-stimulating factors, mediate immune system activa-
tion, and therefore represent the focus of current research.
Cytokines carry systemic toxicity and are largely unable to
permeate the BBB, necessitating the development of local
cytokine delivery systems for brain tumor immunotherapy.
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Two general strategies exist for local cytokine delivery.
Irradiated tumor cells, transduced to secrete the cytokine in
a paracrine fashion, provide the first means of sustained cyto-
kine release at the tumor site. Using IL-2 transduced tumor
cells in the C57BL=6 mouse intracranial melanoma model,
Thompson et al. generated an immune response to wild-type
tumor by direct tumor site injection; flank injection of IL-2
transduced cells failed to yield a similar immune response
(112). Granulocyte-macrophage colony-stimulating factor
(GM-CSF) transduced cells, conversely, elicited an immune
response with flank, not intracranial, injection. Notably, simul-
taneous intracranial injection of IL-2 transduced cells and sub-
cutaneous flank injection of GM-CSF transduced cells
produced a synergistic immune response.

Additional study of IL-2 transduced cells in the same
animal model offered several interesting findings (113). In
mice challenged with intracranial or more distal tumor bur-
den, intracranial implantation of IL-2 transduced cells
enhanced survival relative to controls. Moreover, after suc-
cessful rejection of an initial challenge, treated animals
exhibited immunological memory by mounting an immune
response to a second tumor challenge, and enjoyed the atten-
dant survival advantage. To underscore the importance of
local IL-2 delivery, identical or 10-fold increased doses of
subcutaneously injected IL-2 transduced tumor cells did
not produce a comparable memory response. Mechanisti-
cally, gene-knockout mice identified natural killer (NK) cells,
not CD4þ T-cells, as most responsible for the anti-tumor
immune response. The failure of flank injected IL-2 para-
crine cells to generate a similar immune response prompted
the following postulate: immune cells within the CNS pos-
sess different cytokine requirements than their peripheral
counterparts.

A final study of local paracrine delivery identified IL-12,
a cytokine with antiangiogenesis properties in addition to its
immunoregulatory effects, as a potential substrate candidate
(114). Using the established rat intracranial 9L gliosarcoma
model, the study examined intracranial implantation of
IL-12 transduced tumor cells. Reverse transcriptase-poly
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merase chain reaction confirmed IL-12 expression. Local
paracrine delivery prolonged survival and induced immunolo-
gical memory in treated animals. Thus, a second injection of
wild-type 9L gliosarcoma tumor cells successfully produced
an immune response.

Several experiments recently explored the interaction
between local paracrine immunotherapy and polymer-
delivered chemotherapy. A study in the mouse intracranial
F16-B10 melanoma model, for example, combined local
paracrine delivery of IL-2 via transduced tumor cells with
either 10% (w=w) BCNU-loaded or 1% (w=w) carboplatin-
loaded pCPP:SA polymers (115). Of the animals receiving
BCNU-loaded polymers and paracrine immunotherapy,
70% survived > 72 days; control group median survival
was 15.8 days with none living past 72 days (p¼ 0.0023).
Carboplatin-loaded polymers with immunotherapy produced
comparable synergies: 80% of treatment animals vs. zero
controls survived > 72 days (control group median survival
of 20.6 days; p¼ 0.0001). Histological examination of combi-
nation therapy specimens revealed rare degenerating tumor
cells with a marked mixed inflammatory reaction on postim-
plantation day 14, and no tumor cells with resolution of the
inflammatory reaction on day 72. Overall, the study sug-
gested combined paracrine immunotherapy and polymer-
based chemotherapy merits further attention as a treatment
for malignant gliomas.

The second general strategy for local cytokine delivery
involves direct loading onto polymers. In 1998, Wiranowska
et al. established, as proof of principle, that polymers were
capable of the sustained release of biologically active
cytokines (116). Both in vitro and in vivo experiments docu-
mented the release of active murine IFN-a=b by loaded EVAc
polymers. In vitro assays determined the majority of activity
release occurred in the first 4 days; in vivo trials suggested
most of activity release spanned the first 24h with gradual
tapering over the next 3 days.

Gulambek et al. in 1993, introduced the gelatin-
chondroitin sulfate (GCS) microsphere system for local deliv-
ery of drugs in an injectable mixture (73). Hanes et al. applied
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the GCS system to cytokine delivery, encapsulating IL-2 and
confirming sustained release of activity over 2 weeks in vitro
and up to 3 weeks in vivo (117). Subsequently, studies in the
rat intracranial 9L gliosarcoma model, the mouse intracranial
B16-F10 melanoma model, and the mouse liver CT26 carci-
noma model compared immune response generation from
direct intratumoral GCS-IL-2 mixture injections, local para-
crine delivery, and negative controls. In the B16-F10 model,
42% of animals receiving the GCS-IL-2 mixture exhibited
protection on a second tumor challenge. Recently, and per-
haps most promisingly, Rhines et al. assessed the combina-
tion of IL-2 loaded microspheres and BCNU-loaded
pCPP:SA polymers; combined therapy increased survival over
either modality alone, achieving statistical significance (118).

4.2.5. Angiogenesis Inhibitors

Angiogenesis, the formation of new blood vessels, constitutes a
critical element of tumor growth (119). In the absence of angio-
genesis, nutrients diffuse only a fewmillimeters from the tumor
periphery, and tumor size arrests at an equilibrium between
peripheral cell proliferation and central cell death. Blood vessel
formation facilitates nutrient delivery to central cells, resulting
in exponential tumor growth with potential metastatic spread
(120).GBM, among themost angiogenic of all neoplasms, repre-
sents a natural target for angiogenesis inhibitors.

Historically, the development of local polymer-delivered
antiangiogenesis agents began with heparin and cortisone
(121), a combination shown to inhibit angiogenesis (122). In
the rabbit cornea VX2 carcinoma model, EVAc copolymer
administration of heparin and cortisone reduced angiogenesis
60% at 21 days postimplantation (p< 0.05). The same study
assessed heparin- and cortisone-loaded pCPP:SA polymer
implantation in the rat flank 9L gliosarcoma model; the com-
bination inhibited tumor growth by 78% (p< 0.05).

Squalamine, an aminosterol isolated from the dogfish
shark, inhibits tumormitogen-induced endothelial cell prolifera-
tion, and thereby exhibits antiangiogenesis properties (123).
EVAccopolymers loadedwith20% (w=w)squalamine inhibit vas-
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cular growth in the rabbit cornea VX2 carcinoma model. Cur-
rently, phase I clinical trials are underway to evaluate squala-
mine efficacy against a variety of advanced cancers (124).
Ongoing work explores the potential advantages of local poly-
mer-based squalamine delivery.

Minocycline, a broad-spectrum antibiotic with estab-
lished anticollagenase properties (125), offers great promise
as an antiangiogenesis agent. Minocycline-loaded EVAc
polymers inhibited neovascularization in the rabbit cornea
VX2 carcinoma model by a factor of 4.5, 4.4, and 2.9 on days
7, 14, and 21 respectively (p< 0.05 at all time points) (126).
Follow-up study confirmed sustained minocycline delivery;
polymers released 55% of the drug at 90 days (29). From an
efficacy standpoint, 50% (w=w) minocycline-loaded EVAc
polymers, when implanted simultaneously with tumor injec-
tion, extended survival from 13 to 69 days (p< 0.001) in the
rat intracranial 9L gliosarcoma model. Though minocycline-
loaded polymers alone failed to impact survival against the
established rat intracranial 9L gliosarcoma, combined surgi-
cal resection and polymer implantation extended median
survival by 43% (p< 0.002). Systemic BCNU administration
further improved median survival by 90% over controls.
Moreover, recent work with 40–50% (w=w) minocycline-
loaded pCPP:SA polymers suggests even greater efficacy
gains relative to the studied EVAc copolymers (127).

4.2.6. Preclinical Survey of Other
Chemotherapeutic Agents

This section surveys a broad range of compounds in various
stages of preclinical development, and concludes with two
agents, quinacrine and mitaxantrone, that represent areas
of active research. Though not exhaustive, the review
provides further insight into the rational development of local
polymer-based chemotherapy.

Cyclophosphamide

Cyclophosphamide (Cytoxan), an alkylating agent widely
used for the treatment of various malignancies, offers an
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instructive example. Hydroxycyclophosphamide, its active
metabolite, poorly crosses the BBB, and therefore possesses
limited potential as a systemic treatment for malignant glio-
mas. Furthermore, cyclophosphamide necessitates activation
by the hepatic p450 cytochrome oxidase system, limiting its
potential for local intracranial delivery (128).

4-Hydroxyperoxycyclophosphamide (4-HC), a derivative
of cyclophosphamide, spontaneously converts into the active
metabolite (129), rendering it a better option for local
polymeric delivery. Given 4-HC hydrophobicity, the FAD:SA
system was chosen for delivery. Pharmacokinetic and biodis-
tribution studies confirmed favorable release kinetics and
intracranial distribution (130). Toxicity studies established
20% (w=w) as the maximum tolerable polymer dose. In the
established rat intracranial 9L gliosarcoma and F98 glioma
models, 4-HC-loaded polymers offered a median survival of
77 days with 40% surviving beyond 80 days; blank polymer
controls corresponded with a 14 day median survival and no
long-term survivors (p¼ 0.004).

l-Buthionine sulfoximine (BSO), an inhibitor of the glu-
tathione S-transferase (GST) enzyme pathway, potentiates
4-HC antitumor effects in the 9L gliosarcoma model (131).
Recent work suggests the GST pathway plays a role in the
inactivation of alkylating agents (132). Analogous to O6-BG
development as an adjuvant to BCNU-loaded polymers, a
series of studies examined BSO augmentation of 4-HC effi-
cacy. Systemic BSO delivery in conjunction with 4-HC poly-
mer implantation failed to enhance survival. Separate
experiments assessed the safety and efficacy of local BSO
delivery. Notably, rat brain implantation of BSO-loaded EVAc
polymers depleted intracranial glutathione levels without
impacting hepatic levels; systemic BSO administration
achieved the converse. Moreover, co-release of 4-HC and
BSO from the FAD:SA polymer boosted median survival
4.6-fold in the established rat intracranial 9L gliosarcoma
model (61.5 days vs. 13 days, p< 0.001). Relative to blank
polymer controls, 4-HC alone improved survival only 2.3-fold
(p< 0.001).
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Adriamycin

Adriamycin, an anthracylcine antibiotic, intercalates
with DNA. By causing strand scission and double-stranded
crossbreaks, adriamycin exhibits tumorcidal activity on breast
cancer, acute leukemia, lymphoma, and other malignancies
(133). Following successful Ommaya reservoir implantation
in 1983 (134), needle-shaped EVAc polymers were developed
for local adriamycin delivery (135). Pharmacokinetic studies
confirmed adriamycin release followed zero-order kinetics. In
nude mice, the needle polymers significantly inhibited the
growth of brain tumor xenografts. More recent experiments
assessed adriamycin loading in pCPP:SA polymers (136). In
vitro assays documented sustained release, and in vivo studies
in the established rat intracranial 9L glioma model showed
improved median survival (33 days vs. 13 days in controls,
p< 0.0006) with polymer implantation.

5-Fluorouracil

5-Fluorouracil (5-FU), a thymidine analog, blocks the con-
version of deoxyuridylic acid to thymidilic acid, and thereby elim-
inates an essential precursor for DNA synthesis. Though
effective in treating various non-intracranial malignancies, sys-
temic toxicities includingmyelosuppression and gastrointestinal
mucosal injury limit 5-FU efficacy against brain tumors (126).
Early efficacy trials evaluating 5-FU as a systemic brain tumor
therapy were indeed disappointing (137–139).

Local 5-FU delivery benefits from a long history of scien-
tific investigation. Gelatin sponges (75), Surgicel (75), and
silastic tubing loaded with a ‘‘chemotherapy cocktail’’ includ-
ing 5-FU (140,141) represented early modes of delivery. The
first polymer-based delivery approach involved a matrix
consisting of ‘‘glassified monomers’’ with 10% polymetacrylic
methyl acid. In 1986, 55 patients received the prototype
polymers loaded with 5-FU, adriamycin, and mitomycin C;
47% of treated malignant glioma patients survived 1 year
(142). Successful 5-FU loading onto PLGA microspheres
occurred in 1995 (143). 5-Fluorouracil-loaded microspheres
decreased mortality in the established rat intracranial 9L
gliosarcoma model (p¼ 0.017); placebo and bolus 5-FU injec-
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tions conferred no benefit (144). Notably, microsphere implan-
tation corresponded with no observed toxicities, and histologi-
cal examination showed only mild tissue reaction.

Menei et al. treated eight newly diagnosed GBM patients
with surgical debulking and 5-FU-loaded PLGA microsphere
implantation (145); patients also underwent postoperative
adjuvant external beam radiation therapy. 5-Fluorouracil
concentrations in the CSF were clinically significant up to
1month after surgery, but serum levels remained low and
transitory, confirming local delivery without systemic 5-FU
exposure. Median survival time was 98 weeks with two
patients exhibiting disease remission at 139 and 153 weeks.

Methotrexate

Methotrexate (MTX), a folate antagonist, enjoys limited
efficacy against brain tumors due to BBB impermeability
and systemic toxicities including myelosuppression and gas-
trointestinal necrosis (126). Though cisternal or intraventri-
cular MTX infusion offered poor drug dissemination
(19,146), broad parenchymal distribution with direct MTX
injection (147) suggested promise for local MTX delivery.

Methotrexate modification improved stability and biodis-
tribution. Covalent linkage of MTX to dextran enhanced
penetration of a three-dimensional collagen lattice designed
to simulate extracellular matrix, and did not adversely effect
MTX tumorcidal properties against the human H80 glioma
line (148). In the established rat intracranial 9L gliosarcoma
model, FAD:SA polymers loaded with the MTX-dextran conju-
gate offeredmodest, though significant, survival enhancement
over controls.

Encouraged by early clinical trials (149,150) documenting
minimal toxicity with intratumoral MTX, other local delivery
efforts include polymethylmethacrolate pellets (76), PLGA
copolymer matrices (151), and fibrin glue systems (74). How-
ever, some case reports describe neurological side effects. One
patient developed an abulic-hypokinetic syndrome and left
hemiparesis after intraventricular MTX treatment of menin-
geal carcinoma (152). Large catheter tip cysts in two patients
complicated Ommaya reservoir MTX administration (153).
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Platinum Drugs

Carboplatin, a second generation platinum analog, offers
a less neurotoxic alternative to cisplatin, its parent compound
(154). Though systemic administration causes myelosuppres-
sion, local FAD:SA polymer delivery optimally addresses toxi-
city and solubility concerns. Olivi et al. determined a
maximum non-toxic dose of 5% (w=w) in the rat intracranial
F98 glioma model (69). Efficacy studies of carboplatin-loaded
polymers demonstrated 52 day median survival relative to 16
days (with all dead by day 19) in controls. A separate experi-
ment assessed carboplatin polymers against various mouse
metastatic brain tumors (84). Combined with radiation
therapy, carboplatin-loaded polymers prolonged survival
against the CT26 colon carcinoma (median survival 33 days
vs. 20.5 days for controls, p¼ 0.013) and RENCA cell carci-
noma (15 vs. 12 days, p< 0.01). Against the B16 melanoma,
carboplatin polymers alone enhanced survival (27 vs. 16.5
days, p¼ 0.043); combination therapy was ineffective.

Carboplatin coupling to a-cyclodextrin delays decomposi-
tion and increases bioavailability (155). Over 110 days, ethyl-
cellulose microcapsules loaded with both agents at 2.2%
(w=w) afforded 56% carboplatin release. Against the estab-
lished rat intracranial F98 glioma, microcapsule delivery of
a-cyclodextrin alone conferred a median survival of 20 days.
Comparatively, carboplatin polymers offered 34 day median
survival (p< 0.001) and dual agent polymer therapy corre-
sponded with a 51 day median survival (p< 0.01 vs. carbopla-
tin alone). Thus, a-cyclodextrin enhanced carboplatin efficacy.

Its neurotoxicity notwithstanding, several studies
explore the potential efficacy of local cisplatin delivery. In
the established rat intracranial 9L gliosarcoma model, biode-
gradable polylactic acid polymers loaded with cisplatin
extended median survival. Compared to 24 days in the control
group, 32 days with systemic cisplatin treatment, and 39 days
with local bolus infusions of cisplatin, polymer delivery
offered a median survival > 60 days (p< 0.00006 vs. systemic
group; p< 0.001 vs. bolus group). Moreover, cisplatin-loaded
polymers provided histopathological ‘‘cure’’ in 8 of 12 animals

Treatment of Malignant Brain Tumors 355



vs. 3 of 13 local bolus infusion animals (p< 0.01) and no cures
in other study groups. Follow-up study confirmed cisplatin-
loaded polymer biocompatibility (36).

Dexamethasone

Vasogenic edema, a major source of brain tumor-
associated morbidity, results from malignant glioma degrada-
tion of the BBB (126). Though high dose corticosteroid therapy
significantly alleviates the edema (156), sustained systemic
exposure carries a significant toxicity profile. Diabetes melli-
tus, skin atrophy, ‘‘Cushingoid’’ features, weight gain, hemor-
rhagic gastrointestinal ulcers, myopathies, osteoporosis, and
pathologic fractures represent a high price for systemic
treatment (157). Local delivery, however, remains a viable
option. When loaded 35% (w=w) onto the EVAc polymer, dex-
amethasone delivery in the rat brain was clinically significant
for 21 days (158). Notably, concurrent plasma levels were low.

Efficacy studies in the rat intracranial 9L gliosarcoma
model compared systemic and EVAc polymer dexamethasone
administration (28). Water weight percentage served as the
edema endpoint; both intracranial dexamethasone-loaded poly-
mers (79.15%; p< 0.05) and intraperitoneal dexamethasone
injections (79.16%; p0.05) were superior to controls (79.45%)
and intraperitoneal polymer implantation (79.39%). Thus,
intracranial polymer implantation achieved equivalent edema
reductionwithout the theoretical potential for systemic toxicity.

Quinacrine

Quinacrine, an early antimalarial drug rarely used in the
clinical setting, exhibits a wide variety of intracellular
actions. Though the mechanism remains elusive, quinacrine
reduces mutagenicity in leukemia and glial cell lines
(159,160). Given that the development of tumor resistance
represents the most common cause of BCNU treatment fail-
ure, quinacrine administration could potentially maintain
tumor sensitivity to BCNU, and retard mutation into resis-
tant tumor variants. In the rat flank C6 glioma model, oral
quinacrine and systemic BCNU therapy indeed reduced
tumor growth relative to systemic BCNU alone. Preliminary
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Figure 7 (Caption on facing page)
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work by the authors evaluated oral quinacrine and concur-
rent intracranial implantation of BCNU-loaded 3.85% (w=w)
pCPP:SA polymers in the established rat intracranial 9L
gliosarcoma model. Unfortunately, combination therapy
conferred no appreciable survival advantage (Fig. 7a). Poor
CNS delivery of quinacrine, only 10% by oral administration,
likely explains the disappointing results.

Local quinacrine delivery therefore offers a natural alterna-
tive to systemic administration. Figure 7b illustrates that the
implantation of 15% (w=w) quinacrine-loaded pCPP:SA poly-
mers and BCNU-loaded polymers significantly extend survival.
Interestingly, the synergistic benefit of combined quinacrine
and BCNU local delivery demonstrates time sensitivity; quina-
crine polymer implantation 2 days prior toBCNUpolymer place-
ment enhances survivalwhereas concurrent tumor bed insertion
offers no benefit (Fig. 7c). The importance of ordered administra-
tion of adjuvant quinacrine therapy provides some mechanistic
insight, and remains the subject of ongoing research.

Mitaxantrone

Mitaxantrone, a dihydroxyanthracenedione derivative
approved for the treatment of hepatic and ovarian cancer,
exhibits poor CNS penetration and dose-limiting myelosup-
pression with systemic delivery. Recently, Dimeco et al. docu-

Figure 7 (Facing page) (A) Kaplan-Meier survival curve for ani-
mals treated with intracranial 10mg 3.8% (w=w) BCNU pCPP:SA
(20:80) polymers placed on day 5 after 9L gliosarcoma implantation
with or without daily oral quinacrine gavages (20mg=kg) starting
day 5 and lasting 14 days. (B) Kaplan-Meier survival curve for ani-
mals treated with intracranial BCNU polymers placed on day 5
after 9L gliosarcoma implantation with or without intracranial
10mg 15% (w=w) quinacrine pCPP:SA (20:80) polymers placed on
day 3 after tumor implantation. (C) Kaplan-Meier survival curve
for animals treated with intracranial BCNU polymers placed on
day 5 after 9L gliosarcoma implantation with or without intracra-
nial 10mg 15% (w=w) quinacrine pCPP:SA (20:80) polymers concur-
rently on day 3 after tumor implantation.
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mented significant survival improvement over controls (med-
ian 50 vs. 19 days; p< 0.0001) with intracranial 10% (w=w)
mitaxantrone-loaded pCPP:SA wafer placement (161).
Further animal studies, including the assessment of combina-
tion therapies, represent areas of active research.

Other Neuro-Oncology Related Agents

Polymer applications to brain tumor treatment extend
beyond chemotherapy. Radiosensitizers, as the designation
implies, serve as adjuvants to radiation therapy. 5-Iodo-2’-deox-
yuridine (IudR), for example, replaces thymidine in replicating
DNA. Animal studies examine IudR efficacy and delivery by
pCPP:SA polymer systems (162,163). Additionally, EVAc copo-
lymer administration of phenytoin, an anticonvulsant,
decreased cobalt-induced seizures in Sprague-Dawley rats
(164). Though neither drug class has yet seen clinical use within
the context of a local delivery system, polymer versatility offers
a broad extensive margin of novel therapeutic possibilities.

5. FUTURE DIRECTIONS

Biodegradable polymer-based delivery systems significantly
enhance treatment of various neurosurgical pathologies,
malignancies included. The reviewed literature therefore
serves as proof of principle, confirming the value and potential
of sustained local chemotherapy. Though ongoing research
using biodegradable polymers demonstrates continued pro-
mise, other exciting approaches to CNS drug administration
merit review.

For example, newly developed microchips (Fig. 8a) (165)
represent a novel drug delivery method with significant clin-
ical potential. Microchip systems, based on solid-state silicon
technology, provide multiple microreservoirs for controlled
single or multiple agent delivery. Each microreservoir corre-
sponds with a thin anode membrane cover; electrochemical
dissolution facilitates drug release in the form of solids,
liquids, or gels. Thus, reservoirs are subject to independent
release programming, and collectively offer a seemingly end-
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less permutation of release profiles and therapy combina-
tions. As an integrated circuit, the delivery system possesses
self-contained memory, processing, and microbattery capabil-
ities. Furthermore, microchips offer an array of initial
implantation options, ranging from surgery to oral ingestion.
Current research studies examine microchip biocompatibility
and efficacy.

Biodegradable ‘‘passive chips’’ (Fig. 8b) (166), based on
biodegradable polymer technology, represent an alternative
microchip development strategy. Biodegradable microchips
rely on slow degradation of a thin polymeric membrane, not
an integrated silicon-based circuit, for individual microre-
servoir release. Similar to its ‘‘active’’ counterpart, biocompat-
ibility and efficacy studies of biodegradable microchips are
currently underway. Both ‘‘pharmacy-on-a-chip’’ systems
potentially offer a 1000 drug delivery capacity.

6. CONCLUSIONS

CNS tumors represent a significant pharmacological and clin-
ical challenge. The BBB physiologically isolates the CNS, and
limits antineoplastic drug delivery. Thus, systemic che-
motherapy levels required for tumorcidal CNS concentrations
often carry prohibitive systemic toxicity. Biodegradable poly-

Figure 8 (Facing page) (A) Microchip with dime caption. Front
(left) and back views of a new microchip for controlled local release
of chemicals. The dots between the three large bars (cathodes) on
the front are the caps (anodes) covering the reservoirs holding the
chemicals. Electrical voltage applied between the cap and cathode
causes a reaction that dissolves the cap, thus releasing the reser-
voir’s contents. The back view shows the larger openings through
which the contents of the reservoirs are deposited. (These openings
are sealed after filling.) Photograph by Paul Horwitz, Atlantic Photo
Service, Inc. (B) Schematic of the passive microchip. Initial models
will use PLGA and other existing polymer matrices for the
substrate. The entire chip will be biodegradable.
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mer technology, by circumventing the BBB, offers a new
approach to treating brain tumors. Gliadel, the 3.85% (w=w)
BCNU-loaded pCPP:SA (20:80) polymer, stands as the first
FDA-approved treatment for malignant gliomas in 23 years,
and provides an encouraging precedent for further polymer
development. Multiple clinical trials and experiences demon-
strate Gliadel safety and efficacy.

Local polymer-based drug delivery, by limiting systemic
toxicity, expands the battery of potential chemotherapeutics
against malignant gliomas. Many drugs therefore remain
under active investigation as candidates for polymer adminis-
tration. Moreover, advances in combined immunotherapy and
local chemotherapy suggest further polymer-based applica-
tions. Microchip and CEDD technologies offer a broad
investigative horizon, hopefully supplanting the established
contributions of polymeric drug delivery systems.

The future holds exciting possibilities for both patient
and neurosurgeon. New drug delivery technologies and
treatment modalities extend therapy beyond surgical resec-
tion=debulking of a malignant tumor. Postoperatively,
patients may soon benefit from programmed microchips
sequentially delivering chemotherapeutics tailored to the
intraoperative frozen pathology diagnosis. Microreservoirs
loaded with adjuvant dexamethasone and dilantin could
treat cerebral edema and prevent seizure complications.
Immunotherapy, namely cytokine-loaded microspheres and
irradiated tumor cells from the resected specimen, further
expands potential tumor site interventions. Moreover, in
vitro testing of resected tumor against a wide battery of
chemotherapeutic agents will offer a unique sensitivity pro-
file; promising agents will be loaded onto polymer micro-
spheres and injected during a separate stereotactic
procedure. Overall, the development of biodegradable poly-
mer systems opens the CNS to pharmacological interven-
tion, and heralds great progress in the treatment of
malignant brain tumors.
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1. OVERVIEW AND HISTORICAL PERSPECTIVE

In the 1980s, the first long-term controlled-release peptide
products were born, establishing the feasibility of controlling
the release of small biomolecules. The polymer that was
chosen for these products was the safe and biodegradable
copolymer derived from lactic and glycolic acids [poly(lac-
tic-co-glycolic acids) or PLGAs], which had an established
safety record in clinically used resorbable sutures as well
as numerous other desirable characteristics, including the
ability to control the time-scale of bioerosion. Shortly there-
after, to meet the rapid growth in the number of protein
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drugs entering clinical trials (1,2), a strong scientific interest
followed to understand how to control the delivery of this
special class of molecules from PLGAs. Frequent injections
are standard practice for protein delivery because of the poor
bioavailability from non-invasive routes (e.g., oral and trans-
dermal) and the rapid clearance of proteins from the blood-
stream.

In the 1990s during more intense research on the con-
trolled-release of proteins from PLGA delivery systems, if
scientists bothered to check, by-and-large ubiquitous
instability of the encapsulated protein was observed. It
was clearly recognized that in order to overcome protein
instability in PLGAs, new approaches alternative to simple
empiricism, such as those based on determining the molecu-
lar mechanism of instability, were necessary (3–5). In addi-
tion, detailed physical-chemical analysis and simplification
of the problem, e.g., by the use of model proteins, has proven
to be extremely useful (3,5). Several key stresses responsible
for the instability of the encapsulated protein have been
identified, such as the use of organic solvent=water mixtures
during protein microencapsulation, and the moist and acidic
microclimate in the polymer during long-term controlled-
release under physiological conditions. Similarly, novel ways
to bypass these stresses have been uncovered, i.e., anhy-
drous encapsulation methods, immobilizing the protein with
a divalent counterion, and neutralizing the polymer microcli-
mate pH with antacid excipients (3–5). It is now possible to
slowly release stable proteins surpassing the 1-month bench-
mark. Despite these important advancements, much more
work needs to be done in order to extend these successes
to the large number of therapeutic proteins completing
clinical trials.

2. EVIDENCE OF PROTEIN INSTABILITY

Protein stability issues generally pose much more difficult for-
mulation challenges than do small molecules. The level of dif-
ficulty increases further still when encapsulating proteins in
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a biodegradable polymeric delivery system, such as PLGA, to
achieve a controlled-release depot effect. A preponderance of
evidence demonstrates that protein instability is the single
most difficult obstacle in the development of PLGA-based
delivery systems (4–6) for either model proteins, such as
bovine serum albumin (BSA) and a-chymotrypsin, or thera-
peutic proteins, such as tissue plasminogen activator (t-PA)
and basic fibroblast growth factor. Table 1 lists numerous
examples of reported instability of proteins encapsulated in
PLGA delivery systems.

3. WHAT IS THE INSTABILITY PATHWAY?

From the numerous publications during the early evalua-
tion of protein delivery from PLGAs including several of
those demonstrated in Table 1, it became clear that many
traditional empirical approaches were not getting at the
heart of the problem. Additional developmental hurdles
involved the extensive analytical challenges to protein char-
acterization as well as the fact that the protein was encap-
sulated in a polymer (5). Moreover, many scientists feared
removal from the polymer would damage the protein. Our
approach has been to develop an understanding of the path-
ways of protein instability, consisting of both the environ-
mental stresses (e.g., organic solvent=water interface and
extremes of pH) and molecular mechanisms (e.g., protein
unfolding and deamidation) leading to irreversible altera-
tion of the protein molecule (16,33). The groundwork for
this approach was laid by (i) examining in detail the physi-
cal-chemical events that occur during the lifetime of the
encapsulated protein (3–5,34), which allowed numerous
potential deleterious stresses on the protein to be revealed;
and (ii) reviewing the known molecular mechanisms of
protein instability established in neighboring scientific
disciplines (33,35).

Many of the latest developments have been described
recently (5), and will not be repeated here. Instead, we will
focus on our research directed at tackling likely the most
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Table 1 Examples of Protein Instability in PLGA Delivery
Systemsa

Protein Report of instability Reference

Peptide-bond fragmentation during release (7,8)
Bovine serum
albumin

Non-covalent aggregation during release
(with negligible to minor disulfide-
bonded component in aggregates)

(8,9)

Non-covalent aggregation during
encapsulation by solvent evaporation

(10)

Hen egg-white
lysozyme

Covalent dimerization and formation of
unknown products during release

(7)

Ribonuclease A Non-covalent aggregation during
encapsulation by solvent evaporation

(11)

Soluble aggregation in the absence of zinc
acetate and zinc carbonate during
release

(12)

Growth hormone Deamidation, oxidation, and aggregation
observed at rates similar to those in
solution during release

(13)

Aggregation during encapsulation and
release

(14)

Tetanus toxoid Incomplete release; loss in immunoreactive (15–17)
antigen during release (18–20)

Erythropoietin Covalent aggregation during solvent
evaporation; aggregation during release

(21)

Insulin-like
growth factor-I

Incomplete protein release over 25 days in
the absence of zinc carbonate

(22)

Vascular
endothelial
growth factor

Heparin affinity decreased by 13% after 8
days of release

(23)

Bone
morphogenetic
protein

Incomplete protein release;
30% immunoreactive protein recovered
after 28 days

(8)

Basic fibroblast
growth factor

Incomplete protein release; 38%
immunoreactive protein recovered after
28 days with heparin stabilizer

(8)

Carbonic
anhydrase

Adsorption, aggregation, and denaturation
during microencapsulation; incomplete
release; fragmentation, aggregation, and
loss of activity during
microencapsulation

(24,25)

Human Aggregation during microencapsulation (26)

(Continued)
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difficult phase of the encapsulated protein, that is, during
long-term controlled-release. The initial studies were perfor-
med with BSA, and these are described below.

3.1. Evaluating the Kinetics of Instability and
Denatured State of Encapsulated BSA

Because protein instability was ubiquitous to PLGA delivery
systems (Table 1), a somewhat ‘‘stable’’ protein was selected
in order to reduce the number of potential instability mechan-
isms that might occur and would require specific biochemical
analysis. BSA was a logical choice because of its low cost and
extremely well-defined structure and stability (36). As shown
in Figure 1, the protein was loaded into simple injectable
PLGA delivery systems, which appear in shape very similar
to common mechanical pencil leads. The so-called millicylin-
ders were originally developed and marketed for peptide
delivery (i.e., for Zoledax by AstraZeneca). In contrast to
smaller geometries such as common injectable microspheres,
this geometry for the study of protein delivery had several
advantages: (i) encapsulation was anhydrous using a mild
organic solvent, acetone; (ii) little micronization needed to

Table 1 (Continued )

Protein Report of instability Reference

interferon-
gamma

Human nerve
growth factor

Aggregation and loss of biological activity
during release

(22,27)

Porcine insulin Deamidation, fragmentation, and covalent
dimerization during release

(28)

Tumor necrosis
factor-alpha

Loss of biological activity during
microencapsulation

(29)

(TNF-a)
Horseradish
peroxidase

Loss of activity during microencapsulation
and release

(30)

a-Chymotrypsin Aggregation, denaturation, and loss of
activity during microencapsulation and
release

(31,32)

aSome examples were amended from Ref. 5.
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be performed; (iii) encapsulation was essentially 100% effi-
cient, simple, and reproducible; and (iv) release studies were
also simplified both in vitro and in vivo by releasing from a
single macroscopic device.

After BSA loading into PLGA 50=50 millicylinders at 15%
(w=w), the protein instability kinetics was monitored (8). In
order to assess the stability of encapsulated protein, the pro-
tein was removed from the polymer by a mild extraction proce-
dure, which minimized the undesirable situation of protein
contact with the organic solvent when hydrated (16). As shown
in Figure 2, the release of BSA was incomplete and a steady
growth of insoluble aggregates in the polymer was observed.
Standard biochemical analysis of proteins extracted from the
polymer revealed two salient features of the denatured state,
as shown in Table 2: (i) peptide-bond hydrolysis and (ii) non-
covalent aggregation mediated by hydrophobic interactions.

Figure 1 The SEM images of 15% BSA=PLGA 50=50
(i.v.¼0.63 dl=g) millicylinders without salts (A,C) and with 3%
Mg(OH)2 (B,D). (A,B) before incubation; (C,D) after 7-day incuba-
tion in PBST at 37�C. (From Ref. 40.)
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Figure 2 Effect of Mg(OH)2 content on BSA release kinetics (A)
and encapsulated BSA aggregation kinetics (B) during incubation
of the PLGA implants at 37�C in PBST. Millicylinders were loaded
with 15% BSA and 0% (�), 0.5% (&), and 3.0% (G) Mg(OH)2 (aver-
age�S.E., n¼ 3). (From Ref. 8.)
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3.2. Simulating the Encapsulated Denatured
State of BSA Outside the Polymer

In order to completely elucidate the instability pathways(s),
the destabilizing stress(es) needed to be uncovered. This
was handled by simulating the instability of the protein out-
side the polymer, and then determining which simulated
stresses produced the same denatured state of the protein,
as observed when encapsulated in the polymer (8). Numerous
conditions consisting of varying pH, level of moisture, and the
presence or absence of a polymer surface were examined.
Among those simulations, BSA incubated in the presence of
moisture and an acidic pH of 2, but not more than pH 3 (by
controlling the pH of the protein solution before lyophiliza-
tion), was required to match the denatured state of simulated
BSA with that of encapsulated BSA. The pH required for BSA
aggregation coincided with the lowest pH unfolding transition
of the protein to the expanded form at pH 2.7 (36).

As shown in Table 2, the simulated instability of BSA at
the low pH was matched with the instability of BSA encapsu-
lated in PLGA, in terms of time to 50% aggregation (�10
days), aggregation type, and distribution of hydrolysis frag-
ments. It was found that moisture affected the aggregation
rate but not the mechanism. For water=protein weight ratios
of 0–0.2 and 0.8–1.0, no aggregates and �70% non-covalent

Table 2 Comparison of BSA Instability under Simulated and
Encapsulated Conditions

Encapsulateda Simulatedb

Tme to 50%
aggregation

12 days 7 days

Aggregates soluble in
denaturing solventc

> 98% > 94%

Peptide fragmentationd 25, 40, and 55 kDa 25, 40, and 55 KDa

a15% BSA in PLGA millicylinders incubated in PBST at 37�C.
bLyophilized BSA at pH 2 incubated under 86% RH at 37�C.
cPBST containing 6M urea and 1mM EDTA.
dFrom SDS-PAGE of BSA samples treated with SDS and b-mercaptoethanol.
Source: From Ref. 8.
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aggregates were produced, respectively (8). To simulate BSA
adsorption, BSA solutions (pH 2–7) were incubated at 37�C
for 1week with blank PLGA microspheres or fine polymer
powder to provide a polymer surface. Negligible adsorption
(<2%) was recorded in any of these simulations (8). These
data proved that the acidic and moist microclimate inside
the PLGA pores caused BSA instability during the release,
and completed the elucidated pathways of encapsulated
BSA instability.

4. EXAMPLES OF STABILIZING PLGA-
ENCAPSULATED PROTEINS

Some general rules to protein stabilization in PLGAs have
been enumerated in a recent review (5). The general approach
to protein stabilization is taken from (33) following elucida-
tion of the instability pathway(s), as described for BSA above.
Stabilization can be accomplished in two general ways: (i)
directly inhibiting the mechanism (e.g., by adding competitors
for the reactive site, see addition of free histidine below) or (ii)
removing the deleterious stress (e.g., adjusting the pH; see
addition of antacid excipients below). Common examples such
as the addition of disaccharides, sucrose, and trehalose, which
inhibit protein unfolding, would fall under the first category,
whereas substituting anhydrous encapsulation in place of
common double emulsion encapsulation methods would fall
under the second. It is also worth mentioning the notable
result of complexation of proteins as performed with Zn2þ

for stabilization of growth hormone (12) or with heparin for
stabilization of basic fibroblast growth factor (37). These two
examples also fit under the first stabilization category.

Our group has focused on the conditions necessary to sta-
bilize proteins by attenuating the deleterious and ubiquitous
acidic microclimate in PLGAs; that is, to remove the acidic
stress in the polymer. As described in Figure 3, the acidic
microenvironment for encapsulated protein can in principle
be ameliorated by at least three strategies: (i) increasing the
permeability of the polymer to facilitate the escape of the
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acidic polymer degradation products; (ii) retarding the degra-
dation rate of the polymer, so less acidic species are generated
during the effective lifetime of the polymeric delivery system;
and (iii) neutralizing the soluble acidic species in the polymer
with basic excipients. Examples of improved protein stability
by these approaches are described and discussed below.

4.1. Stabilization of BSA in PLGA Millicylinders

The deleterious effect of ubiquitous PLGA acidity on encapsu-
lated peptides has been understood for many years (38). As

Figure 3 Description of formulation strategies for preventing
development of highly acidic pores in PLGA microspheres: (1) addi-
tion of an antacid excipients (MX2), which dissolves in response to
the liberation of acidic degradation products (HAn); (2) decrease
polymer hydrolysis (e.g., by using higher lactide content); and (3)
increase transport of acidic degradation products by increasing
the permeability of the polymer [e.g., by blending poly(ethylene gly-
col) with the PLGA]. (From Ref. 5.)
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described above, a careful analysis of PLGA-encapsulated
BSA also implicated the important role of microclimate acid-
ity on the damage to proteins. Recently, our group for the first
time devised a rational approach to uniformly raise the micro-
climate pH in PLGA 50=50 to neutral levels by the addition of
a poorly soluble basic additive, i.e., an antacid. This important
effect was demonstrated by adding to BSA=PLGA 50=50 milli-
cylinders Mg(OH)2, which had been used for many years to
inhibit acid-catalyzed biodegradation of poly(ortho esters)
(8,39,40). The morphology of PLGA millicylinders encapsulat-
ing BSA before and after in vitro release at 37�C is shown in
Fig. 1. BSA aggregation in PLGA millicylinders was essen-
tially inhibited when 3% Mg(OH)2 was added and continuous
release was subsequently achieved. As seen in Figure 2, more
than 80% of BSA was released continuously from PLGA milli-
cylinders when 3% of Mg(OH)2 was added in comparison to
only 20% BSA release for specimens without base. Insoluble
base was also found to reduce general acid-catalyzed hydroly-
sis of the polymer, and to enhance the water uptake of PLGA
during release presumably by increasing the osmotic pressure
in PLGA by the creation of magnesium carboxylate salts (8).

Despite this remarkable result, under certain formula-
tions [such as when only 0.5% Mg(OH)2 was added in
Fig. 2], the incorporation of base was only moderately success-
ful. To better understand the necessary criteria for successful
neutralization by antacids, both the base and protein loading
was varied (40). As shown in Table 3, at a constant Mg(OH)2
loading of 3%, as BSA loading was decreased from 15% to 10%
to 5%, the BSA aggregation in PLGA 50=50 millicylinders
rose from 6.8% to 21% to 48%, respectively. Similar effects
were observed as base loading was increased at constant
BSA loading. A percolation hypothesis was developed based
on (i) these data and (ii) confocal images of microspheres
containing Mg(OH)2 and the pH-sensitive fluorescent probe,
10-hydroxycamptothecin (41), which demonstrated heteroge-
neous pH neutralization by 3% Mg(OH)2 without additional
excipients. This hypothesis states that successful neutraliza-
tion afforded by the basic additives requires a percolating net-
work of pores connecting both the base and protein, and
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homogeneous acid-neutralization by the base requires (i)
selection of the appropriate base, and (ii) manipulation of
the polymer microstructure (e.g., via appropriate combination
of base and protein loading), to facilitate diffusion of the base
to all the acidic pores in the polymer (40).

Because the co-encapsulation of basic additive often
increases water content in the polymer matrix, which in turn
can inhibit protein aggregation, the contributions of moisture
and acidic microenvironment on BSA aggregation in PLGA
millicylinders were more closely differentiated (42). Sucrose
increases the water uptake of millicylinders, but does not neu-
tralize the soluble acidic polymer degradation products. By
comparing BSA stability in millicylinders encapsulating dif-
ferent levels of sucrose and millicylinders encapsulating dif-
ferent levels of Mg(OH)2, it was possible to differentiate the
contribution of moisture and acidic microenvironment to
BSA aggregation. As seen in Fig. 4, BSA-PLGA 50=50 millicy-
linders with either 10% sucrose or 3% Mg(OH)2 actually fol-
lowed identical water uptake kinetics. However, the
Mg(OH)2-containing millicylinders showed significantly
increased release rate and enhanced stability relative to those
polymer containing 10% sucrose but without base. Consider-
ing the well-recognized stabilization effect of sucrose, this
result provided strong evidence that Mg(OH)2 stabilizes
BSA mainly by neutralizing the acidic microclimate instead
of simple water uptake. The small increase in release and sta-
bility of the sucrose-containing preparation relative to the no-
excipient preparation is expected based on the influence of
water uptake and presence of sucrose on BSA stability.

4.2. Stabilization of BSA in PLGA Microspheres
by Adding Insoluble Base

The stabilization effect of insoluble base on protein in PLGA
microspheres has also been demonstrated (8), as shown in
Table 4. BSA also was shown to form non-covalent aggregates
(�25–70%) when encapsulated in w=o=w PLGA microspheres,
confirming that an acidic microclimate also commonly devel-
ops in PLGA 50=50 microspheres (41,43). Whereas the BSA
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instability mechanism in microspheres was similar to that
observed in millicylinders, co-encapsulation of Mg(OH)2
afforded only moderate inhibition of BSA aggregation in
microspheres. For example, the soluble fraction of BSA in
PLGA microspheres (0.64 dl=g) decreased from 68% without
base to 26%withMg(OH)2. This modest BSA stability increase
afforded by Mg(OH)2 was consistent with the aforementioned
percolation hypothesis and suggested that Mg(OH)2 could not
diffuse to all acidic protein pores in the polymer.

Figure 4 Polymer water uptake kinetics (A), BSA release from
(B) and stability in (C) PLGA millicylinders containing 10%
sucrose (&) or 3% Mg(OH)2 (�). Released BSA, soluble residue,
and insoluble residue indicate total BSA release, PBST-soluble,
and -insolube BSA recovered from the polymer after 4-week incu-
bation, respectively. BSA loading was 10% (average�S.E., n¼ 3).
(From Ref. 42.)
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To overcome the poor BSA-Mg(OH)2 co-percolation,
another base, MgCO3, which is about 10-fold more water solu-
ble than Mg(OH)2, was used to facilitate base diffusion. It was
found that the more soluble base, MgCO3, inhibited BSA
aggregation at a level similar to the inhibition attained in
millicylinders with Mg(OH)2. The better percolation of basic
additive in PLGA millicylinders was presumably attributed
to the high amount of BSA (15% in millicylinders compared
to 4–8% in microspheres) and the more porous polymer struc-
ture produced by solvent extrusion method. The tendency of
PLGA microspheres to form spontaneously isolated pores,
e.g., as recently documented by dextran-dye diffusion studies
in microspheres produced by w=o=w emulsion-solvent eva-
poration method (44), could be another cause for the low per-
colation of basic additives in microspheres. As demonstrated
in Table 4, for the medium-molecular-weight PLGA
(0.64 dl=g) microspheres, aggregation was held to just 13%
over 28 days with 89% recovery. Remarkably, co-encapsula-
tion of MgCO3 in low-molecular-weight PLGA (0.20dl=g)
resulted in a reduction of BSA aggregation to just 1.5% over

Table 4 Stabilization Effect of Basic Salts on BSA Delivery from
PLGA Microspheres

Formulations
Releasedc

(%)

Soluble
residued

(%)

Insoluble
residuee

(%)
Recovery

(%)

BSA=PLGA No base 4.4 � 0.1 17 � 2 68 � 6 90
microspheres 3% Mg(OH)2 6.9 � 0.2 65 � 2 26 � 1 98
(0.64 l=g)a 3% MgCO3 17 � 2 59 � 1 13 � 2 89
BSA= PLGA No base 16 � 2 0.9 � 0.1 24 � 3 41f

microspheres 3% Mg(OH)2 37 � 2 2.1 � 0.1 30 � 2 69f

(0.20 dl=g)b 3% MgCO3 68 � 2 24 � 1 1.5 � 0.2 94

aBSA loading was �4% and the release study was carried out for 28 days.
bBSA loading was �4% and the release study was carried out for 51 days.
cAll the data represent mean � S.E., n¼ 3.
dSoluble in PBST.
eInsoluble in PBST but soluble in 6M urea.
fLess recovery was probably due to protein hydrolysis.
Source: From Ref. 8.

Improving the Stability of PLGA-Encapsulated Proteins 395



51 days with 94% recovery. This preparation controlled the
release of BSA slowly and continuously over the entire experi-
ment after a 32% burst (data not shown).

4.3. Stabilization of BSA in PLGA Microspheres
by Combination of High Molecular Weight
PLA and PEG

Another approach to ameliorate the harmful acidic microen-
vironment in PLGA is using high molecular weight PLA (poly-
lactic acid), which degradesmore slowly andwill produce fewer
acidic species per unit time. The permeability of polymer can
also be elevated by using anhydrous microencapsulation rela-
tive to w=o=w, and by blending a pore-forming agent in the
polymer to facilitate diffusion of acidic species out of the poly-
mer. This approach was demonstrated by Jiang and Schwende-
man (9) by encapsulation of the model protein, BSA, in PLA
(i.v.¼ 1.07dl=g) by an anhydrous microencapsulation.

In the anhydrous microencapsulation, protein and exci-
pients were suspended=dissolved in PLA=acetonitrile solution
and then added to cottonseed oil to form an o=o emulsion with
Span 85 as an emulsifier. Petroleum ether was then added to
extract the acetonitrile and the microspheres were hardened.
The microspheres were then recovered by filtration and dried
under vacuum. As shown in Table 5 and Fig. 5, without the
pore-forming PEG, only 36% BSA was released from PLA
microspheres in 1-month of incubation with a total recovery
(releasedþall soluble and aggregated residue in polymer after
release) of 76%. Blending in 30% of 35kDa PEG with the PLA
eliminated the BSA aggregation in polymer completely, with
82% of encapsulated BSA released in 1month. The improved
BSA stability in PLA=PEG microspheres could be attributed
to a less acidic and more hydrophilic microenvironment in
the polymer. As seen in Fig. 6, unlike PLGA 50=50, which
caused a dramatic pH drop in the release medium after a 4-
week incubation (41), a relatively neutral pH was retained
in the release medium for both PLA and PLA=PEG micro-
spheres. A slightly lower pH in the release medium incubated
with PLA=PEG microspheres relative to that in PLA was also

396 Schwendeman and Kang



T
a
b
le

5
E
ff
ec
t
of

P
E
G

on
B
S
A

A
g
g
re
g
a
ti
o
n
in

O
=
O

M
ic
ro
sp

h
er
es

a
ft
er

2
9
-d
a
y
R
el
ea

se
S
tu
d
y
in

P
B
S
T

a
t

3
7
� C

F
or
m

co
d
e

M
W

of
P
E
G

in
b
le
n
d
a
(k
D
)

P
E
G

w
t.
%

R
el
ea

se
d

B
S
A

(%
)

S
ol
u
b
le

B
S
A
b
(%

)

N
on

-c
ov

a
le
n
t

a
g
g
re
g
a
te
sc

(%
)

N
on

-c
ov

a
le
n
t

a
n
d
d
is
u
lfi
d
e

b
on

d
ed

a
g
g
re
g
a
te
sd

(%
)

R
ec
ov

er
y
(%

)

o
–

0
3
6
�

1
e

1
5
�

1
e

2
2
�

1
e

2
5
�

2
e

7
6
�

2
e

a
1
0

5
4
4
.6

�
0
.3

3
0
�

2
4
1
�

2
4
1
�

7
1
1
6
�

7

b
1
0

1
0

4
0
.4

�
0
.3

3
9
�

2
2
6
�

4
3
6
�

4
1
1
5
�

4

c
1
0

2
0

7
3
.2

�
0
.3

3
7
�

4
–

–
1
1
0
�

4

d
3
5

2
0

7
5
.5

�
0
.3

3
0
.2

�
0
.2

–
–

1
0
6
�

1

e
3
5

3
0

8
2
.3

�
0
.2

3
0
�

2
–

–
1
1
2
�

2

a
T
h
eo

re
ti
ca
l
p
ro
te
in

lo
a
d
in
g
w
a
s
5
%
;
P
L
A

(i
.v
.¼

1
.0
7
d
l=
g
)
w
a
s
u
se
d
in

th
e
fo
rm

u
la
ti
on

a
n
d
th
e
to
ta
l
p
ol
y
m
er

co
n
ce
n
tr
a
ti
on

(w
=
v
)
w
a
s

2
0
%
.

b
S
ol
u
b
le

in
P
B
S
T
.

c S
ol
u
b
le

in
d
en

a
tu
ri
n
g
a
g
en

ts
(8

M
u
re
a
).

d
S
ol
u
b
le

in
co
m
b
in
ed

d
en

a
tu
ri
n
g
a
n
d
re
d
u
ci
n
g
a
g
en

ts
(8

M
u
re
a
a
n
d
1
0
m
M

D
T
T
).

e
T
h
e
B
S
A

re
le
a
se

st
u
d
y
fr
om

th
e
P
L
A

sp
ec
im

en
w
a
s
p
er
fo
rm

ed
ov

er
4
5
d
a
y
s
a
n
d
th
e
re
si
d
u
e
w
a
s
re
co
v
er
ed

a
ft
er

th
is

ti
m
e.

S
ou

rc
e:

F
ro
m

R
ef
.
9
.

Improving the Stability of PLGA-Encapsulated Proteins 397



Figure 5 The effect of PEG content and molecular weight in the
PLA=PEG blend on the release kinetics of BSA. (A) PEG 10,000
content was 0% (�), 5% (&), 10% (G), and 20% (;); (B) PEG mole-
cular weight and content were 20% PEG 10,000 (&) and 20%
PEG 35,000(�), 30% PEG 35,000 (G), (average�S.D., n¼ 3). (From
Ref. 9.)

Figure 6 pH change of release medium in PLA (G), PLA=PEG
35,000 (80=20) (&), and PLA=PEG 10,000 (80=20) (�) microspheres
containing 5% BSA when incubated at pH 7.4 PBST and 37�C.
(From Ref. 9.)
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observed (�0.1–0.2 pH unit difference), indicating that some
acidic degradation products were able to diffuse out of the
polymer device through the water channels formed by PEG
in PLGA=PEG microspheres. In addition, the paH

� [see (41)
for definition of this pH measurement in acetonitrile-H2O
mixture] inside PLA=PEG (20% of 35 kDa) microspheres
before and after 30 days of incubation were determined to
be 6.5 and 5.4, respectively, in contrast to paH

� �3 in PLGA
50=50 microspheres after a similar incubation time (41).
These results confirmed that the acid build-up was remark-
ably reduced in the PLA=PEG blend formulation.

The water content in PLA microspheres was also greatly
enhanced by PEG. As seen in Figure 7, the higher the PEG
content, the higher the increase of water uptake. Micro-
spheres containing 20% PEG had almost twice the amount
of water uptake relative to those with 10% PEG in the humid
environment. The presence of 5% BSA did not increase water
uptake rate significantly in the PLA=PEG blend micro-
spheres, which was likely overwhelmed by the strong water
sorption induced by the PEG.

Therefore, the less acidic microenvironment in PLA=PEG
microspheres, which consequently stabilized BSA in polymer
microspheres can be attributed to (i) a slower PLA degradation
rate as compared to PLGA 50=50. The rate constant of PLA
degradation at 37�C in water has been reported to be roughly
0.012 day�1, in comparison to 0.103 day�1 for PLGA 50=50
(45); (ii) addition of PEG significantly increased the water con-
tent in the formulation, which is expected to inhibit protein
aggregation; and (iii) blending PEG in PLGA likely increases
the effective diffusion coefficient of the acidic degradation pro-
ducts in the polymer matrix, facilitating acid release from the
polymer.

4.4. Stabilization of f-BSA in PLGA Microspheres

Although protein stability can be improved by neutralizing
the detrimental acidic microenvironment, and without
adjustment of this environment it may be difficult to stabilize
an acid-labile protein, most proteins do require additional
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formulation considerations to prevent degradation pathways
specific to the protein of interest. For example, formalde-
hyde-treated protein antigens undergo a unique form of for-
maldehyde-mediated aggregation in the solid state (46,47).
Jiang and Schwendeman used the model protein antigen, for-
maldehyde-treated BSA (i.e., formalinized BSA or f-BSA), to
develop a rational approach to stabilize formalinized protein
antigens when encapsulated in PLGA microsphere delivery
systems, and the result was slow and continuous release of
stable f-BSA for 2 months (48).

Formalinization is one of the most commonly used meth-
ods to produce inactivated vaccine antigens. The formalinized
tetanus toxoid and diphtheria toxoid are the two top antigens
of the World Health Organization for the development of sin-
gle-dose vaccine formulations (49). However, the antigen
instability in polymeric systems is the primary obstacle pre-
venting the successful development of controlled-release

Figure 7 Water uptake kinetics of microspheres after incubation
at 97% R.H. and 37�C: blank PLA microspheres (�), blank
PLA=PEG 35,000 (90=10) microspheres (&), blank PLA=PEG
35,000 (80=20) microspheres (G), 5%BSA=PLA=PEG (80=20) micro-
spheres (}), and blank PEG microspheres (;). (From Ref. 9.)
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systems for these important antigens (18,50). As seen in
Figure 8, when f-BSA or BSA was encapsulated in PLGA
50=50 microspheres by the w=o=w double emulsion-solvent
evaporation method, these proteins could not be released from
the microspheres after the initial burst release. The incom-
plete release was attributed to insoluble aggregation of both
BSA and f-BSA in PLGA microspheres, as demonstrated in
Figure 9. By 28 days, 40% of initially encapsulated BSA had
become insoluble and unreleasable from the polymer. Insolu-
ble f-BSA inside microspheres increased from 8% at 7 days to
31% at 28 days of incubation. However, as seen in Table 6, vir-
tually none (<11%) of the f-BSA aggregates formed in PLGA
microspheres was soluble in combined denaturing and redu-
cing agents (8M ureaþ 10mM DDTTþ 1mM EDTA), after

Figure 8 Cumulative release kinetics of BSA (�) and f-BSA (&)
from 1.5% protein=PLGA 50=50 (i.v.¼ 0.20 dl=g) w=o=w micro-
spheres at 37�C (average�S.D., n¼ 3). (From Ref. 48.)

Improving the Stability of PLGA-Encapsulated Proteins 401



the microspheres were incubated either in the release med-
ium or under humid conditions (80% RH) for 28 days. By con-
trast, aggregates of the encapsulated control antigen, BSA,
were always soluble in the combined reducing and denaturing
solvents irrespective of condition used, although the distribu-
tion of non-covalent to disulfide-bonded aggregates was lar-
gely dependent on the specific deleterious condition.

These data revealed that, unlike BSA which underwent
primarily non-covalent aggregation or thiol-disulfide inter-
change, f-BSA aggregated primarily by the formaldehyde-
mediated aggregation pathway (FMAP). As reported earlier,
formalinizedantigens possess special reactive species that trig-
ger a unique formaldehyde-mediated aggregation (46,47).
Briefly, labile antigen-formaldehyde linkages formed during
formaldehyde treatment are converted to highly reactive elec-

Figure 9 Aggregation of BSA (open bar) and f-BSA (solid bar) in
1.5% protein=PLGA 50=50 (i.v.¼ 0.20 dl=g) w=o=w microspheres
when incubated at 37�C and in the release medium for 7 days and
28 days (average�S.D., n¼ 3). (From Ref. 48.)
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trophiles (e.g., Schiff bases) under appropriate conditions, such
as intermediate levels ofmoisture in the solid state. Schiff bases
may combine with nucleophiles on another protein molecule to
form intermolecular crosslinks, eventually leading to the for-
mation of non-disulfide-linked covalently bonded insoluble
aggregates.

The same authors demonstrated that strongly formalde-
hyde-interacting free amino acids such as l-lysine and l-histi-
dine could significantly inhibit or stop FMAP under the most
severe moisture level for this reaction (47). Therefore, free
histidine was incorporated together with f-BSA in the polymer
to inhibit the FMAP. An o=o encapsulation was used to achieve
high encapsulation efficiency and to avoid the exposure of pro-
tein to the detrimental w=o interface as occurs during the
w=o=w encapsulation. A 1:5 (w=w) trehalose was also used to
stabilize the protein by preferential hydration and to protect
the protein during lyophilization. As seen in Table 7, without
any stabilizer, f-BSA retained only 30% of its solubility in o=o
microspheres after 6 days of incubation, whereas f-BSA co-
encapsulated with histidine, histidineþ trehalose resulted in
81% and 102% soluble protein after 28 days of incubation,
respectively. These data strongly suggested that histidine suc-
cessfully inhibits the FMAP in PLGA systems and the addition
of trehalose adds to this stabilization effect.

However, when f-BSA, histidine and trehalose were
encapsulated in PLGA 0.64 dl=g 50=50 by o=o microencapsula-
tion, a large bust release was observed. A high 80% of f-BSA
was released in 1 day and the larger burst effect could not
be reduced even when the loading was decreased to 5%.
Another problem associated with 50=50 PLGA microspheres
was the expected acidic microenvironment, which may induce
hydrolysis of proteins. In addition, most bacterial toxoids are
generally unstable below pH 4.5, making it more desirable for
protein antigens to be released from a neutral microenviron-
ment. To solve the large burst release and the acidic microen-
vironment, slow-degrading PLA (i.v. 1.07) was used together
with the pore-former PEG (35KDa) (9) to encapsulate f-BSA
and the stabilizing excipients. As demonstrated in Figure 10
and Table 8, in the absence of additives, 35% of f-BSA was
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released from PLA microspheres after 60 days of incubation.
After blending PLA with PEG, both release rate and total
releasable amount of f-BSA was increased. After 60 days of
incubation, formaldehyde-mediated aggregates formed in
microspheres were reduced to <15%. With co-encapsulation
of histidine and trehalose (the weight ratio of f-BSA=
histidine=trehalose was 1:0.5:0.5), the FMAP was completely
halted. For the stabilized formulation, 94% of f-BSA was
continuously released out of the polymer device and the

Table 7 Effect of Encapsulation Method, Histidine, and Trehalose
on f-BSA Aggregation in Microspheres after Exposure to 80% R.H.
and 37�C

Antigens formulation
Incubation
condition Soluble f-BSA (%)

Effect of encapsulation method
f-BSA w=o=w microspheresa 97% R.H., 37�C,

16 days
50 � 2

f-BSA o=o microspheresa 97% R.H., 37�C,
16 days

112 � 1

Effect of histidine and trehalose
f-BSA o=o microspheresa 80% R.H., 37�C,

6 days
30 � 5

80% R.H., 37�C,
6 days

106 � 10

f-BSAþHis o=o microspheresb,c 80% R.H., 37�C,
28 days

81 � 5

80% R.H., 37�C,
6 days

80% R.H., 37�C,
28 days

127 � 7

f-BSAþHisþTre o=o microspheresa,c 80% R.H., 37 �C,
28 days

102 � 14

aTheoretical protein loading was 8%; PLGA50=50 (i.v.¼0.64dl=g) was used for micro-
sphere preparation.

bHistidine was co-encapsulated in microspheres. The weight ratio of histidine to f-
BSA was 1:5.

cHistidine and trehalose were co-encapsulated in microspheres. The weight ratio of
histidine:trehalose:f-BSA was 0.5:0.5:5.0.
Source: From Ref. 48.
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unreleased protein fraction remained completely soluble in
microspheres.

4.5. Stabilization of Therapeutic Proteins in
PLGA Millicylinders

Therapeutic proteins have also been stabilized in PLGA milli-
cylinders by neutralizing the acidic microenvironment with
insoluble basic additives in combination with additional exci-
pients that improve the intrinsic stability of the encapsulated
protein. Two examples are provided below using t-PA and
basic fibroblast growth factor.

Kang and Schwendeman reported a millicylindrical
PLGA implant, which can release active t-PA completely
and continuously over an one month period (42). The t-PA is
a tissue type endogenous serine protease involved in thrombi
dissolution (51). The US FDA has approved the use of
recombinant t-PA for the treatment of myocardial infarction

Figure 10 Cumulative release kinetics of f-BSA from f-BSA=PLA
(i.v.¼ 1.07 dl=g) s=o=o microspheres (&), f-BSA=PLA (i.v.¼ 1.07 dl=g)
=PEG 35,000 s=o=o microspheres (G), f-BSAþhistidine þtrehalose
=PLA (i.v.¼ 1.07 dl=g)=PEG 35,000 s=o=o microspheres (�) at 37�C
(average�S.D., n¼ 3). (From Ref. 48.)
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(52,53). Controlled-release t-PA implants for local delivery
have also been developed to control wound healing and for
prevention of proliferative vitreoretinopathy (PVR) (54,55).

The t-PA was encapsulated in PLGA millicylinders
together with arginine and other excipients existing in the
t-PA lyophilized powder (2% t-PA, 75% l-arginine, 22% phos-
phoric acid, and 1% polysorbate 80), similarly as previously
described (55). Excess free arginine serves as an excellent sta-
bilizing ligand for t-PA. The loading of t-PA and total water-
soluble solids (proteinþexcipients) was 10%, respectively.
Arginine hydrochloride and BSA were added in the release
medium to improve the stability of t-PA once released. To
neutralize the acidic microenvironment in PLGA during
release, 3% Mg(OH)2 was added. The release profile and
active residue of t-PA after release was evaluated by enzy-

Table 8 Inhibition of FMAP in f-BSA Microspheres after 60-Day
Release in Phosphate Buffered Saline Containing 0.02% Tween 80
(PBST) at 37�C

Antigens
formulations

Released
f-BSA (%)f

Soluble
f-BSAd,g(%)

Non-covalent
and

disulfide-bonded
aggregatese,g (%) Recoveryh (%)

f-BSA=PLAa 35 � 0 27 � 2 5 � 2 65 � 3e

f-BSA=PLA=
PEG blenda,b

68 � 1 16 � 1 3 � 1 87 � 1e

f-BSAþHis
þTre PLA=
PEG blenda-c

94 � 1 18 � 1 0 111 � 1

aTheoretical protein loading was 6%; PLA (i.v.¼ 1.07dl=g) concentration (w=v) dur-
ing encapsulation was 20% in the absence of PEG and 14% in the PLA=PEG blend.

bPEG (MW 35,000) concentration (w=v) was 6%.
cHistidine and trehalose were co-encapsulated into microspheres. The weight ratio of
histidine:trehalose:f-BSA was 1:1:2.
dSoluble in PBST.
eSoluble in combined denaturing and reducing agents (6M GnCl and 10mM DTT)
fInsoluble aggregates were visible in combined denaturing and reducing agents, indi-
cating the presence of the FMAP.
gPercentage was calculated relative to the original encapsulated protein amount.
Source: From Ref. 48.
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matic colorimetric assay. As seen in Figure 11, upon addition
of Mg(OH)2 to the polymer, 1-month’s release of t-PA was
increased from 77� 3% to 98� 0%, and recovery (active
released partþactive residue) was increased from 83� 3% to
100� 1%, respectively.

Another example of improved stability of therapeutic
proteins in PLGA delivery systems by addition of poorly
soluble bases and protein-specific stabilization excipients is
the delivery of basic fibroblast growth factor (bFGF) (8). The
bFGF is a potent angiogenic factor, which can modulate both
cell proliferation and differentiation in vitro and in vivo and is
being studied for wound healing and tissue regeneration (56).
bFGF is a very unstable protein, having an in vitro half life in
pH 7 buffer of 24h and an in vivo half life of 3min (57).

To stabilize bFGF in PLGA millicylinders, several addi-
tives were encapsulated with bFGF in PLGA. Since bFGF is
a very potent protein and loaded in the polymer at a very
low level (i.e. <0.1%), a water-soluble carrier molecule such
as BSA is needed to aid in the transport of the poorly soluble
base throughout the polymer for uniform acid neutralization
(40). Therefore, Mg(OH)2 and BSA were used to neutralize

Figure 11 Release (A) and stability (B) of t-PA from PLGA milli-
cylinders with (&) or without (�) 3% Mg(OH)2. Active released and
active residue indicate total t-PA release and recovery from the
polymer after a 4-week incubation, respectively (average�S.E.,
n¼3). (From Ref. 42.)
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the acidic microenvironment. Excess BSA could also poten-
tially inhibit the deleterious adsorption of bFGF to PLGA.
Heparin at a weight ratio of 1:1 (heparin to bFGF) was neces-
sary to stabilize the heparin binding site of bFGF (37). EDTA
was incorporated as a chelating reagent to inhibit the effect of
trace metal ions on bFGF stability. Sucrose was used to help
retain the bFGF structure in the solid state (56).

As shown in Figure 12 and Table 9, when bFGF was
encapsulated (�0.0025%) in the Mg(OH)2=BSA=PLGA milli-
cylinders, the growth factor was released continuously. Over
28 days, 71% of immunoreactive bFGF was detected in the
release medium and 21% remained in the polymer, account-
ing for approximately 92% of initially encapsulated bFGF.
Both heparin and the Mg(OH)2=BSA combination were neces-
sary to retain bFGF immunoreactivity. For example, when
heparin was removed from the stabilized formulation, only

Figure 12 Controlled-release of bFGF. (A) PLGA millicylinders
were loaded with 3% Mg(OH)2=0.0025% bFGF=0.0025%
heparin=0.01% EDTA=0.6% sucrose=14.4% BSA (�) and 3%
Mg(OH)2=0.01% bFGF=0.01% heparin=0.01% EDTA=2.3%
sucrose=12.7% BSA (&) (average�S.E., n¼ 3). (B) Evaluation of
biological activity of bFGF samples from the slow-releasing millicy-
linders. Bioactivity (%)¼ concentration determined by bioas-
say=concentration determined by ELISA� 100%. (From Ref. 8.)

Improving the Stability of PLGA-Encapsulated Proteins 409



2% bFGF was released over 1month with no immunoreactive
bFGF in the residue fraction. Similarly, when 20% arabic
gum was substituted for 3% Mg(OH)2=BSA, no bFGF was
observed in the release medium after 4 days and only 38%
was accounted for in both the release and residual fraction.
It was also found that when bFGF and sucrose content in
the formulation was increased, the bFGF release could be
adjusted to a slow and continuous release for up to 4 weeks
and the protein retained > 66% bioactivity over the same
interval (8).

5. CONCLUDING REMARKS

In the 1980s numerous impediments were overcome to pro-
vide controlled-release peptide dosage forms, which has
changed the paradigm of drug delivery for many of these
important drugs, i.e., particularly leuprolide for treatment
of prostate cancer. Over the last 10 years, numerous
impediments to controlled-release of proteins have been
similarly identified, and several solutions demonstrated, as
evidenced by the marketed Nutropin Depot formulation
for growth hormone, and some of the examples described

Table 9 Stabilization Effect of the Basic Salt on bFGF Delivery
from PLGA Millicylinders

Formulations
Releasedb

(%)

Soluble
residuec

(%)
Recovery

(%)

bFGF=PLGA
millicylindersa

15%BSA=3%Mg
(OH)2=no heparin

1.9 � 1.3 0 2

20% gum
arabic=heparin

32 � 1 6 � 3 38

15%BSA=3%
Mg(OH)2=heparin

71 � 5 21 � 2 92

abFGF loading was �0.0025% and the release study was carried out for 28 days.
bAll the data represent mean � S.E., n¼ 3.
cSoluble in PBST=1% BSA=10mg=ml heparin.
Source: From Ref. 8.
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here. Strategies for microclimate pH control have proven
very useful in the stabilization of PLGA-encapsulated pro-
teins. The next several years may provide the answer as
to whether these and other initiatives will bear fruit and
many more therapeutic proteins will be successfully formu-
lated into controlled-release dosage forms suitable for
commercialization.
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1. INTRODUCTION

Proteins are among the most exquisite components of nat-
ure’s cellular machinery. Just 20 amino acids comprise the
reservoir from which molecules can be constructed that
perform such diverse functions as DNA replication, active
transport of biological cargo, and structural scaffolding for
the cell and organism. However, the amazing versatility of
proteins comes at a cost, namely a requirement for exquisite
fidelity in their synthesis. The deletion or misplacement of
as few as one amino acid can render a protein dysfunctional
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and have catastrophic consequences for the cell and organ-
ism. In order to assure their functionality, elegant mechan-
isms have evolved for the synthesis of proteins. These
include the various regulatory elements and checkpoints
that make up the DNA replication and protein synthesis
pathways, ensuring that genes are faithfully replicated dur-
ing cell division, and that proteins with the correct
sequences and post-translational modifications are produced
from the corresponding genes.

From a polymeric materials science perspective, the prop-
erties of biologically synthesized proteins are interesting on
three fundamental levels: functionality, diversity, and fidelity.
The use of proteins or their subunits in polymeric materials
offers the possibility to incorporate biofunctional and=or bior-
ecognizable motifs that can interact with the physiological
environment. Examples of biorecognizable materials include
those containing recognition sites for proteolytic enzymes for
controlled biodegradation, and cellular attachment motifs.
As described in the previous paragraph, naturally occurring
proteins exhibit tremendous diversity in their material
properties and functionality. This diversity can be further
enhanced by engineering slight alterations in the sequences
of natural proteins, or combining natural proteins to produce
artificial proteins with hybrid functionalities. The silk-
elastinlike protein polymers, a hybrid class of materials based
on silk fibroin and mammalian elastin, are one example (1).
Finally, the fidelity with which biological systems synthesize
proteins offers precise control over sequence, composition,
stereochemistry, and molecular weight that is largely unat-
tainable by traditional chemical methods. This fidelity can
be exploited to synthesize macromolecules with complex
structures and rational placement of functional motifs.

Taken together, all of these characteristics have stimu-
lated significant interest in the use of protein-based biomater-
ials for drug delivery, gene delivery, and other biomedical
applications. The purpose of this chapter is to present the cur-
rent state of the art in the use of biologically synthesized,
protein-based polymers for biomedical applications, with an
emphasis on drug and gene delivery.
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1.1. Genetically Engineered Polymers

Cappello has defined genetically engineered protein-based
polymers (hereafter also referred to as genetically engineered
polymers or protein-based polymers) as polypeptide chains
composed of tandemly repeated amino acid monomer units,
synthesized by recombinant techniques (2). These monomer
units are ligated, at the DNA level, to form a template for the
synthesis of a high molecular weight, repetitive polymer. In
contrast, sequential polypeptides are synthesized by chemical
polymerization of short peptides, which are usually obtained
by solid-phase techniques. Random poly(amino acid) homo-
or copolymers are synthesized by random polymerization of a
homogeneous or heterogeneous pool of amino acids.

Both sequential polypeptides and poly(amino acid)s have
heterogeneous molecular weights. Though sequential poly-
peptides offer some degree of control over sequence and com-
position, random poly(amino acid) copolymers have a random
sequence and their composition depends on the method of
synthesis and reactivity of the comonomers. By contrast
genetically engineered polymers have homogeneous molecu-
lar weights, and recombinant techniques enable long-range
and high fidelity control over polymer sequence.

2. SYNTHESIS AND CHARACTERIZATION

All strategies for the production of genetically engineered
polymers rely on the basic principle of self-ligation (concata-
merization) of DNA monomers to form concatameric DNA
sequences (3,4). These concatamers are then cloned into the
appropriate plasmid and introduced into a biological expres-
sion system, where they are transcribed and translated by
the cellular machinery to produce a protein-based polymer.

Synthesis begins with the conceptual design of the
desired polymer and the corresponding oligonucleotide
sequence that encodes the monomer(s). When designing these
sequences, several biological constraints are considered:
First, the codon usage preference of the organism in which
the polymers are to be synthesized (often Escherichia coli)
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must be considered. Repetitive usage of rare codons results
in transfer RNA (tRNA) depletion, completely inhibiting the
synthesis of some polymers and causing truncation of others.
Second, while polymeric gene sequences require repetition
by nature, the repetition of identical codons should be
minimized. This can be achieved by utilizing the redundancy
of the genetic code. The consequences of highly repetitive
codon usage include tRNA depletion and genetic instability
due to recombination and=or deletion (5–7). Third, the
sequence should be designed to minimize complementarity
that can cause messenger RNA (mRNA) secondary structure
formation. Formation of mRNA secondary structures can
cause pausing and disengagement of the ribosome during
translation of the mRNA, resulting in truncated polymers.

The monomer oligonucleotide sequence is typically
synthesized by automated chemical synthesizers, which are
currently limited in their ability to produce oligonucleotides
with a size greater than 100 bases. This size limitation may
require the synthesis of multiple oligonucleotides, which can
then be enzymatically ligated to form monomers with a length
greater than 100 bases. After synthesis, the monomers are
purified and annealed with their complementary strands to
make double-stranded DNA that is suitable for cloning.

Synthesis of recombinant proteins (polymers) is often
accomplished through the use of two types of plasmids (or
vectors), the cloning vector and the expression vector. Cloning
vectors are plasmids that lack the DNA sequences necessary
for the transcription of an inserted gene. They are normally
used to ‘‘store’’ genes in a stable form until expression and
to limit the problems that can arise from basal levels of
expression of toxic proteins. Expression vectors contain the
DNA sequences necessary for gene transcription and, in com-
bination with an appropriate biological host, can be used to
produce a protein (polymer) of interest. To minimize genetic
instability early in the process, a cloning vector is often
used in the initial stages of polymer synthesis. The mono-
mer gene is inserted into such a vector and transformed into
E. coli, which can be grown to produce large quantities of
the vector and hence the monomer gene within it. Before
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multimerization, the presence and identity of the mono-
mer gene are confirmed by restriction digestion and DNA
sequencing (8).

In order to produce polymers, at the DNA level, the mono-
mers must be concatamerized. The first step in the synthesis of
concatamers is the production of relatively large amounts
of the monomer. This can be accomplished through large-scale
plasmid preparations or the polymerase chain reaction (PCR),
followed by digestion with the appropriate restriction enzymes
and gel purification. The classic technique for concatameriza-
tion of DNA monomers involves the incubation of monomers
with ligation enzymes such as T4 DNA ligase (1). This strategy
produces an assortment of DNA concatamers in which the size
may be roughly controlled by the reaction time and the concen-
tration of the monomers and ligase. However, this technique
suffers from three primary limitations: First, there is no guar-
antee that a concatamer of a desired size will be obtained. Sec-
ond, as concatamer size increases, circularization occurs,
preventing further manipulation. Third, this method requires
the inclusion of unique restriction enzyme recognition sites
that may require the insertion of extraneous codons (and
hence amino acids) between monomers. These limitations
have been addressed by the development of altered synthetic
strategies. Recursive directional ligation is a method that
can be used to synthesize concatameric DNA sequences of pre-
cisely defined lengths while avoiding circularization problems
(9). Another technique, relying on the isolation and ligation of
pre-ligated concatamers, has also been utilized to control
length and limit circularization (10). Finally, a technique
called seamless cloning has been used to produce DNA mono-
mers and concatamers without any extraneous codons
between monomers (11,12).

After synthesis, the DNA concatamers are ligated into
either another cloning vector or an expression vector. The
choice of the vector is partially based upon the availability
of the necessary restriction sites and desired purification
strategy. When the polymer gene is cloned into an expression
vector, it may be transformed first into a strain of bacteria
that is incapable of expressing it. As with the use of a cloning
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vector, this approach avoids potential problems related to
genetic stability and=or cytotoxicity due to basal levels of
polymer expression. However, the production of polymers
eventually requires that an expression plasmid containing
the polymer gene be transformed into an expression host.

Many E. coli expression systems contain an inducible
promoter that can be used to turn on polymer production once
the cells have grown to an optimal density. This strategy is
intended to maximize the efficiency of polymer production.
Production of recombinant proteins redirects metabolic
resources that are normally used for cellular growth, mainte-
nance, and division, often leading to a slowing or arrest of
growth. By allowing the cells to reach a relatively high
density prior to inducing polymer expression, the need for
further division can be somewhat circumvented and the yield
of the polymer may be increased.

Purification of polymers is performed by standard techni-
ques that have previously been established for recombinant
proteins. Frequently these include the use of affinity tags
[e.g., poly(histidine), glutathione-s-transferase] that can be
used to chromatographically purify recombinant proteins. If
necessary, the tag can subsequently be removed by enzymatic
cleavage.

Some polymers have been purified on the basis of their
physicochemical properties. For example, silk-like polymers
have been purified by taking advantage of their low solubility
in aqueous medium (13). Elastin-like polymers (ELPs) have
been purified by temperature cycling above and below their
inverse temperature transition (Tt) (14). This technique has
been extended to produce an ELP-tag that can be used to
purify a number of recombinant proteins by temperature
cycling, which may be faster and less expensive than affinity
chromatography (15).

After purification, polymers are typically characterized
by a standard set of techniques that can include amino acid
content analysis, mass spectrometry, sodium dodecyl sulfate
polyacrylamide gel electrophoresis (SDS-PAGE), and immu-
noblotting. These methods are intended to verify the identity
of the polymer. Depending on the type of polymer being
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synthesized, a series of polymer-specific characterizations will
then be performed.

While biological synthesis of polymers confers many
advantages, it also imposes some limitations. As described
previously, there are several issues that must be considered
when designing the monomer and concatamer gene sequen-
ces. Furthermore, the potential toxicity of the genetically
engineered polymer to the expression host, and the resultant
effect on the integrity of the product must be considered.

While the 20 natural amino acids do provide significant
structural diversity, the natural amino acid pool can also be
viewed as a limitation. Kiick et al. have begun to address this
limitation by incorporating artificial amino acid analogs into
genetically engineered polymers (16). Incorporation of the
amino acid azidohomoalanine into the medium of methio-
nine-depleted bacterial cultures resulted in the replacement
of natural methionine with azidohomoalanine. The signifi-
cance of this substitution is that it allows chemical modifica-
tion of the azide group by the Staudinger ligation, offering
the ability for site-specific modification of the protein-based
polymer.

3. DRUG DELIVERY APPLICATIONS

Drug delivery research is substantially focused on improving
methods to deliver medications to the necessary location, in
the correct amount, at the correct time. The relatively recent
emergence of nucleic acid based therapies has enhanced the
appreciation for protection and targeting at the subcellular
level. Because of the potential to incorporate several functions
into a single molecule, there is significant interest in poly-
meric biomaterials for drug and gene delivery applications
requiring the circumvention of multiple biological barriers.
The ability of some polymers to traverse these barriers and
deliver bioactive agents without significant toxicity lies pri-
marily in their chemical structure. By enabling more precise
control over the macromolecular architecture, the structural
factors influencing the effectiveness of drug delivery from
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polymeric biomaterials can be more clearly elucidated, and
more efficient delivery systems can be designed.

Though still at an embryonic stage of development, the
application of genetically engineered polymers to drug deliv-
ery thus far can be divided into two general approaches: poly-
mers for systemic administration and gel-forming polymers
for localized, controlled release applications. Both approaches
may yield either a localized (i.e., targeted) or systemic effect,
depending on the macromolecular structure and the proper-
ties of the therapeutic entity.

3.1. Polymers for Systemic Drug Delivery

3.1.1. Thermally Targeted ELP Carriers

Applications of genetically engineered polymers for targeted
systemic drug delivery have primarily aimed at treating solid
tumors. The targeting of anticancer medications to solid
tumors is an extremely challenging problem, due to the vascu-
lar and structural heterogeneity, and elevated hydrostatic
pressure within the tumor. Traditional methods of tumor
targeting have relied on affinity approaches, selectively
targeting specific epitopes on tumor cells, or the passive
enhanced permeability and retention (EPR) effect. This refers
to the enhanced permeability of the tumor vasculature and
retention of fluids within the tumor, due to a locally dysfunc-
tional lymphatic drainage system (17). Macromolecular
carriers of appropriate molecular weight passively accumu-
late within tumors by transport across the leaky tumor vascu-
lature. One approach to increase the efficiency of this
accumulation involves using localized hyperthermia to induce
aggregation of thermally responsive polymeric carriers within
the tumor.

ELPs are macromolecules composed of the monomeric
pentapeptide (VPGXG), where X can be any amino acid
residue except proline (18,19). Through variation in the
length of the polymer and the residue in the X position,
numerous polymers have been synthesized that exhibit sharp
phase transitions, due to hydrophobic collapse and aggregation,
when the temperature is raised above a temperature termed the
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inverse temperature transition (Tt) (19). The responsiveness of
these materials to temperature can be further modulated by
combining monomers with different X residues, to construct
block copolymers in which the constituent blocks undergo phase
transitions at distinct temperatures (20,21).

Meyer et al. have pioneered the use of ELPs as thermally
targeted carriers for the treatment of solid tumors (22). Using
genetic engineering techniques, they constructed a library
of ELPs with various sequences and molecular weights,
both of which influence Tt. From this library, a polymer was
selected with a Tt of approximately 40�C, intermediate
between body temperature (�37�C) and a temperature induced
by localized heating of the tumor (�42–43�C). This approach
enhances localization by enabling thermally-induced aggrega-
tion of the ELP within the tumor. Furthermore, localized
heating of tumors is known to increase macromolecular extra-
vasation and sensitivity to some therapeutics (23,24).

Prior to in vivo characterization of the thermally tar-
geted ELP, in vitro characterizations were performed to eval-
uate the effects of drug conjugation, solvent, and polymer
concentration on Tt (22). Conjugation of reporter molecules
to the ELPs was achieved by chemical coupling to a short
N-terminus peptide leader sequence (e.g., SKGPG), engine-
ered at the genetic level. Conjugation of the reporter mole-
cules iodobenzoate and rhodamine reduced the Tt of the
ELPs, possibly due to increased hydrophobic interactions
between the polymers. Analysis of the phase transition in
murine and mock (PBSþ 0.9 mM BSA) plasma was found to
decrease Tt by approximately 4�C. Although increasing the
concentration of the polymer resulted in a decrease in Tt,
the Tt of the selected polymer remained within the desired
temperature range (37–42�C) over an approximately 10-fold
range of concentration.

Intravenous administration of the thermally responsive
ELP-rhodamine conjugate resulted in localized precipitation
in tumor tissue heated to 42�C, while no precipitation
was observed when a control ELP-rhodamine conjugate, with
a Tt of 70�C, was administered. Localized hyperthermia
resulted in a 2-fold increase in intratumoral accumulation
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and a two- to three-fold increase in cellular uptake when
compared to unheated controls (22,25,26). ELP-doxorubicin
conjugates induced cytotoxicity comparable to free doxorubi-
cin in vitro, despite differences in the subcellular localization
of the free and conjugated drug (27). Free doxorubicin accu-
mulated in the nucleus, while the ELP-doxorubicin
conjugates were dispersed throughout the cytoplasm, with
significantly less nuclear accumulation, indicating the possi-
bility of a difference in the mechanism of action of the two
forms. These studies highlight the potential of temperature-
responsive genetically engineered polymers as carriers for
anticancer medications and have been reviewed in detail
elsewhere (21,28).

3.1.2. Micelle-Forming Polymers

As mentioned previously, ELPs can be further customized by
combining different pentapeptide blocks, to produce block
copolymers with sensitivity to several different temperatures
(20,21). Block copolymers are of great interest for drug and
gene delivery applications, significantly because of their
ability to form micellar structures with the ability to encapsu-
late drugs or nucleic acids within the core, and to display
targeting moieties on the periphery of the shell (29).

Conticello and colleagues have studied the potential of
amphiphilic diblock (AB) and triblock (ABA) elastin-like
copolymers, where A is a hydrophilic and B a hydrophobic
block, to reversibly self-assemble into well-defined micellar
aggregates (20,30). Collapse of the hydrophobic block above
Tt results in the formation of elastin-based nanoparticles.
To provide diversity in the mechanical properties of the micel-
lar structures, the amino acid sequence of the hydrophobic
block was varied between plastic (VPAVG) and elastomeric
(VPGVG) in nature. The hydrophilic block is designed to
maintain solubility and form a protective core that prevents
protein adsorption and clearance by the reticuloendothelial
system.

Reversible self-assembly into monodisperse spherical
micellar particles, 50–90 nm in diameter, was observed for
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diblock copolymers (AB) and triblock copolymers (ABA)
(30). The temperature-dependent loading of solutes into
these micelles was demonstrated with the fluorescent probe
1-anilinonaphthalene-8-sulfonic acid (1,8-ANS) (31). The
emission intensity of the fluorophore was observed to undergo
a sharp change at 15�C, which coincided with the phase
transition temperature of the hydrophobic block, indicating
that the probe was encapsulated within the hydrophobic
core of the micelle.

Meyer and Chilkoti have synthesized elastin-like block
copolymers composed of one block with a Tt of 35�C and
another block with Tt of > 90�C (9). This block copolymer
was designed such that the block with the lower Tt should
collapse and aggregate above 35�C, while that with the higher
Tt should remain solvated below 90�C, thus forming a core-
shell structure. The evolution of particle formation was fol-
lowed, by dynamic light scattering (DLS) and turbidimetry,
as a function of temperature (9). The results from both techni-
ques indicated that the particle size of the elastin-like block
copolymer solutions changed in four distinct steps as the tem-
perature increased. The structures formed during each phase
were hypothesized to be free elastin-like block copolymer
(4.4 nm, �35–40�C), micellar nanoparticle (20.4 nm, �40–
47.5�C), rearranged nanoparticle (54.5 nm, 47.5–50.8�C), and
aggregate (1400 nm, >50.8�C). This work demonstrates the
potential to precisely control nanoparticle size, and potential
for drug loading and unloading, through variations in tem-
perature. Biological fate of polymeric micelles, such as vascu-
lar extravasation and cellular uptake, are influenced by the
particle size.

3.2. Hydrogel-Forming Polymers

Hydrogels are water-swollen polymer networks formed by
chemical or physical crosslinking of the polymeric chains.
Chemical crosslinking involves the formation of covalent
bonds between crosslinking reagents and corresponding
functional groups on the polymer chains. Physically
crosslinked hydrogels can form by a number of mechanisms,
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including ionic interactions, crystallization, and hydrophobic
interactions. For a thorough review of hydrogel crosslinking
methods, the reader is referred to a recent comprehensive
article by Hennink and van Nostrum (32).

Perhaps due to the fact that hydrogels can absorb
large quantities of water, they tend to be relatively biocompa-
tible. This biocompatibility, as well as the ability to control the
swelling and deswelling by varying the crosslinking density,
and the incorporation of stimuli-responsive elements, has
made hydrogels the subject of intensive study in the controlled
drug delivery field. The release of solutes from hydrogels is
governed by the physicochemical properties of the polymer,
the degree of crosslinking, and the properties of the solute.
Recent developments in hydrogels and their biomedical
applications, including controlled release, have been reviewed
in Ref. 50 .

3.2.1. Thermoreversible Hydrogels from ELPs

In addition to the characterizations of the micelle-forming
diblock and triblock copolymers, previously described, Wright
et al. have also synthesized and characterized triblock copoly-
mers in which the hydrophobic blocks constitute the end units
(BAB) (34). These copolymers undergo hydrophobic self-
assembly to form physically crosslinked, thermoreversible
hydrogels when the temperature is raised above the Tt of
the hydrophobic B block. The polymers could be molded into
various shapes by injecting them in the solution state and
then incubating the mold above Tt (20). Scanning electron
microscopy of flash-frozen gels showed networks of micellar
aggregates, with individual micelles ranging from 20 to
30 nm in diameter. The complete reversibility of the sol to
gel transition in these hydrogels is notable and distinct from
hydrogels formed by chemical crosslinking of ELPs.

3.2.2. Silk-Elastinlike Hydrogels

The silk-elastinlike family of protein block copolymers
(SELPs) are one class of genetically engineered biomaterials
that has received considerable attention for applications in

428 Megeed and Ghandehari



drug and gene delivery. These polymers are composed of
tandemly repeated units of silk-like (GAGAGS) and elastin-
like (GVGVP) peptide blocks (35). X-ray diffraction studies
have shown that the silk-like blocks self-assemble via hydro-
gen bonding to form b-sheet crystals that impart thermal and
chemical stability (36,37). Periodic inclusion of elastin-like
blocks decreases the overall crystallinity of the material and
increases its aqueous solubility (2). The biological, physi-
cochemical, and material properties of the polymer chains
can be specifically tailored, by varying the block lengths,
sequence, and compositional ratio (2). For an in-depth
review of the properties of SELPs, the reader is referred
elsewhere (38).

Gelation of Silk-Elastinlike Polymers

Selected polymers from the SELP family (e.g., SELP-47K,
Fig. 1) spontaneously irreversibly form hydrogels under phy-
siological conditions, in the absence of solvents, crosslinking
reagents, or reactive monomers (39). The kinetics of the sol
to gel transition are dependent on the solution conditions
and the structure and concentration of the polymer. Bioactive
molecules can be incorporated homogeneously into the hydro-
gel matrix by simple mixing with the liquid polymer solution
prior to gelation (39–41).

Figure 1 The amino acid sequence of SELP-47K. The 884 amino
acids have a molecular weight of 69,814 Da. It is composed of head
and tail portions, and a series of silk-like (GAGAGS) and elastin-like
(GVGVP) repeats (primary repetitive sequence in bold). Abbreviation
key: A¼ alanine; D¼ aspartic acid; E¼ glutamic acid;
F¼phenylalanine; G¼ glycine; H¼histidine; K¼ lysine; L¼ leucine;
M¼methionine; N¼ asparagine; R¼ arginine; P¼proline;
Q¼ glutamine; S¼ serine; T¼ threonine; V¼ valine; W¼ tryptophan;
Y¼ tyrosine.
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The formation of SELP hydrogels has been characterized
by differential scanning calorimetry (DSC) and rotational
viscometry (39). Consistent with x-ray diffraction results,
DSC revealed an exothermic peak that indicates self-assembly
via crystallization of the silk-like blocks. The rate of crystalli-
zation, and thus gelation, was enhanced by the addition of
small quantities of the appropriate seed crystals and disrupted
by the addition of 6 M urea, which disrupts hydrogen bonds.
The rate of increase in the viscosity of SELP solutions was
directly related to the number of silk-like blocks contained in
the polymer. SELP-0K, containing two silk-like blocks, exhib-
ited no increase in viscosity over the 125 min analysis, while
SELP-5 and SELP-47K both exhibited significant increases
in viscosity. SELP-5, containing eight silk-like blocks, was
observed to gel approximately twice as fast as SELP-47K, with
four silk-like blocks. This difference was attributed to a lag
phase of approximately 1 h for SELP-47K, over which no
increase in viscosity was observed. Given enough time (i.e.,
twice as much) for gelation, SELP-47K attained a viscosity
equal to that of SELP-5. A positive correlation was observed
between temperature and gelation rate, though SELP-5 gelled
faster than SELP-47K at all temperatures.

Swelling of Silk-Elastinlike Hydrogels

The degree of swelling describes the amount of water
imbibed by a hydrogel network. This parameter provides
insight into the relative crosslinking density of the network
and hence its porosity and solute transport characteristics.
Swelling studies showed that physically crosslinked SELP-
47K hydrogels were relatively insensitive to changes in pH
and ionic strength (42). This is in contrast to chemically cross-
linked elastin-like hydrogels without silk-like blocks (43). This
insensitivity was explained by the irreversible crystallization
of the silk-like blocks. However, decreasing the polymer con-
centration from 10 to 8 wt.% resulted in an increase of over
50% in the degree of swelling. A significant decrease in
swelling was observed as the cure time increased from 1 h to
24 h. At reduced concentrations or cure times there is a lower
probability that the polymer chains will interact, therefore
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decreasing the crosslinking density, which in turn leads to a
higher degree of swelling. These results indicate that the swel-
ling ratio of the SELP hydrogels studied is influenced more by
polymer concentration and cure time, than by changes in
environmental conditions such as temperature, pH, and ionic
strength.

Increasing the concentration and=or cure time of the
hydrogels also resulted in less polymer soluble fraction (42).
In addition, the sample-to-sample variability in soluble frac-
tion decreased at the longer cure time (24 h). As with decreased
swelling, these results were also attributed to an increased
density of physical crosslinks with increasing polymer concen-
tration and cure time.

The soluble fraction data were used to calculate equili-
brium polymer concentrations and equilibrium hydration of
the hydrogels (42). The data indicate that, after release of the
initial soluble fraction, no hydrogel degradation or dissolution
occurred.

Drug Delivery from Silk-Elastinlike
Hydrogels

The ability of SELPs to form hydrogels in situ, along with
their biocompatibility and customizable structure, has stimu-
lated interest in their use for the localized, controlled delivery
of therapeutic agents. To evaluate the suitability of SELP
hydrogels as controlled delivery vehicles, Cappello et al.
studied the release of several fluorescently labeled probes,
with molecular weights ranging from 380 to 70,000 Da (39).
The release kinetics of these probes were all approximately
first order, with a negative correlation between molecular
weight and release rate. Interestingly, no significant differ-
ence in the time for release of 50% of the loaded compound
(T50) was observed between dansyl-lysine (MW¼ 380) and
fluorescein-dextran (MW¼ 10,000). This indicates a relatively
large pore size in these hydrogel networks, which do not
significantly restrict the diffusion of solutes in this molecular
weight range.

The delivery of proteins from SELP hydrogels was first
investigated by Cappello et al., who studied the release of a
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recombinant mitotoxin (Pantarin) from SELP-47K hydrogels
(39). This protein inhibits the proliferation of cells expressing
the FGF receptor, making it an attractive candidate for
localized delivery to tumors. Release of bioactive 125I-labeled
protein occurred over a period of 8 days, with a significant
burst effect in the first 24 h.

The delivery of another protein, cytochrome c
(MW¼ 12,384) and two smaller compounds, vitamin B12

(MW¼ 1,355) and theophylline (MW¼ 180) were investigated
by Dinerman et al. (41). Release curves of equilibrium-loaded
hydrogels fit a mathematical model for two-dimensional diffu-
sion from a cylinder, in the axial and radial directions, indi-
cating the occurrence of Fickian diffusion (Fig. 2) (44,45).
Increasing the hydrogel cure time from 1 h to 24 h reduced
the intra-gel diffusivity of theophylline and vitamin B12, but
not cytochrome c, which remained essentially constant
despite a decrease in swelling with longer cure time. Calcula-
tion of normalized solute diffusivities indicated hindered
transport in all three cases.

To quantify the influence of partitioning on solute trans-
port, normalized diffusivity and dimensionless permeability
were compared for each solute (41). Increasing the cure time
of the hydrogel from 1 h to 24 h decreased the partition coeffi-
cient for all three compounds, though this decrease was not
statistically significant for theophylline, indicating poten-
tially size-dependent partitioning behavior (41). With a 1 h
cure time, only the transport of vitamin B12 appeared to be
affected by partitioning. In hydrogels cured for 24 h, solute
partitioning was found to significantly affect the transport
of both vitamin B12 and cytochrome c. The polymer volume
fraction influenced both the effective diffusivity and partition-
ing of cytochrome c, though this effect was minimal in the
volume fraction range of 0.04–0.09. A more pronounced effect
was observed at greater polymer volume fractions (>0.1).

Direct incorporation of cytochrome c into 12 wt.% SELP-
47K solutions prior to gelation yielded hydrogels that released
nearly all of the loaded dose within 2 h (41). Cure time did
not influence the effective diffusivity of cytochrome c over a
range of 1–24 h, despite a decrease in the degree of hydration.
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Equilibrium uptake loading of pre-formed hydrogels with
cytochrome c yielded effective diffusivities that were similar
to those obtained by the direct incorporation method, indicat-
ing that either technique may be used to load the hydrogels.

The equilibrium swelling ratio and gel dimensions were
determined before and after release, for the hydrogels in
which cytochrome c was directly incorporated (41). Regard-
less of gelation time, release of cytochrome c was accompanied
by an approximately two-fold increase in hydrogel swelling.
Despite the change in swelling, the dimensions of the gels
remained essentially constant, suggesting that the increased

Figure 2 Experimental release profiles for solute diffusion from
hydrogels prepared from 12 wt.% polymer 47K solutions incubated
for 24 h at 37�C. Symbols represent mean value� 1 standard
deviation (n¼3). The y-axis denotes the fraction of solute released
from the hydrogel at time t. (From Ref. 50.)
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swelling is probably due to a decreased crosslinking density
in the hydrogel network, resulting in the release of soluble
fraction throughout the study.

3.2.2. Hybrid Hydrogels

Hybrid polymers made from genetically engineered motifs
and chemically synthesized constructs have been made with
the intent of expanding the diversity of materials that are
accessible via only the chemical or biological route. Thus
far, research has focused substantially on the incorporation
of protein subunits, with well-defined physico-mechanical
properties, into chemically synthesized polymers. The overall
mechanical properties of proteins are determined by the
mechanical properties of the individual, modular components.
These modular ‘‘building blocks’’ are present in a number of
proteins and underlie many important physiological pro-
cesses. One example is the fibronectin type III (Fn3) module,
found in proteins that exhibit responsiveness to mechanical
force. In the giant muscle protein titin, the unfolding of Fn3
and immunoglobulin-like (Ig) modules allows the protein to
alter its spring constant in response to force (46). These struc-
tural protein modules can serve as a resource for the develop-
ment of new biomaterials with well-defined properties and
unique responsiveness to environmental stimuli.

Wang et al. have utilized the Ig domain of titin to cross-
link water-soluble N-(2-hydroxpropyl)methacrylamide copoly-
mers (47). The hydrogels were formed by chelation between a
6X histidine tag, engineered on the ends of the Ig domain,
with Ni2þ-chelated acrylamide copolymer. This approach
should be widely applicable to a number of protein crosslink-
ing domains, and allows crosslinking to occur in aqueous
medium, at neutral pH, at ambient temperature, and in the
absence of free radical generating reagents, thus preserving
the structural integrity of the protein. These hybrid hydrogels
swell substantially in response to increases in temperature,
as a result of the thermally induced unfolding of the Ig
domain. This positive temperature-volume response is
unusual in thermosensitive hydrogels and highlights one
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potentially useful contribution of protein engineering to the
biomaterials field.

In addition to the hybrid hydrogels crosslinked with Ig
domains, Wang et al. have utilized proteins forming coiled-coils
as crosslinking reagents for HPMA hydrogels (48). Coiled-coils
are composed of a-helices that wrap around each other, forming
a left- or right-handed superhelical bundle (49). The coiled-coil
motif is found widely in nature and is known to occur in over
200 proteins. Increasing the temperature of the coiled-coil
results in collapse due to unfolding of the rod-like structure.

Hydrogels were synthesized with crosslinkers that
varied in the number of coiled-coil repeats (1–3 repeats)
(48). Equilibrium swelling of the hydrogels was found to
increase as the number of coiled-coil repeats, and hence cross-
linker length, increased. On the other hand, increasing the
crosslinking density led to a decrease in equilibrium swelling.
All hydrogels underwent a thermally induced collapse with
increased temperature, with the crosslinkers containing one
and three coiled-coil repeats exhibiting a greater change in
swelling than those containing two repeats. The temperature
at which this transition occurred corresponded well with the
known temperature at which the coiled-coil domains are
known to unfold. This work highlights the potential of protein
polymers in engineering hydrogels that undergo volume
transitions at very specific temperatures.

4. GENE DELIVERY APPLICATIONS

It is widely recognized that the current limitations of gene
delivery form a bottleneck that prevents safe and effective
gene therapy. The major challenges in gene delivery, like
drug delivery, can be distilled fundamentally to spatio-
temporal control over release. Furthermore, since the delivery
of nucleic acids may result in short- or long-term effects, a
method by which the expression of the delivered gene can
be regulated would be desirable.

We have investigated the potential of genetically engi-
neered SELP-47K to act as an in situ gel-forming matrix for
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the controlled, long-term delivery of plasmid DNA and adeno-
viral vectors to solid tumors (40,50). The use of polymeric
matrices for gene delivery allows the manipulation of the
release profile of the gene, potential protection against degra-
dative enzymes such as nucleases and proteases, and precise
spatial localization at the desired site of action.

The current limitations of actively targeted, systemic
cancer gene delivery systems make intratumoral injection
an attractive alternative. The primary advantages of intratu-
moral gene delivery stem from its very precise spatial locali-
zation. Direct injection into the tumor obviates the need for
systemic targeting, though the efficiency of the therapy may
be increased by attaching tumor-specific ligands to the vector
(51). The primary disadvantage of intratumoral gene therapy
is that, unless a significant bystander effect occurs, each
tumor must be individually identified and injected. Hence,
by virtue of the difficulty in their detection and distributed
nature, small metastases could be impossible to treat by this
method. Intratumoral cancer gene therapy may thus be best
suited for the treatment of cancers that grow slowly (e.g.,
prostate cancer) and=or where potential complications or
disability make tumor resection less desirable (e.g., prostate
cancer, head and neck cancer).

4.1. Delivery of Plasmid DNA from
Silk-Elastinlike Hydrogels

Our objective is to design gene delivery systems that can deli-
ver plasmid DNA and viral vectors over a period of at least 28
days, thus ensuring that the expression of the transgene
occurs for therapeutically relevant periods of time. As a first
step toward this goal, the in vitro release of plasmid DNA
from SELP-47K hydrogels has been evaluated over a 28 day
period (40,50). DNA-containing hydrogels were fabricated by
mixing aqueous DNA solution with aqueous SELP-47K solu-
tion. DNA=polymer solutions were incubated at 37�C, for 1
or 4 h to induce gelation.

DNA release was initially evaluated as a function of poly-
mer concentration, DNA concentration, ionic strength, and
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cure time (40). Consistent with previous swelling studies,
increasing the polymer concentration and=or cure time
decreased the rate of DNA release from the hydrogels. Within
a range of 50 to 250 mg=mL, the DNA concentration did not
influence the rate of release. DNA release was strongly
affected by the ionic strength of the medium, due to an ionic
interaction between the negatively charged DNA and posi-
tively charged SELP (Fig. 3). Turbidimetric analysis con-
firmed an interaction between the polymer and DNA that
was dependent on the ionic strength of the medium and
consistent with the release data. Such ionic interactions
between macromolecular solutes and hydrogel networks have
previously been used to control solute release. Genetic

Figure 3 (A) Cumulative release of pRL-CMV from 12 wt.%
SELP-47K hydrogels, in PBS with m¼ 0.03 M (}), 0.10 M (&),
0.17 M (`), 0.25 M (X), and 0.50 M (�). Hydrogels were cured for
1 h at 37�C before placement in the appropriate buffer. Each point
represents average� standard deviation (n¼ 3). (B) Effect of ionic
strength on the formation of insoluble complexes between SELP-
47K and pRL-CMV, in PBS with m¼ 0.03 M (}, solid line) and
m¼ 0.17 M (&, dashed line). Ratios on the x-axis indicate the molar
ratio of negative (DNA) charges to positive (polymer) charges,
assuming 100% ionization of each at pH 7.4. The y-axis represents
relative turbidity (100–T)=(100–Tmin). Data points represent aver-
age� standard deviation (n¼ 3). (From Ref. 40.)
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engineering techniques offer the ability to precisely modulate
the charge density and periodicity of the network, thereby
facilitating the study of these interactions with a fidelity that
is difficult to achieve by chemical methods alone.

DNA release was observed for more than 28 days, with
apparent intra-gel diffusivities of approximately 10�9 to
10�10 cm2=s, depending on the polymer concentration and
cure time (40). Transfection studies performed on encapsu-
lated DNA indicated that it retained in vitro bioactivity
equivalent to stock DNA for at least 28 days (50).

The conformation of plasmid DNA, namely supercoiled,
open circular, or linear has been hypothesized to play a role
in its transfection efficiency. While conventional thinking
has generally indicated a preference for supercoiled DNA, at
least one study has shown that the delivery of linear DNA
results in prolonged transgene expression in vivo, due to con-
catamerization (52). Other studies have shown that the con-
formation of DNA is irrelevant to the transfection efficiency
in vitro and in vivo (53).

In order to evaluate the influence of plasmid conforma-
tion on release from SELP-47K hydrogels, plasmid DNA
predominantly in the supercoiled, open circular, and linear
conformations were prepared (50). The linear form of plas-
mid DNA was released most rapidly from the hydrogels,
followed by the supercoiled form (Fig. 4). The open circular
form was practically not released, probably due to its impa-
lement on the polymer chains. The influence of plasmid size
on release was also investigated, with size-dependent
release observed for plasmids from 2.6 to 11 kilobases
(kb) in size, from 10 wt.% SELP hydrogels (50). Since
hydrogels form from SELPs with concentrations as low as
4 wt.%, it is possible that plasmids larger than 11 kb could
be delivered.

The effect of hydrogel geometry on DNA release was
also studied by fabricating hydrogels in the form of cylinders
and flat discs (50). Disc-like hydrogels released DNA faster
than their cylindrical counterparts. This was attributed
to their larger surface to volume ratio and was described
by fitting the release data to an equation that describes
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two-dimensional diffusion from a cylinder with geometric
considerations (44,45).

While the applications of SELP-mediated controlled gene
delivery are numerous, we have focused our efforts on con-
trolled delivery to solid tumors. Our initial studies in this
arena involved the intratumoral delivery of a reporter plas-
mid (Renilla luciferase) to solid tumors in a murine (athymic
nu=nu) model of human breast cancer (MDA-MB-435 cell line)
(50). Delivery of the Renilla luciferase plasmid from SELP-
47K matrices resulted in significantly enhanced tumor trans-
fection for up to 21 days compared to naked DNA (Fig. 5).
In particular, delivery of the plasmid from matrices contain-
ing 4 or 8 wt.% polymer resulted in enhanced transfection

Figure 4 Effect of pRL-CMV conformation on in vitro release
from SELP-47K hydrogels: (�) linear, (&) supercoiled, (�) open-
circular; (—) Theoretical release based on model for two-dimen-
sional diffusion from a cylinder (Ref. 44). Each data point repre-
sents the mean� standard deviation for n¼3 samples. (From Ref.
50.)
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up to 21 days, while 12 wt.% matrices enhanced transfection
up to 3 days. These results are consistent with sustained
delivery from the 4 and 8 wt.% matrices and entrapment of
the DNA within the 12 wt.% matrix.

The levels of tumor transfection mediated by the three
concentrations of polymer were statistically equivalent until
7 days, when the 4 and 8 wt.% matrices were both more effec-
tive than 12 wt.%. The greater transfection persisted until 21
days for 4 wt.% polymer and 14 days for 8 wt.% polymer.
Overall, the delivery of DNA from 4, 8, and 12 wt.% hydrogels
resulted in a mean 142.4-fold, 28.7-fold, and 3.5-fold increase
in tumor transfection, respectively, compared with naked
DNA over the entire 28 day period.

In addition to the delivery of DNA that occurs within the
tumor, it can be expected that some DNA will diffuse from the

Figure 5 Expression of Renilla luciferase in MDA-MD-435 tumors
grown subcutaneously in athymic nu=nu mice, after intratumoral
injection. Bars represent 4 wt.% polymer (white), 8 wt.% polymer (light
gray), 12 wt.% polymer (dark gray), and naked DNA without polymer
(black). Each bar represents the mean� standard error of the mean for
n¼ 4 or n¼ 5 samples. (From Ref. 50.)
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matrix into the surrounding tissue. In order to evaluate this,
transfection of the skin approximately 1 cm around the tumor
was evaluated (50). The enhancement of delivery to the tumor
was compared to the levels of transfection in the tumors and
skin at each time point and polymer concentration. While sta-
tistically significant differences were not detected between all
compositions, the mean tumor transfection was 42.0, 27.2,
and 4.6 times greater than skin transfection for 4, 8, and 12
wt.% hydrogels, respectively, over the entire 28 day period.
This is in contrast to a 1.3-fold difference between tumor
and skin transfection for naked DNA.

4.2. Delivery of Adenoviral Vectors from
Silk-Elastinlike Hydrogels

Despite the promising results obtained from delivering plas-
mid DNA from SELP hydrogels, the delivery of naked DNA
results in relatively low transfection efficiency and thus has
limited applications. For this reason, we sought to explore
the potential of SELP-47K to act as a matrix for the controlled
delivery of viral vectors (50). The use of viruses that integrate
into the host genome (e.g., retrovirus) can ensure long-term
expression of a transgene. However, as was recently observed
in a study of x-linked severe combined immunodeficiency,
insertion of the viral DNA at or near an oncogenic regulation
site can lead to the development of cancer (54). Thus, there is
also an intense interest in non-integrating viral vectors, such
as adenovirus, which may have a higher margin of safety
than integrating viruses. However, without integration into
the host genome the duration of transgene expression is lim-
ited. A controlled release approach may extend the duration
of transgene expression by continuously delivering adeno-
virus at the site of action. In addition, it is conceivable that
the immune response to the virus may be modulated by
encapsulation in a polymeric matrix and allowing the release
of very small quantities of virus in a given time. Current poly-
mers have not provided the capability to deliver viable adeno-
viral vectors effectively over prolonged periods of time.
Coacervate microspheres of gelatin and alginate have shown
poor encapsulation efficiency, low virus bioactivity, and poor
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virus release kinetics (55). Collagen-based matrices have
potential, but control over the rate of release is complicated
by the limited control over polymeric structure and crosslink-
ing density (56,57). Genetic engineering techniques may
allow the design and synthesis of new polymers with precisely
defined architecture and crosslinking density, where bio-
degradation can be controlled to release viable viral vectors
at specific sites and rates.

As a first step toward this goal, we evaluated the potential
of SELP-47K hydrogels to act as matrices for the controlled
delivery of an adenovirus containing the green fluorescent pro-
tein (gfp) reporter gene (AdGFP) (50). SELP-47K=AdGFP solu-
tions were prepared at 4, 8, and 11.3 wt.% polymer, allowed to
gel, and placed in a PBS release medium. At predetermined
time points, release medium was collected, entirely replaced,
and used to transfect HEK-293 cells. These cells contain a rela-
tively high density of adenoviral receptors and are thus a good
screening tool for the presence and bioactivity of adenovirus in
the release medium. Transduction was observed up to 22 days
with the viruses released from the 4 wt.% hydrogel (Fig. 6). The
number of transduced cells obtained with the viruses released
from the 8 wt.% hydrogel was fewer than that obtained from
the 4 wt.% hydrogel. The 11.3 wt.% hydrogel did not release
any detectable adenovirus after the first day. These experi-
ments demonstrate that adenoviral release can be controlled
over a continuum by varying polymer composition from no
release (11.3 wt.% gel) to greater release (4 wt.% gel). Control
samples (viral particles without hydrogels in release medium)
were bioactive until day 29 (with few gfpþ cells on day 29).
However, as anticipated, bioactivity of the vectors decreased
over time. Future research will include quantifying the
amount of adenovirus released, the proportion that is bioactive,
and the in vivo biodistribution, efficacy, and toxicity of adeno-
viral particles delivered from SELP-47K.

4.3. Soluble Nucleic Acid Carriers

A genetically engineered silk-like polymer derivatized with
cationic functional groups, Pronectin Fþ, has recently been
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studied as a non-viral vector for gene delivery (58). Pronectin F
is a silk-like polymer with one fibronectin domain between every
nine silk-like repeats. This polymer was originally synthesized
by Cappello and Ferrari, and has been explored as a substrate
to enhance cellular attachment to hydrophobic materials (35).

Hosseinkhani and Tabata cationized Pronectin F by reac-
tion of ethylenediamine, spermidine, and spermine with the

Figure 6 Adenovirus release from SELP-47K and the corres-
ponding bioactivity results. The percentage of polymer increases
from left to right. The time of release of virus from gels used to
transfect cells or control increases from top to bottom. The images
are from fluorescent microscopy at 40� magnification. Bright spots
represent individual cells transfected with AdGFP. (From Ref. 50.)
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hydroxyl groups of the serine residue in the silk-like blocks
(GAGAGS). For comparison, similarly cationized derivatives
of gelatin were prepared. When complexed with plasmid
DNA at a weight ratio of 50:1 protein:DNA, all three catio-
nized Pronectins (Pronectin Fþ) formed particles with DNA
with slightly positive (�10 mV) zeta potential and a size of
approximately 200 nm.

All three Pronectin Fþ derivatives increased the in
vitro transfection of rat gastric mucosal cells by a reporter
(luciferase) plasmid in comparison to naked plasmid. Due to
its higher buffering capacity, the spermine derivative was found
to be significantly more effective than the ethylenediamine and
spermidine derivatives. Cellular attachment mediated by the
Pronectin Fþ derivatives, containing 13 RGD motifs, was found
to be significantly greater than the cationized gelatin, which
contained only one RGD motif. The amount of plasmid uptake
mediated by the Pronectin Fþ derivatives was found to be
greater than that mediated by cationized gelatin. This study
shows the potential of biorecognizable genetically engineered
polymers as soluble non-viral vectors and surface coatings for
gene delivery.

5. TISSUE REPAIR APPLICATIONS

There is significant interest in the synthesis of novel bioma-
terials for tissue repair or tissue engineering. Many of these
materials are designed to include cellular recognition
sequences (e.g., RGD) for the attachment of cells at specific
sites. Genetic engineering techniques provide the ability to
incorporate these biorecognition sequences at precise loca-
tions within the polymer backbone. Furthermore, protease
recognition sites can be engineered into the polymer to pro-
vide controlled degradation in response to exposure to specific
enzymes.

As previously mentioned, Cappello and coworkers have
synthesized silk-like polymers that contain periodically
spaced fibronectin sequences (35,59). These polymers, called
SLP-F (also, Pronectin F), have been shown to support the
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attachment of a variety of cell types, including epithelial cells,
fibroblasts, and cancer cells (59). In addition, silk-like polymers
containing regions of human laminan have been synthesized
(SLP-L) (2). The SLP-L polymers promoted greater attachment
and spreading of fibrosarcoma and rhabdomyosarcoma cell
lines than polylysine or laminan coatings. The inclusion of
these attachment sequences in-between silk-like blocks allows
them to withstand autoclaving without loss of activity (2).

Similarly, Panitch et al. have incorporated periodically
spaced fibronectin CS5 domains into ELPs (60). These poly-
mers are intended to function as surfaces for vascular grafts
and enhance the attachment of endothelial cells to a glass
substrate.

Halstenberg et al. have synthesized hybrid protein-graft-
poly(ethylene glycol) polymers for tissue repair (61). The
design of this biomaterial included motifs for rationally con-
trolling both cellular attachment and biodegradation. Hydro-
gels prepared by crosslinking the polymer acted as scaffolds
for three-dimensional outgrowth of fibroblasts, which attached
to the polymer via specific interactions between cellular integ-
rins and an RGD sequence on the polymer. Outgrowth
involved serine protease degradation of the polymer at sites
engineered for this purpose.

ELPs have been investigated as materials for cartilagi-
nous tissue repair (62). Chondrocytes cultured in ELP
matrices retained their phenotype and synthesized significant
amounts of extracellular matrix molecules that are regarded
as important for cartilage function. This work highlights the
potential use of genetically engineered polymers as biocompa-
tible extracellular matrices for tissue repair and engineering.
It may also be possible to incorporate drugs and=or genes into
these systems to guide the development of new tissue.

6. BIOCOMPATIBILITY AND
BIODEGRADATION

The utility of genetically engineered polymers for biome-
dical applications will depend, to a large extent, on their
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biocompatibility and biodegradation. An obvious concern in
the use of protein-based materials is the potential activation
of an immune response toward the material. In terms of bio-
degradation, protein-based polymers are thought to degrade
to their amino acid constituents, which should be relatively
non-toxic and may be used as nutrients. Unfortunately, the
biocompatibility and biodegradation of a large number of pro-
tein-based materials remains uncharacterized. In the follow-
ing paragraphs, we highlight some of the characterizations
that have been performed to date.

The rate of resorption of polymeric biomaterials can often
be adjusted by controlling their composition. Interestingly, it
has been shown that the resorption rate of protein-based
block copolymers (SELPs) can be controlled by adjusting both
the sequence and composition of the copolymer (2). Control of
degradation through the adjustment of polymeric sequence is
especially advantageous, because these alterations often do
not impact the overall chemical properties of the material
and may be made without significantly impacting its
physico-mechanical properties. SELPs have been found to
degrade primarily by enzymatic proteolysis (e.g., via elastase)
and to produce amino acid degradation products that are
largely non-toxic. Little is known about the degradation of
the silk-like blocks.

Resorption of subcutaneously implanted SELP films
has been evaluated in rats, over the course of 7 weeks (2). A
collagen control and SELP-0, with a 4:1 elastin to silk ratio
were both resorbed within 1 week. SELP-8 implants, with a
2:1 ratio of elastin to silk, retained 18% of their initial mass
after 7 weeks, while SELP-3 implants, with a 1:1 elastin to
silk ratio retained 58% of their initial mass. SELP-4 and
SELP-5, each containing eight silk-like blocks and 3:2 and
2:1 elastin to silk ratios, respectively, showed no evidence of
resorption after 7 weeks. These studies demonstrate that
the resorption of SELPs is controlled more by the length of
the silk-like blocks (i.e., sequence) than the elastin to silk
ratio (i.e., composition).

Histological analysis of the implanted films generally
showed a mild immune response up to 1 week, with some
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macrophage surveillance (2,39). Beyond 1 week, remaining
films were observed to be surrounded by a zone of healing tis-
sue, consisting of fibroblasts, collagen, and small numbers of
macrophages. SELPs that were resorbed within 1 week left
regions that were diffusely populated by macrophages.
Experiments performed with SELP sponges yielded similar
results, with no evidence of chronic inflammation or toxicity
over 28 days (2).

To investigate their biocompatibility with wounded tissue,
SELP-7 and SELP-5 fibrous meshes were applied to porcine der-
mal wounds. No adverse effects were observed and the wounds
(2�2 cm partial and full dermal thickness) were completely
epithelialized after 14 days. Histological evaluation revealed
that some SELP filaments had been incorporated into the heal-
ing tissue. Similar results were observed with SELP sponges (2).

The immunogenicity of SLP-F and SELP copolymers has
been evaluated in rabbits. Compared to hyperimmune posi-
tive control rabbit sera, the immunogenicity of all polymers
was found to be relatively low. In cases where an elevated
antibody titer was observed (e.g., against SLP-F), the anti-
body response was found to be directed only at the silk-like
blocks of the polymer. No response was detected against the
elastin-like blocks or fibronectin cellular attachment sites (2).

A broad characterization of the biocompatibility of ELPs
was performed by Urry et al. (63). This study involved applying
standard biocompatibility tests to chemically synthesized
(VPGVG) with a degree of polymerization greater than 120,
and a crosslinked gel formed by gamma irradiation. Results indi-
cated that the two forms of the polymer were non-mutagenic,
non-toxic, non-antigenic, non-sensitizing, non-pyrogenic, non-
hemolytic, and exhibited favorable compatibility after muscle
implantation. These studies indicate that ELPs exhibit good
biocompatibility that is favorable for biomedical applications.

7. CONCLUSIONS

The diverse functionality of proteins and the fidelity with
which they are biologically synthesized is a resource that is
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just starting to be investigated by material scientists. Although
the application of genetically engineered polymers for the
delivery of bioactive molecules is in its infancy, the level of
interest is gaining momentum and it is likely that new materials
and applications will emerge in the near future. A more thor-
ough understanding of protein structure and function will
undoubtedly encourage the use of more complicated, stimuli-
responsive elements in these materials in drug delivery, gene
delivery, and many other biomedically relevant applications.
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1. INTRODUCTION

Vaccines are the most effective means of prevention of
diseases. Eradication of small pox worldwide attests to the
power of this preventive strategy. The rarity of infectious
diseases such as diphtheria, tetanus, pertussis, mumps,
and measles in the Western world is largely due to success-
ful immunizations. Development of effective vaccines is seen
as the hope for prevention of other infectious diseases such
as malaria, AIDS, and hepatitis B and C infections.

Vaccines may also be effective in treating diseases. Ther-
apeutic vaccines against infections caused by human immu-
nodeficiency virus, herpes simplex virus, hepatitis B virus,
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and hepatitis C are in now in development (1). Therapeutic
cancer vaccines based on tumor antigens is a rapidly expand-
ing area of investigation (2–4). As many of the pathogenic bac-
teria become resistant to antibiotics, immune based strategies
including therapeutic vaccinations will become important for
treatment of bacterial diseases (5,6). Vaccines may also be
used for treating degenerative diseases of nervous systems
such as Alzheimer’s diseases (7,8). It is reasonable to expect
that the future application to vaccines will extend to autoim-
mune diseases such as multiple sclerosis, rheumatoid arthri-
tis, or type I diabetes, where control of immunity through
tolerance against ‘‘self antigens’’ is the goal (9–12). It is
conceivable that ‘‘tolerogenic vaccines’’ designed to prevent
graft rejection may be used in organ transplantation (13,14).
Thus, vaccines have the potential for treating and managing
a broad number of diseases.

Recent advances in immunology have clearly shown that
the nature of immune responses against an antigen is largely
influenced by the ‘‘context’’ in which the immune system
encounters the antigen (15). For example, encounter of an
antigen in an immunostimulatory microenvironment by T
cells would lead to immune activation leading to elimination
of the cells displaying the antigen, whereas the encounter of
the same antigen in an immunosuppressive milieu can lead
to tolerance, favoring the survival and acceptance of such
cells. Thus it may be possible to induce radically opposing
immune responses such as elimination or tolerance against
a cell expressing the same antigen by appropriate control of
the microenvironment of antigen encounter. Thus the deliv-
ery of antigens to appropriate immune cells and the control
of the microenvironment of the antigen capture and presenta-
tion are emerging as significant issues in vaccinology (16,17).
An effective vaccine not only requires the ‘‘right antigen,’’ but
also the ‘‘right delivery system.’’ For therapeutic vaccines, the
delivery system will largely determine the choice between
immune responses that leads to protection or exacerbation
of the diseases. Pharmaceutical vaccine delivery systems that
can create the desired ‘‘context’’ in which the antigen is ‘‘seen’’
by the appropriate immune cells would advance the design of
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successful vaccines against a number of diseases. Clearly, the
design of the delivery system should be in the context of the
target antigen and the relevant disease. Although vaccine
delivery research is still in its infancy, significant advances
have been made in the past decade (18–25). This review
discusses challenges in the design of therapeutic cancer
vaccines and highlights the potential of polymeric nano-
particulate delivery systems for meeting them.

2. CANCER VACCINES: PROMISE AND
PROBLEMS

The potential of the immune system to recognize cancer anti-
gens and mount anticancer responses is now well recognized
(2–4,26–29). A broad range of cancer antigens have been
characterized during the last two decades (26,30–37). Many
of these are now being studied for immunotherapy of sponta-
neous tumors (38–40). Some examples are products of onco-
genes generated by point mutations such as p21ras or
overexpressed due to gene amplification such as HER-2=neu,
point mutated tumor suppresser genes such as p53, mela-
noma associated antigens such as MAGE, and MUC1 mucin
with aberrant glycosylation (41–46). Numerous animal model
studies have validated the concept of cancer vaccination with
antigen-specific rejection of cancer (47–50). However the
results of most cancer vaccine clinical trials to date have been
somewhat disappointing, with reports of only isolated cases of
tumor regression and a limited number of disease stabiliza-
tion, despite evidence for immune activation (51–54). Thus,
in the majority of the patients, cancer cells seem to evade
the immune responses elicited by vaccination. The immune
evasion mechanisms proposed, many of which are interre-
lated, include emergence of antigen-negative variants, loss
of MHC class I molecules, defects in antigen processing, gen-
eration of tolerogenic dendritic cells, activation of immuno-
suppressive T regulatory (Tr) cells, induction of apoptosis or
enargy of anti-tumor T cells, and defective death receptor
signaling in tumors (55–62). Current efforts in cancer
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immunology are directed toward a better understanding of
the relative significance of these issues, molecular mechan-
isms mediating them, and therapeutic approaches to counter
them. Several of these issues deserve special attention in the
context of antigen delivery.

3. CRITICAL ISSUES IN CANCER VACCINE
DELIVERY

3.1. Antigen Delivery to Dendritic Cells

The central role of dendritic cells (DCs) in initiating and con-
trolling immune responses is now well recognized (15,63–65).
DCs are the key professional antigen presenting cells (APCs)
capable of activation of naı̈ve T cells. They originate from
hemopoietic progenitors in the bone marrow. They are a
heterogeneous population of cells (e.g., myeloid or lymphoid
origin) serving as ‘‘sentries’’ in most peripheral tissues (66).
Before antigen encounter, DCs are in the immature state.
As they encounter microbes such as bacteria, fungi, and
viruses, they engulf them through phagocytosis (67). This
results in activation of complex signaling networks resulting
in maturation and upregulation of a large number of genes
including CD80, CD86, CD40, major histocompatibility com-
plex class II (MHC-II), and IL-12. At this stage, DCs have
switched from ‘‘antigen capture’’ mode to ‘‘antigen presenta-
tion’’ mode. Mature DCs migrate to draining lymph nodes,
where they present processed antigens in association with
MHC class I and class II molecules to the naı̈ve T cells and
activate them. The microenvironment of antigen capture
and antigen presentation by DCs, controls the direction and
magnitude of immune responses.

DCs distinguish the ‘‘non-self’’ from ‘‘self’’ by the recogni-
tion of pathogen-associated molecular patterns (PAMPs) on
the invading microbes (68,69). Examples of PAMPs are lipo-
polysaccharide (LPS), peptidoglycans and unmethylated
CpG motifs of bacteria, mannan of fungi, and double stranded
RNA of viruses. These molecules are not produced by mam-
malian cells and are perceived by DCs as the ‘‘molecular
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signatures’’ of infection. A family of cell surface molecules
known as toll-like receptors (TLRs) that recognize PAMPs
have been extensively studied recently (70). So far, 10 TLRs
have been characterized in humans and mice. Engagement
of PAMPs by TLRs on DCs triggers signaling pathways
responsible for DC maturation and activation. DCs also inter-
nalize self-antigens in circulation or in the apoptotic bodies
derived from dead cells (71). However this does not result in
their maturation. Antigen presentation by immature DCs to
T cells is believed to be one of the mechanisms of activation
of tolerogenic T cells (72–74). Some pathogens such as HIV
have strategies that prevent maturation of DCs after their
entry into DCs, which contribute to inappropriate immune
responses that fail to provide protection and in some cases
exacerbate the disease (75).

DCs loaded with cancer antigens ex vivo are now being
studied for cancer vaccination (76–78). Approaches to gener-
ating such DC cancer vaccines include pulsing with peptides,
tumor lysate, transfection with gene encoding tumor anti-
gens, and generation of DCs fused with tumor cells (79,80).
This approach allows antigen-loading of DCs in an immunos-
timulatory milieu and generation of DCs with the desired
level of activation and maturation. Numerous animal model
studies have demonstrated the efficacy of this approach, and
several clinical trials are now in progress (81–86).

Delivery systems that can selectively target cancer anti-
gens DCs in vivo would be of major significance to cancer vac-
cines (87). Particulate delivery systems with hydrophobic
surfaces and below 5 mm in size would be suitable for uptake
by DCs by phagocytosis. A cancer vaccine delivery system
should have appropriate antigen retention=release character-
istics. Since cancer antigens released into the systemic cir-
culation can cause immune tolerance instead of immune
activation, it is important that the delivery systems retain
the antigen until the particles are taken up by the DCs. How-
ever once internalized by the DCs, the particles should release
the antigens intracellularly for efficient antigen processing
and presentation by both MHC class I and class II pathways.
Co-delivery of cancer antigen and immunostimulatory
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molecules, especially ligands for TLR, would result in concur-
rent antigen processing and presentation as well as signaling
of TLR pathway leading to generation of mature and activated
DCs capable of induction of primary T cell responses. With bet-
ter understanding of the ‘‘immune activating’’ signaling path-
ways of DCs, such delivery systems may be used to ‘‘turn on’’
the molecular switches most relevant to potent and lasting
anticancer immunity. In this regard it is important that can-
cer vaccine delivery systems should have sufficient flexibility
for incorporation of a broad number of such immunomodula-
tory molecules varying in physicochemical properties.

3.2. Induction of Protective T Cell Responses

Successful design of cancer vaccines requires definition of the
effective immunological mechanisms of cancer rejection.
Numerous animal model and several clinical studies highlight
the important roles of T cells in mediating cancer rejection
(30,32,88–94). Although CD8þ cytotoxic T lymphocytes (CTLs)
were initially considered as primary mediators of antitumor
activity, more recent studies highlight the significance of
CD4þThelper (Th) cells in controlling the antitumor responses
(30,95).The two important subsets ofThcells are:Th1cells that
activatemainly the cell-mediated immuneresponses;Th2cells,
which provide help to the humoral responses (96). Each has a
distinct pattern of cytokine secretion. Th1 cells secrete inter-
leukin-2 (IL-2), interferon-g (IFN-g), and lymphotoxin (LT),
but not IL-4, IL-5, IL-6, or IL-10, while Th2 cells produce IL-
4, IL-5, IL-6, and IL-10, but not IL-2, IFN-g, or LT. The cyto-
kinesproducedbyTh1andTh2subsets themselves reciprocally
regulate the functions of each other. The choice of Th1 vs. Th2
pathway of activation of naı̈ve CD4þ T cells is influenced to a
large extent by the microenvironment of activation of naı̈ve T
helper cells. Th1 rather than Th2 type of immune responses
are considered to be mediators of cancer rejection. Activation
of Th1 responses would also be expected to augment CTL
responses, antibody responses that can mediate cytotoxicity
against tumor, and provide stimulus to the natural immune
mechanisms involving natural killer cells and macrophages.
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The microenvironment of antigen capture by DCs,
processing and presentation to T cells have a major influence
on Th1=Th2 balance of the CD4þ T cell responses, activation
of CD8þ cytotoxic responses, and establishment of robust T
cell memory. For example, strong interaction of CD40 on
DCs with CD40 ligand on the surface of T cells as well as
the presence of IL-12 in the microenvironment of DC-T cell
conjugation will favor Th1 response whereas the presence of
IL-4 in the same milieu will favor the differentiation of the
CD4þ T cells towards a Th2 type (97,98). Therefore the deliv-
ery of immunomodulators to DCs, which can induce them to
produce IL-12 during antigen presentation would be a useful
strategy in cancer vaccination. Antigen delivery systems that
promote escape of the antigens from phagosomes to cytoplasm
would be beneficial in facilitating cross-presentation of exo-
genous antigens by MHC class I pathway and therefore
induction of CTL responses (71,99). Cytokines such as IL-7
and IL-15 facilitate establishment of long-lived T cell memory
(100,101). More detailed understanding of the immunological
milieu of DC-T cell conjugation that favor the desired antican-
cer immune responses would provide additional clues to the
design of appropriate delivery systems.

3.3. Overcoming Immune Tolerance

Immune tolerance is a major challenge in cancer vaccination
at two levels. First, since the majority of cancer antigens so
far characterized are ‘‘self-antigens,’’ the immune system would
be tolerant to these antigens (102). The high-affinity T cells cap-
able of recognizing such antigens are usually deleted in the thy-
mus (central tolerance)and thecorresponding low-affinityTcells
are kept under anergy by the peripheral tolerance mechanisms.
The latter is believed to be largely through natural T regulatory
cells (CD4þ CD25þ) (103,104). Several immunization strategies
including particulate antigen delivery have been able to over-
come the ‘‘self-tolerance’’ against cancer antigens and activate
antigen-specific T cell responses, presumably recruiting low-
affinity T cells, although the mechanism of ‘‘breaking’’ tolerance
by these approaches have been inadequately characterized.
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Second, there is abundant evidence that cancer cells
actively induce tolerance against cancer antigens (105,106).
While all the mechanisms of this ‘‘acquired’’ tolerance is not
yet well characterized, the roles of ‘‘tolerogenic DCs’’ and
‘‘acquired’’ T regulatory cells are worthy of special attention.
In some cancers there is a lack of adequate recruitment of
DCs to the tumor site (107). Other studies have shown that
DCs infiltrate cancer, but in many cases are prevented from
maturation and activation. Thus when DCs take up dying
cancer cells or soluble cancer antigens they may do so in the
‘‘self-antigen capture mode’’ rather than ‘‘pathogen capture
mode.’’ Further, many tumors produce ‘‘tolerogenic’’ factors
such as vascular endothelial growth factor (VEGF), trans-
forming growth factor-b (TGF-b and IL-10, all of which have
been implicated in the generation of immature tolerogenic
DCs. In addition certain cancer antigens such as MUC1
mucin also can induce DCs to become ‘‘tolerogenic’’ (108).
Such DCs, upon migration to secondary lymphoid organs,
would be expected to generate new cancer-antigen specific
Tr cells, which will be recruited to tumors and inhibit the
action of any effector T cells that are capable of killing tumor
cells. In addition the immunosuppressive cytokines produced
by the Tr cells may further facilitate generation of tolerogenic
DCs. Current literature suggests that this reinforcing cycle of
immune-tolerance may be a major hindrance to cancer immu-
notherapy and may explain the reason for the failure of the
clinical responses in cancer patients despite activation of
cancer-antigen-specific T cells.

Would it be possible to reverse this tumor-induced domi-
nant immunosuppressive milieu? There is some preliminary
evidence suggesting that appropriate engagement of TLR
may offer an avenue for breaking tolerance. In vitro studies
have shown that stimulation of TLR-4 or TLR-9 on DCs can
block the immunosuppressive effect of Tr cells on T effector
cells (109). More recently, animal model studies have further
provided support to this concept, where sustained TLR stimu-
lation was shown to reverse the immunosuppressive effects
of the tumor-induced Tr on anticancer immune responses
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leading to cancer regression (110). Cancer vaccine delivery
systems that facilitate a sustained TLR signaling in DCs
concurrently with antigen presentation may be the key to
translating this understanding to clinical applications.

4. CANCER VACCINE DELIVERY: LIVING
VS. NON-LIVING SYSTEMS

Numerous live vectors based on attenuated viruses or bac-
teria are currently under investigation as vaccine delivery
systems (111,112). Most of these are potent initiators of
immune activation. However safety concerns have limited
their human applications. They are also limited in terms of
the type of immunomodulatory molecules that can be incorpo-
rated in them. Further, the unwanted immune responses
against the proteins of the vector may also limit their use in
booster immunization (e.g., adenovirus vectors). Pharmaceu-
tical vaccine delivery systems based chemically defined mate-
rials such as phospholipids or biodegradable polymers have a
better safety profile. They offer greater flexibility with respect
to the manipulation of physicochemical properties of the vehi-
cle and the range of antigens and immunomodulators that
can be incorporated in them. A limitation of the non-living
delivery systems is the need for repeat administration and
relatively lower magnitude of the immune responses. How-
ever with appropriate engineering, it may be possible to
develop particulate delivery systems that can give robust
and long-lasting immunity comparable to the live vectors. It
is conceivable that the living and the non-living systems
may be used in sequence in a prime-boost immunization strat-
egy for cancer vaccination so as to exploit their complemen-
tary strengths. The following discussions will highlight
nanoparticles made of biodegradable polymer poly(d,l-lactic-
co-glycolic acid) (PLGA) as a prototype of pharmaceutically
acceptable cancer vaccine delivery system and its potential
in meeting the challenges discussed above.
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5. PLGA-BASED PHARMACEUTICAL DELIVERY
SYSTEMS

PLGA is a biodegradable polymer well known for its long-
term use in resorbable surgical sutures. This polyester is
degraded into lactic and glycolic acid in vivo, both of which
are normal metabolites, well tolerated in the body. PLGA is
now widely studied as a biomaterial for controlled release
drug delivery systems (113,114). It is suitable for encapsula-
tion of a broad range of biologically active compounds varying
in physicochemical properties. The release of the encapsu-
lated material can be controlled by several parameters such
as ratio of lactic to glycolic acid, molecular weight of the
components, and particle size. Several pharmaceutical pro-
ducts based on this delivery system are already in clinical use.

PLGA is well suited as a biomaterial for vaccine delivery.
A number of research groups have encapsulated proteins, pep-
tides, lipopeptides, plasmid DNA, oligonucleotides, viruses,
and a variety of immunomodulatory molecules in this
biomaterial (19,115–121). Hydrophobic materials such as
lipopeptides and immunomodulatory glycolipids may be
incorporated in a single emulsion (oil=water) solvent evapora-
tion method where as hydrophilic materials such as proteins,
peptides, and nucleic acids may be incorporated by double
emulsion (water=oil=water) solvent evaporation method.
Alternatively proteins and nucleic acids may be absorbed on
the surface of the cationic PLGA particles. PLGA vaccine for-
mulations of proteins, peptides, and plasmid DNA induce
potent and antigen-specific immune responses. PLGA parti-
cles may also be designed for slow or pulsed release of the
antigen or for rapid uptake by antigen presenting cells. A
controlled release vaccine delivery system incorporating
PLGA particles of varying characteristics is under investiga-
tion as a single shot delivery system that can give three
pulsed release of antigens mimicking three immunizations
(122). Another major application of the PLGA delivery system
is mucosal delivery of antigens (18). PLGA microparticles can
protect the antigens from degradation in the gastrointestinal
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tract and can facilitate antigen delivery to the Peyer’s
patches to induce mucosal immune responses (123).

6. ‘‘PATHOGEN MIMICKING’’
NANOPARTICLES FOR CANCER VACCINES

In view of the need for targeting cancer antigens to DCs and
activation of the TLR signaling pathway, we propose the
design of ‘‘pathogen-mimicking’’ nanoparticles as a cancer
vaccine delivery system. These particles are designed for
rapid and efficient uptake by DCs, rapid release of the antigen
in DCs for MHC class I and class II pathways, and mediation
of ‘‘danger signal’’ through engagement of TLR by the ligand
co-delivered with the antigen.

6.1. Uptake of PLGA Nanoparticles by Dendritic
Cells

We and others have established the suitability of PLGA nano
and microparticles for uptake by human and mouse DCs gen-
erated in vitro (124–127). We have used three DC cultures as
in vitro models: human peripheral bood-monocyte derived
DCs, human cord-blood CD34þ stem cell derived DCs, and
murine bone-marrow derived DCs. All three systems conclu-
sively demonstrated that > 90% of the cells of the DC pheno-
type phagocytose PLGA nanoparticles, with phagocytosis
being complete within a 12h incubation period. The uptake
was dependent on actin polymerization as evidenced by its
inhibition by cytochalasin B. Phenotypes of the cells taking
the particles were established by multicolor flow cytometry,
where surface-marker phagocytic cells with fluorescent parti-
cles were analyzed and intracellular location confirmed by
confocal microscopy (Fig. 1). This was also further supported
by electron microscopy studies where particles in the process
of phagocytosis with membrane ruffling around them could be
visualized (Fig. 2).

The uptake of PLGA nanoparticles containing ligands for
TLR-4 (monophosphoryal lipid A) or TLR-9 (immunostimula-
tory CpG oligonucleotides) byDCs resulted in the upregulation
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of both MHC class II molecule as well as costimulatory mole-
cules (Fig. 3). Such DCs showed higher capacity for allostimu-
lation in a mixed lymphocyte response assay and secreted
a number of pro-inflammatory cytokines including IL-12,
TNF-a, and IL-6 (unpublished results). These activities were
dependent on the presence of TLR ligands within the particles
and could not be achieved by comparable quantities of TLR
ligands in soluble form or simple mixing of the particles with
TLR ligands in a solution. These results are consistent with
the view that our ‘‘pathogenmimicking’’ nanoparticles provide
a potent delivery system to stimulate DCs towards maturation
and activation, critical steps in induction of anticancer
immune responses.

Are PLGA nanoparticles administered in vivo interna-
lized by DCs? Would the site of immunization significantly
influence the type of cells internalizing the particles?We have
demonstrated that PLGA nano and microparticles adminis-
tered by intradermal route result in their uptake by DCs in
mice (128). DCs carrying such particles were located in the
draining lymph nodes of the immunized mice. The phenotype
of the cells with intracellular fluorescent particles was estab-
lished by dual color flow cytometric detection of two key DC
cell surface markers DEC 205 and CD 86 (Fig. 4). In contrast,
the intraperitoneal immunization resulted in the uptake of
the particles largely by cells of the macrophage phenotype.
These results suggest that the site of immunization may influ-
ence the type of cells internalizing the particles. However
additional investigations are required to gain better under-
standing of the in vivo dynamics of cellular uptake of PLGA
particles in vivo by different routes of immunization and their
potential consequences in terms of immune responses elicited.

6.2. Antigen-loading of DCs by PLGA
Nanoparticles Ex Vivo for Induction
of T Cell Responses

Antigen delivery to DCs ex vivo is of particular significance to
cancer immunotherapy. As already discussed, cancer may
induce defects in DCs in cancer patients and may create an
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Figure 3 Uptake of PLGA nanoparticles by murine DCs in vivo.
DCs were isolated from the draining lymph nodes of mice adminis-
tered with nanoparticles containing TMR dextran. Cells were exam-
ined for double color immunofluorescence after staining with the
following FITC-labeled antibodies: (A) DEC-205, (B) DEC-205
isotype control, (C) CD86, (D) CD86 isotype control. Negative con-
trols consisted of unlabeled cells with (E) and without (F) TMR dex-
tran-loaded nanoparticles. (From Ref. 128.)
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immunosuppressive context for capture of tumor antigens.
However, immunocompetentDCsmaybe generated fromblood
monocytes of cancer patients. They may be loaded with cancer
antigens ex vivo in an immunostimulatory milieu and then
administered to the cancer patients. Alternatively, such DCs
may be used to activate cancer-antigen specific T cells ex vivo,
which in turn can be infused into the cancer patients. Another
advantage of this method is the generation of a larger number
of DCs ex vivo as compared to the small number of DCs accessi-
ble in vivo by conventional routes of immunization. DCs loaded
with cancer antigens ex vivo are now used in several clinical
trials (129,130). Most of the current methods use soluble anti-
gens or transfection approaches for loading DCs.

Figure 4 Enhanced expression of MHC class II and CD86 on mur-
ine bone-marrow derived DCs after uptake of PLGA nanoparticles.
DCs were pulsed with nanoparticles (with or without MPLA) for
24h and analyzed for expression levels of MHC class II and
CD86. Control groups were treated with HBSS. Thin black line in
the histogram plot represents the background staining with isotype
controls. Soluble TMR-dextran induced no detectable change in the
expression of the markers. Numbers in the histogram indicate MFI
values for the respective markers. (From Ref. 126.)
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Do PLGA nanoparticulate formulations of antigens have
any advantage over the corresponding soluble formulations in
antigen loading of DCs? Our preliminary results indicate
that particulate delivery can achieve a 10- to 100-fold higher
amount of antigen delivery as compared to soluble form
(unpublished results). Particulate delivery also results in

Figure 5 Induction of primary T cell response against an MUC1
lipopeptide (BLP25), following in vitro immunization using human
cord blood derived DCs. DCs used were separately pulsed with
MUC1 (BLP25) in nanoparticles or in solution prior to co-culture
with T cells. Either MPLA or CpG ODN was used as immunomodu-
lator. DC:T cell ratios used were 1:5 to 1:20 where the number of
autologous naı̈ve T cells were maintained at 1.5�105=well. Each
data set comprises of triplicate samples. Standard deviation is
shown as error bars. For clarity, student’s unpaired t-test analysis
is shown only for 1:5 ratios of DC:T cells to compare between the
efficiencies of soluble vs. nanoparticulate antigen delivery;
�P< 0.005; ��P< 0.0005. Np¼Nanoparticles. (From Ref. 127.)

Polymeric Nanoparticle Delivery of Cancer Vaccines 471



sustained antigen release, processing and presentation by
DCs (131). The particulate formulations induced about a
1000-fold greater amount of proinflammatory cytokines such
as IL-12, TNF-a and IL-6 by the DCs as compared to the solu-
ble formulations containing the same dose of the TLR ligand
(unpublished results). DCs loaded with particulate antigens
have been more efficient in the activation of primary T cell
responses as compared to the soluble antigens. This was
demonstrated in both murine and human DC culture systems
using a number of antigens including model antigens (tetanus
toxoid and ovalbumin peptide Ova323–339) and an MUC1 lipo-
peptide, an important cancer vaccine candidate (126,127). A
significant observation in these studies was the efficiency of
the delivery system in overcoming self-tolerance against
MUC1 in DC=T cell co-cultures of human origin or from
MUC1-transgenic mice. In these studies primary antigen-spe-
cific T cell activation required co-delivery of the antigen and
TLR ligands in the same particles. Our preliminary results
indicate the loading of the DCs with ‘‘pathogen mimicking’’
nanoparticles containing both antigen and TLR ligands
induce more potent primary T cells responses as compared
to DCs loaded with corresponding soluble formulations.

6.3. Immune Responses In Vivo: Th1=Th2
Balance and Anticancer Effects

Numerous studies have demonstrated the immunopotentiat-
ing effects of PLGA micro and nanoparticles for proteins
and peptides (18). An important question in the context of
cancer vaccines is whether the delivery system can be used
to manipulate the type and magnitude of immune responses.
Of particular interest are the effects of the delivery system on
the Th1=Th2 balance and activation of potent CTL responses.
We have shown that with co-delivery of the antigen, appropri-
ate TLR ligands (e.g., lipid A analogs and CpG oligonucleo-
tides) using PLGA nanoparticles can be used to bias the
immune responses towards a Th1 type. This has been demon-
strated for protein and peptide antigens (115,116,132). Even
when a particular peptide has a tendency to elicit a Th2 type

472 Samuel and Kwon



of immune response, nanoparticulate delivery may be used to
elicit a Th1 response. Further, this system may be useful to
qualitatively alter an ongoing Th2 response against a peptide
into a Th1 response. Therapeutic vaccines for cancer and
chronic viral infections are often administered to a patient
who already may have an ongoing Th2 response against the
vaccine antigen. It is often difficult to elicit a Th1 immune
response specific for a peptide epitope, when there is an
already established ongoing Th2 response. Using a hepatitis
core peptide (HBcAg129–140) which typically induces a Th2
response in C57BL=6 strain (H-2b), we have demonstrated
that delivery systems such as liposomes and PLGA nanopar-
ticles can switch the response from a Th2 to a Th1 mode (133).
In addition, such a Th1 response can be elicited using a
booster immunization even after creating an ‘‘imprint’’ of
Th2 response with a primary immune response (unpublished
results). Whether such effects can be achieved in the context
of an ongoing disease such as cancer or chronic hepatitis B
infection remains to be seen.

PLGA nanoparticulate formulation of an MUC1 lipo-
peptide, BLP25, provided about 90% protection against
subsequent challenge with MUC1-transfected Lewis lung
carcinoma in MUC1-transgenic mice, with long-term survival
(manuscript submitted). However therapeutic immunizations
of mice with an already established lung metastasis were less
effective.

6.4. Dose Sparing of TLR Ligands by
Nanoparticle Delivery

Since vaccine delivery systems would protect the encapsu-
lated molecules from the undesired in vivo degradation before
their uptake by DCs, they would be expected to reduce the
minimal effective dose of antigens as well as the immunomo-
dulatory molecules significantly. Since the tolerated dose
range of protein and peptides are usually very large, the dose
sparing of antigens may not be a major issue in vaccination.
On the other hand, the majority of the immunomodulatory
molecules including TLR ligands are not well tolerated in vivo
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at higher doses, especially if administered repeatedly. Many
of these compounds such as lipid A analogs and immunosti-
mulatory oligodeoxynucleotides (ODN) may show serious
undesired effects when administered at higher doses. A
recent study reported that repeated daily injections of even
modest doses of 60 mg of CpG ODN in mice caused splenome-
galy within 7 days and drastic damages to lymphoid tissues
and hepatic toxicity by day 14 of the treatment (134). Since
overcoming tumor-specific immunosuppression mediated by
T regulatory cells may require persistent signaling through
TLRs (110), approaches to reduction of the effective doses of
TLR ligands and their controlled delivery are emerging as
important aspects of cancer vaccine delivery. We have
recently shown that for an immunostimulatory CpG ODN,
the effective dose in mice for antigen-specific T cell activation
could be reduced by 10–100-fold by its delivery in PLGA nano-
particles (Fig. 6) (135). In this formulation, the CpG ODN,
both CpG and the model antigen tetanus toxoid, were encap-
sulated within the nanoparticle. These nanoparticles would
be expected to ‘‘hide’’ CpG ODN from other cells such as B
cells and NK cells, while facilitating greater uptake by DCs
than achievable by the soluble formulations. It is worth not-
ing that TLR9 is predominantly localized in the endosomes
or phagosomes of DCs rather than their cell surface, and its
optimal signaling is dependent on acidic pH (136,137). Since
the nanoparticles are internalized into phagosomes where
CpG ODN will be released in an acidic environment, this
approach of delivery is most suited for potent activity in the
target cells. In addition, lactic and glycolic acids, the degrada-
tion products of PLGA, will also contribute towards further
acidification of the phagosomes, providing the most favored
microenvironment of TLR9 signaling.

6.5. Microparticles vs. Nanoparticles: Does Size
Matter?

Particulate vaccine delivery systems seek to target DCs mak-
ing use of their phagocytic properties. Since the upper size
limit reported for phagocytosis by macrophages, closely
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related antigen-presenting cells, is in the range of 5–10 mm, it
is reasonable to expect that both micro and nanoparticles will
be efficiently internalized by DCs. However, a recent study
has reported an inverse relationship between particle size
and the extent of uptake by DCs (138). In our studies both
nano and microparticles (below 5 mm) are taken up by DCs;
however antigen loading by nanoparticles (>500nm), rather

Figure 6 Proliferation of T cells from mice immunized with nano-
particulate of soluble formulations in response to ex vivo stimula-
tion with the recall antigen (tetanus toxoid). The T cells were
derived from the mice immunized with TT and various doses of
CpG ODN. The number of T cells and APCs incubated in the assay
plate wells were 5�105 and 1�106 respectively. The recall prolifera-
tion response is shown on the y-axis as (A) CPM; for clarity SI
values are also given on the top of each bar; (B) stimulation index
for nanoparticulate (solid circles) and soluble (hollow circles) mode
of vaccine delivery. Error bars indicate standard deviation.
(From Ref. 135.)
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than by microparticles (1–2 mm), was better suited for
generation of DCs capable of primary activation of T cell
responses in vitro (unpublished results). Due to the increased
surface area, nanoparticles would be expected to degrade fas-
ter and release the antigens in the phagosomes more quickly
than the larger microparticles. Although it is difficult to
extrapolate these in vitro results to in vivo immunizations,
it is worth noting another report showing that PLGA particles
below 500nm were more efficient in CTL activation in vivo
against an encapsulated peptide antigen as compared to par-
ticles above 2 mm (139). More detailed studies on the effect of
particle size, polymer characteristics, and surface properties
of the delivery systems on uptake by DCs, antigen release
in endosomes, antigen presentation by MHC class I and class
II pathways, and maturation and activation of dendritic cells
are necessary for the optimal design of effective cancer
vaccine delivery systems.

7. CONCLUDING REMARKS

Do cancer vaccines offer a promising new approach that
can potentially revolutionize cancer treatment? The answer
appears to be a resounding ‘‘yes.’’ However major hurdles
remain to be overcome before this becomes a successful clini-
cal modality. Several of these issues are related to vaccine
delivery. Novel delivery systems that can target cancer anti-
gens and immunomodulatory molecules to subsets of immune
cells in a controlled release mode may be able to meet several
of these challenges. The PLGA nanoparticulate system may
serve as a prototype of such a delivery module.
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1. INTRODUCTION

Since the advent of new concepts for the exploiting of polymer
conjugates as drug carriers in the 1970s, polymer science has
played a pivotal role in both the design of novel drug carriers
for cancer treatment and the enhancement of the efficacy and
bioavailability of existing drugs (1–2). The major advantage
of these polymer-based carriers is the easy modification
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(depending on the purpose at hand) of their structural and
functional features, an advantage that may overcome the
limits of natural carriers, like safety and production costs, by
providing the appropriate properties for therapeutics to mass
producible polymers and their assemblies (3). For this reason,
interest has recently centered on the improved functionalities
and the chemical structures of polymer assemblies, advances
in which have led to new types of cancer chemotherapy;
moreover, the requirements for the development of carriers
whose properties are optimized for anticancer drugs, diagnos-
tic agents, and genes are growing day by day. In this chapter,
we will take a look at the recent studies that concern this
issue and that advance suggestions for future design, develop-
ment, and clinical applications of polymer assemblies in the
delivery of drugs and genes, particularly focusing on one of
the unique carriers, the polymeric micelle, that our research
group has been investigating for the past decade.

2. RATIONALE FOR DELIVERY SYSTEM USING
POLYMER ASSEMBLIES

2.1. Block Copolymers and Polymer Assemblies

Before introducing the recent studies of polymeric delivery
systems using polymer assemblies, it might be helpful to
review some general concepts about block copolymers and
polymer assemblies in order to get a better understanding
of their current approaches and achievements in the drug
delivery system (DDS) field.

Most anticancer drugs are low molecular weight mate-
rials and are injected into the body through a vein. The intra-
venously injected drugs spread all over the body, and this rapid
and non-specific distribution limits the range of their applica-
tions in spite of their great efficacy. Moreover, because many
anticancer drugs are water insoluble, injection into human
beings with an optimized aqueous solution formulation is not
simple. In order to clarify these problems, many approaches
have been carried out to increase the solubility of hydrophobic
drugs by conjugating hydrophobic anticancer drugs to natural
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orartificialmacromolecules; in this area, polymershavebecome
some of the most promising drug carrier formulations (4–7).

A polymer is generally defined as a molecular complex
from many repeating units, and the group of repeating units
that methodically arrange in a single polymer strand is called
a block or a segment. A block copolymer is a polymer that has
two or more blocks in the main chain, and is characterized by
forming nano- or micro-sized polymer assemblies according to
the condition of the molecular affinity interaction affected by
solvents, ionic strength, temperature, and so on. The capacity
for forming polymer assemblies distinguishes block copoly-
mers from random and graft copolymers. Like most molecules
that aggregate or repel each other according to their physico-
chemical properties, the blocks in a polymer chain also
undergo molecular interaction. However, their mobility is
restricted for steric reasons, and the block copolymers self-
assemble into polymer assemblies through a thermodynamic
interaction between blocks, rearranging and forming domains
in which blocks with the same physicochemical properties are
segregated into the most entropically stabilized state (8).

In addition to such self-assembling features, the easily
modifiable chemical structure offering new functionalities is
another important advantage for carrier designs. Because
block copolymers spontaneously form polymer assemblies,
we can (when considering which block would be placed in
the domains of the prepared assemblies) introduce functional
groups to desired positions (9). Moreover, because modifica-
tion between the inside and the surface of the assemblies is
possible at the same time, the materials to be loaded can be
widely selected by optimizing molecular interactions that
are important to the forming of assemblies as a driving force
based on the hydrophilicity, lipophilicity, and electrostatic
ratio. In this regard, the functionalities of the assemblies
are controlled by conjugation of those materials that selec-
tively interact with charged groups or specific counterparts
on the surface of the assemblies, inducing segregation
between the inside and the outside of the assemblies.
Therefore, polymer assemblies from block copolymers provide
useful tools to design carriers.

Polymer Assemblies 493



2.2. Distribution of Polymer Assemblies in
the Body

In order to develop polymeric drug carriers optimized for in
vivo use, the fate of polymer assemblies and their constituent
polymers in the body should be considered. An understanding
of their behaviors in the body and an ability to control their
structural and functional features when they are present in
the body enable us to design carriers that safely protect
materials being delivered from both external environments
and the host defense system. This basic knowledge is parti-
cularly important for the delivery of materials such as drugs,
proteins, genes, and imaging agents to a specific site in our
bodies, like solid tumors.

Generally, the behavior of external materials after their
injection into the body is influenced by their physicochemical
properties. In comparison with low molecular weight materi-
als, polymer assemblies with high molecular weights that
hardly penetrate blood vessel walls will be placed in a vascu-
lar space after intravenous injection (Fig. 1). If the polymer
assemblies are sufficiently water soluble, they move through
the blood stream and reach the first gate to pass, the kidneys.
The kidneys excrete into the urine external materials that
have molecular weights and sizes of less than 50,000 and
6nm, respectively (10). In addition, because the kidneys’
capillaries are negatively charged, polymer assemblies with
positive charges become filtered, a change that is evident
when these polymer assemblies are compared with materials
that have similar or the same molecular weights (11,12). Even
though the polymer assemblies pass the kidneys, if they are
not water soluble, the adsorption of proteins occurs, and the
reticuloendothelial system (RES), a host defense system,
becomes activated. The RES is composed of monocytes and
macrophages located in the reticular connective tissues, like
the liver and spleen, and is responsible for engulfing and
removing cellular debris, old cells, and unwelcome external
invaders from the bloodstream.

In the meantime, the polymeric assemblies that over-
came the in vivo barriers still have fundamental problems
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related with the amount of used polymers that are needed to
maintain the hydrophilicity of the polymer assemblies for
clinical use. Although it is inevitable that the amount of
polymers increases in line with the increase in the loaded
drugs, this may cause potential side effects due to their accu-
mulation in the body, and it becomes particularly serious
when repeated injections are required. It is certain that, as
certified by the FDA, the polymers used for biomedical science
are generally biocompatible and non-toxic. However, it is
preferable to reduce the amount of polymers; therefore, poly-
mers after drug delivery should either be designed to be
biodegradable or be safely excreted from the body without
accumulation after delivery of the drugs and genes.

2.3. Targeting

Polymer assemblies distribute in the body depending on their
physicochemical properties. This means that we can guide the
polymer assemblies to a specific site in the body by changing
their physicochemical properties, and we call this process
‘‘targeting.’’

Figure 1 Dispositions of the injected polymer assemblies and
their constituent polymers in the body.
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The concept of targeting is grouped into the two catego-
ries of ‘‘passive’’ and ‘‘active’’ targeting. Passive targeting
denotes a method by which to exploit the dispositions of the
materials that naturally distribute in the body without any
artificial operation and design, based on their intrinsic char-
acteristics such as molecular weight, charge, hydrophilicity,
and lipophilicity balance. Active targeting is a technique by
which to control the natural distribution of materials more
precisely through the use of selective interaction between
ligands and receptors. This second technique has mostly been
utilized in the piloting of materials to both the liver and solid
tumors, which contain the corresponding receptors.

One might simply conclude that active targeting is more
advanced than passive targeting, but active targeting cannot
be realized until the material to be targeted has the capacity
to be used for passive targeting. Therefore, even though newly
designed polymer assemblies for the delivery of drugs and
genes have functionality and target selectivity, their intrinsic
characteristics play an important role in determining their
distribution in the body; indeed, most existing carriers with
the capacity to be used for passive targeting have a structural
stability that remains over a long period of time and, for this
reason, are not quickly eliminated from the body. In this
regard, understanding the correlation between the physico-
chemical properties of the assemblies and their behaviors in
the body is very important, and the combination of these
two features is required for the design of ultimate carriers.

Depending on the targeted level, targeting can be further
grouped into three steps. First, carriers are limited in the
targeted organs or tissues. Second, carriers are guided to the
cell. And third, carriers are aimed to interact with organelles
including the mitochondria and nucleus in each cell. When
these levels of targeting are chosen, consideration is given
to the nature of the materials being delivered. For example,
the drugs that have low molecular weight can freely access
all organs owing to the high diffusivity, and thereby, they
can exert pharmaceutical activity irrespective of the targeted
sites, either extracellular or intracellular space. However, in
the case of materials like proteins or genes that show the

496 Bae and Kataoka



efficacy by interacting with cells or DNA inside the cell nuclei,
intracellular targeting is a prerequisite. Consequently, by
understanding the targeting related to the organ, we can
use cellular and subcellular levels in order to tailor a suitable
delivery system based on the in vivo mechanism that the
carriers will undergo.

3. BLOCK COPOLYMER MICELLES FOR DRUG
DELIVERY

3.1. Polymeric Micelles

We have briefly reviewed polymer assemblies from block copo-
lymers, their biodistribution, and the targeting technique
that guides them to a specific site in the body. In this section,
we will describe the practical efforts that have been made in
the field of recent DDS using polymer assemblies.

As described, block copolymers formwell-defined polymer
assemblies according to given conditions. Among these assem-
blies are amphiphilic block copolymers having both hydro-
philic and hydrophobic blocks in the same polymer chain,
one that is built of spherical polymer assemblies in aque-
ous solutions, called ‘‘polymeric micelles,’’ whose structures
are characterized by nanosized and core-shell segregated
domains similar to those of viruses in nature (13–17). As
viruses protect the nucleic acid core with a protein-coated
lipid envelope, polymeric micelles have a hydrophobic inner
core that is surrounded by a hydrophilic outer shell, which
provides a nano depot for loading materials, instead of viral
DNA and RNA, protected by biocompatible shields (Fig. 2).
In addition, heterogeneous functionalities can be introduced
in each domain by the design of the block copolymers, which
broadens the applications of the micelles in line with the
changing materials and behaviors in the body, and which
makes the polymeric micelles suited for the in vivo delivery
of drugs.

In order to prepare the micelles using self-assembling
amphiphilic block copolymers, it is very important to deter-
mine the hydrophilic=hydrophobic balance. This is because
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amphiphilic block copolymers with hydrophilic and hydro-
phobic blocks are segregated into two phases in aqueous
solutions: the hydrophilic blocks face toward the surface of
water and the hydrophobic blocks face away from the water,
and these rearrangements of the blocks are controlled by
the hydrophilic=hydrophobic balance. Even though sedimen-
tation occurs when hydrophilic and hydrophobic blocks exist
alone, the amphiphilic block copolymers that bind these
heterogeneous blocks together induce the formation of a
structure in which the microsegregated hydrophobic domain
tethers the hydrophilic domain; in turn, the hydrophilic
domain surrounds the hydrophobic domain. This pheno-
menon depends on the priority of thermodynamic stability
between solvents and the hydrophilic=hydrophobic blocks,
which makes the structure of the micelles very stable (18).
Micelle formation, in fact, was originally observed in low
molecular weight surfactants (LMWS), and the typical way
to show the stability of LMWS is the critical micelle

Figure 2 Micellar polymer assemblies from self-assembling block
copolymers: the polymeric micelles (a) and the polyion complex
micelles (b).
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concentration (CMC), which means the minimum concentra-
tion in which the micelle structure can be formed. A low
CMC means that the micelles remain stable in aqueous
solutions, and the CMC of LMWS is usually 10�3–10�4M.
For polymeric micelles, however, the CMC becomes 10�6–
10�7M, which means that the polymeric micelles are 1000-
fold more stable than LMWS so that the former can maintain
micelle formation under the diluted conditions in the blood
after injection (19). Indeed, many experimental results have
prompted reports that the polymeric micelles from hydro-
philic-hydrophobic interactions remain stable in aqueous
solutions for days. Another method to prepare the polymeric
micelle involves the inducing of strong interactions between
the core-forming blocks, such as electrostatic interaction
(20), metal complexation (21), cross-linking (22), and crystal-
lization (23). This method is based on the fact that the micelle
structure is formed by the microsegregation of hetero-blocks
of block copolymers; therefore, micelles are spontaneously
formed if a strong interaction occurs between blocks that form
stable cores. Among these, the electrostatic interaction is
utilized in the forming of carriers that deliver charged mate-
rials, such as metal chealates, proteins, and genes, which will
be described in detail later (Fig. 2b).

In addition to the stable micelle architecture with its
core-shell structures, the small size of the micelles (on the
order of nanometers) is another great advantage that it
possesses as a drug carrier for clinical applications. The injec-
ting of external materials into the body requires a steriliza-
tion process, and nano-sized micelles can be simply sterilized
by filtering. Moreover, moving through the blood capillaries,
the micelles have access to the entire body owing to their
small size, which is particularly valuable for the delivery of
drugs to solid tumors. Unlike normal tissues, solid tumors
feature large vascular permeability and high interstitial dif-
fusivity; and yet a lack of lymphatic drainage is observed.
Therefore, macromolecular carriers, like polymeric micelles,
are easily accumulated in a solid tumor, and the accumulated
materials can hardly return to the blood stream, a fact that
results in tumor-specific accumulation. This phenomenon is
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called the enhanced permeability and retention (EPR) effect,
and has been accepted for passive targeting in many carrier
systems (24). In order to achieve the maximum EPR effect,
there are a few factors that carriers should clear in order to
overcome the host defense systems in our bodies, such as
rapid renal clearance and phagocytosis by RES. Moreover,
while remaining stable in the blood over a long time period,
the carriers should be small enough to pass through the small
pores of blood vessels that have a size of less than 400nm (25).
From this point of view, the nano-sized polymeric micelle has
structural features that make it the best application in terms
of the EPR effect and, thus, in terms of overcoming in vivo
barriers.

3.2. Delivery of Hydrophobic Anticancer Drugs

Polymeric micelles, with their various advantages (mentioned
above) can be functionalized depending on the purpose or goal
at hand, and their application as a carrier for the delivery of
anticancer drugs is one such example, having crucial impor-
tance. Most anticancer drugs are limited in their clinical
applications because of their high toxicity and low solubility
in aqueous solutions. The toxicity of anticancer drugs results
mainly from their non-specific systemic spread in the body. A
significant problem stems from the fact that the range of drug
concentrations having pharmaceutical activity without toxi-
city (a safely injectable effective dose) is extremely narrow.
In addition, even though the formulation of drugs was decided
in terms of achieving optimal therapeutics, the injecting of
drugs into the body is difficult owing to the fact that the solu-
bility of many drugs is too low. Meanwhile, rapid clearance of
anticancer drugs from the body results in repeated adminis-
terings of the drug in order to maintain an effective concen-
tration of it in blood; these repeated administerings create
the potential for either chronic toxicity or the body’s acquired
resistance to the anticancer drug.

In order to solve these problems and realize a patient-
friendly chemotherapy, researchers have developed many
intelligent carriers using polymeric micelles (13,14). When
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designing drug-loaded carriers, we should consider all of the
steps that, together, account for the binding, the delivery,
and the release of drugs, particularly those drugs whose effi-
cacy remains reliable before and after chemical modification;
in addition, a clear pathological mechanism should be selected
for the realization of such an appropriate system. Doxorubicin
(DOX) has been used in many studies for that reason. Even
though its clinical application has been limited owing to its
low water-solubility and its side effects such as cardiotoxicity,
myelosuppression, and nephrotoxicity, DOX has been utilized
because its antitumor activity is effective in the treatment of
leukemia, breast carcinoma, and other solid tumors. More-
over, functional groups can be easily introduced to the DOX
molecules for chemical modification, but DOX does not lose
its pharmaceutical activity as long as such modifications are
reversible, and this is a great advantage in the design of drug
carriers. In the early carriers were drug-conjugated systems
from natural macromolecules like transferrin or from artifi-
cial hydrophilic polymers. Even though these systems achi-
eved a reduction in the toxicity of the drugs, most of them
ended in failure and frustration because they either failed
to clear the host defense systems or deteriorated in the
presence of conjugated drugs. In the 1970s, Ringsdorf and
coworkers suggested that a DDS based on polymer science
and supramolecular chemistry could overcome these limita-
tions (1), and such recent approaches have been experimen-
tally proven to enhance the efficacy of the drugs using a
great many novel drug carrier systems. For example, the
polymeric micelles from the DOX-conjugated amphiphilic
block copolymers stably dispersed a large amount of hydro-
phobic anticancer drugs without sedimentation in aqueous
solutions, showing effective tumor suppressing activity as
well as reduced toxicity (26). These results occurred because
the micelles can circulate in the blood stream for a long period
of time and selectively accumulate in a solid tumor. These
were the findings in animal experiments in which a high
accumulation of the micelles, after their injection, was noted
in solid tumors, and a low accumulation was noted in
normal organs (27,28). It should also be noted that, in these
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experiments, there was a significant difference between drug-
polymer conjugates and polymer assemblies from drug-bound
block copolymers, which indicates an understanding that the
design of polymers, as well as their assemblies, is important
and should be considered together.

Preparation of these drug-incorporated micelles began
with the synthesis of self-assembling amphiphilic block
copolymers, poly(ethylene glycol)-poly(aspartic acid)[PEG-
P(Asp)(DOX)] (Fig. 3). For the shell-forming segments,
poly(ethylene glycol) (PEG) was used in this system. PEG is
one of the widely used biocompatible polymers for in vivo
use owing to its high water solubility and chain mobility.
PEG is non-toxic and a polymer chain with a molecular
weight of less than 30,000 can be cleared from the body
through renal filtration (29). Because of the high flexibility
and the large exclusion volume in water, PEG forms a shell
that renders the micelles sterically stabilized, and this is use-
ful for preventing the adsorption of proteins and the adhesion
of cells. PEG shielding was used to minimize the non-specific

Figure 3 Preparation of the polymeric micelles loading hydro-
phobic drugs in the core.
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interaction between plasma proteins and the surface of the
micelles. DOX was covalently conjugated to the P(Asp) seg-
ments of the block copolymers, and the drug-bound blocks
formed a stable core owing to the p-p interaction between
the hydrophobic DOX molecules. In this regard, using carbo-
diimide compounds, we conjugated DOX to the side chain of
the P(Asp) segment of the block copolymer between the
carboxylic groups of the P(Asp) segment and the glycosidic
primary amino group of the DOX molecule. Approximately
50% of the carboxylic moieties in the P(Asp) segment were
conjugated with DOX, making the P(Asp) segment hydropho-
bic enough to form micelles in aqueous solutions (30–32). The
high polymer content causes coagulation or gelation in most
drug-polymer conjugates but no such phenomenon was shown
in the micelles. On the contrary, the self-association between
DOX molecules through the p-p interaction increases the
cohesive force within the core, and this increase causes the
additional entrapment of DOX molecules in a physical way,
with yields improving from 10 to 65%. It must be mentioned
that the micelle structure stabilized when the amount of phy-
sically entrapped DOX in the core increased. This increase
reduced the systemic leakage of DOX and both enhanced
DOX accumulation in a solid tumor and lessened toxic side
effects from the drugs’ non-specific distribution to normal
organs. Because the drugs conjugated to polymers, and
because the free drugs that were added later shared the same
chemical structures, the free drugs that were incorporated
later behaved as a filler molecule. These results enhanced
the stability of the micelles, preventing dissociation of the
micelles in the blood. This system is now under phase II
testing and is showing effective activity, even when compared
with the free DOX (33).

3.3. Delivery of Metal-Complex Anticancer
Drugs

We saw that the matching molecular structures of drugs and
polymers are important, and the design of the micelles
slightly changes if the drugs are metal complexes. This is
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because functional groups are required to form a stable core
and do so by substituting ligands of metal chealate. The
well-known metal complex cis-diamminedichloroplatinum(II)
(cisplatin, CDDP) is an anticancer agent, but its clinical use
is limited owing to its low water solubility and its particular
side effects of acute or chronic nephrotoxicity. Because, in a
chloride-free condition, other reacting groups can substitute
for the chloride ligands of the platinum(II) [Pt(II)] atom of
CDDP, carboxylate-containing block copolymers were used
to prepare the micelles (34). On the other hand, these carbo-
xylate ligands can be exchanged with chloride ions to regene-
rate CDDP at physiological salt concentrations owing to their
low nucleophilicity.

Block copolymers with carboxyl functional groups were
prepared from PEG segments for the hydrophilic shell and
polyamino acid blocks for the drug-bound core, which inclu-
ded poly(ethylene glycol)-poly(aspartic acid) [PEG-P(Asp)]
and poly(ethylene glycol)-poly(glutamic acid) [PEG-P(Glu)]
(Fig. 4). When CDDP was mixed with PEG-P(Asp) in distilled
water, the micelles with a polymer-metal complexed core
spontaneously formed, having a narrow distribution with a
20nm diameter. To prepare a stable micelle structure, we
determined the critical substitution molar ratio of CDDP to
Asp residues in PEG-P(Asp) (CDDP) to be 0.5. Interestingly,
the micelles dissociated within 10h of the induction period
as the molar ratio of CDDP to Asp residues in the micelles
decreased to the critical value of 0.5 in physiological saline
(0.15M Nacl solution) at 37�C, followed by a sustained release
over 50h. This profile is of great advantage for the delivery of
drugs because the micelles, after being administered, need to
be stable during the circulation but degradable at the working
site so as to release the loaded drugs. Indeed, CDDP-loaded
micelles in tumors were revealed, first, to have a 14-fold
higher plasma concentration than that of the free CDDP
and, second, to reduce CDDP-induced nephrotoxicity without
compromising the anticancer cytotoxicity of CDDP. To
achieve a more effective tumor accumulation, PEG-P(Glu)
was used instead of PEG-P(Asp). In other words, one methyl-
ene group at the side chain increased the hydrophobicity of
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the micelle core. The prepared polymer-metal complex
micelles PEG-P(Glu) (CDDP) had a 30nm diameter, and in
physiological saline, PEG-P(Glu) (CDDP) micelles showed a
slower release rate (half-value period: >95h) than the afore-
mentioned PEG-P(Asp) (CDDP) micelles with a 30h half-life
in the blood circulation and a longer induction period (>20h)
for themicelle dissociation than the PEG-P(Asp) (CDDP)mice-
lles (approximately 10h). In particular, the biodistribution of
the micelles were drastically changed. The PEG-P(Glu)
(CDDP) micelles maintained a high plasma Pt level (11% at
24h after injection), that was longer than the level associated
with the PEG-P(Asp) (CDDP) micelles (1.5% at the same time
period), while accumulations in the liver and spleen remained
low. As a result, tumor accumulation of the PEG-P(Glu)
(CDDP) micelles eventually reached a 20-fold higher value
with respect to the free CDDP, inducing effective antitumor
activity (35). Consequently, we can understand that the con-
trol of the drug’s release and of micelle stability is possible

Figure 4 Interaction between metal-complex anticancer drugs,
cisplatin (CDDP), and the core-forming segments of the block copo-
lymers PEG-P(Asp) and PEG-P(Glu). The methane group in the
side chain of PEG-P(Glu) was reported to play an important role
in significantly increasing the stability of the micelles compared
to PEG-P(Asp).
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through an optimization of the chemical structure of the block
copolymers.

4. BLOCK COPOLYMER MICELLES FOR THE
DELIVERY OF GENES AND CHARGED
MATERIALS

4.1. Polyion Complex Micelles

The charged materials repulse and coagulate owing to an
electrostatic interaction. In particular, the coagulated materi-
als become sedimented by losing their charge, a phenomenon
that also occurs in charged polymers and that can be utilized
in the preparation of new types of polymeric micelles. Depen-
ding on their charge, polymers are called polycations and
polyanions with positive and negative charges, respectively.
If either the polycations or the polyanions are combined with
hydrophilic polymers forming block copolymers, they can
disperse without sedimentation (Fig. 2b).

Indeed, block copolymers with the oppositely charged
polyelectrolyte segment, poly(ethylene glycol)-poly(l-lysine)
[PEG-P(Lys)] and PEG-P(Asp), spontaneously assemble into
the core-shell structures whose core is composed of the
polyion complex of PEG-P(Lys) and PEG-P(Asp). This pheno-
menon is due to an electrostatic interaction, which is called
a ‘‘polyion complex (PIC) micelle’’ and which thus disting-
uishes the PIC micelles from the polymeric micelles that
utilize a hydrophobic interaction as the driving force for mice-
lle formation (36). In comparison with the ion complexes that
form a sediment at a mixing ratio to neutralize charges, the
PIC micelles show high water-solubility and stability even
in a 50% serum-containing medium without dissociation.
The high stability of the micelles is owing to the structure
in which the polyion complexed core is surrounded by a
PEG shell, which means that the micelle can be used for deli-
vering bioactive peptides and nucleotides in vivo (37). These
structures are related to the association number of the block
copolymers and the length of the charged segments, and
therefore, the size of the core can be controlled by the degree
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of polymerization of the polycations and polyanion blocks (38).
On the contrary, the thickness of the shell does not signifi-
cantly change. PEG chains can stretch independently of the
core size and protect the polyion complexed core from external
environments, two features that make the nano-compartment
shielded by the PEG shell more stable than the general ion
complexes. These simple and well-defined PIC micelle struc-
tures are maintained by interactions between the charges
and thermodynamical stability, which can be utilized in
attempts to control intrinsic properties such as stability, solu-
bility, and affinity in aqueous solutions. Because electrostatic
interaction is the driving force behind the preparation of PIC
micelles, varying PIC micelles can be prepared not only from
charged block copolymers but also from the charged oligopep-
tides or oligonucleotides by mixing them in aqueous solutions
(39,40). Moreover, the PIC micelle core is segregated from
external environments, and the nano-system in which various
functionalities are implemented can be built up in this regard.

4.2. Protein Delivery

Living creatures maintain life and proliferate by biochemical
reactions. Every characteristic that cells show is caused by
a biochemical reaction, which is catalyzed by the proteins
that function with specific counterparts. For this reason, the
characteristics expressed by a specific protein change, and
biochemical reactions in the cell can be controlled using this
mechanism. These features have encouraged scientists to
develop carriers for protein delivery.

Over the years, delivery systems conjugating proteins to
macromolecules or pilot molecules have been used to deliver
proteins, and these systems have indeed improved the phar-
maceutical, pharmacokinetic, and immunological properties
of proteins (41). However, a protein is a large biological
molecule in which amino acids are arranged in an order deter-
mined by genetic codes, and its activity is determined by its
three-dimensional structure; therefore, proteins and the che-
mical structures of the macromolecules undergoing binding
should be carefully considered in order to prevent a loss in
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the activity of the proteins. In this regard, when using
charged groups, lipophilic groups, and saccharides for the
modification of a specific part of proteins, scientists consider
their physicochemical and biological properties, and the PIC
micelles achieve protein delivery without chemical modifi-
cation while safely protecting themselves from the in vivo
environment.

Proteins have various sizes with a broad range of pK in
different types, and when their net charge becomes zero,
the solubility involved with the charge-charge interaction
suddenly decreases. This change means that the proper selec-
tion of proteins and block copolymers enables the delivery of
proteins using PIC micelles. Indeed, a protein-incorporated
PIC micelle can be prepared by changing the mixing ratio
between the lysozyme and PEG-P(Asp), and the prepared
micelles are stable for over a month without sedimentation,
and also show stability against the cationic counter charge
accompanying the zeta-potential decrease below 10mV (42).
This is compared with ion colloids that have a 30mV zeta
potential, which means that the protein-loaded core is com-
pletely protected by the PEG shell when the lysozyme has a
high isoelectric point (pI¼ 11) and is positively charged over
a wide pH range.

The PIC micelles exhibit interesting properties against
the salt concentration so that scientists can regulate the lytic
activity (turn it on and off) by controlling the charge balance.
A recent study revealed that lysozyme-incorporated PIC
micelles showed no enzymatic activity against cells tested
because the PEG shell effectively inhibits the cells from inter-
acting with the lysozyme in the core (43). However, an inc-
rease in the ionic strength resulted in a dissociation of the
PIC micelles, allowing the lysozyme to be exposed to the
environment. This exposure caused the lysozyme to exert its
inherent lytic activity against the cells. In the meantime,
our research group has found that on-off switching of enzy-
matic reactivity can be achieved by applying a pulse electric
field (44). These results demonstrate that the lysozyme-
loaded PIC micelles acted as a nano-sized enzymatic reactor
whose activity is controlled by the salt concentration in the

508 Bae and Kataoka



environment or a pulse electric field. This reversible reaction
in structural change can be the basis of other intelligent
carrier systems.

4.3. Gene Delivery

The delivery of genes to a targeted site has an important
meaning for cancer treatment and gene therapy. Gene ther-
apy is a new type of therapeutics, the aim of which is to cure
disease based on its causes and mechanisms by controlling
gene expressions that activate or deactivate protein produc-
tion. Oligonucleotides, plasmid DNA, and other varying
nucleic acid-based drugs are widely used for this purpose
(45). However, because genes are unstable against nuclease
in the blood and have an anionic nature of repelling cells,
the carriers for the safe and precise delivery of these genes
to cells become required.

Generally, the carrier that delivers genes in order to
induce a gene expression is called a ‘‘vector.’’ Vectors are
classified as viral and non-viral according to their origins.
Viral vectors are considered the most effective system for
the delivery of genes, but their clinical use is limited for
safety reasons. On the other hand, over the past several deca-
des, non-viral gene vectors, mostly prepared by polymer
synthesis, have emerged as a safe and economical gene deli-
very system. Many synthetic vectors have been developed,
and some of them are already commercially available. Never-
theless, many problems still remain to be solved not only
because non-viral vectors are inferior to viral vectors in terms
of transfection efficiency but also because polymeric non-viral
vectors are generally cationic and form ion complexes with
anionic genes so that the toxicity of the polymer is occasion-
ally present. In addition, there are several important techni-
ques that are necessary in the improvement of delivery
effects; for example, smuggling genes into the cell (based on
the organic synthesis of materials such as cationic polymers,
cationic lipids, and cationic dendrimers), making the entered
genes move smoothly within cytosol, guiding them into the
cell’s nucleus, and letting them produce proteins by gene
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expression. In this regard, the PIC micelle and the micelle-
like polyplex have been drawing interest as alternative non-
viral vectors to viral vectors because they provide a system
that can safely deliver charged materials into the body. In
particular, PIC micelles can be prepared from various sizes
of genes because the driving force forming the gene-incor-
porated micelle is an electrostatic interaction, which is a great
advantage for the creation of gene carriers. Moreover, PIC
micelles resemble viruses in nature owing to their size and
functional aspects. A virus has a diameter ranging from 20
to 300nm and its lipid shielding protects the genes from the
outer environment. The micelle shows a particle size from
30 to 200nm, depending on the loaded materials in its core,
which is surrounded by a biocompatible hydrophilic PEG
shell.

In preparing gene-incorporated PIC micelles, scientists
select genes depending on the overall purpose. The essence
of a gene being its DNA, many experimental reports have
revealed that DNA dominates the characteristic properties
of a living body and becomes a foundation for the synthesis
of polypeptides, which modifies DNA and, thus, enables the
mass production of a specific protein. Cell functions can be
controlled when on (upregulation) and off (downregulation)
by methods that modify the DNA’s capacity for producing pro-
teins. Among them, antisense DNA is oligonucleotide (ODN)
with 20–30 bp used for the downregulation of the cell func-
tions blocking the mRNA that delivers genetic information
about protein synthesis for damaged genes. On the contrary,
plasmid DNA from thousands of bp is generally used for gene
therapy with the upregulation of cell functions. Actually,
plasmid is an expression vector that delivers gene codes for
the synthesis of proteins but is usually considered the DNA
for gene transfection. In addition to these categories, the
therapy that artificially controls the genetic codes or the
intracellular signal cascade is called gene therapy. The action
that carries antisense DNA, plasmid DNA, and siRNA is
generally called ‘‘gene delivery.’’

In order to prepare PIC micelles, polycations are neces-
sary because DNA has negative charges on its surface
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(Fig. 5). Poly-l-lysine [P(Lys)] is, for this reason, a widely
used polycation and provides a useful developmental tool for
the development of numerous non-viral vectors that contri-
bute to safer and more effective gene delivery systems.
However, as shown in other ion complexes, DNA and the
P(Lys) homopolymers aggregate and sediment, thus neutra-
lizing the charge balance. To prevent this, poly(ethylene
glycol)-poly(l-lysine) [PEG-P(Lys)] in which a hydrophilic
PEG segment is implemented is utilized in the preparation
of DNA-incorporated PIC micelles (46). Instead, the PEG-
P(Lys) prepared micelles change their shapes depending on
the size of the incorporated DNA. With ODN, the PIC micelle
forms a spherical shape like that of the oligopeptide and the
protein, but a toroidal shape with plasmid DNA. Recently,
poly(ethylene glycol)-poly(dimethylaminoethyl methacrylate)
[PEG-PAMA] (47), and poly(ethylene glycol)-poly(ethyleni-
mine)[PEG-PEI] (48) have been reported as being effective
polycations that form PIC micelles incorporating genes. These
genes have been developed so that they give rise to better
transfection effects concerning the intracellular behaviors of
PIC micelles, as described below.

Figure 5 The PIC (polyion complex) micelles from varying block
polycations and DNA for delivery of genes.
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The structure of PIC micelles can be controlled by charge
concentration because it becomes dissociated depending on
the outer charges, and this plays an important role in the
releasing of genes into cells. In order to transfect the cells,
the genes incorporated in the vector should escape from the
endosomes in the cell before the lysosomal enzymes bring
about decomposition. To this end, a proton sponge effect
(PSE) is generally exploited as an easy and definite method
to make the vector liberate the incorporated genes in the
intracellular compartments, such as endosomes and lyso-
somes (49). As described, PIC micelles are prepared by an
electrostatic interaction and have a stable neutralizing charge
balance between the polycations and the genes. When they
were put under acidic conditions, however, the polycations
became protonated, and the influx of counter ions maintained
electroneutrality owing to PSE. In general, endosomes
become swelled and burst so that the PIC micelle and its
incorporated DNA leave the cytoplasm. This process is called
endosomal escape, the effect of which changes depending on
the buffering capacity of polycations determined by pKa. In
particular, pKa is an index of the acid strengths of the poly-
cations; therefore, pKa values are extremely useful for pre-
dicting whether a prepared polycation will be adequate for
PSE. In other words, pKa values of polycations play an impor-
tant role in achieving a better gene transfection owing to an
enhanced endosomal escape of the genes. For this reason,
polycations with varying pKa values have been synthesized
and include poly(dimethylaminoethyl methacrylate) (PAMA)
(50), poly,ethyl methacrylate) (PTMAEM) (51), and poly(ethy-
leneimine) (PEI) (52,53), and among these polycations, PEI is
reported to show a significant endosomal escape effect.

4.4. Delivery of Photosensitizers

Among the materials that have charges and need to be tar-
geted to a specific site in the body is a photosensitizer that
is drawing interest for applications in photodynamic therapy
(PDT). PDT is a new type of cancer therapy that works by
transferring energy from a specific wavelength of light that
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treats cancer with a toxic form of oxygen, singlet oxygen,
produced by a photosensitizer. Depending on the light, the
photosensitizers remain inactive or create singlet oxygen,
which destroys the membrane of cancer cells that take up
photosensitizers in a non-invasive way. Therefore, if a system
can deliver these photosensitizers to a specific site in the
body, it would exert cytotoxic activity against the targets by
selectively emitting light while producing the least damage
to normal cells.

Porphyrin is a widely used photo-sensitive dye with a
heterocyclic aromatic ring made from four pyrrole subunits
joined on opposite sides through four methine links. However,
the steric characteristics of the benzene rings induce stacking
between the porphyrin molecules, thus decreasing their solu-
bility. Consequently, a system that disperses porphyrins and
maximizes their photochemical properties has been created,
and the porphyrin-dendrimer conjugates constitute one of
the most successful systems (54). A dendrimer is a polymer
defined by regular, highly branched monomers leading to a
monodispersed, tree-like, or generational structure. In order
to realize this system, synthesizing monodisperse polymers
demands a high level of synthetic control that is achieved
through stepwise reactions; that is, the building up of dendri-
mers, one monomer layer, called ‘‘generation,’’ at a time. Each
dendrimer consists of a multifunctional core molecule with a
dendritic wedge attached to each functional site. The core
molecule is referred to as ‘‘generation 0.’’ Each successive
repeat unit along all branches forms the next generation,
‘‘generation 1,’’ ‘‘generation 2,’’ and so on until the termina-
ting generation. As generation increases, the efficiency of
the delivery of light energy to the inner core also increases,
a fact that can be used in the preparation of strong photo-
sensitizer-polymer conjugates that deliver absorbed light
energy to isolated photosensitizers (55). In addition, func-
tional groups can be attached to the surface of the dendrimers
to produce charges. In spite of these significant functiona-
lities, however, the size of the porphyrin-dendrimer conju-
gates, less than 5nm, becomes a problem for their in vivo
use. Namely, the conjugates spread non-specifically in the
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body and are excreted from the body through renal filtration
before accessing the specific sites targeted for PDT. In order
to overcome this limitation, a PIC micelle that is from
porphyrin-dendrimer and block copolymers and that poss-
esses its counter charges to maximize the PDT effect has
recently been developed.

Depending on the type of charges, polycationic PEG-
P(Lys) and polyanionic PEG-P(Asp) are used for the prepara-
tion of such PIC micelles (Fig. 6). Based on recent research,
core-shell type PIC micelles with a 52nm diameter were pre-
pared from a Zn-porphyrin-dendrimer with 32 carboxylate
groups on the periphery, 32(–)DPZn, and PEG-P(Lys) block
copolymers (56,57). On the contrary, when the dendrimer
structure is cationic, a third-generation porphyrin-dendrimer
with 32 primary amine groups on the periphery, 32(þ)DPZn,
and PEG-P(Asp) were used to prepare a PIC micelle, and had
a spherical structure with a 55 nm-sized diameter (58). Both

Figure 6 The PIC micelles loading photosensitizers for photo-
dynamic therapy. PEG-P(Asp) (block polyanions) and PEG-P(Lys)
(block polycations) are selected according to the surface charge of
Zn-porphyrin-dendrimers.
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of the polyion dendrimer micelles showed a high stability
upon dilution with 150mM NaCl (the physiological salt con-
dition). This system showed potential as a carrier for light-
harvesting ionic Zn-porphyrin-dendrimer photosensitizers.
The high salt stability is attributed to the hydrogen-bonding
network formed in the micellar core among the amide groups
of the dendrimer and the segments of the block copolymers,
which could be destroyed by urea, a typical hydrogen-bonding
cleaver. Interestingly, compared to the porphyrin-dendrimer,
32(þ)DPZn, a relatively low cellular uptake of the PIC
micelle was observed, yet the latter exhibited enhanced
photodynamic efficacy on the cell line (59). In addition, the
PIC micelle did not show any toxicity whereas the cationic
porphyrin-dendrimer is toxic, which means that the
biocompatible PEG shell completely neutralized the charge.

5. PROGRAMMED DELIVERY USING BLOCK
COPOLYMER MICELLES

Up to now, we have reviewed the recent developments of
block copolymer micelles, and described some prerequisites
for carrier designs. We will see their applications using new
types of block copolymer micelles, called intelligent or smart
polymeric micelles, in which programmed functionalities are
integrated to make the micelle interact with complex in vivo
environments in the body. In order to design such polymeric
micelles whose structural and functional features are control-
lable, as we require, a series of behaviors in the body (such as
the delivery by blood circulation of materials that target
specific sites and release loaded materials) should be consid-
ered a single event: we call the delivery systems constructed
through this process ‘‘controlled delivery’’ or ‘‘programmed
delivery.’’ To this end, a great many systems have been deve-
loped and designed to optimize their functionalities, depend-
ing on the overall purpose, and the polymeric micelles
introduced below will exemplify how these applications will
be realized by carrier designs and their constituent block
copolymers.
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5.1. Design of Modified Amphiphilic Block
Copolymers

Because the micelles are prepared in aqueous solutions that
combine hydrophilic and hydrophobic block copolymers or
charged materials and the block copolymers with their coun-
ter charges, carrier systems can be modified by designing
amphiphilic block copolymers with different structures and
functionalities for that purpose. In particular, block copoly-
mer designs are closely related with characteristics such as
polymer morphology, the selecting of assemblies’ structures,
the method for delivery, triggering signals, and so on.

As a hydrophilic block, N-(2-hydroxypropyl) methacryla-
mide (PHPMA) (including the PEG described above) has
recently drawn the attention of researchers (60). The factors
that are required for a hydrophilic block include hydro-
philicity, flexibility, low toxicity, and low immunogenicity.
In addition to these factors, PHPMA has the advantage of
modifying the side chains and hydrophilicity. PEG and
PHPMA have both advantages and disadvantages, and PEG
that is characterized by its properties, such as a large mole-
cular exclusion volume and strong hydration, is widely used
as we saw throughout this chapter. Moreover, even the
hetero-bifunctional PEG with different functional groups on
each chain end can be easily synthesized so that it provides
a useful tool for the synthesis of functional block copolymers;
and the utility of PEG is still growing (61).

For hydrophobic and charged blocks, biodegradable poly-
amino acids such as P(Asp), P(Glu) and P(Lys) are generally
used. During the synthesis of the polyamino acids, their char-
ged moieties on the side chains are capped by protecting
groups, a phenomenon that renders the synthesized polymers
hydrophobic. However, the removal of protecting groups allows
the polyamino acids to act as polyanions or polycations accord-
ing to the end functional groups. Moreover, because polyamino
acids (owing to amide bonds) are very stable, their side chains
can be selectively substituted to the functional groups or lin-
kers, depending on the purpose at hand, while the chemical
structures of the polymer backbone are maintained.
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As the linkers for the modification of the side chains, the
enzymatically degradable polypeptides, the pH-sensitive
Schiff base, and glutathion-sensitive disulfide bonds are used,
the process of which is described in detail below. Even though
other kinds of polymers can be also used for the design of
functional block copolymers, it is not easy to satisfy the low
toxicity and biocompatibility requirements, and limited
polymers are allowed for practical use.

5.2. Surface-Modified Block Copolymer Micelles

In the case of the carriers for cell targeting, the fundamental
problems such as intracellular trafficking and the release of
incorporated materials are often encountered during the
materials’ intracellular movement. These problems are
particularly crucial to the carriers in terms of the delivery
of materials that become pharmaceutically effective after
entering cells (Fig. 7).

Because macromolecular carriers normally cannot enter
cells by passive diffusion across the plasma membrane, the
general mechanism for passing the cell membrane is endo-
cytosis. Endocytosis is a way in which the cells take up large
materials like micelles by folding the cell membrane inward,

Figure 7 Endocytotic pathway for the intracellular trafficking of
drugs and genes. Compared to the condition in extracellular space
(pH 7.4), endosomes and lysosomes have acidic environments (pH
5–6), which can induce the pH-triggered cleavage of drug binding
linkers or protonation of polycations.
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forming small bubbles called endocytotic vesicles. A macromo-
lecule dissolved in extracellular fluid can enter a cell with a
medium but at a relatively slow rate. This process is called
fluid-phase endocytosis. Macromolecular carriers without
any specific affinity for the targeting of cells are considered
to be ‘‘endocytosed’’ by this mechanism. If the macromolecule
adheres to the cell’s surface, it enters the cell through adsorp-
tive endocytosis. During adsorptive endocytosis, macromole-
cules bound to the plasma membrane are internalized at a
rate usually faster than those of fluid-phase endocytosis.
The cells ‘‘endocytose’’ cationic macromolecules by this pro-
cess because cationic materials are adsorptive on the anionic
plasma membrane owing to an electrostatic interaction. In
the meanwhile, macromolecular carriers for active targeting,
such as glycoproteins, hormones, and lectins, are rapidly and
effectively internalized via receptor-mediated endocytosis.
The rate and extent of the endocytosis of drug-macromole-
cular carrier complexes are primary factors affecting their
therapeutic efficacy. Therefore, surface modification can affect
the internalization of the carriers so that a great many app-
roaches can be carried out. After endocytosis, the carriers
undergo a further transport process in the cell. Endocytotic
vesicles then fuse with an endosome and are ultimately
taken to lysosomes where the environment is acidic for diges-
tion, thus generating metabolites used by the cell (pH 5–6).
Although the process from endosomes to lysosomes is yet
uncertain in the field of biology, this serial mechanism is a
widespread process having to do with the transport of extra-
cellular solutes into cells. Consequently, drug targeting that
is related to these intracellular environments and material
transports should consider the interaction between carriers
and the cell membranes.

Recent experimental results using surface-modified poly-
meric micelles clearly demonstrate that the surface of the
carriers plays an important role in these interactions. One of
these examples for surface modification involves the binding
of ligands on the surface of the micelles in order to internalize
them inside the cells through receptor-mediated endocytosis.
For this reason, researchers use the shell-forming PEG with
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acetal groups at the end of the amphiphilic block polymers. It
was revealed that the system with a modified hydrophilic
surface maintains its structural stability after the surface
is functionalized with pilot molecules such as a ligands, pep-
tides, and sugars. Among them, sugars are used owing to
their selectivity on the epitopes of specific cells (62).

Asialoglycoprotein receptor-galactose, transferrin receptor-
transferrin, folate receptor-folic acid, integrin receptor-RGD,
and the triantennary N-glycan ligand (Tri) can be attached
to the micelle’s surface as ligands, while glycoproteins, trans-
ferrin, insulin, and the monoclonal antibodies are used for
better recognition as targets. In order to synthesize these
block copolymers with acetal groups, NCA is polymerized
through ring-opening polymerization using heterobifunc-
tional PEG prepared by initiating the polymerization of
ethylene oxide (EO) with a series of potassium alkoxides
possessing a protected functional group as a macroinitiator.
After polymer synthesis, we can activate the functional
groups by deprotecting the acetal groups into aldehydes
under acidic conditions. Depending on the material to be
loaded, the deprotection process changes in form from either
block copolymers or micelles. This synthetic method was
used in preparing a-acetal-poly(ethylene glycol)-block–
poly(D,L-lactide) (a-acetal-PEG-PDLLA) block copolymers
(63,64). With potassium 3,3-diethoxypropanolate as an initi-
ator, EO and D,L-lactide are polymerized in a tandem
manner, followed by deprotecting acetal groups into reactive
aldehyde groups in order to attach sugars such as galactose,
lactose, and mannose that selectively interact with lectin
proteins. Galactose- and lactose-installed micelles reacted
with RCA-1 whereas the mannose-installed micelles were
sensitive to Con A, which was expected to have a wide utility
in the field of drug delivery as glyco-receptor-directed carrier
systems. Useful in the preparation of other polycations, this
synthetic method allows for the surface modification of the
PIC micelle gene vectors, which we described above. a-acetal-
PEG-block-poly[2-(N,N-dimethylaminoethyl) methacrylate] is
one of these examples, which was synthesized via the anion
polymerization of 2-(N,N-dimethylaminoethyl) methacrylate
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(AMA) in which acetal-PEG-OK was used as an initiator.
Cationic PAMA blocks and plasmid DNA formed a PIC mice-
lle with a 100–150nm diameter. The surface of the micelle
was then modified with lactose (65). In the same way, DNA-
incorporated PIC micelles with a surface modification were
prepared from the acetal-PEG=poly(ethylene imine) block
copolymer (acetal-PEG=PEI). Acetal-PEG=PEI is synthesized
by the cationic polymerization of 2-methyl-2-oxazoline initi-
ated by acetal-PEG-OSO2CH3, followed by the hydrolysis of
the pendant acyl groups (48). The usefulness of the surface
modification for active targeting was revealed by animal
experiments using polymeric micelles from the block copoly-
mers, a-acetal-PEG-PDLLA, functionalized by attaching small
peptidyl ligands such as tyrosine (Tyr) and tyrosyl-glutamic
acid (Tyr-Glu). The micelles with Tyr and Tyr-Glu on their
surface behave as nanocarriers with neutral and anionic
charges, respectively. For the biodistribution of the micelles
after injection into mice, both types of micelles exhibited long
circulating times in the blood, and 25% of the total injection
dose remained in the plasma after 24h. However, the anionic
Tyr-Glu-conjugated PEG-PDLLA micelles showed a lower
accumulation in the liver and spleen than the neutral Tyr-
conjugated micelles, which elucidated the micelles with an
anionic surface that can prevent non-specific organ uptake
(66). This research demonstrated that surface modification
would drastically change the biodistribution and pharmaco-
kinetic behavior of the particulated systems and play an
important role in interacting with peptidyl receptors on the
cell membrane.

5.3. Core-Modified Block Copolymer Micelles

We saw that a modification of the shell-forming segments in
the block copolymers affects the internalization of the
micelles inside the cells. On the other hand, modification of
the core-forming segments of the block copolymers induces a
change in the structural features of the micelles. Because
a stable core is a prerequisite for the micelles’ maintaining
of their structure, the micelle structure can be dissociated if

520 Bae and Kataoka



the core is designed to be time-dependently degradable or
environmentally sensitive. For this approach, linkers that
respond to a specific signal in the body (which include pH,
glutathion, and other enzymes) are selected.

In the design of functional drug carriers, for instance,
drugs are coupled via linkers to the functional groups of a
macromolecular backbone, and these linkages are cleavable
at an appropriate rate. However, when forming micelles,
these linkers are protected within the polymer assemblies
and become stable until selectively activated at the targeted
site. Therefore, the chemical and=or biological stability of
the linkage between the drug and the carriers should be con-
sidered because their pharmacological effectiveness requires
the release of free drugs, pharmacologically active, from the
carriers again. In particular, when the linkage is to be cleaved
by enzymatic reactions, animal species’ differences in relation
to the type, and the activity, of the enzymes also need to be
carefully considered. Among the functional groups in the drug
and the carrier molecules used for chemical coupling are
amino, carboxyl, hydroxyl, and free thiol groups. Most of the
reactions are performed in aqueous solutions under mild con-
ditions to avoid the denaturation of both the parent drug and
the macromolecular carrier.

An example related with this approach is shown in a
pH-sensitive polymeric micelle system that releases the incor-
porated drugs interacting with living cells (67). The micelles
were prepared from self-assembling amphiphilic block copoly-
mers, and the drugs were conjugated to the core-forming
segments of the block copolymers through acid-sensitive
linkers (Fig. 8). This system has the advantage of utilizing
all the incorporated drugs without loss, a fact that disting-
uishes it from the drug-loaded micelles described above,
which incorporated drugs as filler molecules for a structure
that matches effects between drug molecules. This system is
optimized for the intracellular pH that triggers drug release
by cutting drug binding linkers; therefore, drug leakage in
the circulation of blood can be suppressed so that the toxicity
of the drugs is alleviated. As macromolecules normally cannot
enter cells by passive diffusion across the plasma membrane
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but by the endocytosis described above, the micelle dissolved
in the extracellular fluid enters cells with the medium and
moves to endosomes (pH 6) and lysosomes (pH 5) in which
the proton concentration is high enough to cleave the acid-
sensitive linkers, a process that is followed by a release of
drugs in a pharmaceutically active form (68). Although some
drug-polymer conjugates exhibit activities in the conjugated
form without liberating free drugs, most conjugates exhibit
pharmacological efficacy after the release of free drugs at
the site of action in the body. Therefore, drug selection, conju-
gation with polymer chains, assembly structure, and drug
release at the working sites should be considered together.
The pH-sensitive micelles were fabricated based on the ratio-
nale for the preparation of drug-incorporated polymeric
micelles from the block copolymer composed of PEG and
poly(b-benzyl-L-aspartate). The drug, adriamycin (ADR),
was conjugated through acid-labile hydrazone bonds, which
became cleaved for releasing the bound drugs as the pH of

Figure 8 An example of the intracellular environment-sensitive
polymeric micelles. The anticancer drugs known as Adriamycin
are clustered to a core-forming segment of the block copolymers
through acid-sensitive bonds. Prepared micelles can release the
loaded drugs by responding to pH decrease within intracellular
compartments such as endosomes and lysosomes.

522 Bae and Kataoka



the environment decreases. This micelle showed the charac-
teristic of delayed cytotoxicity and enhanced therapeutic
efficacy owing to site-specific drug release.

By increasing the stability of the micelle core, core modi-
fication also improved the gene transfection effect using gene-
incorporated PIC micelles. Even though PIC micelles are
stable in aqueous solutions, they easily dissociate by releasing
incorporated genes as the salt concentration in the environ-
ment increases because the driving force for the PIC micelle
formation is electrostatic interaction, as we saw above. For
this reason, crosslinking and crystallization have recently
been drawing the attention of researchers in the field who
are concerned with stabilizing the gene-incorporated core of
the PIC micelles. Among these approaches is a system stably
incorporating genes through disulfide crosslinking between
the core-forming segments (22). Disulfide bonds are selec-
tively cleaved by glutathion (GSH) in the cell, which, under
physiological conditions, increased the stability of the plasmid
DNA. This PIC micelle was prepared from the thiolated
PEG-block-poly(L-lysine) (PEG-thioPLL) and antisense oligo-
nucleotide (ODN), and had a 40nm diameter in aqueous
solutions. In contrast to the PIC micelles that dissociated
depending on the salt concentration, the PIC micelle system
with a disulfide cross-linkage showed stability against the
salt concentration, protecting genes safely from nuclease.
However, incorporated oligonucleotides were released in an
active form when reductive agents like GSH were added, an
outcome suggesting the creation of a system that is responsive
to the release of incorporated oligonucleotides in the living
cells. Furthermore, the glutathion concentration is approxi-
mately 3mM in the cells, which is 300-fold higher than under
physiological conditions. What should be of importance in
designing crosslinked systems is the fact that incorporated
genes cannot be released from the PIC micelle because the
core becomes too stable. Recent research data revealed
that the DNA-incorporated PIC micelles showed the best
transfection effect with a 28% thiolation degree (69). There-
fore, the balance between the cationic charge and the
disulfide-crosslinking density is important for this system.
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Another method for core-stabilization is the core-crystallized
micelle system consisting of calcium phosphate, oligonucleo-
tide, and poly(ethylene glycol)-block-poly(aspartic acid) block
copolymers [PEG-PAA] (23). This characteristic PIC micelle
was prepared from calcium=DNA and phosphate=PEG-PAA.
Calcium phosphate crystals were confirmed to stably exist
in a 100 nm-sized assembly incorporating DNA inside (70).

6. FUTURE PROSPECTS OF BLOCK
COPOLYMER MICELLES

The ultimate goal for intelligent polymeric micelles might be
conjectured from the recent collaboration between the
National Aeronautics and Space Administration (NASA) and
the National Cancer Institute (NCI) (71). NASA and NCI
are trying to construct a biodevice that, for prolonged periods
of time, can patrol in the body, sense abnormalities like the
presence of tumors, diagnose them, and take suitable action
to alleviate the problem. Such a device would, in turn, incor-
porate a process for the integration of all the successful
achievements of novel carriers at present.

In this regard, a drug delivery technique using a polymer
assembled from functional block copolymers would hold
promise for the development of versatile drug carriers imple-
mented with various functions into a single molecular com-
plex. In particular, because segregated core-shell structures
can incorporate various kinds of materials like hydrophilic
anticancer drugs, peptides, genes, and imaging agents into the
inner core while a dense PEG shell, acting as a biocompatible
shield, protects the core, it is expected that the polymer ass-
emblies including the micelles will produce new types of
cancer therapy in the future. In particular, we saw in this
chapter that, by modifying the chemical structures of the
block copolymers, the micelles have given rise to four impor-
tant results: the creation of carriers that exhibit prolonged
stability in the blood stream, site-specific targeting with pilot
molecules on the surface, sensitivity to external signals, and
effective activity. Consequently, polymer assemblies may
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broaden the modulated delivery of drugs and genes in the
field of DDS.

The wide breadth of roles in drug delivery is evident, and
due to their unique ability to form nanoscopic supramolecular
structures, more roles in drug delivery and fields such as
tissue regeneration by gene expression will likely emerge.
In particular, the keys to the clinical success of targeted
DDSs are involved with the chemical and physicochemical
considerations associated with the design of drug carriers.
Furthermore, it becomes more important to understand the
assessment of the pharmacokinetic properties of drug carriers
in humans, the elucidation of their intracellular pharmaco-
kinetic mechanisms, and the reasons for side effects related
to toxicity and antigenicity. Therefore, the development of
drug carriers depends on the progress that is being made
in a variety of research fields involving biochemistry, immu-
nology, cell=molecular biology, pharmacokinetics, and
pharmacology. Of no less importance is the integration of
progress that is being made simultaneously in multidiscip-
linary research, for such integration will enhance applica-
tions using polymer assemblies as drug carriers in the DDS
field.
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Polymeric Micelles for the
Targeting of Hydrophobic Drugs

MASAYUKI YOKOYAMA

Kanagawa Academy of Science and Technology,
Takatsu-ku, Kawasaki-shi, Kanagawa-ken, Japan

1. POLYMERIC MICELLES FOR DRUG
CARRIERS

1.1. What Is a Polymeric Micelle for Drug
Targeting?

A polymeric micelle is a macromolecular assembly that forms
from block copolymers or graft copolymers, and has a spheri-
cal inner core and an outer shell (1). As shown in Fig. 1 in
which an AB type block copolymer is used, a micellar struc-
ture forms if one segment of the block copolymer can provide
enough interchain cohesive interactions in a solvent. Most
studies of polymeric micelles both in basic and applied aspects
have been done with AB or ABA type block copolymers
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because the close relationship between micelle forming beha-
vior and the structure of polymers can be evaluated more
easily with AB or ABA type block copolymers than with graft
or multi-segmented block copolymers.

The cohesive interactions in the inner core utilized as the
driving force of micelle formation include hydrophobic, elec-
trostatic, and p-p interactions, as well as hydrogen bonding.
Because most drug molecules possess a hydrophobic charac-
ter, hydrophobic interactions are used most commonly for
drug targeting. Actually, most reported examples of polymeric
micelle drug carrier systems were done by this combination
(2–14) with a few exceptions (15). The second interaction,
electrostatic interaction, may be applied to macromolecules
with electric charges at a high density. DNA and RNA are
appropriate candidates for this because of their anionic phos-
phodiester bonds that exist per each repeating unit (16). In
another chapter, Kataoka describes polymeric micelles con-
taining DNA. Proteins with a large number of charged groups
such as aspartic acid and lysine residues are also included for
this combination (17). Hydrogen bonding and p-p interactions
may work cooperatively with other cohesive interactions. For
drugs with aromatic rings, p-p interactions are considered to
work cooperatively with hydrophobic interactions.

Drugs can be incorporated into polymeric micelles both
by chemical conjugation and physical entrapment. Drugs

Figure 1 Polymeric micelles for drug carriers.
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can be incorporated into both the inner core and the outer
shell; however, the inner core is considered an appropriate
site for drug incorporation for the following two reasons.
The first reason is that possible interactions between the
incorporated drug molecules and the outer shell segment of
the block copolymer may lead to intermicellar aggregation.
Intermicellar aggregation should be avoided when the goal
is to achieve polymeric micelle delivery, not the delivery of
aggregates. The second reason concerns a shielding function
of the outer shell for drug targeting. The minimization of
hydrophobic interactions between drug carriers and bio-
components such as proteins and cells is an important key
to targeting, especially for passive tumor targeting. By
incorporating hydrophobic drugs in the inner core, hydro-
phobic interactions arising from the incorporated drugs can
be effectively inhibited owing to the shielding effects of
the hydrophilic outer shell. This subject is explained also
in Sec. 1.3.

1.2. The Advantages of Polymeric Micelles
for Drug Targeting

Polymeric micelles possess strong and unique advantages as
drug carriers. Table 1 summarizes these advantages. The first
advantage is their very small size. Polymeric micelles are
formed typically in a diameter range from 10 to 100 nm with
a substantial narrow distribution. Because it evades the reti-
culoendothelial system’s uptake and renal excretion, this
size range is considered ideal for the attainment of stable,
long-term circulation of the carrier system in the blood-
stream. Alternatively, the small size of polymeric micelles is

Table 1 Advantages of Polymeric Micelles as Drug Carriers

1. Very small diameter (10–100 nm)
2. High structural stability
3. High water solubility
4. Low toxicity
5. Separated functionality
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a big benefit in the sterilization processes associated with
pharmaceutical production. Polymeric micelles are easily
and inexpensively sterilized by filtration using typical sterili-
zation filters with 0.45 or 0.22mm pores.

The second advantage that polymeric micelles offer drug
carriers is the former’s high structural stability. It is known
that polymeric micelles possess high structural stability pro-
vided by the entanglement of polymer chains in the inner
core. This stability has two aspects: static and dynamic
(18–21). Static stability is described by a critical micelle
concentration (CMC). Generally, polymeric micelles show
very low CMC values in a range form 1 to 10 mg=mL. These
values are much smaller than typical CMC values of micelles
forming from low molecular weight surfactants. The second
aspect, dynamic stability, is described by the low dissociation
rates of micelles, and this aspect may be more important than
the former for in vivo drug delivery in physiological environ-
ments that are in non-equilibrium conditions. The high
structural stability of polymeric micelles stated above is an
important key to in vivo delivery in micellar forms and
simultaneously eliminates the possible contribution of single
polymer chains to drug delivery.

The third advantage is the high water solubility of the
polymeric micelle drug carrier system incorporating hydropho-
bic drugs. Generally, in conventional polymeric drug carrier
systems, a loss of the water solubility of the polymeric carrier
resulting from the introduction of a hydrophobic drug creates
a serious problem. For polymer-drug conjugates, the conjuga-
tion of drugs to a homopolymer easily leads to precipitation
because of the high, localized concentration of hydrophobic
drug molecules bound along the polymer chain. Several
research groups reported this problem of the drug-polymer
conjugates in syntheses (22–24) and in their intravenous
injections (25). Therefore, conventional drug-polymer conju-
gates must be designed with a considerably low drug
content so that the risk of precipitation is avoided or les-
sened. Alternatively, polymeric micelles can maintain their
water solubility by inhibiting the intermicellar aggregation
of the hydrophobic cores by utilizing a hydrophilic outer shell
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layer that works as a barrier against the intermicellar aggre-
gation. In fact, it was reported that micellar systems exhibi-
ted a much larger hydrophobic drug content than did the
conventional polymeric carrier systems. For conventional
polymer-drug conjugates, the maximum weight of the con-
tents of an anticancer drug like adriamycin (ADR) or dauno-
mycin (an ADR derivative) was reported to range from 10 to
35 wt% (22,23,26,27). A polymeric micelle system was
reported to contain 60 wt% ADR (28).

The beneficial character of low toxicity may be described
as the fourth advantage. Generally, polymeric surfactants are
known to be less toxic than low molecular weight surfactants
such as sodium dodecyl sulfate. In fact, some Pluronic block
copolymers [poly(propylene oxide)-poly(ethylene oxide)-poly-
(propylene oxide)] have been approved for intravenous injec-
tion. Further information about Pluronic block copolymers
can be obtained in another chapter written by Bronich and
Kabanov.

Furthermore, polymeric micelles are considered very
safe in relation to chronic toxicity. Possessing a much larger
size than critical filtration values in the kidney, polymeric
micelles can evade renal filtration, even if the molecular
weight of the constituting block copolymer is lower than the
critical molecular weight for renal filtration. Additionally,
polymeric micelles are formed by intermolecular non-covalent
interactions, and therefore all polymer chains can be released
(as single polymer chains) from the micelles during a long
time-period. This phenomenon results in the complete excre-
tion of the block copolymers from the renal route if the poly-
mer chains are designed with a lower molecular weight
than the critical value for the renal filtration. Such a result
constitutes an advantage of polymeric micelles over the
conventional (non-micelle forming) and non-biodegradable
polymeric drug carrier systems.

The fifth advantage is separated functionality. Polymeric
micelles are composed of two phases: inner core and outer
shell. Various functions required for drug delivery systems
can be shared by these structurally separated phases. Each
phase can play different roles in drug delivery. As shown in
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Figure 2, the outer shell is responsible for interactions with
biocomponents such as proteins and cells. These interactions
determine pharmacokinetic behavior and the biodistribution
of drugs; therefore, the in vivo delivery of drugs may be
controlled by the outer shell segment independently of the
inner core, which is responsible for pharmacological activi-
ties through drug loading and release. This heterogeneous
structure is more favorable in the constructing of highly
functionalized carrier systems than in the conventional (non-
micelle-forming) polymeric carrier systems, since properties of
both phases are freely and independently controlled through
a selection of the polymer chains that are appropriate for
each segment of block copolymers.

1.3. The Purposes of the Incorporation of Drugs
into Polymeric Micelles

For what purposes are drugs incorporated into polymeric
micelle drug carriers? Table 2 summarizes the several pur-
poses underlying the incorporation of drugs into polymeric
micelles. These purposes are drug targeting, the controlled
or sustained release of a drug, and the solubilization of hydro-
phobic or water-insoluble drugs into water or blood.

The first purpose, drug targeting, is defined as selective
drug delivery to specific physiological sites—organs, tissues,
or cells—where a drug’s pharmacological activities are

Figure 2 Separated functionality of polymeric micelles as drug
carriers.
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required. The drug targeting could be classified into two
methods: active and passive targeting (29,30). A discussion
of the passive targeting of polymeric micelles will, at the
outset, prove useful.

Passive targeting is defined as a method whereby the
physical and chemical properties of carrier systems increase
the target=non-target ratio of a quantity of a delivered drug.
Biodistribution and the pharmacokinetic behaviors of poly-
meric micelles are determined by the micelles’ size and sur-
face properties (e.g., charge, hydrophilicity, or hydrophobicity).

The passive targeting of polymeric micelles to solid
tumors can be achieved by the enhanced permeability and
retention effect (EPR effect). Maeda and his coworkers pre-
sented this new drug targeting strategy in 1986 (31,32). As
illustrated in Fig. 3, the vascular permeability of tumor
tissues is enhanced by the actions of secreted factors such
as kinin. As a result of this increased vascular permeability,
macromolecules selectively increase their transport from
blood vessels to tumor tissues. Furthermore, the lymphatic
drainage system does not operate effectively in tumor tissues.

Figure 3 Passive targeting of macromolecules to solid tumors by
EPR effect.

Table 2 Purposes of Incorporation of Drugs into Polymeric Micelle
Carriers

1. Drug targeting
2. Controlled or sustained release of drug
3. Solubilization of drug
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Therefore, macromolecules are selectively retained for a
prolonged time in the tumor interstitium. In the EPR effect,
specific targeting moieties such as antibodies are not neces-
sary. As a result of this effect, macromolecules including poly-
meric micelles can selectively accumulate at solid tumor sites.
However, carrier polymers must fulfill the following two
requirements to avoid non-specific capture at non-tumor sites:

1. They must possess an appropriate size or molecular
weight. The diameter of carriers must be smaller
than ca. 200 nm if the reticuloendothelial system’s
uptake is to be evaded (33). Additionally, molecular
weights larger than a critical value (approximately
40,000) are favorable for evading renal filtration.

2. They must not possess the character of strong inter-
actions or uptake with=by normal organs (especially
the reticuloendothelial systems). This character is
typically seen for cationic (34) and hydrophobic poly-
mers (35). Therefore, carrier polymers must be
hydrophilic, have a neutral or weakly negative
charge, and exhibit no other chemical structures
that would be biologically recognizable to normal
tissues.

Because polymeric micelles are formed in a diameter
range from 10 to 100 nm, the size requirement for the EPR
effect is inherently fulfilled by the polymeric micelle drug car-
rier systems. Additionally, the second requirement can be
easily fulfilled by the selecting of hydrophilic and neu-
tral=weakly negatively charged polymers for the outer shell
forming block.

The other targeting method, active targeting, aims at an
increase in the delivery of drugs to the target by utilizing bio-
logically specific interactions such as antigen-antibody bind-
ing or by utilizing locally applied signals such as heating
and sonication. Carriers classified in this method include spe-
cific antibodies, transferrin, and thermo-responsive liposomes
and polymeric micelles.

As stated with regard to passive tumor targeting, poly-
meric micelles can circulate in the bloodstream for a long
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time-period by evading non-specific capture if the outer shell
is hydrophilic and neutral=weakly negatively charged. The
polymeric micelle carrier systems with this long-circulating
property are an important base for an active targeting system
because they either add specific ligands to the micelle’s
surface or endow it with a stimuli-responsive character. The
reasons for this importance are two-fold:

1. The greater part of a living body consists of non-
target sites. Even the liver, which is one of the
largest targets in the body, occupies only 2% in
weight of the whole body. That is, non-target sites
in this case account for 98% of the body’s weight.
Drug carrier systems cannot access the target sites
once they are captured by non-target sites. There-
fore, the minimization of non-specific capture at
non-target sites is important if the quantity of drugs
to be delivered using active targeting systems is to
be maximized.

2. Passive transfer phenomena precede biologically
specific interactions for most active targeting sys-
tems. (Exceptions are cases for intravascular targets
such as lymphocytes and vascular endothelial cells.)
Most targets are located in extravascular space. To
reach these targets through the bloodstream, the
first step must be translocation through vascular
endothelium, followed by permeation through inter-
stitial space. Even for active targeting systems based
on cells’ biologically specific receptors such as tumor-
specific antigens, the passive transendothelial step
is both a necessary and anterior one.

The second purpose underlying the incorporation of
drugs into polymeric micelles concerns controlled or sustained
release. As the hydrophobic inner core works as a drug reser-
voir, the incorporated drug is released based on physical para-
meters such as the diffusion and partition coefficient of the
drug, hydrophobicity, and the viscosity of the hydrophobic
inner core. Up to now, polymeric micelles have been util-
ized for the purposes of targeting and solubilization only.
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However, the controlled release of drugs from polymeric
micelles has been potentially and effectively utilized in drug
targeting. In most cases, a drug can express its pharmacologi-
cal activity after its release from the carrier. If the drug is
released quickly during circulation in the bloodstream, then
the released drug lowers the targeting efficiency of the carrier
system. Therefore, release of the drug must be set at a certain
rate to maximize targeting efficiency. The optimized drug
release rate varies depending on the time periods required
for delivery to the target. Drug release must be slower for car-
rier systems requiring a longer time to reach targets. In the
examples of successful drug targeting attempts that are
described later, drug release from the micelle was set at an
appropriate rate to achieve selective drug release at the
target.

The third purpose for a drug’s incorporation into micelles
is solubilization. The field of chemotherapy has voiced a strong
interest in the solubilization of water-insoluble drugs, since
many newly developed and very potent drugs such as campto-
thecin and taxol are water-insoluble or hardly water-soluble.
For the intravenous injection of these very hydrophobic or
water-insoluble drugs, organic solvents and=or surfactants
are used to make these drugs soluble in aqueous media. These
substances often show substantial toxic side effects, an out-
come that has been exemplified in the use of cremophor EL
and ethanol for the solubilization of taxol. Because polymeric
micelles are generally much less toxic than these surfactants,
a drug’s solubilization that is achieved by the drug’s incor-
poration into polymeric micelles can decrease such toxic side
effects. Furthermore, drug incorporation can improve injec-
tion methods. An anticancer agent KRN-5500 was injected
into the central circulation using a catheter in order to evade
severe peripheral vascular toxic side effects. These severe
vascular side effects were observed in peripheral intravenous
injections owing to the toxicity of organic solvents and surfac-
tants used for solubilization. Therefore, incorporation of
KRN-5500 into polymeric micelles not only diminishes the
toxicity of solvents and surfactants, but also renders a
clinically easier injection (peripheral intravenous injection)
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possible. In the case of the taxol micelle, two further clinical
merits should be expected. In the conventional injection of
taxol, a patient must be premedicated with an anti-inflamma-
tory drug, and then the injection of the taxol takes place over
the course of several hours. However, the polymeric micelle
formulation containing taxol may be injected in a short
time-period and without any premedication.

Toxic solubilizing substances can be used only for
anticancer drugs because toxic side effects can be allowed in
anticancer drugs to a much larger degree than in other cat-
egories of drugs. This indicates that many water-insoluble
drugs cannot be intravenously injected even if they are very
potent. Therefore, polymeric micelles may make it possible
to inject these potential drugs along an intravenous route that
is very useful in terms of quick delivery to blood circulation
and easy dose control.

2. THE HISTORY OF POLYMERIC MICELLE
DRUG CARRIERS

Studies on polymeric micelles were initiated in the 1960s and
focused on their basic physicochemical aspects. The first
attempt to utilize polymeric micelles as drug carriers was
reported in 1984 by Ringsdorf and colleagues (36,37). A
sulfido-derivative of cyclophosphamide (an anticancer drug
analog) was conjugated to the lysine residues of a poly(ethy-
lene glycol) (PEG)-poly(l-lysine) block copolymer. Because
the sulfido-derivative of cyclophosphamide was hydrophilic,
palmitic acid was also introduced as a hydrophobic component
to the lysine residues of the block copolymer. The researchers
reported a sustained release of the conjugated drug from the
block copolymer, and attributed this decrease in the release
rate to a depot effect of the hydrophobic micelle’s inner core.
Although the micelle formation of this polymer-drug conju-
gate was suggested from the data of dye-solubilization experi-
ments, the formation of the micellar structure was not
confirmed by more direct methods such as laser light scatter-
ing or gel-permeation chromatography. And although their
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study was limited to the in vitro stage, Ringsdorf and his
colleagues suggested that the polymeric micelle—because it
mimicked the functions of natural lipoproteins—could play
a role in living bodies as a drug carrier.

Kabanov et al. (38) reported an increase in the activity
in vivo of a neuroleptic drug (haloperidol) when it was physi-
cally associated with a polymeric amphiphile [Pluronic� P-85:
a poly(propylene oxide)-poly(ethylene oxide) block copolymer]
that was, itself, coupled to a specific antibody. This is the first
example of polymeric micelles enhancing of drug activity
in vivo. The reason for this enhancement of drug efficacy may
concern either an increase in the amount of the drug deliv-
ered to targets due to drug targeting or an increase in perme-
ability (through biological membranes) that the polymeric
amphiphile bestows on such a drug. Later, Kabanov and
Alakhov showed that the uptake of a model drug by the brain’s
microvessel endothelial cells increased in the presence of
Pluronic P-85 at concentrations lower than its CMC (39). This
indicates that Pluronic polymers could increase the perme-
ability of biological membranes by working as a single-chain
(non-micelle-forming) surfactant. They also reported that
Pluronic polymers could circumvent multi-drug resistance
against anticancer drugs in vitro by changing uptake
amounts and the subcellular distribution of a drug inside
the resistant cells or by inhibiting cellular functions for
multi-drug resistance expression (40). This is an innovative
application of a synthetic polymer to an anticancer drug
therapy—namely, chemotherapy—that is not based on the
selective delivery of a drug to the target. Please refer to
another chapter written by Bronich and Kabanov concerning
Pluronic polymers for drug and gene delivery.

With a clear focus on in vivo selective delivery to a target,
Yokoyama and coworkers designed polymeric micelle systems
using PEG-poly(amino acid) block copolymers in the late
1980s. They showed the first detailed characterization of
the micelle formation of the drug carrier system (41–43),
long-circulation in the bloodstream (44), improved in vivo
anticancer activity against a murine leukemia, largely
enhanced in vivo anticancer activity against solid tumors
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(44), and selective delivery to solid tumors (45,46). Details of
their examples are explained in Secs. 3 and 4.

In the 1980s, only the three research groups stated above
conducted studies of polymeric micelle drug carrier systems.
In the 1990s, a growing number of research groups brought
about a substantial increase in the field’s research activity,
giving rise to a significant number of publications (47–56).
In some papers (57–59), polymeric micelles that were studied
had names like ‘‘nanospheres,’’ ‘‘nanoparticles,’’ or ‘‘nanopar-
ticulates.’’ In the original definition of the term ‘‘micelle,’’ a
polymeric micelle form exists in an equilibrium with polymer
single chains. This means that micelle structures disappear
through their repeated exposure to dilution procedures. This
behavior is typically observed in micelles forming from low
molecular weight surfactants. In contrast, polymeric micelles
with a rigid (solid) inner core can keep their structure even
after infinite dilution. The preservation of this structural
integrity means that the kinetic constant stretching from
the micellar structure into the single polymer chain is zero
owing to a kinetically frozen inner core (60). These polymeric
micelles with a rigid inner core exhibit exactly the same
behavior as nanospheres and nanoparticles. Insofar as the
two—phase structure of the inner core and the outer shell—
are formed from block or graft copolymers, the drug delivery
field must classify this structure as a polymeric micelle,
just as is done in basic polymer sciences.

3. THE MOLECULAR DESIGN OF POLYMERIC
MICELLE DRUG CARRIER SYSTEMS

3.1. Choice of Polymerization for Block
Copolymers

Synthetic polymers are obtained by the polymerization
reaction of monomers, as shown in Figure 4(a). By sequential
propagation reaction, polymers are produced. A monomer (A)
reacts with a polymer chain that has a reactive terminal
(denoted by A� ). Because of this reaction, one extra monomer
unit—while possessing the same reactive terminal—adds to a
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polymer terminus. In this scheme, block copolymers seem to
be easily obtained: the second monomer is put in the reaction
mixture after all the first monomers are consumed for poly-
merization. However, block copolymers cannot be obtained
by the most common polymerization method—conventional
radical polymerization—owing largely to the presence of side
reactions. These side reactions are recombination, dispropor-
tionation, and chain transfer, as shown in Figure 4(b). By
recombination and disproportionation reactions, polymeriza-
tion stops. By chain transfer to another polymer chain,

Figure 4 Reactions included in polymerization.
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branched polymers are produced. By chain transfer to other
molecules, molecular weights of an obtained polymer become
smaller. As a consequence of these side reactions, reaction
mixtures include short polymer chains lacking reactive ends
and having branched structures. If the second monomers
are added to this reaction mixture, the products contain con-
siderable amounts of poly(A) and poly(B) homopolymers and
branched polymers. On the contrary, block copolymers can be
prepared by living polymerization, which diminishes the
above-mentioned side reactions. In living polymerization, a
reactive terminal reacts only with a monomer to generate a
new reactive terminal that has one additional monomer unit.
(The term ‘‘livening polymerization’’ comes from the fact that
reaction terminals are living after all monomer molecules are
consumed in polymerization.) Living polymerization is typi-
cally seen in anionic polymerization. Even if the side reac-
tions are not completely inhibited, polymerization methods
diminishing most side reactions may be classified as living-
like polymerization or as polymerization with living charac-
ter. These polymerization methods are also utilized for block
copolymer preparations, as exemplified later.

An important factor relating to the polymerization
method is molecular weight distribution. Synthetic polymers
must possess distributions of molecular weight owing to the
statistical propagation mechanisms in polymer syntheses.
Therefore, their molecular weights are shown only in terms
of average values. Exceptions are gene-engineered polymers
and polymers obtained by step-wise syntheses such as solid
phase peptide (or DNA) synthesis and dendrimers. The width
of molecular weight distribution is evaluated according to a
ratio of weight-average molecular weight (Mw) to number-
average molecular weight (Mn). This ratio (Mw=Mn) is larger
for polymers that exhibit a wider molecular weight distribu-
tion. For macromolecules with a single molecular weight such
as a natural protein, this value is exactly 1. For synthetic
polymers, this Mw=Mn ratio is significantly dependent on
polymerization types. Applicable polymerization types are
largely dependent on the chemical structures of monomers.
(Polymers are obtained by the polymerization of a number
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of monomers.) Therefore, the width of molecular weight
distribution is considerably determined by monomers.

PEG-[poly(ethylene oxide)] has one of the lowest ratios
(Mw=Mn) because this substance is synthesized by anionic
polymerization, which can produce polymers that have nar-
row molecular weight distributions. The ratios of PEG usually
range from 1.05 to 1.20. In contrast, conventional radical
polymerization, which is the most common way to produce
synthetic polymers, produces polymers that have a wide dis-
tribution of molecular weight. Typically, polymers obtained
in this way possess Mw=Mn ratios over 2.0. It is believed that
block copolymers with narrow molecular distributions on each
block are preferable for polymeric micelle studies because the
close relationships between the molecular architectures of
block copolymers and the properties of micelles are easily
analyzed using narrowly distributed block copolymers.

In this perspective, polymers obtained by anionic
polymerization are favorably used in basic physico-chemical
studies of polymeric micelles. However, anionic polymeri-
zation can be applied only to vinyl monomers and to cyclic
ether monomers when these monomers do not possess other
reactive functional groups. Other polymerization methods,
which—in terms of both the distribution width and the degree
of side reactions—are placed between anionic polymerization
and conventional radical polymerization, have been used in
block copolymer preparations for polymeric micelle drug car-
riers. The ring opening polymerization of an amino acid deri-
vative (N-carboxy anhydride) has been used for preparations
of block copolymers containing poly(amino acid)s. Next to
anionic polymerization, this polymerization method can pro-
duce polymers that have a narrow weight distribution owing
to the low probability of side reactions in the polymerization
process. In this case, typical Mw=Mn values range from 1.3
to 1.7. Another polymer frequently used for this purpose
is the block copolymers-composed of PEG and poly(lactide).
Lactide is a cyclic anhydride. The polymerization of cyclic
anhydrides can proceed while giving rise to side reactions
that are far less significant than those associated with con-
ventional radical polymerization. This form of polymerization
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generates polymers with Mw=Mn values ranging from 1.5 to
2.0. Recently, special radical polymerization methods such
as RAFT polymerization (61) have been developed and feature
substantial reductions in the side reactions that typically
correspond to polymerization. By utilizing this technique,
scientists can obtain block copolymers for vinyl monomers
that contain various functional groups.

3.2. Means of Drug Incorporation: Chemical
Conjugation and Physical Entrapment

Drugs are incorporated into the inner core of the-polymeric
micelles by means of both chemical conjugation and physical
entrapment. Physical entrapment utilizing hydrophobic
interactions can be applied to many drugs, since most drug
molecules possess a hydrophobic moiety(ies) (even in the case
of water-soluble drugs), and since functional groups that
are required for chemical conjugation are not necessary for
physical entrapment. The optimization of physical entrapment
is described in the next section.

For chemical conjugation, drug release by cleavage of a
chemical bond is an important issue. One common reaction
for this cleavage is hydrolysis. Owing to the phase separation
of the inner core from both the outer shell and an outer envir-
onment, the drug’s access to water molecules, hydrogen ions,
hydroxyl ions, and hydrolytic enzymes is considerably inhib-
ited. Therefore, the cleavage rate is expected to be much lower
than occurs with conventional polymer-drug conjugates. In
turn, micelle structures can be utilized for the quick release
of a drug if the hydrophobicity of the bound drug contributes
to inner core association for micelle formation. As the drug
molecules are released, drug release can be accelerated owing
to a decrease in inner core hydrophobicity. From this point of
view, Kwon and his colleagues have designed methotrexate-
conjugated block copolymer micelles, which are introduced
in Sec. 4.6. The other possible strategy for chemical
conjugation is an alternative action mechanism for the drugs.
In a physically entrapped system, only released drugs are
expected to express pharmacological activity, even though
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the delivery systems change both the whole body’s distribu-
tion and the intracellular distribution. In the case of chemical
conjugation, a drug may exhibit activity in both a released
form and a conjugated form. If the conjugated form can
express activity, they may overcome the multidrug resistance
induced by P-glycoprotein, since the P-glycoprotein is not
expected to efflux the polymer-drug conjugates to the cells’
exteriors.

3.3. Physical Factors for Targeting

Here, several physical factors of polymeric micelles that
determine drug targeting and therapeutic effects of carrier
systems are discussed. Table 3 summarizes six physical
factors of polymeric micelles.

The chain length of each block is known to be an impor-
tant factor that determines micelle-forming characters such
as CMC. In biological evaluations of the drug delivery of poly-
meric micelles, the chain length has been found to greatly
influence the biodistribution and the antitumor efficacy of
ADR-incorporating polymeric micelles. As shown in Fig. 5,
concentrations in the bloodstream of micelles forming from
PEG-poly(ADR-conjugated aspartic acid) block copolymers
were revealed to be completely dependent on their chain
length of the block copolymers (62). Compositions of the four
polymeric micelles are summarized in Table 4. The molecular
weight of the (ethylene glycol) chain varied among 1000,
5000, and 12,000, while three unit numbers of aspartic acid
(20, 40, and 80) were used. The micelle formation of these four
samples was confirmed by gel-permeation chromatography. A

Table 3 Physical Factors of Polymeric Micelles for Targeting

1. Chain length
2. Drug content
3. Stability
4. Size
5. Secondary aggregation
6. Inner core segment
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sample coded 12–20 was observed circulating in the blood-
stream very stably; a dose of over 10% was still circulating
24 h post intravenous injection. During the first 4 h post-
intravenous injection, a sample coded 5–20 followed the

Table 4 Compositions of ADR-Conjugated Polymeric Micelles

Composition

Molecular weight
ADR substitution

(%)a
Diameter

(nm)PEG P(Asp)

1–40 1,000 4,800 12 NDb

5–20 5,000 2,100 30 30
5–80 5,000 8,700 46 36
12–20 12,000 2,100 104 40

aWith respect to Asp residue.
bND: not detected above 10 nm.

Figure 5 The level of polymeric micelles in blood after intra-
venous injection. �: 5–20, �: 12–20, &: 5–80, and &: 1–40. (From
Ref. 62.)
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long-circulating character of sample 12–20. In contrast, the
blood concentrations corresponding to the 5–80 and the
1–40 micelles quickly decreased after the injection. Antitumor
activity was also revealed to be dependent on the chain
length, as shown in Figure 6 (63). Four samples (5-09, 12–
21, 12–41, and 12–81) largely enhanced antitumor activity
by incorporating drugs into micelles. The enhanced antitumor
activity was shown by greater tumor growth inhibition than
occurred with free ADR at the maximum tolerated dose.
These four polymeric micelles provide 100% long-term survi-
vals at their maximum tolerated doses. Among these four
samples, 12–21 exhibited the highest antitumor activity,
since only this sample exhibited long-term survival results
at the 100% level in the second-highest dose (the dose one step
below the maximum tolerated). In contrast, one sample (1–48)

Figure 6 In vivo antitumor activity of polymeric micelles and free
ADR at their maximum tolerated doses against C 26 murine tumor.
(Modified from Ref. 63.)
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showed lower antitumor activity than free ADR, and the other
three samples (2–10, 2–45, and 5–87) showed antitumor activ-
ity that was either the same as or higher than free ADR. All
these results indicate both that the incorporation of a drug
into polymeric micelle is not enough to obtain the enhanced
efficacy of the drug, and that the optimization of the block
chain length is important.

The second physical factor, drug content, has been
known to be influential on the targeting efficacy of the
ADR-incorporating polymeric micelles (76). Figure 7 com-
pares the in vivo antitumor activities of two polymeric micelle
samples composed of identical chain lengths of both the PEG
and the poly(aspartic acid) chains. The amounts of chemically
conjugated and physically entrapped ADR differed between
the two samples, as summarized in Table 5. The antitumor
activities of these two runs are shown in relation to the dose
of the physically entrapped amount, since the physically
entrapped ADR was revealed to be responsible for in vivo
antitumor activity. Run 1 exhibited substantial activity,
which can be seen in the significant decreases in tumor
volumes in all three doses. Run 2 did not show any antitumor

Figure 7 In vivo antitumor activity of two polymeric micelles dif-
fering in amounts of incorporated adriamycin. (a) run 1 and (b) run
2 of Table 5. Dose is shown by the physically encapsulated ADR.
(From Ref. 76.)
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activity. This difference is very stark when the two runs are
compared with each other in terms of identical doses. Run 1
showed a considerable reduction in tumor volume at doses
of 2.2 and 4.5 mg=kg, while run 2 did not at doses of 2.1 and
4.2 mg=kg.

As stated above, two physical factors, chain length and
drug content, are shown to influence the efficacy of a drug.
Then, how do these two factors in micelle composition affect
drug efficacy? It has been postulated that an optimization of
the above-mentioned two factors would give the polymeric
micelles satisfactory stability for long-term circulation in
the blood. Micelle stability is listed as the third physical factor
in Table 3. Figure 8 shows plots of in vitro micelle stability
(evaluated by gel-permeation chromatography) vs average
tumor volume on day 12 of the post-drug injection (64).
Smaller tumor volumes mean stronger antitumor activity. In
this figure, a discreet tendency can be observed. Polymeric
micelles with higher in vitro stability brought about higher
in vivo antitumor activity. Furthermore, Figure 9 shows the
gel-filtration chromatographs run 1 and run 2 in Figure 7
(74). Both of the runs eluted at much earlier volumes than
did their corresponding molecular weights (20,000 for run 1
and 18,000 for run 2) indicating elution as polymeric micelles.
There was, however, a little difference in the exact elution
volume. Run 1 eluted at 4.4 mL, and its peak shape was
very sharp. Run 2 had a slightly delayed elution, measuring
4.8 mL and exhibiting a wider peak shape. This indicates
that the run 2 micelle was delayed in its elution by hydrophobic
interactions with gels in the column. It was thought that

Table 5 Compositions of ADR-Containing Polymeric Micelles

Run

Molecular weight ADR contenta

PEG P(Asp)
Conjugated ADR

%
Conjugated ADR

%

1 12,000 2,100 28.5 6.2
2 12,000 2,100 21.5 2.0

aWt% in micelle.
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run 2, owing to the incorporation of a small amount of hydro-
phobic ADR molecules (which, in turn, loosened the packing
of the hydrophobic inner core), gave rise to these hydrophobic
interactions.

What does the stability of polymeric micelles mean? The
stability is classified according to two aspects. The first aspect
is how stably polymeric micelle carriers circulate in the blood-
stream. The stability of the other aspect is how slowly a
physically entrapped drug is released from the carrier. The
data shown in Figures 6 and 7 do not specify which aspect
was essential. Further studies are required to answer this

Figure 8 Correlation between in vitro micelle stability and
in vivo antitumor activity. In vitro micelle stability is plotted by area
of micelle peak in gel-filtration chromatogram after incubation in
serum. In vivo antitumor activity is shown by relative C26
tumor volume on day 12. Volume 1 means the volume at the first
drug injection. Codes of plots are from Figure 6. (Modified from
Ref. 64.)
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question if the strategic molecular design of polymeric micelle
drug carrier systems is to be established.

The fourth physical factor concerns the size of polymeric
micelles. As explained before, polymeric micelles form along a
narrow range of diameter; from 10 to 100 nm. Within this dia-
meter range, no data have been reported about the effects of
size on targeting or antitumor activity, since not only the size
of polymeric micelles but also their stability undergo change
in the presence of both block copolymer composition and drug
content. It would be very interesting and valuable to know the
effect of size on selective delivery in a polymeric micelle that
ranges in diameter from 10 to 100 nm.

The formation of a polymeric micelle structure having a
single inner core is sometimes accompanied by secondary

Figure 9 Gel-filtration chromatograms of polymeric micelles of
run 1 and run 2 from Fig. 7. (From Ref. 76.)
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aggregates. These are aggregates of several micelles that
range in diameter from 100 to 300 nm. As shown in Fig. 10,
the formation of these aggregates was dependent on the com-
position of polymeric micelles. Sample B with a longer PEG
chain was free of these secondary aggregates, whereas sample
A was revealed to contain considerable proportions of the
aggregates. It is considered that polymeric micelle formation
without these aggregates is preferable because the diameter
of aggregates may exceed 200 nm, which is a limit on size
for non-selective capture by the reticuloendothelial system.

The last factor of polymeric micelles is the hydrophobic
inner core segment. The hydrophobicity and the rigidity of
the inner core segment are considered to determine drug
incorporation stability and micelle stability. Polymeric
micelles forming from Pluronic block copolymers can incorpo-
rate ADR into their inner core (65), but they instantly release
the incorporated ADR upon dilution, since equilibrium shifts
quickly and considerably from the incorporated status to the
released status owing to the liquid and the low hydrophobic
properties of the inner core, respectively. Therefore, Pluronic
micelles cannot target ADR. In contrast, polymeric micelles
with ADR-conjugated poly(aspartic acid) inner cores were
found to maintain both drug incorporation and micelle

Figure 10 Diameter distribution measured by dynamic light
scattering. (From Ref. 74.)
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formation upon dilution and resulted in the drug’s targeting
of solid tumors. Another example of the effects of the hydro-
phobic inner core segment is shown in Fig. 11 (71). These
are the hydrophobicity measurements of the inner core that
were taken with a fluorescence probe pyrene. The intensity
ratio (I1=I3) is smaller when the pyrene is in a more hydropho-
bic atmosphere. Figure 11 shows the change of the I1=I3 ratio
of the P(IPAAm)-b-P(butyl methacrylate) micelle exposed to a
heating process. The micelles’ inner cores were more hydro-
philic above the transition temperature. This change was
considered to result from a mixing of the inner core with
the dehydrated outer shell or from the invasion of water
molecules into the inner core. The second possible cause came
about when the aggregation of the dehydrated outer shell

Figure 11 Measurements of hydrophobicity of micelle inner core
using pyrene as a probe. The ratio (I1=I3) of two vibrational bands
is smaller, hydrophobicity of the inner core is higher. (From Ref. 71.)
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segment induced a mechanical distortion. It was observed
that the drug was observed to be released more rapidly from
a less hydrophobic polymer inner core above the LCST.

On the other hand, the fluorescence probe did not show
any change for polymeric micelles forming from poly(IPAAm) -
polystyrene block copolymers, as shown in the lower plots of
Fig. 11. Turbidity measurements confirmed that this micelle
having the polystyrene inner core underwent the phase tran-
sition at 32�C. Possible reasons for the difference between
this micelle and the previous case are strong hydrophobicity
and=or the solid character of the polystyrene core. In fact,
its lower I1=I3 ratio revealed the polystyrene inner core to
be more hydrophobic than the PBMA inner core. Additionally,
fluorescence measurements of incorporated 1,3-bis(l-pyrenyl)
propane that were used as a flexibility=rigidity marker
revealed the polystyrene inner core to be more rigid than
the P(butyl methacrylate) inner core. Although it is not
known which physical property (hydrophobic degree or rigid-
ity) contributed—upon the phase transition—to the change of
the inner core, the choice of the inner core’s chemical struc-
ture was revealed to be very important for drug release
and thermo-responsive characters.

3.4. Additional Features

In the last three sections, discussion focused chiefly on pas-
sive drug targeting and its relation to polymeric micelles that
have hydrophilic and inert outer shells such as PEG. Here,
some additional functions of these micelles are discussed.

The first function is ligand attachment to the outer shell.
In most AB-type block copolymer syntheses that have the
PEG chain for polymeric micelles, a chemically unreactive
functional group such as methoxy is used as the PEG term-
inal. Scholz et al. reported a synthesis of aldehyde group-ter-
minated (on the PEG side) PEG-PLA block copolymers (66).
By utilizing this aldehyde group, they succeeded in preparing
polymeric micelles that had targeting ligands, such as antibo-
dies on their surface. Such micelles actively target tumors
and do so because of the ligands.
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On the other hand, Okano and coworkers have studied
thermo-responsive polymeric micelles using poly(N-isopropy-
lacrylamide) [P(IPAAm)] as a thermo-responsive and outer
shell-forming block (67–72). As shown in Figure 12, below
the LCST, micelles with the hydrated outer shell and the
hydrophobic inner core are formed. Upon heating above the
LCST, the outer shell shrinks and becomes hydrophobic.
Micelle diameter decreases owing to the shrunk outer shell.
Intermicellar aggregates may form dependent on a concentra-
tion of micelles and on the strength of the hydrophobic interac-
tions of the shrunk outer shell layers. Drug release can be
enhanced as the temperature rises. For hydrophobic polymer
chains, which form the hydrophobic inner cores, poly(d,l-
lactide) (PLA) and poly(butyl methacrylate) (PBLA) were used.

4. EXAMPLES OF DRUG TARGETING WITH
POLYMERIC MICELLE CARRIERS

4.1. Adriamycin (Doxorubicin)

Yokoyama and colleagues succeeded in getting an anticancer
drug, ADR (¼doxorubicin), with a polymeric micelle system,

Figure 12 Thermo-responsive polymeric micelle.
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to passively target solid tumors (41–46,73–76). The molecular
design of their system is shown in Figure 13. ADR was chemi-
cally conjugated to aspartic acid residues of PEG-poly(aspar-
tic acid) block copolymers [PEG-P(Asp)] by amide bond
formation. The PEG segment was hydrophilic, whereas the
ADR-substituted poly(aspartic acid) chain was hydrophobic.
Therefore, the obtained drug-block copolymer conjugate
(PEG-P[Asp(ADR)]) formed micellar structures owing to its
amphiphilic character. On the second step, ADR was incorpo-
rated into the inner core by physical entrapment utilizing
hydrophobic and p-p interactions with the chemically conju-
gated ADR molecules. As a result, polymeric micelles contain-
ing both the chemically conjugated and the physically
entrapped ADR in the inner core were obtained with the
PEG outer shell.

Figure 13 Chemical structure of ADR-containing polymeric
micelle.
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As shown in Figure 14, the physically entrapped ADR
circulated in the bloodstream for a long time-period (Fig.
14a) and was delivered to the solid tumor site at much higher
concentrations than free ADR (Fig. 14b) (46). Furthermore,
the observed time profile with a peak concentration at 24 h
post-intravenous injection, as well as retention of this high
concentration in longer time-periods post-injection, matched
well to passive delivery by the EPR effect (31). On the other
hand, accumulation of the physically entrapped ADR in the
polymeric micelles at normal organs and tissues was the same
or lower than free ADR.

In accordance with this highly selective delivery to solid
tumor sites, a dramatic enhancement of antitumor activity
was observed (46). Figure 15 shows in vivo antitumor activity
against murine colon adenocarcinoma 26. For free ADR, only
the maximum tolerated dose (10 mg=kg body weight) provided
considerable inhibition effects on tumor growth; however, a
decrease in tumor volume was never seen from the day of
the first injection. For the polymeric micelles, the tumor com-
pletely disappeared in two doses (20 and 10 mg physically
entrapped ADR=kg of body weight). All the polymeric

Figure 14 Concentrations in blood (a) and c26 tumor (b) after
intravenous injection. (G) free ADR and (�) polymeric micelles
containing ADR. (From Ref. 46.)
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micelle-treated mice in these two doses survived over 60 days,
whereas the control mice were dead by about day 20. Such a
significant enhancement of antitumor activity has been scar-
cely seen in the many studies using various types of drug car-
riers. All these results clearly demonstrate the successful
passive targeting of an anticancer drug using the polymeric
micelle carrier system to solids, and this ADR-containing sys-
tem finished the phase I clinical test, and entered the phase II
test in autumn of 2003 at the National Cancer Hospital,
Japan.

4.2. KRN-5500

Although ADR shows some hydrophobic properties, it is still
water-soluble. In the field of cancer chemotherapy, a strong
demand for the solubilization of water-insoluble drugs has
been voiced particularly since many newly developed and
very potent anticancer drugs such as camptothecin and taxol
are water-insoluble or hardly water-soluble. In this perspec-
tive, the incorporation of a water-insoluble anticancer agent,
KRN-5500 (KRN), into polymeric micelles was studied (77–
79). By choosing an appropriate structure of a block copoly-
mer, the water-insoluble KRN was successfully incorporated
into polymeric micelles (77). This polymeric micelle showed

Figure 15 In vivo antitumor activity of free ADR and polymeric
micelle containing ADR. (From Ref. 46.)
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higher antitumor activity than KRN injected into a con-
ventional formulation. This polymeric micelle did not exhibit
the severe vascular and pulmonary toxic side effects that
surfaced in the KRN in the conventional formulation, a result
that is due to the toxicity of the organic solvents and the
surfactants used to dissolve KRN (78,79). This fact indicates
that polymeric micelle carrier systems are not only a strong
strategy for drug targeting but also very potent in dissolving
water-insoluble drugs for safe intravenous injection.

4.3. Cisplatin

Cisplatin is a platinum chelate complex with two chloride and
two ammonium ligands. This compound is water-soluble
but not highly water-soluble. Nishiyama and his colleagues
introduced by a ligand exchange reaction between chloride
and carboxylate the cisplatin into the aspartic acid residues
of PEG-poly(aspartic acid) block copolymers (80). Polymeric
micelles were formed from these block copolymers. Because
the micelle structures were not broken by the addition of a
surfactant, the sodium dodecyl sulfate that broke the ADR-
incorporating polymeric micelle structures, the crosslinking
of the poly(aspartic acid) blocks through platinum atoms con-
tributed to micelle formation. In physiological saline, cisplatin
could be released from the micelles by a ligand exchange reac-
tion between chloride and carboxylate, and simultaneously
micelle structures would be broken. This cisplatin delivery
system is now on an optimization stage of targeting tumors,
as well as on an optimization stage of antitumor-activity.

4.4. Taxol

Taxol is a water-insoluble anticancer drug and is recognized as
one of the most potent anticancer drugs among the approved
anticancer drugs to appear in the 1990s. For intravenous
injection, an organic surfactant cremophor EL and ethanol
are used to solubilize taxol. Because cremophor EL is consider-
ably toxic, injection without the use of cremophor EL is
required. Samyoung Company, Daejeon, Korea developed
PEG-PLA based polymeric micelles containing taxol. By this
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incorporation, water solubility was significantly increased as
compared with the conventional cremophor EL formulation,
and toxicity of cremophor EL was successfully diminished.
This system is now in phase I clinical trial. This system, how-
ever, does not show targeting effects because all of the incorpo-
rated drug is released immediately after the intravenous
injection. Alternatively, Nippon Kayaku Co., Ltd. (Tokyo,
Japan) and Matsumura successfully incorporate taxol into
polymeric micelles with exhibiting targeting ability to solid
tumors. A phase I clinical trial of this targetable taxol system
started in 2004 at the National Cancer hospital, Japan.

4.5. Amphotericin B

Amphotericin B is a potent antibiotic widely used in the
treatment of systemic fungal infections. This drug is hardly
water-soluble, and therefore, its intravenous injection is not
possible. Kwon and his associates successfully incorporated
amphotericin B into polymeric micelles forming from PEG-
poly(N-hexyl aspartamide)-based block copolymers (81–83).
They obtained enhancement of water-solubility and a
decreased toxic side effect. It is known that amphotericin B
exists in an intact (monomer) form and an aggregated form
in physiological conditions, and that the aggregated form is
mainly responsible for the toxic side effects. They speculated
that the sustained release of amphotericin B and a larger pro-
portion of monomers, which form owing to encapsulation in
the hydrophobic environment, are the reasons for this
decreased hemolysis toxicity. If the latter reason is true, this
is the first case in which polymeric micelle carriers raised
drug efficacy by changing the drug’s existing forms owing to
the hydrophobic environment for drug storage.

4.6. Methotrexate

Methotrexate (MTX) is a widely used anticancer drug, and
recently this drug has also been used to treat rheumatoid
arthritis. Li and Kwon conjugated MTX to a block copolymer,
and obtained polymeric micelles, with the hydrophobicity of
the conjugated MTX serving as the driving force behind the
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micelle formation (84). By controlling the amount of the
conjugated MTX, micelle stability was successfully controlled.
Micelle stability that is, the equilibrium between the micelle
form and the single polymer chain, is correlated with the drug
release rate, since hydrolysis between the polymer and MTX
can proceed more rapidly in a single polymer chain form
owing to both its easier access to water and other small mole-
cules responsible for hydrolysis. This is the first example of a
release control of the chemically conjugated drugs.
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1. INTRODUCTION

In the recent two decades, development of efficient delivery
systems for biological agents, such as low molecular mass
drugs and biomacromolecues (DNA, proteins, etc.), has attra-
cted tremendous attention. It is believed that such systems
will help to overcome enormous barriers encountered by these
agents on target sites, as well as increase solubility and stabi-
lity of these agents. Synthetic polymers are among the
major materials used in drug and gene delivery systems (1).
One important and promising example of such materials is
Pluronic

�

block copolymers. Pluronic block copolymers have
577



been used in experimental medicine and pharmaceutical
sciences for a long time (see for review Refs. 2–11). The cur-
rent chapter focuses on the relatively dilute isotropic solu-
tions of block copolymers in aqueous media. These solutions
exist in the form of either molecular dispersion or as micelles
of the block copolymers. They can be used as solubilizers for
insoluble drugs as well as nanocontainers for site-specific
drug delivery in body. The distinct properties of Pluronic
block copolymers can also enhance drug performance by
acting as biological response-modifying agents, which
act directly upon the target cells. Very recently, Pluronic
block copolymers have shown promising potential for the
non-viral gene delivery.

2. PLURONIC STRUCTURE AND SYNTHESIS

Pluronic block copolymers (also known by their non-
proprietary name ‘‘poloxamers’’) consist of ethylene oxide
(EO) and propylene oxide (PO) blocks arranged in a basic A-
B-A structure: EOx-POy-EOx. This arrangement results in an
amphiphilic copolymer, in which the number of hydrophilic
EO(x) and hydrophobic PO(y) units can be altered. The struc-
tural formula of Pluronic block copolymers is shown in Figure 1.
Table 1 presents a list of selected Pluronic copolymers

Figure 1 Pluronic block copolymers available from BASF Co
(Wyandotte, MI), contain two hydrophilic EO blocks and a hydro-
phobic PO block. (From Ref. 93.)
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available from BASF Corp. Copolymers with various x and y
values are characterized by distinct hydrophilic-lipophilic
balance (HLB).

Pluronic block copolymers are synthesized by sequential
addition of PO and EO monomers in the presence of an alka-
line catalyst, such as sodium or potassium hydroxide (3). The
reaction is initiated by polymerization of the PO block fol-
lowed by the growth of EO chains at both ends of the PO
block. Anionic polymerization usually produces polymers with
a relatively low polydispersity index (Mn=Mw). Further chro-
matographic fractionation was employed in procedures for
the manufacture of highly purified block copolymers (12,13).

3. SELF-ASSEMBLY OF PLURONIC BLOCK
COPOLYMERS

A defining property of Pluronic is the ability of individual
block copolymermolecules, termed ‘‘unimers,’’ to self-assemble
into micelles in aqueous solutions. These unimers form a
molecular dispersion in water at block copolymer concentra-
tions below the critical micelle concentration (CMC). At
concentrations of the block copolymer above the CMC, the
unimer molecules aggregate, forming micelles through a pro-
cess called ‘‘micellization.’’ The driving force for the micelliza-
tion is the hydrophobic interactions of the PO blocks. The PO
blocks self-assemble into the inner core of the micelles covered
by the hydrophilic corona from EO blocks. Pluronic micelles
are commonly pictured as spheres composed of a PO core
and an EO corona. This portrayal is correct for most block
copolymers, which have EO content above 30%, especially in
relatively dilute solutions at body temperature. However,
additional micelle morphologies, including lamella and rods
(cylinders), can also form in Pluronic systems (14) (Fig. 2).
When spherical micelles are formed, depending on the Pluro-
nic type, the micelles commonly have an average hydrody-
namic diameter ranging from about 20 to about 80nm (14).
The number of block copolymer unimers forming one micelle
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is referred to as the ‘‘aggregation number.’’ Usually this
number ranges from several to over a hundred.

The process of transfer of water-insoluble compounds
into the PO core of the micellar solution is referred to as ‘‘solu-
bilization.’’ Pluronic micelles containing solubilized low
molecular mass drugs and polypeptides are being actively
investigated as potential drug delivery systems (15–23). The
core-shell architecture of polymeric micelles is essential for
their utility for these applications. The core formed by the
PO chains is a water-incompatible compartment that is segre-
gated from the aqueous exterior by the hydrophilic chains of
the EO corona, thereby forming, within the core, a ‘‘cargo
hold’’ for the incorporation of various biological agents. As a
result, polymeric micelles can be used as efficient carriers
for compounds, which alone exhibit poor solubility, undesired
pharmacokinetics, and low stability in a physiological envir-
onment. The hydrophilic shell contributes greatly to the
pharmaceutical behavior of block copolymer formulations
by maintaining the micelles in a dispersed state, as well as
by decreasing undesirable drug interactions with cells and
proteins through steric-stabilization effects.

4. PLURONIC
�
FORMULATIONS FOR

TREATMENT OF DRUG-RESISTANT TUMORS

4.1. Sensitization of Drug-Resistant Cancers by
Pluronic Block Copolymers

Tumors with the multidrug-resistant (MDR) phenotype are
among some of the most difficult types to treat. MDR cells
overexpress drug efflux proteins belonging to a superfamily

Figure 2 The different micelle morphologies formed in Pluronic
block copolymer systems.
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of ATP binding cassette (ABC), such as P-glycoprotein (Pgp),
multidrug resistance-associated proteins (MRP), and brain
cancer resistance proteins that pump drugs out of cell
(24,25). Furthermore, several other proteins (e.g., glutathione
S-transferase, metallothionein, thioredoxin, topoisomerase I,
II, O6-alkylguanine-DNA alkyltransferase, etc.) are believed
to contribute to the resistant phenotype as well (24). Alakhov
and coworkers (26–28) demonstrated that Pluronic block
copolymers sensitize resistant cells, resulting in an increase
in the cytotoxic activity of the drug by 2–3 orders of magni-
tude. By addition of P85 or L61, the cytotoxic effects of doxor-
ubicin in the resistant lines significantly surpassed those
observed in the sensitive lines. Similar effects of Pluronic
block copolymers have also been reported in vivo (19,29),
and these studies indicate improved treatment of drug-
resistant cancers with Pluronic block copolymers.

4.2. Effects of Pluronic Block Copolymers on
Drug Resistance Systems

4.2.1. Inhibition of Pgp and Other Drug Transport
Systems

Enhanced cytotoxicity observed with Pluronic block copoly-
mers in drug-resistant cancer cells appears to be related to
the effects of these block copolymers on the Pgp drug efflux
transport system. Evidence are the observations that defects
in the intracellular accumulation of doxorubicin in resistant
cancer cells expressing Pgp can be overcome by treatment
with Pluronic (28,30), while no alteration in drug uptake in
the presence of Pluronic was observed with non-Pgp expres-
sing parental cancer cells. This conclusion has been rein-
forced by the recent studies by Evers et al. (31) and
Batrakova et al. (32), demonstrating that Pluronic block copo-
lymers (L61, P85) have pronounced effects, increasing accu-
mulation and permeability of various Pgp-dependent drugs
in MDR1-transfected cells that overexpress Pgp. An addi-
tional support for the Pgp-mediated mechanism of Pluronic
in Pgp expressing cells is that the block copolymer has no or
little effect on the accumulation of non-Pgp dependent
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compounds in both resistant and parental cells (32–34).
Therefore, the increased absorption of the Pgp substrates in
Pgp-expressing cells is attributable to the effects of the block
copolymer on the Pgp efflux system, rather than to non-speci-
fic alterations in membrane permeability of the substrates.
Recently, however, evidence has begun to mount suggesting
that the effects of Pluronic block copolymers might stem
beyond solely inhibition of the Pgp efflux pump. Studies by
Miller et al. (35), using the human pancreatic adenocarcinoma
cell line, Panc-1, that expresses the MRP efflux pump, sug-
gested that P85 inhibits efflux and increases cellular accumu-
lation of the MRP-dependent probe, fluorescein, in these cells.
Batrakova et al. (36) showed that decrease of MRP ATPase
activity by P85 results in sensitization effects in MRP1 and
MRP2-overexpressing cells toward anticancer agents, vinblas-
tine, and doxorubicin, while the magnitude of these effects
is less than sensitization effects in Pgp-overexpressing cells.
Generally, the evaluation of the effects of Pluronic block
copolymers on MRP is far from completion.

4.2.2. Effects on Drug Sequestration Within
Cytoplasmic Vesicles

Another impediment to treatment, which is present in MDR
cells, involves the sequestration of drugs within cytoplasmic
vesicles, followed by extrusion of the drug from the cell (37–
41). Drug sequestration in MDR cells is achieved through
the maintenance of abnormally elevated pH gradients across
organelle membranes–by the activity of Hþ-ATPase, an ATP-
dependent pump (42). Studies by Venne et al. (28) examined
the effects of Pluronic block copolymers on intracellular
localization of doxorubicin in the MDR cancer cell line,
MCF-7=ADR. In these cells, free doxorubicin is sequestered
in cytoplasmic vesicles, which might further diminish the
amount of the drug available for interaction with the nucleus
(41). Following incubation of the cells with doxorubicin and
Pluronic, the drug was released from the vesicles and accu-
mulated, primarily, in the nucleus (28).
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4.2.3. Effect on GSH=GST System

The activity of MRP drug efflux transporter with respect to
many substrates is closely tied to the GSH=GST detoxification
system in MDR cells (41). Therefore, studies of the effects of
Pluronic block copolymers on GSH=GST system have begun.
For example, significant decreases in both intracellular
levels of GSH and GST activity were observed in MDCK
cells expressing MRP, following exposure of these cells to
P85 (36). GST activity, as assessed using a colorimetric sub-
strate 1-chloro-2,4-dinitrobenzene, was significantly inhibited
immediately following 2-h exposure of the MDCKII,
MDCKII–MRP1 and MDCKII–MRP2 cells to P85. The levels
of GSH did not decrease during 2-h exposure of these cells to
P85. However, the GSH pools in these cells were significantly
depleted when the cells were first exposed to Pluronic and
then incubated in Pluronic-free media during 22h. Inhibition
of the GST=GSH detoxification system should result in the
decrease of GSH conjugation of select substrates, such as
doxorubicin, which can additionally decrease the extent of
elimination of these substrates from the cells.

4.3. ATP Depletion Induced by Pluronic Block
Copolymers in MDR Cells

Various drug resistance systems, including drug transport
and detoxification systems, require consumption of energy
to sustain their function in MDR cells. Therefore, mechanistic
studies have focused on the effects of Pluronic block copoly-
mers on metabolism and energy conservation in drug-
resistant cells. It was found that the ATP depletion induced
by Pluronic block copolymers is one major reason for their
effects on drug resistance systems. The key observation was
the study by Batrakova et al. (43,44) that compared the
effects of the P85 on ATP levels in several cell types that
either exhibit MDR phenotype or do not. In this study, expo-
sure of MDR and non-MDR cells to different doses of P85
resulted in a transient energy depletion, which was reversed
following removal of the block copolymer. The MDR cells were
much more responsive to P85, exhibiting a profound decrease
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in ATP levels at substantially lower concentrations of the
block copolymer, compared to the non-MDR cells. The effective
concentrations of P85 that induced a 50% decrease in ATP
levels in the cells (EC50) are presented in Table 2. This table
also presents the relative responsiveness of the MDR cells
compared to the non-MDR counterparts. These data suggested
that the responsiveness of the cells to P85 correlate with the
appearance of MDR in these cells, rather than the amount of
ATP available in the cells prior to treatment. Based on the
results of this study, the presence of the MDR phenotype is
one factor that renders cellular metabolism responsive to
treatment with Pluronic block copolymers.

The mitochondria are responsible for carrying out much
of the metabolic activities of the cell, and might be a potential

Table 2 Effects of P85 on ATP Levels in Pgp and MRP
Overexpressing Cells and Cells That Do Not Overexpress Pgp
or MRP

Cells
Pgp or MRP

overexpression
Initial ATP levels
(nmol=mg protein)a

EC50

(%)

Relative
responsiveness

to P85b

MCF-7 No 30� 1.5 2.25 –
MCF-7=ADR Pgp, MRP 300� 20 0.009 250c

KB No 1� 0.01 0.675 –
KBv Pgp 4� 0.1 0.036 19d

C2C12 No 15� 1.4 4.5 –
HUVEC No 40� 4.9 0.0675 –
Caco-2 Pgp, MRP 5.5� 0.4 0.00067 6670e

BBMEC Pgp, MRP 1.6� 0.04 0.018 250e

LLC-PK1 No 61� 6.9 0.45 –
LLC-MDR1 Pgp 79� 1.7 0.0045 100f

aMean�SEM (n¼4).
bCalculated as the ratio of EC50 of non-Pgp non-MRP cells to EC50 of corresponding
Pgp expressing cells.

cCompared to MCF-7 cells.
dCompared to KB cells.
eCompared to C2C12 cells.
fCompared to LLC-PK1 cells.
Source: From Ref. 93 and the data presented by Batrakova et al (43). In this study
cells were exposed to P85 for 120min prior to determining the intracellular ATP
levels.
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site of action for Pluronic block copolymers. It has long been
known that non-ionic polymeric detergents, such as Tween
80 and Pluronic, can decrease oxidative metabolism of tissues,
cells, and isolated mitochondria (45–47). There could be
multiple reasons for the inhibitory activity of these compounds
in mitochondria (45,48–52).

However, the reasons for the remarkable selectivity of
Pluronic block copolymers with respect to MDR cells are not
completely understood. One hypothesis is that the high rates
of energy consumption by the drug efflux pumps, combined
with Pluronic-induced inhibition of respiration, determine
the responsiveness of the resistant cells to the block copoly-
mer. Such a hypothesis is in line with the earlier observation
that resistant cells have an increased glucose utilization rate
compared to sensitive cells (53,54). Furthermore, the toxicity
of the inhibitor of glycolysis, 2-deoxyglucose, was found to be
consistently higher in MDR cells than in the non-MDR lines
(54). According to Batrakova et al. (44), the extent of the selec-
tivity of P85 with respect to MDR cells is the same or even
greater than that of 2-deoxyglucose. Most recently, evidence
has begun to mount suggesting that there might be an alter-
native explanation for the high selectivity of the block copoly-
mers with respect to MDR cells. Our study suggested that P85
significantly inhibits ATPase activity of Pgp in isolated cell
membranes (44). Since Pgp is one of the major ATPases over-
expressed in MDR cells, the fact that Pluronic inhibits this
activity makes the high energy consumption in MDR cells a
less likely cause for the block copolymer selectivity in these
cells. An alternative hypothesis would be that, for some rea-
son, the metabolic processes in MDR cells are more sensitive
to inhibition with Pluronic than the metabolic processes in
non-MDR cells. This could result in the more pronounced
ATP depletion observed following exposure of MDR cells to
the block copolymer.

The ATP depletion phenomenon is obviously extremely
important in order to understand the reasons for the elevated
anticancer activity of Pluronic-based formulations in drug-
resistant tumors. Transient energy depletion, as a result of
the exposure of the cells to Pluronic in the absence of the
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chemotherapeutic agent, does not induce a cytotoxic effect in
either MDR or sensitive cells (43,44). However, the exposure
of MDR cells to the combination of both the chemotherapeutic
agent and block copolymer results in a pronounced amplifi-
cation of the cytotoxic activity, i.e., the sensitization effect
(43,44). The apparent relationship between energy depletion
and enhanced cytotoxicity in cancer cells is also supported
by some other studies (55,56).

4.4. Membrane Interaction of Pluronic and
Inhibition of Pgp ATPase Activity

Pluronic block copolymers are known to induce changes in the
microviscosity of cell membranes (57–59). These changes can
be attributed to the alterations in the structure of the lipid
bilayers as a result of adsorption of the block copolymer mole-
cules on the membranes. Interestingly, it appears that Pluro-
nic block copolymers have different effects with respect to the
membranes of some normal and cancer cells. Melik-Nubarov
et al. (57) reported that the treatment with the same doses
of P85 or L61 increased microviscosity (‘‘fluidized’’) of the
membranes of cancerous cells, while, in contrast, it decreased
microviscosity (‘‘solidified’’) of the membranes of normal blood
cells. Membrane fluidization by various agents including non-
ionic surfactants, such as Tween 20, Nonidet P-40, and Triton
X-100, is known to contribute to inhibition of Pgp efflux func-
tion (60). MDR modulation by membrane fluidizers occurs by
abolishment of Pgp ATPase activity that results in the loss of
Pgp-mediated drug efflux (60). Furthermore, recent studies
demonstrated that P85 inhibits Pgp ATPase activity and inhi-
bition of this activity is observed with the same doses of the
block copolymer as those that inhibit Pgp efflux in Pgp
expressing cells (44,59).

Figure 3 schematically presents the multiple effects of
Pluronic block copolymers displayed in MDR cells. It is likely
that Pluronic block copolymers have a ‘‘double-punch’’ effect
in Pgp expressing cells: through ATP depletion and mem-
brane interaction, which both have a combined result of
potent inhibition of Pgp (44,59). It is possible that different
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drug transporters have different energy requirements in
MDR cells and=or different sensitivity to changes in mem-
brane microviscosity. As a result, the potency of Pluronic
block copolymers with respect to modulation of these drug
transport mechanisms may also vary.

4.5. Clinical Trials of Doxorubicin-Pluronic
Formulation (SP1049C)

Pluronic block copolymers, L61 and F127, were selected for
further preclinical development based on the in vitro and in
vivo efficacy evaluation studies of anthracyclines (19,28).
The final block copolymer system used in the clinical studies
contains 0.25% L61 and 2% F127 formulated in isotonic buf-
fered saline and is called SP1049C (Supratek Pharma,
Montreal, PQ, Canada) (29). This system contains mixed
micelles of L61 and F127 with an effective diameter of

Figure 3 Schematic presenting multiple effects of Pluronic block
copolymers displayed in MDR cell. These effects include (a)
decrease in membrane viscosity (‘‘fluidization’’); (b) ATP depletion;
(c,d) inhibition of drug efflux transport systems; (e) reduction in
GSH=GST detoxification activity; and (f) drug release from acidic
vesicles in the cell. Effects of Pluronic block copolymers on apoptosis
(g) are not sufficiently studied at present. (From Ref. 94.)
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approximately. 22–27nm, which do not aggregate in the
presence of the serum proteins. Prior to administration, dox-
orubicin is mixed with this system, resulting in the sponta-
neous incorporation of the drug into micelles. The
formulation is safe following systemic administration based
on acute and subacute toxicity studies in animals (29). An
open labeled, phase I dose escalation and pharmacokinetics
clinical trial of SP1049C has been completed under the spon-
sorship of the UK Cancer Research Campaign in two sites:
Christie Hospital in Manchester (UK) and Queen Elisabeth
Hospital, Birmingham (UK) (61) (a full report is in prepara-
tion). The primary goal of this trial was to determine the max-
imal tolerable dose (MTD), toxicity, and the pharmacokinetics
profile of SP1049C after intravenous administration. A total
of 26 patients entered the trial. The dose limiting toxicity of
myelosuppression was observed at MTD 90mg=m2. Other
toxicities observed were reversible: alopecia, nausea, and
lethargy. It was established that a dose level of 70mg=m2 is
suitable for evaluation in phase II trials. Plasma pharmacoki-
netics showed that SP1049C exhibited slightly longer half-life
compared to conventional doxorubicin (50h vs. 30h). One
patient with relapsed previously treated esophageal sarcoma
showed temporarily a 50% reduction in tumor size, which pro-
gressed rapidly on completion of treatment. Furthermore,
antitumor activity was seen in relapsed previously treated
soft tissue sarcoma. Phase II clinical trials are in progress.

5. PLURONIC EFFECTS ON BRAIN AND ORAL
BIOAVAILABILITY OF DRUGS

5.1. Effects of Pluronic on Brain Accumulation of
Drugs: In Vitro and In Vivo Evaluation

The transporters Pgp and MRP are also expressed in ‘‘nor-
mal’’ cells in the body, including brain microvessel endothelial
cells (BMVEC), intestinal epithelial cells, and hepatocytes
(62,63). The roles and effects of these transporters on the tis-
sue distribution of drugs have attracted great attention. For
example, immunohistochemical and functional studies
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indicate that Pgp is expressed at the luminal (apical) plasma
membrane of BVMEC that forms the blood-brain barrier
(BBB) (62,63). Less is known regarding the role of the MRP
drug efflux transport system in the BBB.

Similar to the model of drug-resistant tumor cells, the
studies by Batrakova et al. (59) suggested that Pluronic can
enhance the delivery of Pgp substrate to the brain through
the inhibition of the Pgp-mediated efflux system in brain
endothelial cells by inducing ATP depletion and membrane
fluidization which are the two main mechanisms. This group
evaluated the effects of Pluronic block copolymers on the per-
meability of a broad panel of drugs using bovine BMEC mono-
layers as an in vitro model of BBB (64). The panel of
compounds used in this study included known substrates for
Pgp such as rhodamine 123, doxorubicin, digoxin, ritonavir,
Taxol, and vinblastine. In addition, this panel included sub-
strates of organic anion transporters: fluorescein, ziduvidin,
and methotrexate, as well as compounds with less studied
specificity for the efflux pumps, such as loperamide, valproic
acid, and L-DOPA. Table 3 presents the apparent permeabil-
ity coefficients (Papp) of the compounds in bovine brain micro-
vessel endothelial cells (BBMEC) monolayers in the apical
(AP) to basolateral (BL) direction. As is seen from the data,
P85 increased AP to BL permeability in BBMEC monolayers
with respect to a broad panel of structurally diverse com-
pounds. The enhancement effects ranged from 1.3 times, in
the case of methotrexate, to almost 20 times, in the case of
vinblastine. These observations were reinforced by a study
by Witt et al. using opioid peptides (65). These investigators
demonstrated that P85 enhances transport of Pgp substrates,
morphine, and [d-Pen2,d-Pen5]-enkephalin in BBMEC
monolayers but not the transport of biphalin that is
Pgp-independent.

The studies in our group also indicated Pluronic block
copolymers can enhance the brain penetration of selected
drugs in vivo. Kabanov et al. (15,66) demonstrated increased
delivery of the neuroleptic drug, haloperidol, to the brain in
mice with the use of insulin or antibody conjugated Pluronic
micelles. In addition, haloperidol delivery to the brain was
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further increased in the presence of P85 (15,66). Batrakova
et al. (32) examined the brain accumulation of digoxin in wild
type mice, MDR1a knockout mice, and wild type mice treated
with P85. The co-administration of 1% P85 with radiolabeled
digoxin in wild-type mice increased the brain penetration of
digoxin 3-fold and the digoxin level in the P85-treated wild-
type mice was similar to that observed in the Pgp-deficient
animals. This demonstrated that delivery to the CNS of a pro-
totypical Pgp substrate could be significantly enhanced by co-
administration of Pluronic. The already mentioned study by
Witt et al. (65) reported that P85 significantly enhances the
opioid peptide analgesia in mice. Interestingly, in this study
the effects of the block copolymer on analgesia were observed
not only with the Pgp substrates, morphine, and [d-Pen2,
d-Pen5]-enkephalin, but also with biphalin, which was unaf-
fected in in vitro transport studies. Therefore, in addition to

Table 3 Effects of P85 on the Permeability of Various Solutes in
Bovine BMEC Monolayers in AP to BL Direction

Brain to blood Papp�106 (cm=s)

Solute drug transporter Assay buffer P85 Effecta

Mannitol None 5.7� 0.4 5.7� 0.4 n.s.
Loperamide Unknown 25.2� 2.8 24.5� 1.1 n.s.
Valproic acid Unknown 25.8� 1.4 22.8� 0.3 n.s.
Methotrexateb MRP 8.2� 0.8 11.1� 0.4 1.3(�)
Fluorescein MRP 16.5� 0.6 24.4� 0.2 1.5(�)
Rhodamine 123 Pgp 2.8� 0.2 4.5� 0.3 1.6(�)
Ziduvidin MRP 16.5� 1.8 31.1� 9.1 2.0(�)
Doxorubicin Pgp, MRP 13.2� 0.2 31.5� 7.3 2.4(�)
Digoxinc Pgp 3.8� 0.4 15.5� 1.0 4.1(�)
Ritonavirb Pgp 0.9� 0.1 6.5� 0.6 7.7(�)
Taxol Pgp 1.5� 0.1 16.5� 2.1 11.2(�)
Vinblastineb Pgp, MRP 0.6� 0.1 12.2� 2.0 19.0(�)

aAsterisk (�) shows statistically significant effects of the copolymer on the permeabil-
ity of the drug.

bData in preparation, not included in Ref. 64.
cCalculated using data reported by Batrakova et al. (32).
Source: From Ref. 93 and data reported by Batrakova et al. (64) except those stated to
be different.
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Pgp inhibition some other effect(s) of P85 in vivo could contri-
bute to enhanced analgesia. Nevertheless, it has been
concluded that the effects of the Pluronic block copolymers
on drug efflux transporters technology will prove to be a
valuable tool for enhancing drug delivery to selected organs.

5.2. Enhancement of Oral Bioavailability of
Drugs by Pluronic Block Copolymers

There is increasing evidence that outwardly directed drug
efflux systems hinder oral bioavailability of selected drugs.
Intestinal epithelial cells are known to express a functionally
active Pgp as well as various isoforms of MRP (67). By inhibit-
ing the function of these drug efflux systems, it is possible to
increase efficiency of delivery of these drugs through the oral
route. The potential effectiveness of inhibition of the Pgp
efflux system in enhancing oral bioavailability can be found
in the studies by Nerurkar et al. (68,69) examining the effects
of non-ionic detergents on peptide permeability in monolayers
of the human colon epithelium cell line, Caco-2. The effects of
Pluronic block copolymers on drug absorption and permeabil-
ity in Caco-2 monolayers were also examined (34,70). The
results obtained using rhodamine 123 were very similar to
those observed during studies of drug transport in BBMEC
monolayers. Specifically, the unimers of Pluronic block copo-
lymers inhibited the Pgp efflux system in Caco-2 monolayers,
resulting in a significant enhancement of absorption and per-
meability of a broad panel of drug and probe molecules. This
suggested that Pluronic can be useful for increasing oral bioa-
vailability of these compounds. This approach has been
further validated by Alakhov and colleagues in an in vivo
study in which C57 Bl=6 mice were given p.o. rhodamine
123. When the compound was formulated with a lipophilic
Pluronic block copolymer its oral absorption rate increased
by more than 3-fold (V. Alakhov, personal communication).
Additionally the studies by Jannath et al. (71,72) demon-
strated the increased oral uptake of two drugs, amikacin
and tobramicin, which could be Pgp substrates, following
oral administration to mice in the presence of poloxamer
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CRL-1605. Furthermore, studies by Johnson et al. (73) using
rat jejunal tissue as a model demonstrated that P85 not only
increases intestinal uptake of digoxin and verapamil through
inhibition of Pgp efflux, but also inhibits cytochrome P450 3A
(CYP3A) metabolism in excised rat intestine. All of these
studies provide substantial evidence that Pluronic block
copolymers can be useful in increasing oral absorption of
select drugs.

6. OPTIMIZATION OF PLURONIC
COMPOSITION FOR PGP INHIBITION

The effects of Pluronic block copolymers in inhibiting the
Pgp efflux system depend on the molecular composition of
the block copolymer, and such relationship was evaluated
in MDR cancer cell lines and BBMEC (30,58). These studies
used a wide range of Pluronic block copolymer with various
lengths of the EO and PO segments. As shown in Fig. 4A,
the maximal rhodamine 123 accumulation levels observed
with the most effective doses of each Pluronic were plotted
as a function of the length of the hydrophobic PO block
(NPO). The hydrophilic copolymers (those having HLB from
20 to 29) were practically inactive in enhancing drug accu-
mulation (empty circles). In contrast, hydrophobic copoly-
mers (those having HLB< 20) enhanced rhodamine 123
accumulation to different extents, which depended on the
molecular structure of the copolymers (filled circles). The
most efficacious hydrophobic copolymers were those with
intermediate lengths of the hydrophobic PO block (ranging
from �30 to �60 PO repeating units). Based on the results
of these studies, the copolymers were subdivided into four
basic groups to describe their effects on Pgp. These groups
include: hydrophilic copolymers with HLB 20–29 (group I);
hydrophobic copolymers with intermediate PO block length
of 30–60 PO units (group II); hydrophobic copolymers with
PO block lengths less than 30units (group IIIa); and hydro-
phobic copolymers with PO block lengths greater than
60units (group IIIb). The relationships between the number
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of PO units and HLB for the various groups, along with
representative copolymers from each group, are shown in
Figure 4B.

Pluronics in group I (Fig. 5) have extended hydrophilic
EO block. These molecules adhere to the surface plasma
membrane of the cells and limit the lateral mobility of mem-
brane lipids, causing membrane solidification. As a result,
they showed no or little inhibition of the Pgp efflux system
in bovine BMEC monolayers. Pluronics in group II (Fig. 5)
consist of lipophilic copolymers with intermediate length of
PO block. Members of this group rapidly adhered to the cell
membranes including mitochondria membranes and incorpo-
rated into them, resulting in membrane fluidization. These
polymers has a two-fold effect; causing (i) a decrease of Pgp
ATPase activity due to changes in the lipid microenvironment
of Pgp, and (ii) an inhibition of ATP synthesis due to changes
in the electron transport in the mitochondria membranes.
Lipophilic Pluronic copolymers with short PO blocks in group

Figure 4 Efficacy of Pluronic block copolymer compositions dis-
played in inhibiting drug efflux function in BBMEC monolayers.
(A) Rhodamine 123 (R123) enhancement factors are defined here
as the ratios of rhodamine 123 accumulation in the cells in the pre-
sence of the block copolymer to rhodamine 123 accumulation in the
assay buffer. (B) A grid of Pluronic indicating four groups
determined based on the activity of these copolymers displayed
in BBMEC monolayers as shown in A. (From Ref. 95.)
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IIIa (Fig. 5) could be placed between the hydrophilic Pluronics
(group I) and the intermediate lipophilic Pluronics (group II)
with respect to their effect on Pgp activity in bovine BMEC
monolayers. They practically do not inhibit the Pgp efflux sys-
tem due to their adhesion on the surface membranes of bovine
BMEC causing the membrane solidification like the hydro-
philic block copolymers. On the other hand, similar to the
intermediate lipophilic Pluronics, they easily spread into the
cytoplasm of the cell and reach intracellular compartments,
including nuclei. However, the lack of effect on ATP intracel-
lular levels is likely due to the absence of membrane fluidiza-
tion, particularly, in mitochondria membranes. Extremely
lipophilic Pluronic copolymers in group IIIb with long PO
blocks (Fig. 5) are the most membranotropic block copoly-
mers. They cause the highest fluidization effect on plasma
membranes and the most efficient inhibition of Pgp ATPase
activity in Pgp-containing membranes. Because of such high
membranotropic properties these block copolymers anchor
in the plasma membranes and remain there for an extended
period of time. As a result, they are less efficiently trans-
ported into the intracellular compartments than intermediate

Figure 5 Scheme describing interactions between the BBB
cells and four major groups of Puronics�. (From Ref. 58.)
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Pluronics (group II). Therefore, the extremely lipophilic Pluro-
nic cause less energy depletion and, consequently, have
less effect on Pgp efflux system in BBB cells than the inter-
mediate block copolymers. An additional consideration with
the very lipophilic Pluronic compositions is the low CMC. It
has been shown previously that the effect of Pluronic is
mediated by the copolymer single chain unimers, rather than
by the micelles (74). Extremely lipophilic Pluronic tend to
form micelles at low concentrations of the copolymer in water
solutions. Thus, the micelle formation decreases the ability of
Pluronic molecules to enter the cells and reduces the influ-
ence of the copolymer on all systems in the barrier cells. All
in all, a delicate balance between hydrophilic and lipophilic
components in the Pluronic molecule should be accomplished
to provide the best interactions and the most significant
impact of the block copolymer on the endothelial cell
transport.

The pattern of efficacy of Pluronic block copolymers
observed in bovine BBMEC is quite similar to that previously
reported in the study of Pgp expressing MDR cancer cell line,
KBv (30). As is seen in Figure 6, the most efficacious block
copolymers are those with intermediate lengths of the hydro-
phobic blocks ranging from 30 to 60 PO repeating units,
while the block copolymers with shorter or longer PO blocks
are less efficient.

7. PLURONIC BLOCK COPOLYMERS FOR
GENE THERAPY

The field of non-viral gene therapy has recently gained
increased interest (75). It is widely believed that non-viral
gene therapy can overcome some problems inherent to cur-
rent viral-based therapies, including immune and toxic reac-
tions as well as the potential for viral recombination (76). The
Pluronic block copolymers, as one class of non-ionic polymers,
have proven to be useful elements to the polyplexes for gene
therapy applications. Furthermore, Pluronic block copoly-
mers themselves appear to be very valuable for gene delivery
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in skeletal muscle and other tissues. Both types of applica-
tions of the Pluronic block copolymers for gene delivery are
considered along with some major aspects of self-assembly
and biological properties of these block copolymers, which
are essential for the development of such gene delivery
systems.

7.1. Pluronic-Containing Polyplexes for Gene
Delivery

Some recent reports suggest that Pluronic block copolymers
can be used as the components of novel self-assembling gene
delivery systems. Astafieva et al. (77) have demonstrated that
Pluronic block copolymers can enhance polycation-mediated
gene transfer in vitro. A synthetic polycation, poly(N-ethyl-
4-vinylpyridinium bromide) (PEVP), and plasmid DNA, were
mixed with 1% P85 to treat the cells. Both the DNA uptake

Figure 6 Optimization of Pluronic block copolymer composition in
MDR cells. The entire set of hydrophilic copolymers with HLB vary-
ing from 20 to 29 had no or little effect on drug transport and is not
presented in this figure. Only the copolymers with HLB less than 20
exhibiting varying degrees of activity in MDR cells are presented.
(From Ref. 30.)
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and transgene expression were significantly increased com-
pared to the cells treated with the PEVP and DNA complex
alone (77). This study was reinforced by a recent report that
another block copolymer F127 enhances the receptor-
mediated gene delivery of plasmid DNA complexed with con-
jugates of poly(l-lysine) and ligands to hepatic and cancer cell
lines (78). Pluronic block copolymers were also able to prevent
the reduction of serum-mediated inhibition of gene transfer of
polyethyleneimine (PEI)-DNA complexes in NIH=3T3 cells
(79). Pluronics with higher HLB showed marked improve-
ment of gene-expression levels in serum media. It was sug-
gested that Pluronic block copolymers might bind with the
polyplexes and prevent their aggregation (79). However,
further studies are needed to demonstrate and characterize
self-assembly of Pluronic block copolymers with these
polyplexes.

Block-graft copolymers synthesized by covalent conjuga-
tion of Pluronic and branched PEI were used as materials for
preparation of polyplexes. Such polyplexes usually contain
three components: (i) DNA; (ii) Pluronic-PEI conjugate; and
(iii) free Pluronic (Fig. 7). The formulations were prepared
with both plasmid DNA and oligonucleotides (ODN), resulting
in stable polyplex dispersion with the particle size in the
ranges of 100–200nm. These polyplexes were used success-
fully for delivery of plasmid DNA and antisense ODN in vitro

Figure 7 Preparation of polyplexes with P123-g-PEI (2K). With
DNA and polycation alone the particle size was found to be
600nm but when free pluronic P123 is added, an electroneutral
soluble complex of diameter 160nm is obtained which are stable
even in presence of serum.
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and in vivo (80–82). One such polyplex system, based on a
Pluronic 123 polycation graft, namely P123-g-PEI(2K), has
shown effective gene delivery in vitro compared to PEI and
other polycationic vectors (80,83) (Fig. 8). One major advan-
tage of this system demonstrated in vitro is that the com-
plexes formed by P123-g-PEI(2K) and DNA with the free
Pluronic are stable in a variety of conditions particularly
when the serum proteins are present. The P123-g-PEI(2K)-
based system also works well in vivo, which exhibits more
uniform biodistribution and significant gene expression in
the liver compared to unmodified PEI (80). This system was
subsequently used for intravenous (I.V.) delivery of the gene
encoding the murine ICAM-1 molecule in the liver of the
transgenic ICAM-1 deficient mice (82). Recently similar deliv-
ery systems have been developed, such as those based on
conjugates of Pluronic block copolymers with polylysine (84).

Figure 8 Relative transfection activity of various polycations in
Cos-7 cells. Luciferase reporter gene along with polycations at their
particular optimum ratio was used. Data represents values of luci-
ferase expression (ng=mg) obtained following with a polyplex over a
series of experiments. PEI, polyethyleneimine; PEVP, poly(n-ethyl-
4-vinylpyridinium bromide); polyamidoamine dendrimer (Super-
fectTM); AM-64, AstramolTM. (From Ref. 83.)
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7.2. Pluronic Block Copolymers Enhance Gene
Expression in Stably Transformed Cell
Models

Traditional wisdom in polymer-based gene delivery is that
polymers are needed as structural and functional components
to enhance delivery of DNA into the cells (the ‘‘artificial virus’’
or polyplex paradigm). However, it is also possible that some
of these polymer components can affect the machinery for
gene expression of delivered DNA. To test this hypothesis,
we recently developed the models of NIH 3T3 cells stably
transformed with the luciferase or green fluorescent protein
(GFP) reporter gene (both under control of the CMV promo-
ter). These cells were exposed to various free Pluronic block
copolymers; also P123-g-PEI(2K) and gene expression levels
were examined. As is shown in Figure 9 selected copolymers,
such as P85 and P123, substantially increased gene expres-
sion by over ten times (in preparation). Similar results were
observed with cells treated with P123-g-PEI (2K) (not shown),
This study is important for understanding the effects that
Pluronic block copolymers (as well as other water soluble

Figure 9 Effect of Pluronics on gene expression: NIH3T3 cells
were stably transfected with gWIZluc. Cells were treated with the
polymers for 4h followed by 24h incubation in fresh media, then
harvested and the effect of polymer components on the reporter
gene expression was evaluated (unpublished data).
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polymers used in polyplexes) have on gene expression. These
effects could also contribute to alterations in transgene
expression observed with some viral gene delivery systems
after formulation with Pluronic block copolymers (85–87).

7.3. Effect of Pluronic Block Copolymers on
Gene Delivery In Vivo

Plasmid DNA can be injected into skeletal muscle and gener-
ate therapeutically meaningful levels of gene expression (88).
However, in many cases the relatively low level of gene
expression limits the applicability of naked DNA as a thera-
peutic agent. One of the alternative approaches to solve this
problem is to enhance gene expression of the transfected
DNA into muscles by using a delivery system. It was recently
reported that certain Pluronic block copolymers significantly
increase the expression of plasmid DNA in skeletal muscles
of mice (89). The SP1017 formulation based on the mixture
of the Pluronic block copolymers, L61 and F127, increased
the expression of both reporter and therapeutic genes by
5–20-fold compared to naked DNA (Fig. 10). Unlike cationic
DNA carriers, SP1017 does not condense DNA. SP1017 exhib-
ited maximal activity at concentrations that are close to the
CMC values of the Pluronic components in SP1017. This sug-
gested that the unimers, not the micelles, are involved in this
activity. With such low doses required for enhanced gene
expression, the formulation provides at least a 500-fold safety
margin in animals. Compared to PVP, SP1017 was found to
be more efficient and required less DNA to produce the same
level of transgene expression (89). Furthermore, the histology
study using b-galactosidase as reporter gene demonstrated
that SP1017 significantly enhanced distribution of transgene
throughout the muscles and thus increased its ‘‘bioavaila-
bility.’’ Another Pluronic block copolymer, L64 (PE6400),
was also found to achieve gene expression in up to 35% fibers
of mouse tibial cranial muscle, which is comparable to the
effects obtained by electro-transfer techniques (90). More
recently, SP1017 and Pluronic P123 were shown to enhance
and prolong transgene expression by administrating DNA
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into solid tumors (91). Furthermore, it was also reported that
Pluronic F68 (Poloxamer 188) was used as a carrier for topical
gene delivery in eye drops formulation (92).

The mechanism by which the Pluronic block copolymers
enhance gene delivery in vivo is still unknown. Pluronic for-
mulations have no apparent effect on delivery and expression
of naked DNA in vitro in the murine muscle cell line C2C12
(89), isolated cardiomyocytes, or established muscle cell lines
(90). However, when DNA was microinjected into the cell
cytoplasm, Pluronic L64 promoted DNA translocation into
the nucleus and induced gene expression (90). These results
indicated that the delivery of naked DNA across the cell mem-
brane, a limiting step for transgene expression, might not be
affected by Pluronic, and that Pluronic might play critical
roles in other processes consistent with the observations
described in the previous sections.

Figure 10 Time-course of gene expression in muscles: C57Bl=6
mice (6–8week old females) were injected with 5mg of pCMV-luc
alone or formulated with SP1017 in tibialis anterior muscles. The
muscles were harvested from day 1 to day 35 after injection and
extracted with a lysis buffer to measure the luciferase activity.
(From Ref. 89.)
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Overall, the Pluronic block copolymers are currently
among the most intriguing drug and gene delivery systems.
They display abilities to self-assemble into micelles, incorpo-
rate drugs and genes, and transport them within the body.
Pluronic block copolymers also have a broad spectrum of
biological response modifying activities. All these properties
encourage further investigations regarding the application
of Pluronic formulations as promising drug and gene delivery
systems.
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1. NON-VIRAL GENE THERAPY

The year 2003 was celebrated as the culmination of a half-
century of discoveries regarding the structural aspects of
DNA. Since the modern era of genetics got underway in
1953, the field of molecular therapy and recombinant DNA
technology has made great strides and offers humanity
immense potential in both the treatment of numerous dis-
eases that are currently untreatable and the more effective
treatment—free of side effects—of treatable diseases whose
treatments, nevertheless, give rise to secondary and adverse
outcomes.
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Gene therapy is defined as any procedure in which
genetic materials are transferred into patients so that the
resulting circumvention of genetic abnormalities can bring
out therapeutic effects in the patients. With gene therapy
approach, the treatment of human diseases takes place at a
molecular level and derives from either the restoration of
defective biological functions or the re-constitution of homeos-
tasis in the body. Both pre-clinical and clinical gene therapy
research have been progressing rapidly during the past 15
years. Gene therapy now appears to be a highly promising
new modality in, and a clinical reality for, the treatment of
numerous human disorders. Since 1989, when the first clini-
cal test of gene therapy took place, more than 600 gene ther-
apy protocols have been approved, and more than 3000
patients have received gene therapy. However, at the time
of writing this chapter, no gene therapy products have been
approved for clinical use owing to safety concerns. Addition-
ally, there seems to be a huge performance gap between the
success of viral vectors and non-viral delivery mechanisms.
Whereas viral vectors constitute approximately 75% of all
clinical trails, non-viral methods constitute less than 25%
among clinical trials. Even more stupefying is the fact that,
to date, only 2 out of 147 on-going or completed (or aban-
doned) trials based on non-viral vectors are currently in phase
III clinical trials (1).

This enormous imbalance has been challenged by way of
investigative research into not only comparisons of non-viral
vectors with viral vectors but also the current potential and
the current limitations of non-viral vectors, in themselves.
It has become common knowledge among pharmaceutical
scientists and gene therapy investigators that, although
viral vectors—having evolved over millions of years so as to
transfer genetic material in a most efficient way—hold stu-
pendous promises in the treatment of disease, we have not
yet discovered an example of one that is free from the poten-
tial to invoke toxic effects and counterproductive immune
responses. Although several excellent reviews enumerating
the promises and the challenges of viral vectors can be found,
very briefly, clinicians use gutted viruses as a vector with
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which to transfer corrective genes into patients’ cells.
However, if a viral vector integrates itself into the host
genome, that vector can cause the cells to mutate and ulti-
mately become cancerous. Furthermore, viral vectors that
are derived from adeno-associated viruses, which were
thought to be one of the most promising viruses for therapeu-
tic purposes, have been found to integrate themselves more
often into genes than into non-coding regions of DNA. Addi-
tionally, the viral vectors inside the host can still invoke coun-
terproductive immune responses thereby rendering the
repeated administration of a treatment more difficult (2).

On the other hand non-viral vectors, which have only
been used for the past two decades, have yet to become a mar-
keting reality because they still do not meet adequate safety
profiles, the standards for efficient delivery, or the rigorous
testing of clinical trials. Non-viral vectors involving cationic
liposomes have been most widely used in pre-clinical and
clinical trials; however, apart from the non-viral delivery of
genetic material, which is inefficient when compared to the
delivery associated with viral vectors, non-viral vectors still
suffer from some of the same toxicity issues from which viral
vectors suffer. Some of the delivery issues such as lipoplex
instability in the blood stream, interaction with plasma pro-
teins, and non-specific cellular interactions persist, despite
the extensive investigations and corrective maneuvers that
have been conducted over the past decade. Therefore, cur-
rently, the only advantage with cationic lipids seems to be
their inability to transform host cells into cancerous cells (3,4).

Another not so widely examined area concerns both the
use of synthetic polymers and peptides (as well as their com-
binations) for gene delivery and, especially, their pre-clinical
and clinical challenges. In fact, to date, not a single clinical
trial has been undertaken so that the potential of polymer-
based gene therapy can be examined. This research gap has
infused in much of the scientific community a sense of
urgency to take up these challenges. Although polymeric
gene therapy suffers from some of the same challenges that
are found among cationic liposomes, the advantage with
polymers is the infinite number of ways in which their
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chemical structure can be modified and augmented not only to
circumvent inefficient transfection, instability in the blood
stream, non-specific uptake, and interactions with cells and
plasma molecules but also to bypass the immune system.
These synthetic modifications can lead to polymers with
superior delivery dynamics tailored specifically to the delivery
of genetic material in a site-specific and in some cases even
time-controlled manner. Therefore, the limiting factor could
be the human endeavor rather than shortcomings of research
potential in this stagnating but promising field (5,6). Although
polymeric gene delivery vectors come in various configura-
tions, this chapter as is evident from the title, will focus
exclusively on graft-copolymers as carriers of nucleic acids.

2. NOMENCLATURE OF GRAFT COPOLYMERS

A graft polymer is a polymer which comprises of molecules
with one or more species of blocks connected to the main chain
as side chains, the side chains having constitutional or config-
urational features that differ from those in the main chain. A
constitutional unit is that whose repetition describes a regu-
lar polymer whereas a configurational unit is a constitutional
unit having one or more sites of defined stereoisomerism. A
graft copolymer is then defined as one whose distinguishing
feature of the side chains is constitutional; i.e., the side chains
comprise units derived from at least one species of monomer
different from those which supply the units of the main chain
(7). A running definition- somewhat less intricate is that a
graft copolymer is comprised of a high molecular weight back-
bone to which a second polymer is attached at intervals along
the chain. The backbone may be homopolymeric or copoly-
meric with pendant groups of either type (8). The nomencla-
ture of the graft copolymers can be derived from a simple
structure represented by Ak-graft-Bm where the monomer A
is that which supplies the backbone or the main chain units
and B is that which supplies the side chain(s). Thus for this
simplest case the graft copolymer would be named polyA-
graft-polyB. For example, chains of poly(ethylene glycol)
(PEG) linked to a poly(l-lysine) (PLL) backbone would be
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called PLL-graft-PEG. An even more restricted definition of a
graft copolymer with emphasis on ‘‘polymer’’ is provided by
the IUPAC committee where block A¼ 14 and B¼ 15 are
the minimum number of units constituting the backbone
and the side chains respectively. There can be increasingly
complex configurations such as a block copolymer grafted to
another polymer resulting in a configuration such as (polyA-
block-polyB)-graft-polyC. If more than one type of graft chain
is attached to the backbone, semicolons are used to separate
the names of the grafts; for instance, polyA-graft-(polyB;
polyC) (7). An example of this can be a PLL backbone to which
are attached two different side chains such as poly(l-histi-
dine) and PEG resulting in PLL-graft-(PLH;PEG). Even more
complex configurations require correspondingly detailed
nomenclature; however, as the reader will note such config-
urations are rarely pursued in the laboratory and especially
so in the case of synthesizing polymeric gene delivery vectors.

It must also be noted that the aforementioned nomen-
clature though recommended by IUPAC may or may not be
followed strictly by research laboratories around the world.
For example a PEG chain grafted to a PLL backbone may
be written simply as PEG-graft-PLL or PEG-grafted-PLL,
thereby reversing the IUPAC prescribed PLL-graft-PEG
nomenclature. For these reasons, as far as possible, the
author will try to indicate the backbone in the subsequent
sections of this chapter.

3. CATIONIC GRAFT COPOLYMERS

Figure 1 represents the chemical structures of cationic poly-
mers that can be used as a backbone for synthesizing graft
copolymers to be used as gene delivery carriers. This list is
by no means exhaustive; however, most of the work published
so far has involved one of these polycations. Among these,
PLL and poly(ethyleneimine) (PEI) are the most widely used
backbones with more recent work leaning toward PEI as the
main chain or backbone of choice. These cationic polymers
have a common chemical characteristic, the presence of amine
functional group, which is positively charged at physiological
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pH due to its pKa. The positive charges on the polymer neu-
tralize and condense negatively charged nucleic acids such
as DNA and RNA into the appropriate form for delivery into
the cell. A slightly net over all positive charge is generally—
though its not a rule—desired for efficient delivery of nucleic
acids into the cells or tissues (9–14). Ideal gene delivery
vectors should be non-toxic, biodegradable, biocompatible,
non-immunogenic, and stable during synthesis, formulation,

Figure 1 Chemical structures of cationic polymers used for gene
delivery as well as potential grafting with semitelechelic macro-
molecules.
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storage and post-administration, and be able to reach their
target optimally for efficient gene transfer. This ideal vision
was not formed in one sitting but has evolved to become more
comprehensive during time and in the following sections we
will see how through experimentation, systems based on graft
copolymers evolved in terms of choice of materials as well as
their structural complexity to their current state of art.

3.1. Poly(L-lysine)

PLL is one of the oldest and, by today’s standards, primitive
cationic polymers under investigation for nucleic acid deliv-
ery. Although researchers had observed its DNA condensing
properties at least as far back as 1972, its use as a routine
gene delivery vector or transfection agent only became evi-
dent after 1976 (15,15a,16,16a). PLL has e-amine functional
groups on its side chains which condense DNA into toroidal
or globular-shaped complexes (17,18). Polylysine mediated
DNA condensation depends on various factors, chief among
them being chain length of PLL, the pH and ionic strength
of the medium, and the molar ratio of PLL to DNA. It was also
discovered that high molecular weight (MW) PLL had greater
avidity for DNA compared to small MW PLL in solution but
tended to form more disordered aggregates with increasing
concentration of DNA. Afterwards, it was also discovered that
though PLL condensed DNA into small size and facilitated
transfection it was very inefficient, formed frequently insolu-
ble or large aggregates>250nm with DNA depending upon
its molecular weight under physiological conditions, and
was toxic (19–21).

For these reasons there were various strategies underta-
ken to increase its solubility, decrease the toxicity in vitro and
in vivo and enhance the cellular uptake of PLL and plasmid
DNA (pDNA) complexes. One of the key strategies was to
graft PLL with other polymers=moieties, which would impart
as many aforementioned characteristics as possible without
sacrificing its lone virtue, which was to condense DNA via
electrostatic interactions. Kim et al. pioneered these deve-
lopments (22). To repress the expression of glutamic acid
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decarboxylase (GAD) in transgenic nonobese diabetic (NOD)
mice for treatment of type I diabetes, PEG-g-PLL was synthe-
sized as a gene carrier. PEG-g-PLL was complexed with anti-
sense GAD expression plasmid pRIP-AS-GAD which resulted
in enhanced protection from DNAse I as well as high transfec-
tion efficiency at polymer=pDNA ratio of 3=1 (w=w). It was
also found that as the mol% of PLL (MW� 25,000) backbone
grafted to PEG (MW� 2000) through its carboxylic group
increased from 10% to 15% and 20% the ability to protect
against DNAse decreased. This confirmed the results from
another report previously published, where 5, 10 and 25mol%
of PLL (MW� 25,000) were grafted with PEG (MW¼ 550).
The 10mol% grafted PEG-g-PLL was found to facilitate the
highest transfection efficiency (23,24). PEG-g-PLL=pDNA
complexes were found to possess 5–30-fold higher transfection
efficiency compared to PLL=pDNA complexes in a human car-
cinoma cell line. Compared to commercially available cationic
lipid transfection reagent LipofectinTM, PEG-g-PLL demon-
strated lower cytotoxicity (23). In vivo experiments with
PEG-g-PLL=pRIP-AS-GAD suggested that after intravenous
administration in mice, antisense GAD mRNA persisted till
after 3 days of injection (24). PLL-g-PEG comb-like graft copo-
lymers were also extensively studied in terms of MW of PEG
and PLL used. PEG size was varied as MW¼ 2000, 3000 and
5000 and PLL size was varied as MW¼ 10,000, 26,000 and
38,000. Copolymers with as little as 2mol% grafted PEG
chains stabilized the copolymer=pDNA complexes in physiolo-
gical conditions even at neutral charge ratio. However it is not
mentioned how the charge ratio was calculated properly. All
polyplexes, formed with various PEGs and PLLs, remained
relatively small (�100nm) in saline. Higher degree of grafting
led to significantly diminished binding with the morphology
changing from spherical to worm-like structures. Enhanced
levels of luciferase expression were observed with these
polyplexes; however, the difference in gene expression among
all these polymers with varying MW did not show any conclu-
sive trends. The authors also did not explain the rationale
behind using PEGs with not so widely varying molecular
weights (25).
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The rationale behind grafting PEG to PLL has been
multifaceted. The polymer=pDNA complexes after adminis-
tration enter the bloodstream, interact with a number of blood
components particularly, blood borne immune cells, as well as
the complement system. This leads to activation of the
complement as well as secondary immune responses, leading
to flushing out of the complexes sooner than expected by these
host defense mechanisms. The complexes are also readily
phagocytosed by the reticuloendothelial cells and finally
cleared from blood circulation leading not only to poor bioa-
vailability but also leading to antibody generation against
the therapy itself as well as extensive damage to erythrocytes
leading to serious side effects. These triple problems of
non-specific immune interactions, alteration of blood che-
mistry, and their physical instability led to the investigation
of PEG-grafted polymers and their impact in solving the
aforementioned problems (26).

PEG has been widely used in a variety of research fields
during the past three decades. Polyethylene glycol, when
covalently conjugated to other molecules, acts as a non-
immunogenic, hydrophilic surface shield which reduces the
interactions with blood components and pacifies the immu-
nogenic potential of shielded molecule or supramolecular
complexes. In this manner, the circulation time in the
bloodstream is amplified and renal clearance is reduced owing
to increased molecular weight as well as molecular shielding
effect. Thus pharmacokinetic parameters such as bioavail-
ability, serum half life as well as biodistribution to various
disease sites tend to improve. PEG conjugation also leads to
improved solubility and formulation stability at physiologi-
cally relevant ionic strengths. Low molecular weight drugs,
affinity ligands, proteins, oligonucleotides, liposomes, the sur-
faces of biomaterials, the synthesis of highly hydrated hydro-
gels have been extensively conjugated with PEG and its has
long been approved by the FDA for human and preclinical
use. A widely known explanation for such a beneficial effect
of PEG is that owing to its chemical structure, it is highly
mobile and fully hydrated in aqueous solutions. Its hydrody-
namic diameter is much larger than those of other molecules
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of similar molecular weight. This leads to PEG acting as a
cloak keeping other proteins flowing in the bloodstream at
arm’s length. Being structurally flexible and well hydrated,
PEG chains can expose targeting moeties attached to other
molecules in a more orderly fashion and molecules positioned
on a PEG acting as a spacer can have relatively easy access to
targeting sites (27,28).

Based on these observations, PEG was grafted to PLL’s
e-amine functional groups as side chains to improve its solubi-
lity, physiological salt, and serum stability. Later on, as has
already been mentioned, PEG-g-PLL was also thought to be
superior in terms of long circulation time due to high gene
expression with no noticeable side effects. However, it was
later realized that further improvements are necessary to
increase the delivery in vivo for prolonged transgene expres-
sion (23–25). In order to increase the effectiveness of PLL,
poly(l-histidine) as side chains were grafted to it. The result-
ing comb shaped graft copolymer, N-Ac-poly(l-histidine)-
graft-poly(l-lysine) or PLH-g-PLL had 25% of PLL’s e-amine
functional groups tethered to the histidine polymer and the
overall MW of the copolymer was approximately 45KDa.
The particle size of PLH-g-PLL based polymer=pDNA com-
plexes were in the range of 117–306nm and mediated higher
transfection efficiency compared to naked pDNA as well as
PLL=pDNA complexes (29). The imidazole ring of histidine
has a pKa of 6.5 and has been found to be pH sensitive
between pH 6 and 7 (30). This phenomenon results in what
is termed as a proton sponge effect. This proton sponge effect
leads to escape of polymer=pDNA complexes from endosomes
and=or endolysosomes, which pose one of the main barriers to
DNA delivery inside the nucleus, thereby leading to higher
transfection efficiency. The protonation of the imidazole ring
has been studied by 1H NMR spectroscopy by monitoring
C2-H peak position versus the pH medium reflecting the
charge state of the imidazole ring (31). It has also been found
that even when histidine or poly(l-histidine) are linked to
other polymers, over 95% of them are deprotonated at pH
7.2 and may not participate in DNA condensation, thus
leaving them entirely in charge of contributing to the pH
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buffering effect (32,33). PLL has also been grafted with
Pluronic block copolymers to enhance its solubility as well
as transfection efficiency. Compared with PLL based
polymer=pDNA complexes, PLL-g-Pluronic based complexes
demonstrated 2-fold increase in transfection efficiency with
similar cytotoxicity at polymer to DNA ratio of 1:1 (w=w).
However, the size of these complexes was >300nm and the
PLL MW�50,000 used as backbone was too high and poten-
tially toxic in vivo, all of which are unfavorable for gene
transfer (34). Pluronics are believed to possess several physi-
cochemical and biological properties, which may directly or
indirectly enhance transgene expression. Pluronic block co-
polymers or poloxamers consist of a triblock structure, poly-
ethylene oxide-polypropylene oxide-polyethylene oxide (PEO-
PPO-PEO), which is amphiphilic in nature. Size as well as
hydrophobic PPO to hydrophilic PEO balance can alter their
amphiphilic properties. Poloxamers have the ability to
interact with biological membranes and have been used as
surfactants, immunoadjuvants as well as adhesives for post-
operative wound healing since they enhance the sealing of
damaged cell membranes, but improve the passage of mole-
cules by enhanced membrane interactions in normal cells.
The PPO in Pluronic can interact with cellular membranes
due to hydrophobic-hydrophobic interactions leading to struc-
tural rearrangements of lipid membranes, reminiscent of
fusogenic peptides derived from viruses designed by nature
for similar functions (35,36). Polymers linked with Pluronic
are believed to form self-assembled micelle like complexes
with pDNA which are relatively more well-defined and less
polydisperse compared to complexes formed between cationic
polymers and pDNA. It is also believed that certain poloxa-
mers act as synthetic biological response modifiers by altering
the transcriptional control of transgene expression. In addi-
tion Kabanov et al. have also reported that Pluronic block
copolymers are very effective in the treatment of multi-drug
resistant tumors by inhibiting the ATP dependent pathways
which in turn lead to inhibition of drug efflux pumps so that
an increase in the cytotoxic activity of the drug or genes could
be amplified (35,37). There have been other strategies where
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the PLL backbone has been attached with various types of
polymers and biopolymers to generate species which is more
effective in terms of transfection efficiency compared to PLL
alone. High molecular weight PLL (MW¼ 134,000) grafted
with short poly[N-(hydroxypropyl) methacrylamide] chains
(MW¼ 7000) were studied for oligonucleotide (36 base pairs)
delivery purposes. The polyplexes prepared with these graft
copolymers were soluble at any charge ratios in aqueous med-
ium. However, the overall molecular weight of graft copoly-
mer was so high (MW¼ 314,000) that it was rendered
impractical for in vivo administration (38).

PEG-g-PLL with PLL as backbone has also been used in
tandem with positively charged fusogenic peptide KALA (39).
KALA is a cationic amphipathic peptide that binds to DNA,
destabilizes the endosomal membrane due to a conforma-
tional change from an a-helical form at physiological pH to
a mixture of a-helical form and random coil at endosomal
pH. Although KALA on its own was found to be capable of
DNA delivery it was not as effective as promised earlier
(40). PEG-g-PLL was complexed with DNA to form negatively
charged polyplexes. KALA was then serially added and
through electrostatic interactions the overall complex was
made positively charged. The resultant complex did not
aggregate due to steric hindrance between positively charged
complexes although PLL=DNA=KALA complexes did aggre-
gate. It was also found that increasing the content of KALA
in PEG-g-PLL=DNA=KALA complexes led to higher transfec-
tion efficiency yet exhibited low cytotoxicity (39).

In a famously candid and comprehensive study, struc-
ture activity relationships of PLLs and their derivatives were
studied in the context of gene delivery. Effects of molecular
shape, weight, and extent of PEGylation on linear, grafted,
dendritic, and branched polylysines with respect to their gene
delivery properties were investigated. Ability to condense
DNA as well as surface morphology, particle size, and trans-
fection efficiency were studied for various polyplexes. A few
trends were seen in terms of their physicochemical properties.
Low molecular weight polymers had less avidity for DNA
compared to large molecular weight polymers and were
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consequently less successful in condensing DNA. Linear
polymers were more efficient than dendritic polymers in
condensing DNA. As PEGylation was increased per PLL
backbone, ability to condense DNA became less. It was also
observed that although PEGylation increased cellular
uptake and transfection efficiency the differences across all
polyplexes were not that substantial. Overall transfection
efficiency remained low despite noticeable differences in phy-
sicochemical properties. It could be said that although there
was a correlation between structure-physicochemical activ-
ities, it did not extend to the biological activity of polyplexes
(41). PLL has also been grafted to polysaccharides like hydro-
philic dextran as side chains. These comb type graft copoly-
mers, PLL-g-dextran, were successfully prepared with
varying degrees of grafting as well as molecular weights of
dextran. All preparations of PLL-g-dextran formed soluble
complexes with DNA. Circular dichroism studies suggested
that the copolymer interacted with DNA without altering its
native structure or physicochemical properties. However,
these polymers were not reported to be tested for their trans-
fection efficiency in cultured cell or in vivo (42). PLL-g-
PEG=DNA complexes have also been studied for their biocom-
patibility and pharmacokinetic parameters. PLL-g-PEG was
compared with poly(trimethylammonioethyl methacrylate
chloride)-poly[N-(2-hydroxypropyl) methacrylamide] (pHPMA-
b-pTMAEM) block copolymers for its ability to condense oli-
gonucelotides where the latter was found to be more efficient.
In addition pHPMA-b-pTMAEM produced oligonucleotide
complexes which were compact in size (�40nm), low zeta
potential, as well as enhanced stability in physiological salts
and could be formed at a DNA concentration of 0.5 mg=ml.
These characteristics are ideally suited for in vivo applica-
tions since most polyplexes are found to precipitate at DNA
concentrations >0.2mg=ml in laboratory conditions. Com-
plexes formed with both copolymers reduced the renal clear-
ance of oligonucleotides after intravenous administration in
mice. However, the complexes were not persistent in the
blood stream and within 30min they were cleared. It was
therefore envisaged that these complexes would be more
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suitable for localized in vivo delivery (43). PLL grafted with a
range of hydrophilic polymers including PEG, dextran, and
pHPMA were simultaneously evaluated for their pharmaceu-
tical characteristics. The particle size of complexes was typi-
cally around 100nm viewed by atomic force microscopy.
Hydrophilic side chains were able to shield the positive
charge as depicted by zeta potential measurements and
copolymer=DNA complexes were less toxic to cultured cells
compared to PLL=DNA complexes. All complexes were
readily soluble in aqueous solutions, and PLL-g-PEG demon-
strated relatively high transfection efficiency in cultured cells
(44). However, it is now a settled fact that PLL-based gene
delivery systems have significant limitations that may not
be overcome, and too many complicated modifications may
be required for PLL to be a viable gene delivery carrier.

3.2. Poly[N-(2-hydroxypropyl)methacrylamide]

The majority of the polymeric anti-cancer drug conjugates
that have reached clinical trials have used [N-(2- hyroxypro-
pyl)methacrylamide] (HPMA) copolymers as the carrier.
HPMA homopolymers as well as its copolymers were pio-
neered by Kopecek and co-workers (45,46). HPMA when
grafted with oligonucleotides using a lysosomally cleavable
linker led to efficient internalization compared to unconju-
gated copolymer into the cells. Oligonucleotides escaped from
lysosomes and were able to enter the cytoplasm and nucleus.
Linker type was critical in this successful approach since
non-lysosomally cleavable linker was not able to facilitate
escape of oligonucleotides from lysosomes. The HPMA-g-
oligonucleotides possessed antiviral activity but free oligonu-
cleotides did not (47). Block and graft copolymers of 2-(tri-
methylammonioethyl methacrylate) (TMAEM) and HPMA
were synthesized for the preparation of polymer=DNA com-
plexes and further characterized in terms of their physico-
chemical properties. The percentage of pHPMA in the
copolymers did not significantly affect the ability of pTMAEM
parts to form complexes with DNA, but had an effect on the
molecular parameters and aggregation of complexes. Size of
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the complexes was directly proportional to the increasing
pHPMA content, and so was stability in the physiological salt
conditions. HPMA content > 40% led to most stable formula-
tions. With increasing HPMA content the shape of the com-
plexes changed from spherical to coil-like. All the complexes
showed resistance to nucleases. Transfection efficiency was
greater than of the corresponding cationic homopolymer,
but the complexes could not achieve DNA concentration
higher than 40mg=ml so that their in vivo applications are
doubtful (48,49). Stated in these terms, water-soluble HPMA
copolymers also face serious challenges to become viable for in
vivo applications as far as delivery of plasmids and oligonu-
cleotides is concerned.

3.3. Polyethyleneimine

Polyethyleneimine (PEI) is a cationic polymer with molecular
weight of 43 and empirical formula (C2H5N)n.PEI comes in
two forms, a linear and a branched polymer. While the linear
polymer consists of mostly secondary amines with primary
amines at the terminal ends, the branched polymer consists
of 25% primary amines, 50% secondary amines, and 25% ter-
tiary amines as determined by 13C NMR spectroscopy (50,51).
PEI has been shown to condense plasmids into colloidal parti-
cles that possess high transfection efficiency into a variety of
cells in vitro and in vivo. These complexes are of spherical
shape and under controlled physiological conditions can have
narrow size distribution. This is one of the factors which leads
to high transfection efficiency (14,52). The main factor how-
ever is the widely known ‘‘proton sponge’’ effect which is
due to an inherent high buffering capacity of PEI. The overall
protonation level of PEI increases reasonably from 20 to 45%
at pH 7 to pH 5, respectively. When the complexes undergo
endocytosis, the endosomes involved start maturing which
leads to progressive lowering of their pH by ATP proton
pumps. In response the amines in the PEI start absorbing
those protons, become protonated and due to increase in
structural positive charge, start swelling. This leads to influx
of more negatively charged Cl� counter ions, and this cascade
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leads to further swelling of the polymer leading to premature
rupture of endosomes due to osmotic pressure. These escaped
complexes then present themselves in the cytoplasm to be
further introduced into the nucleus. In this manner, DNA
does not undergo the harsh lysosomal treatment and conse-
quently higher amount of DNA is available for transfection
inside the cells leading to higher transfection efficiencies
(53,54). PEI is known for some of the highest transfection effi-
ciencies and has become the default starting point for further
modifications to increase its safety, stability, specificity, and
efficiency for gene transfer. In order to increase the safety
and efficiency profile of PEI (MW�25,000 for branched or
PEI-25K and �22,000 for linear PEI or PEI-22K), it was
grafted to dextran (MW�1500) resulting in PEI-g-dextran.
Various degrees of grafting were investigated in an effort to
explore how the conjugation affected the transgene expres-
sion. Grafting of dextran to PEI’s primary amines was found
to lessen the cytotoxicity, buffering capacity, DNA integrity as
well as the cellular uptake as shown by ethidium monoazide
labeled plasmids complexed with PEI-g-dextran. As the
degree of grafting increased from 0 to 1.84%, all the aforemen-
tioned trends were more pronounced. However, at an optimal
degree of grafting (�64%), the PEI-g-dextran enhanced the
percentages of GFP positive cells to a level as high as three
times compared to complexes formed with PEI alone in cer-
tain cell types (55). In an earlier study by the same group,
low MW dextrans (MW�1500) and high MW dextrans
(MW�10,000) were used to produce various degrees of graft-
ing on linear and branched PEIs and these grafted polymers
were used to prepare polymer=DNA complexes. Salt and
serum stability of these complexes in the presence of bovine
serum albumin was found to be higher than PEI based com-
plexes. Although stability with high MW dextran was more
in terms of absence of any precipitates, the percentage of
transfected cells were much higher for linear PEI grafted
low MW dextran. Branched PEI grafted low MW dextran
was even more effective and transfected 15% or more of the
cells as seen by green fluorescence protein measurements
using flow cytometry (56).
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As was the case with PLL, PEI-g-PEG has also been stu-
died extensively and its merits and demerits somewhat follow
the same trends as PLL-g-PEG. However, due to PEI’s high
efficiency compared to PLL in terms of facilitating transgene
expression, it has been the subject of much more concerted
effort in terms of finding that silver bullet which will have
characteristics fit for successful in vivo applications as well
as clinical trials. In order to investigate the possibility of pro-
longed gene expression over a period of weeks and perhaps
months, PEI-25K was grafted with PEG (MW�2000), result-
ing in PEI-g-PEG. PEI-g-PEG=pDNA complexes were able
to prolong the transgene expression for up to a week and no
attenuation of gene expression was detected after repeated
intrathecal injections, even in those rats receiving three doses
administered 2 weeks apart. In comparison, PEI=pDNA
complexes were found to attenuate gene expression by
as much as 70% after re-injection thus clearly demonstrating
the superiority of PEI-g-PEG for further in vivo studies (57).

In another study, PEI-g-PEG was investigated at various
degrees of PEGylation and then tested in vivo. Linear PEG
(�2000) was grafted to branched PEI-25K from the average
number of PEG per PEI macromolecule at 1–14.5. As the
degree of PEGylation increased, no benefits in terms of
transgene expression were found, but the lowest degree of
PEGylation led to 11-fold higher expression than PEI=PDNA
complexes after intrathecal administration into the lumbar
spinal cord subarachnoid space. In vitro studies had earlier
corroborated the fact that the PEI conjugate with a low degree
of PEG grafting was able to reduce the size of polymer DNA
complexes, prevent the aggregation of complexes, decrease
the interactions of the complexes with serum proteins, coun-
ter the inhibition of serum to gene transfer, and enhance
transfection efficiency, although it was not significant in
affecting complex formation and reducing in vitro cell toxicity
of PEI (58). The effect of PEG MW has also been investigated.
PEG of various MW (350, 750, and 1900 Da) were grafted to
PEI in order to lower the cytotoxicity as well as improve the
transfection efficiency and salt and serum stability. Although
large MW PEG (�1900) grafted PEI showed better
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cytotoxicity profiles, the transgene expression was seriously
hampered. It was also noticed that as the degree of PEGyla-
tion increased, the cell viability and serum stability increased
due to charge shielding, but transfection efficiency was com-
promised. This article favored PEG (�350) with 4% by weight
PEI chains grafted so that transfection efficiency remained as
good as PEI=pDNA complexes alone with better cell viability.
However, it remains to be seen if similar trends could be
observed in vivo (59).

PEI-25K has been grafted with an even larger MW range
of PEGs (550–25,000 Da) as well as varying degrees of sub-
stitution for a low MW PEG (�5000 Da). Atomic force micro-
scopy showed that PEI-g-PEG (PEG, �5000 Da) significantly
reduced the diameter of the spherical complexes from
142� 59 to 61� 28nm. On the other hand, increased degree
of PEG substitution reduced the zeta potential, reduced the
ability to condense pDNA as well as retain the ability to main-
tain spherical shape. As the PEG MW was reduced the size of
the complexes became larger, and the tendency to cause hemo-
lysis and erythrocyte aggregation increased. High degree of
PEG substitution led to low toxicity but toxicity was indepen-
dent of PEG MW. Transfection efficiency was greatest with
PEG (�550 Da) (60). In yet another study with a complimen-
tary strategy, PEI with various MW (0.8–800kDa) were
grafted to low MW PEG (�550 Da). Almost all PEI-g-PEG
were able to protect the oligonucleotides from serum and
nucleases, except 0.8 kDa PEI grafted PEGs (61). Further in
vitro characterization with ribozymes and oligonucleotides
as drugs was carried out and it was found that PEI-g-PEG
with PEG (�5000) did not influence complex size and just 2
PEGs per PEI were enough to achieve neutral charge ratio
for the complexes. As PEG substitution increased, protection
against complement in blood was higher. Ribozyme complexes
with PEI-g-PEG achieved a 50% down-regulation of the target
mRNA and the results were comparable with PEI=ribozyme
complexes (62). Biodistribution of dual labeled PEI-g-PEG
(PEI-25K, PEG �550 Da) and DNA complexes as well as con-
trols such as PEI-25K and PEI-2.7K followed at time points
15min, 2 h, and 12h and showed that complexes were mainly
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distributed in liver and spleen. Organ profiles for DNA as well
as polymers were similar till 2 h, indicating that they had not
yet separated. Naked DNA after injection was rapidly
degraded and eliminated within 15min. At 12h, the organ
concentrations of labeled polymer remained high but labeled
DNA levels decreased in a time-dependent manner, likely
due to separation of the complexes and degradation of the
DNA. Although PEI-g-PEG demonstrated a slower uptake
into the RES organs compared with PEI-25K due to the shield-
ing effect of PEG, it was not able to better stabilize the com-
plexes in the circulation or protect DNA from degradation (63).

Kabanov et al. have extensively studied PEI-g-Pluronics
which form self-assembled interpolyelectrolyte complexes and
in some of their characteristics are superior to unmodified
PEI-25K (35–37). When PEI-2K is modified with polyethylene
oxide (�8kDa) resulting in PEI-g-PEO and complexed with
DNA, it results in the formation of species containing hydro-
phobic sites from neutralized DNA polycation complexes and
hydrophilic sites from PEO. These complexes have improved
solubility and stability and a compact size (�40nm). When
these polymers are complexed with plasmid DNA they form
larger (70–200nm) complexes, which are poor in transfection
efficiency. This is because PEO provides too much of a stealth
effect. However when PEO is replaced with Pluronics such as
P123 (EO20PO70EO20,MW�5820), the resultant copolymer
resulted in high transfection efficiency. These complexes
exhibited elevated levels of transgene expression after 24h
in spleen, heart, lungs, and especially liver following systemic
administration in mice (64,65). These copolymers have also
been found to be more effective than cationic lipid transfec-
tion reagents and they do not show any serum dependence
for transfection. In addition, they perform even better when
P123 is used in low concentrations as an excipient. It is
believed that this better performance is due to optimization
of size of the polyplex. However, one downside of these sys-
tems is that they do not protect from DNAse for long periods
of time, so that their in vivo applications pose a challenge
(66,67). PEI grafted with Pluronics of lower molecular weight
such as P85 (EO26PO40EO26, MW �4600 Da) also facilitate
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accumulation in liver (68,69). PEI-g-P85 when formulated
with an anti-tumor antisense oligonucleotide, also resulted
in significant inhibition of tumor growth (70).

3.4. Poly(2-dimethylamino)ethyl Methacrylate

Poly(2-dimethylamino)ethyl methacrylate (pDMAEMA) is a
water-soluble cationic polymer that contains tertiary amines
and shows the ‘‘proton sponge’’ effect to some extent due to
pKa¼7.5. Approximately 50% of the amines are protonated
at pH 7.2 implying that the other 50% participate in buffer-
ing. The absence of primary and secondary amines indicates
that pDMAEMA binds relatively loosely to pDNA compared
to polycations such as PEI-25K and other high MW PEI. It
has been shown to condense pDNA into 150–180nm size par-
ticles and mediate transfection in different cell types. How-
ever, complexes with pDMAEMA are not very stable in
physiological salt and serum and since they do not possess
attributes other than DNA condensation and modest endoso-
mal buffering, attempts have been made to modify them (71)

4. BIODEGRADABLE AND TARGETED
POLYMERIC GENE CARRIERS

Biodegradability is a virtue, which cannot be ignored espe-
cially by those laboratories where the focus is on finding
novel, non-toxic, and biocompatible drug and gene delivery
agents. Biodegradable thermosensitive tri-block copolymers
based on PEG-PLGA-PEG blocks of various molecular
weights have been used since more than a decade (72,73).
Recently polymers of such kind have been investigated for
gene delivery. PEG-PLGA-PEG polymers with sol-gel charac-
teristics were used to entrap radioactively labeled pDNA and
their release phenomena was investigated. The in vitro degra-
dation of PEG-PLGA-PEG lasted for more than 30 days. The
release profile of supercoiled pDNA from the polymer followed
the zero-order kinetics up to 12 days. Peak gene expression of
luciferase was seen at 24h in the skin. The expression had
dropped to almost baseline by 72h. These kinds of release
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characteristics can be useful for long term gene expression if
further investigation is made to prolong the release profile as
well as resultant gene expression (74). Biodegradable multi-
block co-polymers of PLL and PEG were synthesized using
biodegradable linkers. These synthesized copolymers showed
negligible toxicity and transfection efficiency similar to non-
degradable PLL homopolymers. The copolymer degraded
rapidly so that its MW was reduced to almost 20% of original
within 3 days. Transfection efficiencies of copolymers were
not affected by the presence of serum, while that of PLL
homopolymers decreased to the level of naked DNA in the
presence of serum. Based on the results, the new copolymers
are believed to be potentially efficient carriers for the delivery
of bioactive agents (75). In a similar manner crosslinked copo-
lymers of PEI attached to PEG via biodegradable linkers were
investigated. These biodegradable PEI were stable in physio-
logical salt and serum and were able to complex with DNA
resulting in high transfection compared to other commercially
available polymers. Transfection efficiency, though not as
high as PEI, was several-fold higher than naked plasmid.
No toxicity was seen even at elevated ratios of biodegradable
PEI to plasmid DNA (76). Biodegradable nanoparticles, which
combine the functions of both degradability as well as target-
ing on their surfaces, were synthesized as a novel carrier for
nucleic acids. The nanoparticles were obtained from poly(d,l-
lactic acid) and PLL-graft-polysaccharide copolymers by using
either a solvent evaporation method or a diafiltration method.
Nanoparticles as small as 60nm in diameter were success-
fully obtained from the graft copolymers with high polysac-
charide content but not from the non-degradable PLL.
Polysaccharide moieties on the surface of the nanoparticles
were found to interact specifically with lectin. The polymer
DNA complexes from nanoparticles were resistant to aggrega-
tion possibly due to polysaccharide moieties on the surface.
These results suggested that the nanoparticles prepared from
PLL-graft-polysaccharide copolymer and poly(d,l-lactic acid)
were viable alternatives for gene delivery in vivo (77).

There are numerous targeting ligands that can be utilized
for cell-specific gene transfer, including asialoglycoprotein,
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lactose, low-density lipoproteins (LDL), folic acid, antibodies,
and so on. Asialoglycoprotein was first employed as a targeting
ligand for cell-specific gene delivery, in which asialoglycopro-
tein-attached PLL selectively transfected HepG2 cells (hepa-
tocytes containing 2.5�105 asialoglycoprotein receptor=cells).
Further in vivo experiments showed that its systemic admin-
istration resulted in a liver-specific expression of the reporter
gene (78).

LDL has been used as a targeting moiety in the ‘‘terplex’’
system, in which LDL molecules were incorporated into
stearyl PLL via a hydrophobic interaction with stearyl

Table 1 Cationic Graft Polymers and Their Properties

Graft polymeric gene carriers Properties

PEG-g-polyspermine=oligonucleotide Enhance solubility
PEG-g-PLL=plasmid DNA Decrease cytotoxicity; increase

transfection efficiency
PEG-g-PLL=plasmid DNA Enhance solubility; average size:

50nm; narrow size distribution
pHPMA-g-pTMAEM=plasmid DNA Enhance solubility; average size:

50–120nm
PEG-g-PEI=plasmid DNA Poor DNA condensation; lower

surface charge; decrease
transfection efficiency

PEG-g-PEI=plasmid DNA Decrease transfection efficiency;
enhance solubility; reduce size

Dextran-PLL=plasmid DNA Reduce cytotoxicity; increase
transfection efficiency; average
size: 100nm

PDEAEMA-g-PLL dextran-PEI pH-dependent DNA condensation;
lower zeta potential; decrease
transfection efficiency; average
size: 500nm at N=P¼ 2

PEG coating on DNA=PLL-
transferrin complexes

Lower zeta potential and
cytotoxicity; better
biodistribution; enhance stability
of complexes in vivo

pHPMA coating on DNA=PLL
complexes

Lower the phagocytosis of RES;
decrease stability of DNA
complexes; no difference in
biodistribution
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groups. When these terplex systems were applied to HepG2
and A7R5 murine vascular smooth muscle cells, the ter-
plex=DNA system exhibited higher transfection efficiency
and lower cytotoxicity than either the lipofectamine=DNA
complex or the stearyl PLL=DNA complex. It was also demon-
strated that when LDL was incorporated in terplex, it
enhanced gene transfer efficiency by facilitating cellular
uptake by the LDL receptor, otherwise known as receptor
mediated endocytosis. The terplex system was also used for
administration in rabbit myocardium, in which the terplex
system yielded a 20–100-fold increase in transgene expression
over naked DNA and prolonged the gene expression up to 30
days. In an in vivo pharmacokinetic study, the terplex system
was found to prolong the half-life in blood circulation and to
stay intact for up to 3 days (79,80).

RGD-based peptide sequences have been used to target
integrin receptors on endothelial cells in an effort to create
an antiangiogenic therapy. When RGD peptide was conju-
gated to PEI-PEG small sized polyplexes (100–200nm ) were
obtained. Their surface charge was also significantly reduced
due to the charge shielding effect of PEG. When angiogenic
endothelial cells were transfected with PEI-g-PEG-RGD there
was a 5-fold increase in transfection efficiency over PEI which
was cell specific (81).

Similarly, lactose was attached to the PLL-PEG copoly-
mer so that PEG served as a spacer and lactose moiety served
as a targeting ligand to lactose receptors on HepG2 cells. In
the transfection with HepG2 cells, lactose-PEG-grafted PLL
exhibited a 7-fold increase in the reporter gene expression
over DNA=PLL complexes, whereas on a control cell line,
the transfection efficiency was no better than naked pDNA.
In addition, lactose-PEG-grafted PLL increased the solubility
of their DNA complexes and, owing to the grafted PEG effect,
significantly reduced the cytotoxicity induced by PLL (82).

Vitamin folate also has been used to promote gene
transfer into malignant cells that over-express the folate
receptors for the rapid DNA replication, such as ovarian
carcinoma cells; and proteins or macromolecules containing
folate have been proven to undergo internalization via folate
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receptor-mediated endocytosis. Therefore, folate-mediated
gene transfer has been efficient and selective in delivering
genes into cancer cells. For example, folate-PEG-folate-
grafted PEI showed a high specificity to CT-26 colon adeno-
carcinoma cells, compared with folate receptor-deficient
smooth muscle cells. In addition, reduced cytotoxicity was
seen with these targeted copolymers (83).

Although non-viral gene delivery has been practiced for
nearly two decades, we still seek success in clinical trials.
With a wealth of information in our hands and some of the
barriers to gene delivery clearly elucidated, novel ideas must
be explored in in vivo situations. Since there is poor correla-
tion between these molecules tested in vitro for their thera-
peutic potential and their success in vivo (84), better models
for predicting preclinical outcomes as well as a close relation-
ship between investigators involved in drug discovery and
pharmaceutical engineers is the key for a successful non-viral
gene therapy application.
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