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During recent decades vast and continuously increasing numbers
of biomedical implants have been introduced for continuous use
in the human body. Since the early cemented hip replacements
in the 1960s there has been a constant spread of new materials,
and ever more complex designs are being used in these implant
devices. But still the rate of failure and loss of implants is unde-
sirably high and leaves space for improvements. The challenge is
to understand the interactions of implant surface with the
surrounding tissue sufficiently, to actively tailor desired interac-
tions. Bulk and surface properties of biomaterials used for
implants have been shown to directly influence, and in some
cases, control the dynamic interactions that take place at the
tissue–implant interface. It is critical to recognize that synthetic
materials have specific bulk and surface properties or
characteristics that determine their in vitro and in vivo charac-
teristics.

This article reviews the interdisciplinary field of biocompatible
implant surfaces from the viewpoint of materials science, bio-
chemistry and cell biology. It compiles an overview on basic
information about bulk and surface properties of implants based
on metallic materials (particularly titanium and its alloys) and
surface modification including functionalization with adhesion
and growth promoting species. It describes how cells recognize
surfaces and respond to different biomaterials, outlines common
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assays on cell behavior in culture, and reports on cell types and
proteins involved in tissue response, acute and chronic responses
to implanted biomaterials.

� 2012 Elsevier Ltd. All rights reserved.
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Table 1
Definitions for Biomaterials [3,5].

Biomaterial A non-viable material, used in a medical device, intended to interact with biological systems
Implant Any medical device made from one or more materials that is intentionally placed within the body,

either totally or partially buried beneath an epithelial surface
Prosthesis A device that replaces a limb, organ or tissue of the body
Artificial organ A medical device that replaces, in part or in whole, the function of one of the organs of the body
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1. What are biomaterials?

1.1. Introduction to biomaterials

Biomaterials are commonly characterized as materials used to construct artificial organs, rehabil-
itation devices, or implants to replace natural body tissues. More specific, biomaterials are materials
that are used in close or direct contact with the body to augment or replace faulty materials.

In general biomaterials can be classified into living or once living materials, which fit into the divi-
sion of for example tissue engineering, and materials that are of a synthetic origin [1]. Such biomate-
rials can be defined as inorganic or organic materials that are biocompatible and can be implanted in
the human body to replace or repair failing tissue. The concept extends to the materials used in drug-
delivery systems, biosensors or devices operating outside the body but in communication with it – for
example artificial heart systems [2]. In recent years, progress in many different fields has paved the
way to creating innovative biomaterials to improve existing treatments and develop new ones for a
higher quality of life.

In 1986 the European Society for Biomaterials compiled a set of ‘‘Definitions in Biomaterials’’. Some
definitions for biomaterials and most important terms in the field are listed in Table 1.

Especially materials known from the field of implantology that are used for the fixation or the
replacement of diseased hard tissue have run through numerous inventions. Particularly, as this class
of biomaterials includes certain materials systems such as metals, ceramics and polymers, which are
used for example in reconstructing bones, joints or for teeth replacement, the diversity of inventions
and modifications on bulk as well as surface properties, has reached an enormous quantity.

To successfully apply implants in the human body, an adequate level of tolerance of the material
used with the living organism is required, in other words a high grade of biocompatibility [1].

Biocompatibility has been defined as ‘‘the ability of a material to perform with an appropriate host
response in a specific application’’ [3,4]. This means that the material or any leachable products from it
do not cause cell death, chronic inflammation or other impairment of cellular or tissue functions. Im-
plants not only have to be biosafe and biostable in terms of cytotoxicity and degradation, they also
have to match with the biological requirements of any structural biocompatibility. In other words,
shape, inner structure and design of an implant need to be adapted to the characteristics of the tissue
to be replaced [5]. Besides these bulk requirements, the biocompatibility of surfaces plays a crucial
role as the surface is directly exposed to the living organism. Therefore it is necessary to tailor exposed
surfaces in view of their chemical, physical, biological and morphological features [5]. Goal of implant
Table 2
Classification of interactions of implants with hard tissue [5,7].

Incompatible Release of substances in toxic concentrations that lead to inharmonious effects with the living organism
that may result in a rejection of the implant

Biotolerant Release of substances but not in toxic concentrations that may lead to an encapsulation within connective
tissue

Bioinert No release of toxic substances
Bioactive Positive interaction with differentiation of tissue that leads to a close adhesion and interconnection along

the interface of implant and tissue
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surface engineering is not only to fit the demands of avoiding negative effects of implanted materials
on the surrounding tissue but even more to enhance the interplay between the designed technical
material and the living matter [6]. Possible interactions of implants with hard tissue are listed below
(Table 2 [5,7]).

In best case the physical and chemical properties of the chosen implant material should be in ac-
cord with the replaced tissue. One of the most challenging tasks is that living tissue has the ability to
renew itself continuously, whereas implant materials typically lack this ability [5]. To reach a maxi-
mum in implant success it is necessary to combine the synergistic effects of various biomedical mate-
rial systems.
1.2. Structural hierarchies

Designing a synthetic material which is dedicated to successfully replace tissue in a living organ-
ism, the length scales of the key structural hierarchy must be considered. The hierarchical structure of
tissue in the living organism spans approximately eight orders of magnitude; starting at the molecular
scale of, for example, cell adhesion receptors embedded in the cell membrane that interact with extra-
cellular proteins or surfaces, towards organells leading to cells, which range in the 100 lm scale, and
tissue and higher structures as organs that are of a macroscopic level [1,8]. This means that for engi-
neering appropriate synthetic materials for the use as a biomedical material system, the whole length
scale from the nanoscale up to macroscale needs to be taken into account.

For example, human compact bone is a natural composite which can be described roughly as fol-
lows. Starting from the macroscopic shape it exhibits a rich hierarchical structure [9,10] (see Fig. 1
[11]). On the microstructural level one can observe osteons [12], which are large (200 lm diameter)
hollow fibers composed of concentric lamellae and of pores. The lamellae are built of fibers, and these
fibers contain fibrils. At the ultra structural level of the nanoscale the fibers are a composite of the
mineral hydroxyapatite and the protein collagen. These nanoscale building blocks produced through
self-assembly yield a nested structure. These nested structures themselves may be formed by self-
assembly, often with help of cells. In the field of implantology understanding the hierarchical struc-
tures (of e.g. bone) is a basic matter to finally obtain implant materials that fit to given structural
demands.

The length scales in multiscale living organism can be matched with synthetic materials using var-
ious strategies. Structure in solids occurs in a hierarchy of sizes. The primary chemical structure of
Fig. 1. Structural hierarchy of compact bone [11].
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materials at the length scale of bonds can strongly be influenced by the choice of the material, i.e. it
can be based on ionic, covalent or metallic bonds, and additionally provide secondary intramolecular
effects such as electrostatic, H-bonding, van der Waals or hydrophobic interactions. The compatibility
of an implant material is strongly determined by the primary chemical structure as for example prop-
erties like corrosion resistance, strength, wear resistance, flexibility or the solubility in water are de-
rived to a large extent from the molecular arrangement [1].

The higher order in the bulk structure (1–100 nm) of materials can be utilized to tailor tissue spe-
cific properties of implants, as for example the crystal structure for controlled degeneration of poly-
mers, the short range order of loose network structures as found in bioactive glasses, or the self-
assembly of amphiphilic molecules as used in liposomal drug delivery systems [1,5].

The structure at the micrometer level (>1 lm) of materials bears another variable in the correlation
between the influences of the length scale on the properties of the material and the effect on tissue.
Grain size effects or second phase precipitates can affect strength, ductility or wear resistance and
metallurgical methods can be used to adjust these properties. Another feature that plays an important
role at the micron-scale of implant materials is the presence of porosity, cavities or channels that may
allow a controlled ingrowth of tissue into the synthetically formed material. Thus not only a well
interlinked connection between the synthetically formed material and the tissue from the living
organism can be formed but also means for the ingrowth of blood vessels (vascularization) can be
provided.

Both synthetic materials and biological systems possess functionally relevant over broad length
scales, allowing for wide range of adjustability in case of biomedical materials. Typically the higher
order structures as well as the microstructure strongly dictate the kinetic processes and mechanical
responses. In early hard tissue implant materials mostly bulk properties of such systems (e.g. Young‘s
modulus, tensile stress, bending strength, shear strength, fatigue strength, stiffness) were considered.
Meanwhile the world wide thrust in this field has laid the foundation for a more advanced design of
implant materials that is based on a drastically improved understanding of natural materials and the
material/biological organism interface.

1.3. Materials choice for implants

The choice of adequate materials for applications in the living organism is defined by their appli-
cation. In case of implants that are dedicated for the replacement of bone tissue, key targets are the
mechanical properties that can take high loads. For blood vessel implants the key requirement lies
in the surface properties, primary the chemical composition, to maximally reduce thrombogenicity.
On the other hand, for a material if used as contact lens or intraocular lens obviously the optical trans-
parence is a major criterion for the selection of the material. For the success of an implant material
introduced to the living organism, besides the need of biocompatibility of the material itself, also cri-
teria such as sterilizability, required physical and chemical strength, or very simplified the ability to
process the material have to be provided. It has to be considered that biocompatibility for implants
is not only defined by the intrinsic properties of the material but also by the manufacturing process
as well as by possible post-treatments such as sterilization. This means that for example in case of
polymers a sterilization process must be employed that does not influence the molecular structure
of the material itself [5]. Table 3 summarizes these requirements roughly.
Table 3
Material specifications for biomedical applications [13].

Property Desirables

Biocompatibility Non-inflammatory, non-toxic, noncarcinogenic, nonpyrogenic, blood compatible,
non-allergic

Sterilizability Not destroyed by typical sterilizing techniques like autoclaving, dry heat,
ethylene oxide, radiation

Physical characteristics Strength, elasticity, durability
Manufacturability Machinable, extrudable, moldable



Table 4
Time scale over which the host is exposed to the material [13].

Material Contact time

Syringe needle 1–2 s
Tongue depressor 10 s
Contact lens 12 h to 30 days
Bone screw/plate 3–12 months
Total hip replacement 10–15 years
Intraocular lens 30+ years

Table 5
Metals commonly used for implants [2].

Metal Application

Cobalt–chromium alloys Artificial heart valves, dental prosthesis, orthopedic fixation plates,
artificial joint components, vascular stents

Stainless steel Dental prostheses, orthopedic fixation plates, vascular stents
Titanium alloys Artificial heart valves, dental implants, artificial joint components, orthopedic screws,

pacemaker cases, vascular stents
Gold or platinum Dental fillings, electrodes for cochlear implants
Silver–tin–copper alloys Dental amalgams
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Besides the recommendations for the biocompatibility of implants there is no general set of criteria,
that if met, qualify a material as being biocompatible. The time scale over which a material is exposed
to the living organism must be considered. Table 4 shows some examples of biomedical applications
regarding the contact times with the living organism. It can be seen that for example in case of syringe
needles the contact times are rather short, within seconds, so that chemical stability or toxicity do not
play such a prior role. However, for intraocular lenses or total hip replacements where the desired
time scale of contact with the host tissue is in the range of more than 15 years, the recommendations
for the material are much more miscellaneous [1,13].

With these general requirements for implant materials it is one of the primary roles of the bioma-
terials specialist to choose appropriate materials for a specific application. In general, materials fall
into the three categories metals, ceramics and polymers [2].

1.3.1. Metals
Metals are inorganic materials possessing non-directional metallic bonds with highly mobile elec-

trons. In addition to their ability to conduct electricity, metals are strong and relatively easily formed
into complex shapes [2]. Implants based on metals are mainly used in two fields of application either
for the total joint replacement as hip, knee or shoulder, or for the fixation of fractures or vessels in the
form of nails, screws or stents. Moreover, in the field of oral surgery also noble metals are used in
terms of dental fillings. In most other fields the low mechanical stability of noble metals is not suffi-
cient [2,5]. The demand for metallic implant materials is characterized by many clinical trials. A high
mechanical resistance is recommended to ensure a good load transmission over a long time as well as
mechanical stiffness close to bone. The corrosion resistance of metals in the living organism is one of
the major prerequisites to avoid impairment of the materials properties due to degradation. Moreover,
the biocompatibility must be guaranteed so that any damage of the host tissue must be avoided that
could be caused from leaking corrosion products or abrasive particles [5]. A list of commonly used bio-
medical applications of metals is given in Table 5.

1.3.2. Ceramics
Ceramics are inorganic materials composed of non-directional ionic or covalent bonds and which

are generally formed at elevated temperatures. The class of biocompatible ceramics consists mainly
of the crystalline materials such as alumina, zirconia, calcium phosphates and bioactive glasses and



Table 6
Commonly used ceramics in biomedical applications [2,17].

Ceramic Application

Aluminum oxides Orthopedic joint replacement, orthopedic load-bearing implants, implant coatings,
dental implants

Zirconium oxides Orthopedic joint replacement, dental implants
Calcium phosphates Orthopedic and dental implant coatings, dental implant materials,

bone graft substitute materials
Bioactive glasses Orthopedic and dental implant coatings, dental implants, facial reconstruction components,

bone graft substitute materials, bone cements
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glass ceramics [14,15]. Ceramics are very hard and more resistant to degradation in many environ-
ments than metals. However, they are quite brittle due to the nature of ionic bonds. The similarity
in the chemistry of ceramics and that of native bone, makes ceramics often used as a part of orthope-
dic implants or as dental materials [2]. Mostly biocompatible ceramics are used in coherence with the
human skeleton, bones, joints and teeth. In dental medicine ceramic materials are used as replace-
ment of teeth. Due to the high abrasive strength ceramics are used as bearing balls in artificial joints
or as bone conductive coatings on metal based implants [5,16]. Most frequently used ceramic bioma-
terials are listed in Table 6 [2,17].
1.3.3. Polymers
In contrary to the other two classes of biocompatible materials polymers are organic materials pos-

sessing long chains with a large number of small repeating units (monomers) that are held together by
directional covalent bonds. Polymers are widely used in biomedical applications due to the range of
physical and chemical properties possible with these materials [18]. Polymers can be easily fabricated
to various complex shapes and structures and additionally surface properties can be easily tuned.
Polymers that are used as implant materials can be either derived from natural sources such as pro-
teins or from synthetic sources [2]. When using polymers in biomedical devices several points are typ-
ically critical issues. Polymers tend to easily absorb water and biomolecules from the surroundings
and thereby may alter the surface chemistry. Moreover, polymers are in comparison to metals or
ceramics soft materials that may undergo mechanical wear and breakdown. For the processing of
polymers usually additives such as flexibilizer, antioxidizer or stabilizers are needed. Therefore it is
necessary to avoid any leaching of these, often harmful, compounds into the organism [19,20]. The
sterilization of polymers bears some difficulties as the commonly used sterilization procedures may
influence the chemical and mechanical properties [5].

Independent of the origin of the polymer used as biomedical material there are several polymer
sub-classes that may be particularly suited to be used in certain tissues. At low stresses elastomers
show the ability to sustain substantial deformation and return rapidly into their initial dimensions
[21] as recommended for example in cardiovascular applications where tissue elasticity is an impor-
tant property [2]. Another previously mentioned property of some polymers is the ability to uptake
water and as a result a swollen hydrogel can be used for a variety of soft tissue applications [21].
Examples for synthetic and natural polymers are listed in Table 7.

In practice, division along material classes does not hold up well, as for example a heart valve may
be fabricated from polymers, metals and carbons, while a hip joint will also be composed of metals
and polymers and may be interfaced to the body via polymeric bone cement [1,5]. Nevertheless,
the above described classes of materials for biomedical applications show that a wide range of mate-
rials is routinely used. This variety of material systems makes it virtually impossible for a single re-
searcher to be experienced in synthesizing, designing and applying all these material classes in the
biomaterials field. Ratner et al. therefore pointed out that there is a tendency to group the materials
into the ‘‘hard tissue replacement biomaterials’’ (mainly metals and ceramics), typically represented
by those involved in orthopedic and dental materials, and the ‘‘soft tissue replacement biomaterials’’



Table 7
Polymers commonly used in biomedical applications derived synthetically and naturally [2,5].

Polymer Application

Synthetically derived
Polyethylene Orthopedic joint implants, syringes
Polypropylene Heart valves, sutures, syringes
Polydimethylsiloxane Breast implants, contact lenses, knuckle replacements, heart valves, artificial hearts
Polyethyleneterephthalate Vascular grafts, sutures, blood vessles
Polymethylmethacrylate Bone cements, intraocular contact lenses, dental implants
Polyethyleneglycol Pharmaceutical fillers, wound dressings
Poly-2-hydroxylethylmethacrylate Contact lenses, urinary bladder catheter
Polytetafluoroethylene Vascular grafts, sutures
Polylactic-co-glycolic acid Resorbable meshes and sutures
Poly-e-caprolactone Drug delivery devices, sutures
Polyvinylchloride Blood bags, blood tubes
Polyisoprene Gloves
Naturally derived
Collagen Orthopedic repair matrices, nerve repair matrices, tissue engineering matrices
Hyaluronic acid Orthopedic repair matrices
Glycosaminoglycan Orthopedic repair matrices
Elastin Skin repair matrices
Fibrin Hemostatic products, tissue sealants
Chitosan Wound dressing
Alginate Wound dressing
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(mainly polymers), which are often associated with cardiovascular and general plastic surgery mate-
rials [1].

The focus of the following paragraphs in this article will mainly focus on ‘‘hard tissue replacement
biomaterials’’ and herein the properties and especially the modification and functionalization of sur-
faces and interfaces. Emphasis is given to the fact that biofunctionality of biomedical materials to a
large extent is defined by the interactions between the implant surface and the surrounding biological
matter.
2. Mechanical aspects of implant materials

2.1. Some general aspects

Hard tissue is often damaged due to accidents, aging, and similar other causes. It is a common prac-
tice to surgically substitute damaged hard tissues with artificial replacements. Biomedical materials
that are intended for the replacement of hard tissue must fulfill besides a proper biocompatibility, also
key requirements such as favorable mechanical properties. Depending on the regions of the body in
which the implants are inserted and the functions to be provided, the requirements of different endo-
prosthetic materials are varying. Medical progress calls for the development of increasingly special-
ized properties of biomaterials.

The adequate choice of a material for a specific mechanical application can be guided by the
mechanical material constants such as Young’s modulus, ductility, tensile strength, fracture strength,
yield strength, or fatigue strength. These parameters not only define the processability of a material,
but also are key to the rate of success and biocompatibility of an implant in the field of hard tissue
replacement. A goal may be matching of Young’s modulus of implants and bone, the latter for compact
bone ranges 10–30 GPa. If the Young’s modulus for example of a hard tissue implant material is much
higher than that of cortical bone, the load bearing is not ideal and the risk of stress shielding occurs [5].
In particular this may lead to a mechanical insulation of the synthetic material from the tissue, so that
the typically observed balance of tension induced remodeling of bone is hampered, and as a direct
result the loosening of the prosthetic device may occur [22]. Besides the mechanical aspects of the



S. Bauer et al. / Progress in Materials Science 58 (2013) 261–326 269
chosen material system, the structural compatibility of a device in terms of implant geometry must be
considered as well [5,23]. In order to engineer an implant device not only in terms of biocompatibility
but also in terms of safeness to mechanical or structural failure, it is important to consider degradation
of materials such as fatigue, wear debris or yield strength under compression. These are important
parameters, as for example in a hip implant or any joint replacement it is expected that the chosen
material systems withstand numerous cyclic loadings during service without failure or fracture for
long time [24].

Due to the fact that in some applications materials are exposed over long time periods to cyclic
loading, the resistance to fatigue is an important request for load bearing orthopedic materials as well
as for example vascular implants such as heart valves [1,24]. Besides the high number of cyclic load-
ings, fatigue failure can also appear if the tensile stress during service is of a sufficiently high value or if
the fluctuations or variations of the loaded stress are adequately high [25,26].

In load bearing titanium based biomedical alloys fatigue is often considered as the major reason of
failure. Thus, a cyclic loading, as apparent in joint replacements, may result in alternating plastic
deformation of stress induced superelevations produced by grooves or microstructural inhomogene-
ities. Such zones of stress induced superelevations are the regions where the crack initiates, propa-
gates, and finally fractures due to prolonged cyclic loading [24,27,28]. Not only for metallic
biomedical materials, but also for polymers fatigue failure plays a fundamental role in designing
fail-proof implant applications. In case of total hip replacements for the loaded bearing surfaces, med-
ical grade ultra high molecular weight polyethylene (UHMWPE) is used. The cyclic loadings during
service over long times may trigger a softening of the polymer and thus lead to a shift in Young’s mod-
ulus and yield strength to much lower values [5,29].

The use of alumina as counterpart of the UHMWPE bearing surface in joint replacement devices is
based on the high Young’s modulus and the very high yield strength of this material under compres-
sion. A key advantage at this material combination is that the friction coefficient of this interplay of a
ceramic femoral head and a UHMWPE acetabular cup in hip implant prostheses is sufficiently low. For
many implant combinations materials fatigue and wear are crucial failure mechanisms. Fatigue failure
or more specified wear may be elevated in saline or aqueous environment as apparent in the living
organism [30]. Wear is known as a removal process and thus a damage of a surface originated by
the motion of two surfaces in close contact. Thereby the rate of lost material depends on the hardness
and applied load as well as the surface roughnesses [31,32]. Table 8 shows a comparison of wear of
commonly used material pairings for bearings in artificial femoral heads and acetabular cups
[33,34]. It is obvious that dissimilar material pairings bear a high risk of wear. It was found that a cera-
mic–ceramic pairing did show a minimum wear loss [35]. Also metal–metal pairings were reported to
show much lower rates of lost material compared to dissimilar ones with UHMWPE [30]. However, in
a recent statistical assesment of metal-on-metal bearing total hip replacements it has been shown that
even by implanting large diameter bearing surfaces, high rates of failure were observed [36].

High material abrasion may result in an inflammatory response of the host tissue (Table 8). As joint
replacements are located directly in the bone tissue any leaking substances from the surfaces may en-
ter the periprosthetic tissue and be attacked by macrophages. As a result, a complex reaction of the
immune system is started in which amongst others, macrophages release pro-inflammatory cytokines
that may stimulate osteoclastic bone resorption and thus leading to osteolysis and in worst case a
loosening of the implant [37]. As a direct consequence in recent joint replacements similar material
pairings as metal-on-metal [38,39] and ceramic-on-ceramic [40] are developed to reduce the risk of
wear debris.
Table 8
Comparison of lost material by wear per year for different material
pairings in hip implants [33,34].

Material pairing Rate of abrasive wear [lm/year]

Co–Cr–Mo/UHMWPE 200
Al2O3/UHMWPE 20–130
Al2O3/Al2O3 1–10
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2.2. Latest developments

As this work concentrates on modifications and functionalizations of surface of implant materials
used in hard tissue replacements, in this paragraph only the mechanical aspects of materials really
used in bone replacement will be addressed. This means the mechanical properties of bioinert metallic
material systems and the class of bioinert ceramics will be accentuated, other classes such as calcium-
phosphates, bioglasses and glass–ceramics rather belong to the field of bioactive and bioresorbable
materials. Moreover, the mechanical behavior of polymers will be treated only briefly as polymers
are mainly used for soft tissue implantation.

2.2.1. Metals
Mechanical properties of metals depend, except for the chemical and physical nature of the mate-

rial, on the microstructural features such as for example on grain size. For alloys, two different types of
materials exist, in which the mechanical properties are influenced by different strengthening mecha-
nisms: homogeneous alloys (single phase solid solutions of different metals or metals and nonmetals)
and heterogeneous alloys (multiphase alloys). In homogeneous alloys the strengthening is due to solid
solution hardening, whereas in heterogeneous alloys the mechanical properties are determined by the
size and distribution of the different phases in the alloys. Further mechanisms leading to metal
strengthening are work-hardening or strengthening by reducing the grain size of the material. There-
fore, the manufacturing process of a technical device such as casting, forging, annealing, cold working
or solidification influences the mechanical behavior [41]. A summary of some representative mechan-
ical properties of stainless steels, CoCr-alloys or titanium and its alloys in relation to the processing
conditions are listed in Table 9 [1,5,25,42].

Many different types of stainless steels are available which differ in their chemical composition and
microstructure: typically stainless steels are classified according to the crystal structure into martens-
itic, ferritic, austenitic and duplex (austenitic–ferritic) stainless steels. The different types of alloys dif-
fer in their corrosion resistance and in the mechanical properties. In biomedical applications several
stainless steels are used, however, AISI 316L, a single phase austenitic stainless steel, is one of the most
popular materials for implant applications [22,41]. Usually this alloy is ordinarily used in a 30% cold-
worked state because cold-worked metal has a markedly increased yield, ultimate tensile and fatigue
strength relative to the annealed state [1]. The alloy contains about 17–19% Cr, 12–14% Ni and 2–3% of
Mo – the latter increasing the localized corrosion resistance in chloride-containing environments. The
‘‘L’’ in the designation refers to ‘‘low carbon’’, which decreases the risk of intergranular corrosion due
to formation of Cr-rich M23C6 carbides in the microstructure. The elastic modulus of stainless steel is
Table 9
Characteristic mechanical properties of various metallic biomedical materials [1,5,25,42].

Material Condition Young’s modulus (GPa) Yield strength (MPa) Tensile strength (MPa)

X2CrNiMo17122 Annealed 190 331 586
(AISI 316L) 30% Cold worked 190 792 930

Cold forged 190 1213 1351
Co28Cr6Mo Cast 210 448–517 655–889

Hot forged 210 896–1200 1399–1586
Co20Cr15W10Ni Hot forged 210 484–648 951–1220

44% Cold forged 210 1606 1896
Co35Ni35Cr20Mo10 As wrought 232 965–1000 1206
cp-Ti Grade 2 105–110 250 390–540
Ti6Al4V Cold worked 100–110 830–1070 920–1140
Ti6Al7Nb – 110 810–1010 870–101
Ti5Al2.5Fe – 110–115 780 860
Ti12Mo6Zr2Fe – 74–85 1000–1060 1060–1100
Ti13Nb13Zr – 64–83 435–905 705–1035
Ti29Nb13Ta4.6Zr – 65 400 1000–1050
Ti30Nb – 63–80 500 700
Ti30Ta – 60–70 590 740
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about 200 GPa, which is >10 times higher than the cortical bone. Therefore, using stainless steel for
load-bearing bone implants, stress shielding effects must be considered.

CoCr-alloys have a long history in biomedical implant engineering with the main attribute to en-
hance corrosion resistance in chloride environments, which is related to surface oxide formation
which is strongly enriched with Cr2O3. Alloying of other elements such as nickel, molybdenum, or
tungsten improve for example mechanical properties and the abrasion resistance [43]. Major differ-
ences in the mechanical properties exist between cast and wrought (forged) alloys, as well as between
low- and high-carbon containing alloys. For the fabrication of implants casting of Co–Cr based alloys is
not a preferred technique, as solidification during casting may result in large dendritic grains [44] and
thus decrease the yield strength of the alloy. Moreover, casting defects such as inclusions and micro-
pores cannot be avoided and may act as stress risers and thereby result in the overall decrease of fa-
tigue strength of the material [44–46]. To avoid these problems with casting, powder metallurgical
methods have been used to improve the alloys’ microstructure and mechanical properties. For exam-
ple, in hot isostatic pressing, a fine powder of the alloy is compacted and sintered together under
appropriate pressure and temperature and then forged to final shape [47]. The typical microstructure
shows much smaller grain sizes of about 8 lm than the as cast alloy [1]. The CoCrMo cast alloy (ASTM
F75) has been used since the 1950s for orthopaedic implants. To improve the mechanical properties of
the castings, two approaches are used: Hot-isostatic-pressing (HIP) to densify possible closed poros-
ities in the castings, and homogenization heat treatments. However, such post-treatments are only
of a limited effect in improving the mechanical properties, as especially the scatter from one casting
charge to another also can be substantial. The cast alloys have a high C-content (�0.2%), therefore the
alloys contain primary carbides in the matrix. These carbide precipitates increase the wear resistance
of CoCrMo cast alloys. The forged CoCrMo alloys show improved mechanical properties in comparison
to the cast alloy (see Table 9). The alloys exist in ‘‘low carbon’’ (C < 0.08%) and ‘‘high carbon’’ (C � 0.2%)
variations. As in the case of cast alloys, the high carbon content leads to the formation of carbide pre-
cipates, which are advantageous for the wear resistance. Therefore, the forged alloy is a preferential
material choice for biomedical application encountering strong tribological loads.

Design and thermo mechanical processing control of titanium alloys have allowed to offer implant
materials with enhanced mechanical properties as generally shown in Table 9 by the Young’s modu-
lus, yield strength or tensile strength for these orthopedic alloys. Up to today the commercially most
used titanium based implant materials are pure titanium and Ti6Al4V [41]. However, there has been a
concern about the high elastic modulus of these alloys as compared to bone (10–30 GPa) [5]. Commer-
cially pure titanium is still selected for applications where corrosion resistance is of prime importance
other than its mechanical properties, for example in dental applications. The mechanical behavior and
chemical stability as well as the microstructure of the a-ß alloy Ti6Al4V can be altered via heat treat-
ment or mechanical processing [24,48–50]. A recent trend in research and development of titanium
alloys specifically for biomedical applications addresses concerns of toxic effects of the dissolution
of aluminum and vanadium ions into the host tissue as a result of corrosion wear of Ti6Al4V
[24,51]. Recently, new titanium alloy compositions, specifically intended for biomedical applications,
have been developed. These orthopedic alloys include Ti6Al7Nb [52] and Ti5Al2.5Fe [53], two alloys
with properties similar to Ti6Al4V that were developed in response to concerns related with Vana-
dium to show a potential cytotoxicity [54,55] and adverse reactions with the host tissue [56]. There-
fore, a common goal in this field is to develop single phase ß-titanium alloys composed of non-toxic
and non-allergic elements with excellent mechanical properties and good workability. Another advan-
tage is that these ß-phase titanium alloys show an inherently lower elastic modulus than the a-phase
materials [24,28]. Biocompatibility enhancement and lower modulus have been achieved through the
introduction of the latest generation titanium orthopedic alloys including Ti12Mo6Zr2Fe TMZF
[57,58], Ti15Mo5Zr3Al [59] and Ti15Sn4Nb2Ta0.2Pd alloys [60], as well as the completely biocompat-
ible Ti13Nb13Zr alloy [61,62]. Meanwhile, several implant designers have developed b-titanium alloys
with lower Young’s modulus around 70 GPa. The latest developments showing minimum elastic mod-
uli have been achieved by TNZT alloys based on the TiNbTaZr system, specifically by the development
of the biocompatible Ti29Nb13Ta4.6Zr alloy [25]. A more detailed overview on the current state of the
art on the mechanical behavior of titanium based alloys and how thermo mechanical processing can
be used to influence the microstructure and on alloying can be found in other recent reviews [24,63].



Fig. 2. Fatigue strength at 107 cycles of various metallic biomedical materials [28].
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In must be emphasized however that values as tabulated in Table 9 are all obtained from standard
samples with simple and regular geometries and may not fully represent the actual stress or loading
conditions occurring on a complex shaped implant under close to reality conditions.

With regard to the fracture of metallic implant materials, fatigue fracture is considered to be the
most crucial problem among the various types of fractures. Fatigue characteristics are closely related
with the microstructure of the metallic phases and therefore also with the processing and heat treat-
ment employed. In other words, fatigue characteristics of metallic structural biomaterials must be
considered always for specific microstructures or processing parameters [64].

Niinomi et al. compared the fatigue limits of stainless steels, CoCr-alloy, and titanium and its alloys
as representative metallic biomaterials in air as shown in Fig. 2 [28]. The shown fatigue limits are com-
piled according to factors such as the fabricating process, surface condition, microstructure, and fati-
gue condition. The fatigue limit of bovine bone determined by Kim et al. is also given in Fig. 2 [65]. The
fatigue limits decrease with the material in the order that CoCr-alloys show the highest limits,
whereas for example Ti6Al4V is lower and AISI 316L stainless steel shows even lower limits. However,
the limit of each metallic biomaterial shows a fairly large scatter due to the above mentioned broad
range of factors. The fatigue limits of each metallic biomaterial tested are much higher than that of
bovine bone.
2.2.2. Ceramics
Al2O3 and ZrO2 are the most prominent bioinert oxide ceramics used in biomedical applications

as they possess an attractive combination of a high corrosion resistance, low friction, high wear
resistance and a high strength. In particular, alumina ceramic devices have been used in biomedi-
cal applications for more than 30 years in load-bearing hip prostheses and dental implants
[33,66,67]. Mechanical properties of some biomedical ceramics are summarized in Table 10
[17,33,68–70].

Alumina devices are made from very fine grained polycrystalline a-Al2O3 fabricated by hot isostatic
pressing and subsequent sintering at T = 1600–1800 �C. To limit grain growth during sintering, small



Table 10
Mechanical properties of oxide ceramic materials used in biomedical applications [17,33,68–70]

Property a-Al2O3 ZrO2

(Y-TZP)
ZrO2

(Mg-PSZ)
ZrO2 toughened
Al2O3 (ZTA)

Al2O3 matrix
composite (AMC)

Dense Hydroxy-
apatite (HA)

Bending strength (MPa) 595 1000 800 912 1150 20–80
Compressive strength (MPa) 4250 2000 1850 – 4700 100–900
Young‘s modulus (GPa) 400 150 208 285 350 70–120
Hardness (HV) 2400 1200 1120 1500 1975 500–800
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amounts of MgO are added. This aids to increase strength, fatigue resistance and fracture toughness of
such polycrystalline a-Al2O3 devices as these pararmeters are a function of grain size [17]. An average
grain size of less than 4 lm at a sufficiently high purity results in a proper flexural strength and excel-
lent compressive strength as recommended in bearing balls of hip replacements. An increase of grain
size to levels higher than 7 lm is reported to decrease the mechanical properties by about 20% [1]. The
outstanding high friction and wear properties of alumina occur only when the grains are at average
sizes smaller than 4 lm at very narrow size distribution [17]. The addition of sintering aids must
be held at low levels to avoid precipitations at the grain boundaries that lead to a degradation of
the fatigue resistance. Ample testing has shown that alumina implants that fulfill the described
requirements show excellent resistance to dynamic and impact fatigue and also resist subcritical crack
growth [71]. Stress shielding owing to the high Young’s modulus of alumina (Table 10), may be
responsible for the loosening of the acetabular cup in analogy to biomedical implant materials based
on metals [66].

Lifetime predictions and statistical design of proof tests for load-bearing ceramics have shown that
specific prosthesis loads limits of 30 years at 12 kN loads can be set for an alumina device based upon
the flexural strength of the material and its environment [66,72]. Other clinical applications of alu-
mina include knee prostheses, bone screws, alveolar ridge, maxillofacial reconstructions and post den-
tal implants [67].

Zirconia is also exceptionally inert in physiological environments [73,74]. The potential advantages
of zirconia in comparison to alumina in load bearing prostheses are that zirconia shows higher values
in fracture toughness and flexural strength but at the same time a lower Young’s modulus [17,75,76].
Zirconia ceramics chosen for biomedical applications can be divided into two types. Partially stabilized
zirconia (PSZ) and tetragonal zirconia stabilized with yttria (TZP). Mechanical properties of these
bioceramics are listed in Table 10.

Pure zirconia shows a monoclinic phase at room temperature up to 1170 �C. At higher tempera-
tures it transforms into the tetragonal and then into cubic phase at 2370 �C. As sintering temperatures
require these high temperatures, the phase transformations during cooling induce mechanical stress
(as phase transformations are associated with a volume expansion of approximately 3–5%). Thus,
stress generated by the expansion leads to initiation of cracks in pure zirconia ceramics after sintering
and thus makes these materials unsuitable for load bearing applications. A way out is to stabilize the
high temperature phases during cooling to avoid any stress in the volume [77]. The addition of oxides
like MgO, CaO and Y2O3 allows the generation of multiphase ceramics known as partially stabilized
zirconia (PSZ) with a microstructure that consists in majority of cubic zirconia with monoclinic and
tetragonal zirconia precipitates as minor phases. A specific feature of such ceramics is that when stress
is applied to such a ceramics and crack propagation occurs, the metastable tetragonal zirconia grains
located at the crack tip can transform to the stable monoclinic phase and thus expand. As a result an
enhancement in toughness can be obtained, by the counteracting compression stress at the crack tip
(transformation toughening) [78]. The development of such tetragonal metastable precipitates may be
obtained for example by the addition of 8%-mol of MgO to zirconia (Mg-PSZ). This partially stabilized
zirconia can also be obtained with the addition of Y2O3, however, in this system it is also possible to
stabilize a tetragonal phase at room temperature. Only zirconia with lower additions of Y2O3 is known
as tetragonal zirconia polycrystal (TZP) [77]. Common additions range in between 2% and 3%-mol Y2O3

and result in an average grain size distribution of smaller than 1 lm [5]. The fraction of tetragonal
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phase retained at room temperature is dependent on the size of grains, on yttria content and on the
degree of constraint exerted on them by the matrix. The mechanical properties of such TZP ceramics
depend on such parameters [33,79].

The increase of the relevant strength values realized in zirconia ceramics led to attempts to apply
such a phase transformation toughening to alumina ceramics. One approach is to disperse zirconia
particles in an alumina matrix to achieve a mechanical prestressing of the alumina via the phase tran-
sition induced volume change of the zirconia particles during cooling [69,80]. The bending strength of
these ceramics show already significantly higher values than pure alumina, however, the probability
of crack initiation and propagation is still not sufficient. An example of values for such a zirconia
toughened alumina (ZTA) ceramic is also given in Table 10. The wear behavior of such ceramic mix-
tures was studied as a function of zirconia content in case for application as bearing balls in hip joints
and was found to show higher wear rates with increasing zirconia contents. The insufficient resistance
behavior was improved by the use of nanometer sized zirconia particles in combination with other
additives that lead to the introduction of alumina matrix composites (AMCs) ceramics. The mechanical
properties of such AMC ceramics open the possibility to fabricate much thinner walled components
with comparable load bearing abilities and at the same time with a higher reliability (Table 10)
[70,80–82].

Calcium-phosphate-based bioceramics have been used steadily in the last decades, as crystallo-
graphically hydroxyapatite is the dominant lattice structure of hard tissue. Therefore, there has been
a tremendous interest in using synthetically derived hydroxyapatite for regenerating bone at the de-
fect sites [67,83].

The stable phases of calcium phosphate ceramics depend considerably upon temperature and the
presence of water, either during processing or in the used environment. At body temperature, only
two calcium phosphates are stable in contact with aqueous media such as body fluids. At pH values
lower than 4.2, the stable phase is CaHPO42H2O, while at values higher than 4.2 the stable phase is
Ca10(PO4)6(OH)2, known as hydroxyapatite. At higher temperatures phases such as ß-tricalcium phos-
phate or TCP (Ca3(PO4)2) and tetracalcium phosphate (Ca4P2O9) are present [17]. The unhydrated high
temperature calcium phosphate phases can interact with water or body fluids at 37 �C to form phys-
iological hydroxyapatite [1].

The mechanical behavior of calcium phosphate ceramics strongly influences their application in
implants. Bending strength, compressive strength and fatigue resistance depend on phase purity, grain
size, sintering temperature [84] and especially the total volume of porosity either in form of micro-
pores smaller than 1 lm due to an incomplete sintering or in form of macropores with diameters big-
ger than 100 lm created artificially to enable bone ingrowth [85]. An example for dense synthetically
derived hydroxyapatite is given in Table 10.

2.2.3. Polymers
Polymers play a minor role in the field of load bearing hard tissue replacements compared to met-

als or ceramics. Therefore in this paragraph only a brief overview on the mechanical aspects of some
polymers will be given. In case of the use of a polymer system load carrying device the key parameters
are tensile strength, Young’s modulus as well as the uptake of water. In contrast to the stiffness of
inorganic metals or ceramics, polymers show according to their organic nature a high freedom of mo-
tion based on the fact that polymer chains are retained at a local level while a superior network struc-
ture resulting from chemical cross links and chain entanglements prevents large scale movement or
flow. The description of stress–strain behavior for polymers is similar to that of metals, but a very
important consideration for polymers is that the mechanical properties depend remarkably on the ap-
plied strain rate, temperature or environmental conditions. Depending on the chemical or crystalline
nature of the polymer, the stress–strain behavior can be brittle, plastic or highly elastic. Young’s mod-
uli and tensile strengths are orders of magnitude smaller than those of metals, but elongations can be
up to several 100% in some cases [1,86,87]. Mechanical properties of some biomedical polymers are
summarized in Table 11.

Polyethylene is widely used in biomedical applications. But only in the configuration of ultrahigh-
molecular-weight polyethylene (UHMWPE) with a molecular weight of 2–10 million g/mol it can be
used as cup for high load bearing balls in joint replacements [5]. Therefore powders of polyethylene



Table 11
Mechanical properties of polymer materials used in load bearing hard tissue applications [86–89,91,92].

Property UHMWPE PMMA PEEK PEEK 30% short fibers

Young’s modulus (GPa) 0.8–2.7 3.3 3.6 13–21 (flexural)
Tensile strength (MPa) 41 80 92 210
Elongation at break (%) 450 5.5 50 1.3
Water uptake at 20 �C (%) 0.01 0.35 0.5 0.15
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are pressed and sintered under high pressure and temperatures above the melting point to achieve
pressure induced crystallization [87]. As a result the grade of crystallinity is highly increased and
causes the mechanical properties of UHMWPE to a high stiffness and strength [5].

Another commonly used polymer material is Polymethylmetacrylate (PMMA) which shows a high
hardness at high values of strength and stiffness. Moreover, the uptake of water is remarkably low. All
common molding processes may be used to process PMMA, including injection molding, compression
molding and extrusion. Rubber toughening has been used to increase the strength of PMMA owing to
its brittle behavior in response to applied loads by copolymerizing elastomeric chains during manu-
facturing. As a consequence of the mechanical properties PMMA, is widely used in dental applications
such in dental fillings and prothesises [88,89]. Additionally PMMA is used as bone cement for the sta-
bilization of cavities in total hip replacements to guarantee load transmission between implant and
bone as it shows a Young’s modulus between cancellous bone and cortical bone [90].

Polyetheretherketone (PEEK) is now routinely used in longterm medical implant applications be-
cause of its versatility, mechanical strength and biocompatibility. PEEK possesses a high grade of crys-
tallinity at a maximum of close to 50% that results in a highly ductile material with a good chemical
stability. The mechanical properties of grade PEEK can be increased drastically by carbon fiber rein-
forcement (CF-PEEK) [91,92]. Examples of application for these toughened PEEK composites are ace-
tabular cups used for articulation against a ceramic femoral head. Hip joint simulator testing showed
that wear of the CF-PEEK polymer composite cups is much less than that of UHMWPE cups [93].
3. Surfaces of implant materials

3.1. Surface versus bulk

In previous paragraphs the focus was on mechanical properties of materials used for biomedical
devices and components. This is the primary aspect for hard tissue replacements, to establish the
mechanical formation of an implant. However, to achieve a high grade of compatibility of a material
system with the host tissue, key factors are surface determined such as biocompatibility and corrosion
resistance. Indirectly these surface factors also effect mechanical behavior such as stress shielding,
wear debris or fatigue failure. But most importantly, the surface of the synthetic device is in direct
contact with the living organism. Therefore major attention must be paid to the surface of a material
system as its reaction with the host tissue is often decisive on success or failure of implantation.

The various surface parameters that influence the response of the host tissue include wettability,
roughness, chemical composition, electrical charge, crystallinity and mobility. Atoms at the surface
in many cases are highly unstable but dictate most of the biological reactions at the tissue implant
interface.

Depending on the implant material the surface may consist of individual atoms, molecules, crystal-
lographic arrangements, or large polymeric structures. Surfaces consist of molecules or atoms with not
fully saturated dangling or strained bonds. Surface atoms show less binding – this leads to an en-
hanced mobility and higher reactivity of the species. As a result these surface atoms can easily under-
go phase transformations, crystallization or corrosion (dissolution) processes. This higher energy and
higher reactivity are particularly important in view of adsorbates from the biological system. When
such a surface comes in contact with a biological environment it reacts immediately to form new
bonds and compounds, thus lowering the surface energy [1]. In contrast to the extended arrangement
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of atoms in the bulk state of materials the number of atoms in the ‘‘surface’’ state is limited to some
atomic layers. This requires special characterization tools.

3.2. Surface phenomena

Surface phenomena are primarily driven by an associated reduction in surface free energy with en-
hanced chemical reactivity. In the following specific points will be briefly addressed.

3.2.1. Surface segregation and reconstruction
There are some possibilities for surfaces to spontaneously alter their structure and chemistry even

in the absence of a specific environment. These are surface segregation and reconstruction. The most
basic definition of surface segregation may be expressed as the redistribution of solute atoms between
the surface and bulk of a material such that the total energy of the material is minimized. As a result
surface reconstruction is often observed – even with single crystal surfaces in the vacuum. In the sim-
plest case the outermost layer of atoms rearranges to minimize the overall surface energy. An example
is shown in Fig. 3.

While reconstruction can lead to periodic nanoscopic surface structures – to the best of our knowl-
edge any interaction with biomedically relevant species has not been reported. More biologically rel-
evant are surface segregation effects.

Surface segregation can be seen as an interfacial adsorption phenomenon involving a bulk compo-
nent of a multi-component material, for example resulting in an environment of a compound at the
surface. Metallic materials mostly exist at a microscopic level of more than one phase. An example
can be given for Ti6Al4V, a commonly used orthopedic implant material that consists of two different
phases, the aluminum rich a- and the vanadium rich ß-phase. Not only these different phases but also
the grain boundaries may have a different chemical composition [94]. Other examples for surface seg-
regations in inorganic biomedical materials are grain-boundary diffusion and motion or environmen-
tal effects such as intergranular corrosion and stress corrosion cracking [1].

In polymers, segregation resulting from folding of macromolecular chains at the surface can pro-
vide various microstructural domains. Depending on the chemical species present within these do-
mains, proteins may have different interaction with each phase [95–97]. However, the importance
of surface segregations to biomedical applications can be summarized in terms of localized toxicity,
impaired corrosion resistance or, concerning the above described adsorption phenomena, a modified
protein or cell adhesivity in the host tissue can be evoked.

As a result of surface segregation and other influencing factors, surface chemistries and structures
can change in response to an external environment in order to reduce interfacial tension. However,
sufficient atomic or molecular mobility must exist to enable changes in surfaces in a reasonable period
of time [98]. At the microscopic level, a biomaterial surface may have patches or domains of different
functionalities so that a newly formed surface chemistry may migrate from the surface into the bulk,
or molecules from the bulk may diffuse or interact and thus rearrange among each other or with sur-
rounding species [99,100]. Such reversals do occur in metallic and other inorganic systems, as well as
in polymeric systems. Polymers can also undergo a reorientation of the polymer chains at the outer-
most layers when their surrounding atmosphere is switched from dry air to aqueous.
Fig. 3. Schematic illustration of surface reconstruction.
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Thus surface segregation effects are often used to describe mobility-related alterations in surface
structure and chemistry. In fact, a surface reversal must be prevented or inhibited if a modified surface
should remain in the state as it was designed. To gain a stable modification of surface chemistry or
structure that can be used as surface modification for biomedical devices cross-linking, sterically
blocking of the ability of surface states to move, or incorporating a rigid, impermeable layer between
the substrate material has to be introduced [1].

3.2.2. Surface charge
The origin of charge localized at a solid surface can be either due to charge equilibration with a sur-

rounding or contact medium (such as space charge layers in semiconductor-junctions) or due to
intrinsic defects at the surface.

The first case is based on charge relatively for two media in contact – in other words if a metal,
semiconductor or insulator are in contact with a second phase (material), the Fermi-levels (the chem-
ical potentials) of the two phases will equilibrate and this will lead typically to charged surfaces. In the
case of contacts with liquids, for metals typically the characteristic charge lies in a double layer (Helm-
holtz-layer), for semiconductors and insulators a space charge layer forms that extends considerably
into the solid material [101].

Another source of charges is the disrupted crystal structure of surfaces – i.e. at a surface the unsat-
urated bonds (dangling bonds) contribute to charge that needs to be accounted for.

Charge accumulated at solid surfaces needs to be balanced by species in the solution. Main carriers
of charges in solutions are ions but also species solvatized such as colloids or proteins in the solution
must be considered or can even become dominant. The general description of the contribution of a
particular solution species to a surface potential has typically the form:
Dli ¼
RT

zF ln Ci

CPZC
i

where CPZC
i represents the concentration at the point of zero charge (PZC), Ci the normal concentration

and Dli the chemical potential.
For colloids (protein solutions) the PZC or the isoelectric point represents the situation when

microscopically no net charge can be measured [102].
Excess charge on surfaces promotes adsorbtion of outer charge. As proteins are major carriers of

charge in a biomedical environment, extensive work has been carried out to relate surface charge phe-
nomena with surface protein interactions.

3.2.3. Adsorption phenomena
Adsorption phenomena at the fluid–solid interface are usually described in terms of physisorption

or chemisorption processes [103–106]. Physisorption of molecules at interfaces is based on the surface
energy, i.e. the presence of charge at interfaces. The origin may be localized charge in space charge
layers, for example of semiconductors (including oxides such as TiO2 or Fe2O3), or by induced weak
van der Waals forces. The latter originates from dipole moments induced in a surface by an adsorbate
(interaction with own image charge). This interaction energy may be weak (�100 meV) but it is a key
contribution in interactions of solid surfaces with biological molecules.

Chemisorption in its original concept assumes the formation of a rigid covalent bond on the surface
(in other words a chemical surface reaction to take place). A most typical example is surface hydroxide
groups that react with a surrounding molecule (e.g. R-COOH, R-NH2, R-SiOH) under H2O split off. This
principle is widely used to attach organic material to oxide surfaces (see section 5 on organic mono-
layers). An interaction somewhere in between pure induced dipoles and formation of chemical bonds
are ionic interactions which still may show some degree of surface mobility of an adsorbate and of the
substrate. In other words, a strict separation of chemisorption and physisorption in such cases is often
not possible.

In general, physisorption is reversible without any chemical change either of the adsorbate or of the
surface while chemisorption represents an irreversible chemical adsorption. For physisorption the
molar enthalpy of adsorption can be found in between �5 and �40 kJ/mol while chemisorption leads
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to values of molar enthalpy of adsorption of about �200 to �800 kJ/mol [107]. Generally, higher en-
ergy surfaces are quickly coated or, from the view point of analytical surface science, contaminated by
lower energy species.

A given molecule can generally physisorb and chemisorb on the same surface. More precisely, a
molecule first physisorbs and then may be converted into a chemisorbed state. The most common
equilibrium situation resembles the existence of a mixture of physisorbed and chemisorbed molecules
on the surface depending on the availability of suitable surface sites [108,109].

Generally adsorption processes on surfaces are characterized by so-called isotherms [110]; that are
mostly based on experimental observations and typically contain semi-empirical parameters. A most
general approach is the Langmuir isotherm:
H ¼ KP
1þ KP
where H is the coverage (number of adsorption sites occupied/available adsorption sites), P is the par-
tial pressure (for gases or molecular concentration in liquid). As this approach is usually oversimpli-
fied, a number of more refined desorption and adsorption processes (BET or Kisliuk) have been
proposed.

Particularly noteworthy in the context of biomolecules may be the work related to observations for
self-assembled monolayers. It was noted that a key assumption in Langmuir isotherms – that is an al-
ready adsorbed species does not interact with the adsorption process of a nearby adsorbed species –
cannot hold. It was shown that for low surface concentrations molecules tend to adsorb (in a lying
down configuration probably dictated by van der Waals forces) while at higher concentrations specific
ionic interactions of charged parts in the molecule force an overall switch over to a ‘‘standing’’ config-
uration. These effects are considered, e.g. in Kisliuk-type of isotherms [111,112].

In the light of surfaces of biomedical materials that are dedicated for the insertion into the living
organism, adsorption of ions of the body fluids (e.g, Ca- and phosphate-ions) as well as adsorption
of biomolecules (e.g, proteins) is important for the subsequent biological performance. The adsorption
behavior of different species depends on the surface properties (chemistry, charge, energy) and can be
tailored by specific surface modifications. Regarding protein adsorption it has to be considered that in
water based environments a hydrophilic material shows a lower interfacial energy than a hydrophobic
one. That means that the adsorption behavior of proteins on a hydrophobic surface will likely turn into
denaturation. In fact the charged bonds and the hydrogen bonding groups will orient towards the
water, whereas the hydrophobic groups will be more likely oriented towards the hydrophobic surface
[1]. As a result of such thermodynamic adhesion phenomena it was demonstrated that adhesion for
bovine serum albumin on surfaces with varying wettability in between super-hydrophobic and
super-hydrophilic showed the highest values on intermediate hydrophilic conditions [113].

Specific to protein adsorption phenomena is that the protein may change its conformation upon
adsorption to the surface [114]. In aqueous solutions hydrophobic portions may not be exposed to
the surrounding electrolyte (energetically not favored). However, if the protein ‘‘finds’’ hydrophobic
surfaces or surface locations it may be energetically favorable to maximize contact between both
hydrophobic interfaces – thus surface induced conformation change or protein denaturation can
occur.

Also typically protein surfaces are in nature often bi-polar so that either hydrophilic or hydropho-
bic surfaces may preferentially coordinate with the surface or a particular surface location. Due to
these uncertainties, rather than measuring the adsorption isotherms (by measuring the equilibrium
amount of proteins as a function of the solution concentration) often simply the kinetics is followed
[115–117].

Various surface sensitive in situ methods can be used to follow the kinetics such as ellipsometry,
reflectometry, infrared-spectroscopy, Raman-scattering, circular dichroism, and currently most fre-
quently fluorescence emission or surface plasmon resonance.

Several reviews to such techniques are available for example [118,119].
An example is shown in Fig. 4 where the adsorption of proteins to surfaces was investigated with

quartz crystal microbalance with dissipation (QCM-D). The data show the adsorption behavior of four
proteins (fibrinogen, c-immunoglobulin, albumin, and lysozyme) with different sizes and shapes onto



Fig. 4. Evolution of adsorbed mass of human fibrinogen (Fb), human serum albumin (HSA), human c-immunoglobulin (IgG) and
chicken egg white lysozyme (Lys) layers as obtained from the QCM-D. The adsorption of proteins was tested from HEPES (with
and without 6 M urea) using 40 and 80 lg/mL concentrations on hydrophilic TiO2 and on hydrophobic Teflon-AF (adapted from
[120]).
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hydrophilic TiO2 and hydrophobic AF-Teflon surfaces using two different concentrations from two dif-
ferent buffers (HEPES with and without 6 M urea).

The results show that the density of the adsorbed protein layer is changing during the adsorption
process and largely depends on the protein, the surface, and the solvent [120].

3.3. Aqueous corrosion of biomedical metals

Red-ox reactions at metal surfaces (in a given environment) lead to the formation of metal cations,
depending on the environment oxide layers can be formed (which may slow down further dissolu-
tion). In the worse case, the metal ions are permanently solvatized and thus the metal continuously
dissolves (it corrodes).

Corrosion reactions of metals in aqueous solutions are therefore of an electrochemical nature. The
actual metal dissolution reaction is the oxidation of metal (so-called anodic reaction). This reaction is
coupled with a reduction of species in the environment, which are typically dissolved oxygen or pro-
tons in acidic solutions. Due to the electroneutrality requirement (i.e, all electrons produced in the
anodic reaction must be consumed in the cathodic reaction), the oxidation and reduction reactions
must take place simultaneously and with an equal rate. To complete the circuit, the anodic and the
cathodic sites must be electrically and electrolytically connected. In case of a metal that is exposed
to an aqueous solution or air, the thermodynamic stability is generally only provided for noble metals,
as their oxidation potential is more anodic than the reduction potential of species commonly present
in the surrounding phase. In contrast, for non-noble metals the situation is reversed, where the differ-
ence in reduction and oxidizing potentials of the two phases leads to a driving force for metal oxida-
tion. The environmental conditions then can either favor dissolution (solvation) of the oxidized metal



Fig. 5. Growth of an oxide film on a metal surface.

Fig. 6. Schematic anodic polarization curves for the typical behavior of a metal exhibiting passivation (solid line) and a
nonpassive metal (dashed line).
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cation (active corrosion) or the establishment of a second insoluble oxide phase film (passivation)
[121].

3.3.1. Passivity and breakdown of passivity
Typically used metallic materials in biomedical applications, such as above described, surgical

stainless steels, cobalt–chromium-based alloys, titanium and titanium based alloys, show the ability
to spontaneously form a stable self-protecting oxide layer (a so-called passive film) on its surface in
the reaction with air or most aqueous environments. For example, passive layers form easily on tita-
nium-based alloys and are mostly composed of TiO2 [122]; passive films formed on surgical stainless-
steel and cobalt-based alloys are typically Cr2O3 rich layers [123–125] (during oxide formation often



Table 12
Inorganic composition of human blood plasma [141,142].

Ion Concentration (mmol�1)

Na+ 142.0
K+ 5.0
Mg2+ 1.5
Ca2+ 2.5
Cl� 103.0
HCO�3 27.0

HPO2�
4

1.0

SO2
4

0.5

S. Bauer et al. / Progress in Materials Science 58 (2013) 261–326 281
one oxide compound is easier dissolved, the other oxide compound remains enriched on the surface).
Passive films typically show only thicknesses of few nanometers, thus, they act as a highly protective
surface barrier between the bulk metal and the aggressive biological environment [126]. The protec-
tive quality of a passive film is kinetically determined by the ion transfer through the film as well as by
the stability of the passive film against dissolution [121,125] (Fig. 5). A variety of factors such as chem-
ical composition, structure, thickness and presence of defects influence the ionic transport through the
film as well as the stability of the film in different environments.

Since passivation reactions involve electrochemical steps, it is often convenient to study the active/
passive transition by electrochemical methods such as potentiodynamic polarization curves. A sche-
matic example for such polarization curves of a metal showing passivation (solid line) and a nonpas-
sive metal (dashed line) are drawn in Fig. 6. Passivation is manifested in a polarization curve by a
drastic drop in current at a particular onset potential defined as passivation potential (Up). With the
establishment of a passivation layer the anodic current density (the corrosion reaction rate) is lowered
by several orders of magnitude. An indicator for the passivation ability is the critical current density
(jcr, the maximum current density) reached in the active/passive transition.

The reaction scheme for passivation can be divided into active range, that corresponds to a active
dissolution (AD), a transition range and prepassive range (PPT), and a region where the passive layer
formation can be observed (P) [127–129]. In the transition and prepassive range the metal becomes
increasingly covered by M (OH)x adsorbates. These adsorbates increasingly block the active dissolu-
tion, as apparent in polarization curves in a deviation from the active dissolution behavior. The pas-
sivation potential is reached when the surface is completely covered with adsorbates and
deprotonization leads to the formation of a primary passivation film that mainly consists of MOx spe-
cies. The current flow in the passive range (jPassive) is a value for the protectiveness or the quality of the
oxide film. In contrast to the described passivation, the polarization behavior of a nonpassive metal
shows an active dissolution over the entire anodic potential range. At higher potentials, where the cur-
rent becomes independent of the potential, dissolution of the metal occurs through a salt layer [121].

Principally, the nature and stability of a passive film on a particular biomedical metal or alloy de-
pend on the environmental conditions, such as the composition of the electrolyte, the redox condi-
tions, the exposure time and temperature [130].

The passive state of a metal can, under certain circumstances, be prone to localized instabilities.
Most investigated is the case of localized dissolution events on oxide-passivated surfaces [131–
133]. Localized corrosion is triggered by specific aggressive anions – halogenides – and typically starts
at sites characterized by inhomogeneities either in the material, or in the surrounding environment.
The result is the formation of an active pit in the metal, an example for localized breakdown of pas-
sivity. Even though most of the surface is still covered by the intact passive film, the corrosion rate at
locally activated sites can reach very high values. Localized corrosion may thus lead to unexpected
deterioration of the whole system with disastrous consequences, although the total mass loss is actu-
ally small. Therefore, localized corrosion processes are more dangerous in biomedical applications and
far less easy to predict than uniform corrosion [121,126]. Fig. 6 gives an alternative example of a polar-
ization curve of a passive metal showing localized breakdown (for example pitting corrosion) of pas-
sivity and thus pit growth at Upit. The solid line at higher potentials herein represents the polarization
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curve of the same material in the absence of aggressive anions, where the current increases at much
higher anodic potentials caused by either transpassive oxide film dissolution (breakdown of passive
film) or the onset of oxygen evolution at the anodically polarized electrode. For more detailed discus-
sion on fundamentals of passivity, breakdown of passivity and electrochemical fundamentals, the
readers are referred to Refs. [121,131,132,134–140].

3.3.2. Body fluids – corrosive environment for biomedical materials
In connection with the above described passivity and its breakdown, for biomedical alloys the

availability of corrosive media in the living body as well as adequate salt solution for simulated lab-
oratory investigations have to be considered. The inorganic composition of typical human blood plas-
ma is given in Table 12 [141,142]. In order to simulate the biological environment, different types of
simulated body fluids have been formulated. Generally, the simulated solutions consist of NaCl
(0.14 M), pH buffered to 7.4 and the presence of smaller amounts of other salts representing the inor-
ganic concentrations in typical human blood [141,143]. The presence of chlorine ions and their ability
to induce localized corrosion of many important technical alloys makes the human blood plasma a
highly aggressive environment for many biomedical metals and alloys.

The inorganic species present in the blood plasma and simulated solutions can also play a critical
role in the corrosion process. Besides the accelerating effect of chlorine on the dissolution and failure,
calcium and phosphate ions have been shown to slow down the repassivation rate of the protecting
oxide layers [144]. This can be of major importance as the repassivation kinetics is determining the
metal ion release rates in all cases of cyclic activation/repassivation events on the surface, such as
in fretting corrosion (see Section 3.3.3.3). Moreover, it should be considered that the body temperature
of 37 �C can accelerate electrochemical reactions and even change the mechanism of corrosion from
that occurring at the room temperature, an example is the strong temperature-dependence of the
occurrence of metastable pitting on Ti base alloys (see section 3.3.3.1) [145]. A direct extrapolation
of reaction kinetics to higher temperatures therefore can be erroneous and the influence of tempera-
ture has to be considered if simulations of body environment are conducted.

Another influencing factor, especially for titanium and titanium based alloys, can be found in the
formation of H2O2 in inflammatory reactions in direct contact of an implant with the tissue [146]. It
has been shown that the presence of H2O2 in simulated body solutions changes the thickness and
structure of the oxide films and enhances dissolution [147]. In addition to inorganic species, body flu-
ids contain different types of biological relevant species [148–151] and cells [152,153], which may at-
tach to the biomedical alloy surface and affect the surface reactions. For more detailed discussion on
simulated body environments in terms of inorganic composition and the addition of proteins and its
influence on corrosion behavior of biomedical alloys, the readers are referred to Refs. [126,143].

3.3.3. Overview of specific cases of corrosion on biomedical alloys
The most typical modes of corrosion in biomedical alloys will be briefly addressed. The paragraphs

below are only intended as introduction and short summary. For readers interested in a particular to-
pic some references for further reading are given. For general literature on localized corrosion the
readers are referred to Refs. [121,126,131,132,134–140].

3.3.3.1. Pitting corrosion. Pitting occurs with many metals in halide containing solutions and is a type
of localized corrosion caused by local dissolution of the passive film and the formation of cavities
[135]. In general, halides such as chlorides trigger pitting corrosion and can lead to an autocatalytic
localized dissolution. Iron based surgical stainless steels show a higher susceptibility to pitting corro-
sion as compared with cobalt–chromium- or titanium-based alloys. In biomedical applications failure
caused by pitting corrosion is often observed at screw holes after removal of implants based on stain-
less steel. Alloying components play a major role in increasing the pitting corrosion resistance of stain-
less steels, especially an increase of the chromium and molybdenum content leads to a higher pitting
resistance. Moreover, the impurity concentration, especially the presence of inclusions such as MnS is
of major importance for the pitting behavior, as pits typically initiate at MnS inclusions. Therefore, the
pitting susceptiblility of different grades of stainless steels strongly varies. The higher the pitting
resistance of a material, the higher oxidizing conditions are required to trigger pitting corrosion.
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The prevailing redox conditions in the human body are in the range which may lead to pitting corro-
sion of surgical-grade stainless steels. In contrast, titanium and titanium-based alloys show much
higher pitting potentials in simulated biological solutions (in the range of several volts) which are
far above the natural redox conditions [145]. The Co–Cr–Mo alloys typically do not fail by pitting
corrosion; instead transpassive dissolution by oxidation of the Cr2O3 passive film into soluble
CrO2�

4 -species takes place at potentials below the oxygen evolution range [154].
As a conclusion, stable pitting corrosion is not a relevant corrosion induced failure mode for Ti

based materials in biomedical applications, since the relevant potential region in the body is clearly
lower than the pitting potential.

From an electrochemical viewpoint, stable pit growth is maintained as long as the local environ-
ment within the pit keeps the pit under active conditions. As mentioned above, stable pitting corro-
sion (initiation and propagation of pits) takes place above a specific potential (pitting potential),
which is a function of the material and the environment. However, already at potentials far below
the pitting potential (i.e, under less oxidizing conditions), so called metastable pitting can take place.
Under these conditions, pits are initiated but the growth only for a very limited time before repassi-
vation takes place. Metastable pitting has been intensively studied on stainless steels. It is interesting
to note that also in the case of titanium, metastable pitting has been reported to take place in phys-
iological media – at potentials far below the pitting potential [145,155–157]. Metastable pitting activ-
ity of titanium-based alloys remains high over long exposure time and therefore may have some
relevance to the mode of metal ion release from such implants [126]. For more insight literature on
pitting corrosion the readers are referred to Refs. [133,158–160].
3.3.3.2. Crevice corrosion. Crevice corrosion is a type of localized corrosion that is closely related to pit-
ting corrosion. The appearance of this corrosive attack is preferentially found in regions on metal sur-
faces where mass transfer is limited such as in narrow crevices or under deposits. This leads to a local
enrichment of aggressive species and depletion of oxygen, as well as subsequently to acidification of
the crevice solution due to hydrolysis of the dissolving metal cations. These factors can rapidly lead to
an activation of the surface in the crevice area. Metals that show an affinity to pitting corrosion also
suffer from crevice corrosion; however, the presence of crevices may trigger localized corrosion al-
ready under conditions where stable pitting would not take place. As an example of the relevance
of crevice corrosion in biomedical applications, the area between the head of a bone screw and counter
sink on the fracture fixation plate can suffer from this type of attack. Stainless steel is the most sus-
ceptible to crevice induced localized corrosion among the three alloy groups discussed. For cobalt–
chromium–molybdenum alloys the very high content of chromium in the passive film leads to a high
resistance against activation upon local acidification. Titanium, typically, is claimed to show crevice
corrosion only above critical temperatures higher than 80 �C in neutral chloride solutions [161,162].
However, in biomedical applications occurrence of localized corrosion in crevices with strong acidifi-
cation and oxygen depletion cannot be completely ignored. To avoid crevice-related increased disso-
lution events on titanium based biomedical alloys the use of bone cements for the fixation of implants
composed of such materials should be prevented [163].
3.3.3.3. Fretting corrosion. When two closely packed surfaces are subjected to slight oscillations, fret-
ting corrosion may occur at the interface. For passive materials, the mechanical wear can lead to con-
stant removal of the passive film, typically followed by a repassivation process. In detail, the damage is
mostly of a localized form and can be a defect at the surface that does not show repassivation, result-
ing in the formation of a pit, or a continuous cyclic process of activation and repassivation [164]. This
type of degradation mechanism is considered to be responsible for corrosion observed between frac-
ture fixation plates and bone screws attaching the plate to bone [165–167]. Moreover, fretting and
crevice corrosion have been identified as one of the most important factors in implant corrosion as
the risk of metal ion release should be taken into account as a direct consequence of these continuous
activation/repassivation events [168,169].

For a more insight information on fretting corrosion of biomedical alloys such as cobalt–chromium-
, titanium-based alloys or surgical stainless steel the readers are referred to Refs. [144,170–174].
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3.3.3.4. Galvanic corrosion. Galvanic corrosion is observed when two dissimilar metals are placed in di-
rect electrical contact within the same environment. If such conditions are given, an enhanced corro-
sion of the less noble metal of the bimetallic couple may occur. In contrast, corrosion of the more noble
metal is reduced or completely suppressed by cathodic protection. The driving force for galvanic cor-
rosion is the difference in corrosion potentials of the components of the couple. Due to the eletroneu-
trality requirement in corrosion reactions (i.e, the total anodic current must be equal to the total
cathodic current), a major factor in determining the danger of galvanic corrosion is the area ratio of
the anode and the cathode (a small anode surrounded by a large cathode being most detrimental).
Since passive films act as very efficient barriers to corrosion, the danger of galvanic corrosion is lower
for materials that show passivation than for the coupling with an actively corroding metal [175]. In
analogy with the mechanism for modularity effects, a relative movement of the couple may disturb
the interface and cause a modification of the electrolyte composition [167,176].

Some modular orthopedic systems are made of titanium alloys and cobalt-based alloys on the basis
that both should remain passive, however, these couplings are a frequent origin of clinical significant
corrosion-related problems [177,178].

In contrast, stainless steel coupled with another nobler biomedical alloy could be galvanically de-
stroyed if it suffers pitting corrosion. If both alloys remain within their passive region when coupled in
this way and when pitting or crevice corrosion are not initiated, the additional corrosion may be min-
imal and thus tolerable [179,180].
4. Surface modification methods

The field of implantology steadily evolves as more is learned about the specific biological interre-
lations of the implant and the surrounding. Important factors from the viewpoint of surface engineer-
ing include the impact of the surface chemistry, the topography at the micro and nanometer level,
physicochemical effects, and biological factors such as biochemically mediated cell differentiation,
the unavoidable bacterial colonization of the implant, the biologic dimensions and the histology of
surrounding structures. Proper surface modification techniques not only retain the desired bulk attri-
butes of biomedical materials, but also improve specific surface properties required by different clin-
ical applications [181,182].

The focus in the following paragraph is focussed on surfaces of implant materials dedicated for
hard tissue replacements. Surface modification techniques will be discussed from the topographic
and chemical viewpoint. Bioactive surface modifications and physicochemical parameters such as
crystallinity and wettability will be reviewed starting with surface corrugation at the micrometer level
and followed by current trends to optimize the topography at the nanometer level.
4.1. Surface corrugation at the micrometer level

The influence of surface roughness on the rate of osseointegration and biomechanical fixation of
hard tissue implants has been identified as a key factor. Mainly surface topographies at the micron
level were reported as important and several surface modification techniques operating at this length
scale were developed. In particular, the observation of more rapid and increased bone contact forma-
tion by micron-scale roughened surfaces manufactured through blasting and subsequent acid etching
stimulated considerable activities. This observation also leads to the conclusion that hard tissue im-
plants based on alloys, mainly titanium, were not only entirely bioinert or biocompatible, but proper
surface conditioning could also influence protein adsorption, cellular activity or tissue response and
this in turn could be exploited to achieve a higher level of osseointegration. In various works it has
been shown that, morphological features at the micro level control the rate and quality of new tissue
formation at the interface [183–187]. Kieswetter et al. reported on the influence of surface roughness
on titanium to affect the production of local factors involved in bone formation by osteoblasts, sug-
gesting that the complement of autocrine and paracrine factors produced by cells at the bone–implant
interface can be directed by altering the implant surface roughness and to directly effect the type of
interface that is formed at the implant site [188].
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Numberless other investigations resulted in the finding that an optimal roughness for hard tissue
implants is in the range of 1–10 lm. It was concluded that this range of roughness shows the ability to
maximize the interlocking between mineralized bone and the surface of the implant [189,190]. Be-
sides the experimental driven results from in vitro and in vivo investigations, theoretical calculations
suggested that the ideal surface structure should consist of hemispherical pits of approximately
1.5 lm in depth and 4 lm in diameter [191] that could be supported by numerous in vivo studies
on implant topography effects [192,193].

Optimal, mechanical interlocking of implants to the host tissue is required to achieve well accepted
and integrated implantations. Not only the geometric requirements and stress distribution factors of
the host tissue guide the topographical demands on the implant surface but also the consideration
that bone adapts to mechanical loading by osteocytes which act as mechanosensors [194–196].

To meet the demands for an enhanced bone implant contact formation various methods are em-
ployed to create and establish such microstructural surface features. Such methods include blasting,
acid-etching, anodization and plasma-spraying.
4.1.1. Blasting
Usually blasting is explained as the use of abrasive particles such as hard ceramics against another

material under high pressure in order to make it smoother, remove surface contaminants or to rough-
en the surface [197–199]. The dynamic contact between the forced particles and the surface leads to
higher roughness values, increasing metal surface reactivity [185]. The desired roughness can be set
up by the particle size. Thus, for the blasting of biomedical materials the particles should be chemi-
cally stable and biocompatible. Usually alumina, titania or hydroxyapatite particles are applied for
blasting treatments.

In a study on the influence of grit particle size and its influence on surface roughness and torque
removal values after 12 week implantation in vivo, two alumina particles sizes (25 and 75 lm) were
used. The average roughness after blasting were found at values of 1.1 and 1.4 lm, respectively, where
both surfaces showed a rough irregular topography with numerous randomly oriented sharp features
(Fig. 7).
Fig. 7. SEM and computer generated topographical images showing the differences in surface structure after blasting titanium
implant surfaces with 25 lm and 75 lm particles of alumina (scale bars = 10 lm) [200].
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Thus, by increasing the implant-surface topography from an average deviation in height of 1.1–
1.4 lm and keeping the isotropic structure with only minor differences in spatial direction, after
12 weeks insertion time in the rabbit tibia and femur, a higher removal torque and more bone implant
contact formation were found for the implants blasted with 75 lm particles than with 25 lm particles
[200].

Blasting the implant surface with particles other than the implant itself may change the surface
composition and the implant biocompatibility. Several studies were reported on the inflammatory re-
sponse of the host tissue on residual surface contaminants that originate for the blasting material and
which may be released. The use of alumina as blasting material bears a potential risk of remnants and
thus a dissolution of Al ions into the host tissue that cannot be excluded [185]. Some studies reported
that aluminum ions may inhibit normal differentiation of bone marrow stromal cells and normal bone
deposition and mineralization [201,202]. However, Wennerberg et al. compared the influence of sur-
face contaminations by analyzing implants blasted with 25 lm particles of TiO2 and Al2O3 in rabbits.
As a result they found no statistically significant differences between the implants in bone implant
contact formation or removal torque values and concluded that no differences could be found between
the implants blasted with the same size of the particles but using different blasting materials. More-
over, no negative effect of alumina could be detected [185]. These results were confirmed in other
studies [189,200,203,204].

The use of biocompatible, osteoconductive and resorbable blasting materials such as hydroxyapa-
tite or beta-tricalcium phosphate has been investigated. Reports on the use of such blasting materials
have indicated that roughened surfaces with calcium phosphate blasts show a higher formation of
bone implant contacts versus untreated control groups and are comparable to commonly used alu-
mina or titania blasting procedures [205–207].

4.1.2. Acid etching
Especially titanium based biomedical alloys are widely structured via acid etching procedures.

Herein the variety of recipes used to achieve surface modification is wide. However, in all cases strong
acids such as HCl, HNO3, H2SO4 and in particular HF are needed to attack TiO2. Acid etching methods
performed on untreated titanium based alloy surfaces have shown to form micro pits at sizes ranging
in between 0.5 and 2 lm and have been shown to be beneficial to cell adhesion and enhance osseo-
integration [195,208,209].

The immersion of titanium implant materials in a mixture of concentrated HCl and H2SO4 at ele-
vated temperatures (100 �C) for several minutes results in homogeneous micro roughened surfaces.
It has been shown that surfaces structured in this way promote a high ability for a rapid osseointegra-
tion and a subsequent long term success [210]. HF is known to show a high ability to dissolve the pas-
sivation layer, mainly consisting of TiO2, on titanium based materials. Therefore a mixture of HF and
HNO3 has been also used to create surface structures at the micro level [211,212]. Moreover, it has
been shown that fluoride incorporation into the created surface structures induces an enhanced osteo-
blastic differentiation and is favorable to the osseointegration of implants [213]. However, fluoride
contaminations are known to have an ambivalent influence on the response of the host tissue [214].

Most commonly, acid treatments are carried out after a blasting step to remove blasting damaged
surface zones and to refine at the same time surface roughness characteristics. More aggressive mix-
tures lead to generally finer surface defect distributions, whereas less aggressive acidic solutions in-
duce a finer roughening [215]. After blasting the reactivity of surfaces against the etching solutions
is different and thus, remarkably differences in roughness values can be achieved.

SLA surfaces (sand blasted large grit and acid etched) have been reported to show topographies of
different scales at the same surface. In several investigations the superior quality of such a combined
blasting and acid etching structuring technique has been demonstrated in vitro and in vivo [195,216–
218].

4.1.3. Anodization
Electrochemical anodization represents another typical surface modification method mainly used

for titanium based biomedical alloys. In this approach, the implant material is exposed to an anodic
voltage in an ionic solution (often H2SO4, H3PO4, acetic acid). As a result of polarization (usually
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several 10 V), a comparably thick TiO2 layer can be grown on the titanium surface. This treatment is
used to increase the oxide thickness and to enhance the corrosion protection. In particular, a possible
selective ion release may practically be suppressed if the bulk material represents an alloy, containing
soluble compounds, for example vanadium in Ti6Al4V. By altering the process parameters such as
anode potential, electrolyte composition, temperature, or under galvanostatic conditions, structural
and chemical properties of anodic oxides may be varied.

Under anodic polarization above approximately 100 V the potential may be so high that the oxide
thickness substrate does not increase anymore but reaches the dielectric or avalanche breakdown lim-
it. Thus the oxide will locally no longer be resistive but will allow high current flow across the oxide
layer. As a result, at such spots the process will lead to an increased gas evolution – oxygen from the
electrolyte – and sparking may be observed. This type of high voltage anodization is often referred to
as spark anodizing (sparking) or micro-arc oxidation. At the spark locations irregular crystalline oxide
forms (at breakdown channels) and after extended time the entire surface may be sparked leading to
an irregular porous oxide film. These layers usually have a high micro hardness, strength and wear
resistance [219–224].

Yang et al. investigated sparked titanium surfaces in terms of structure in relation of the applied
potential and the apatite formation ability of such modified surfaces in simulated body fluid to syn-
thesize bioactive titanium [219]. In this study titanium samples were anodized at different potentials
varying from 90 to 180 V in H2SO4 of different concentrations. The authors indicated that with increas-
ing potential, on the one hand structural features at the micrometer level could be obtained, and on
the other hand the crystalline nature of the formed oxide layers changed with the applied potential
from anatase to rutile (Fig. 8a and c). Soaking these modified surfaces in simulated body fluid for
6 days leads to an increased hydroxyapatite growth with a higher anodization potential (Fig. 8b and
d).

However, no apatite formation could be observed on anodically oxidized titanium that was treated
at potentials below the breakdown potential, even though anatase was produced on the surface. Yang
et al. concluded that apatite formation on titanium can be initiated on sparked surfaces, indicating
that a three dimensional structure of the micro porous titanium oxide structure may be necessary
to induce apatite formation on the surfaces. In other investigations such surfaces anodized in the
described matter showed a strong augmentation in bone response and histomorphometric test in
Fig. 8. SEM images of an anodically oxidized titanium surface at 155 V in 1 M H2SO4 for 1 min (a) after soaking for 6 days in SBF
(b). XRD patterns taken from titanium surfaces anodically oxidized at 90 V, 155 V and 180 V in 1 M H2SO4 for 1 min (c) and after
soaking these samples in SBF for 6 days (d) [219].
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comparison to untreated control groups as explained by an enhanced mechanical interlocking trough
bone growth into the pores [220,225].

A further development of spark anodized titanium surfaces used in biomedical applications is con-
stituted by the chemical composition of the formed titanium oxide layers during anodization. There-
fore, the addition of calcium ions and phosphates into the electrolyte were investigated to achieve
incorporation of Ca/P to induce osseointegration of new bone and to become bioactive [226–228].

4.1.4. Plasma spraying
Plasma spraying is another method used for the structuring of implant surfaces in the micron-scale

level. This method is a version of thermal spraying, a technique for producing coatings using a plasma
jet at high temperatures that projects particles onto the surface of the implant where they condense
and fuse together. Usually deposits produced with plasma spraying show thicknesses from microme-
ters to several millimeters and can be produced from a variety of materials. In biomedical applications
bioinert ceramics with excellent mechanical properties, such as titania, zirconia or alumina are depos-
ited mostly onto titanium based alloys by plasma spraying to increase the surface roughness and at
the same time to modify the surface chemistry. Alumina and zirconia coatings are being used clini-
cally, mostly due to their higher wear resistance than titania. However, alumina and zirconia coatings
cannot bind directly to bone tissues due to their bio-inert nature, thus limiting their use in hard tissue
applications [229]. Plasma spraying of titania has been used to produce rough implant surfaces – such
coatings may show an average roughness of around 20 lm (using high deposition thicknesses to
achieve uniform deposits) [230]. Buser et al. demonstrated that such coatings induce an increase in
the bone to implant contact formation by measuring the tensile strength at the interface [183]. How-
ever, there is a controversy on the binding strength and on particle release from plasma sprayed coat-
ings into the host tissue, caused by either dissolution or fretting [231]. Plasma sprayed surfaces are
often used in combination with other modifications such as blasting or etching [230,232]. More re-
cently, plasma spraying is increasingly used for hydroxyapatite coatings as these coatings show beside
the structural influence also improved abilities in terms of bioactivation [233].

For an optimal and true ingrowth of bone into porous structures of biomedical material, typically a
macro porosity in the range between 100 and 500 lm is required [234,235]. Thus the above described
surface modification methods (with smaller scale ranges) are more directed towards the development
of a proper interlocking of the host tissue with the biomedical implant material rather than an in-
growth of bone [236,237]. Indeed, micrometer scale topographic modification of implant surfaces
have been shown to induce an improvement of the bone implant contact formation and further more
to accelerate the development of a stiff interface in vivo [238,239]. Another direction of studies at the
patterned surface – cell interaction is provided by the engineering of micropatterns to address pat-
terns of single or multiple cells through precise surface engineering, mainly used for in vitro investi-
gations of cellular bioassays that provide also new insights into cell behavior controlling factors.
Excellent reviews exist and interested readers are referred to [240–244]. For more detailed discussion
on the above described methods on surface modifications of biomedical implant materials at the mi-
cron level and other mechanical surface modification methods, such as grinding and polishing, the
readers are referred to [183,197,229,245–247].

4.2. Surface topographies at the nanometer level

In previous paragraph an introduction to techniques to alter the surface topography at the micron-
scale was given. Such surfaces mostly show random topographies with surface structures ranging in a
wide range from nanometers to millimeters. Zinger and coworkers showed that combining surface
patterning techniques at the sub-micrometer level with subsequent sandblasting and etching led to
surface roughnesses with combined micrometer and nanometer structures and thus showed an en-
hanced osteoblast activity [209,248]. From such studies it was deduced that cell attachment in vitro
and the bone implant interface in vivo may be influenced by both nanoscale and microscale parame-
ters of topography, where osteoblasts showed an enhanced attachment on submicron-scale structures
[249,250]. The role of surface roughnesses at both length scales, either micron or nanometer level,
requires the consideration that molecular interactions with the surface occur and as a direct
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consequence, cell adhesion phenomena and local biomechanical features of the established interface
are directly influenced by this length scale. Modifications of surfaces at the nanoscale will have an
effect on the chemical reactivity of a biomedical material and thus affect ionic or biomolecular inter-
actions of the surface with the host tissue. Such changes in surface properties altered by modifications
at the nanoscale may change wetting properties, lead to a different protein adsorption, or have an
influence on the mineralization of de novo bone formation. The importance of topography at the nano-
meter scale has been emphasized, where one interpretation of the sensitive reaction to nanotopogra-
phy occurs because there are small differences in chemistry between one part of the topography and
another. An opposite view is that even when small local differences in chemistry are made by
techniques such as nanoprinting, there is also a small difference in topography [251–254].

Up to now there is no absolute knowledge on the influence of such features on the biological envi-
ronment, because of the absence of standardized surfaces with repetitive topography at the nanoscale
level with highly controllable lateral resolution. The increasing availability of well understood and
standardized surface structures in the sub-100 nm scale will strongly help to understand the interac-
tions between specific proteins and cells.

In the past years reports have been published on the tailored adjustment of surface features at the
nanometer level to explore a possible impact of surface structures in the sub-100 nm region. The most
promising approaches to fabricate surface roughnesses in the desired structural sub-100 nm region
with an adequate lateral resolution in a reproducible manner at the nanometer scale, as well as com-
parable surface chemistries will be discussed in the following paragraph.
4.2.1. Photo, electron beam and colloidal lithography
Photolithographic approaches are commonly used for micron-scale structuring of semiconductor

devices. Hence, this approach has also been reported as structuring technique to fabricate well-de-
fined surface features in materials ranging from silicon and quartz to polystyrene and silicone elasto-
mer of distinct lateral resolutions. To achieve such surface structures, commonly used approaches in
the silicon wafer industry are used, representing a light sensitive photoresist, a patterned mask to
transcript any geometry to the surfaces which is then developed under the influence of light and fur-
ther sequentially removed, thus leaving a topography of resist around areas of exposed substrate. In a
further abrasive step the exposed areas can then be chemically wet etched or reactively removed un-
der ion bombardment. For nanoscale structuring shorter wavelength sources such as deep UV and X-
rays are used. Short wavelength writing techniques are based on ion or electron beams. Depending on
the treatment and composition of the substrate, a variety of areas of nanostructured surfaces can be
embedded into micropatterns [255–257].

Turner and coworkers reported on textured silicon surfaces at the nanoscale that were fabricated
using a reactive ion etch process designed to produce nanometer scale columnar structures in silicon
that they called silicon grass. Standard photolithographic techniques were used to pattern the surface,
Fig. 9. Schematic outline of the steps used to produce silicon substrates with patterned surface features at the nano level, SEM
image of the synthesized silicon grass and scanning confocal micrograph of cells from LRM55 cell line adhering preferentially to
the wet-etch smoothed regions [254].



Fig. 10. SEM images of different nanopitted silicon masters of different pit sizes produced by high-resolution e-beam
lithography and quantification of cell areas of primary human fibroblasts to the same types of nanopitted regular arrays made in
polycaprolactone against plane control surfaces (adapted from [270]).

290 S. Bauer et al. / Progress in Materials Science 58 (2013) 261–326
thereby allowing selective modifications of the surface texture by a wet chemical etching for silicon.
The resulting surface allowed a side-by-side presentation of different surface textures to cells grown
in culture (Fig. 9). In this study, besides other cells investigated, cells from cell line LRM55 showed on
such textured surfaces a preferred attachment and growth on the smoother surface compared to the
silicon grass surface whereas primary cortical astrocytes preferentially attached and grew on the very
rough silicon grass areas [254,258].

Photolithography has been used by many pioneers in the field of cell response to study the influ-
ence of microtopography. However, its usefulness for producing nanotopography is very limited and
more precise methods have been introduced to come over the need for highly ordered surface topog-
raphies at the nanometer level.

Wilkinson et al. reported on the use of electron beam lithography to fabricate surface patternings in
the range of several 10 nm [259,260]. Then a nickel die fabrication and hot embossing into polymers
was used. With this technique it is possible to achieve different pit sizes at the several 10 nm range.
Fig. 10 shows examples for three different patterns of pits with diameters of 35, 75 and 120 nm,
respectively. In the reports the pitch between the pits rose from 100 nm over 200 nm to 300 nm with
increasing pit size. In this study, it was reported that such ordered surface arrays of nanopits in polyc-
aprolactone or polymethylmethacrylate show marked effects in reducing primary human fibroblasts
adhesion compared with less regular arrays or planar surfaces. It was deduced from the results that
the investigated cells might be able to distinguish between the different symmetries of the fabricated
arrays [251,261].

Most direct and promising is e-beam lithography as structuring technique for the investigation of
surface roughnesses at the nanometer scale. However, the challenge remains in establishing long
range order (i.e. over large sample areas) as the de-focussing of the beam becomes a main limiting fac-
tor at (sticking) deflections of more than 1 mm. Repeated moving the sample during writing by inter-
ferometric control has been used to enable the fabrication of large areas of patterns to be produced for
cell testing (and stitch accuracies of approximately 20 nm can currently be achieved) [259]. Moreover,



Fig. 11. Nanostructured gold surfaces showing different shapes of the upper part of the columns achieved by different heat pre-
treatments of the PMMA particles before argon ion etching. (a) not heated particles, (b) particles heated to 106 �C and (c) 112 �C
[262].
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e-beam lithography is in general comparably expensive (in vacuum) and time consuming technique
(as each feature has to be written sequentially and considering that for proper cell tests an area in
the range of several cm2 is needed) to achieve surface structures for in vitro investigations.

In contrast, colloidal lithography offers the possibility to produce nanostructured surfaces on large
scale areas at relatively low prices. The main principle of this technique is based on the dispersing and
electrostatical self organization of nanocolloids on a substrate. Often these surfaces are then treated by
bombardment with reactive ions leading to an etching (removal) of the surrounding material as well
as the colloids themselves [262–264]. As a result, nanocolumns can be achieved in a highly reproduc-
ible manner (Fig. 11). Surface structures that are fabricated in the above described way can be used for
in vitro investigations directly, in contrary to the other lithographic processes. However, such surfaces
are mostly used as die for imprinting into various material systems. Gallagher and coworkers reported
on such structuring methods by using SiO2 dies on polycaprolactone [265]. Dalby et al. summarized
various reports on the use of nanocolums produced by colloidal lithography [266] and concluded that
cells are highly responsive to nanotopography produced with e-beam lithographic nanopits, and col-
loidal nanocolumns were found to reduce adhesion and more gentle nanoislands to increase adhesion.
Up to now the presented lithographic surface structuring techniques do not show sufficiently small
structures, either of the cavities themselves or of the distance in between as shown in Figs. 9–11,
for authentic investigations on the influence of nanofeatures in vitro.

4.2.2. Demixing of polymers
Another method described for the fabrication of structured surfaces at the nanometer scale without

altering the material chemistry is based of a controlled demixing of polymers. Therefore, spontaneous
demixing of polystyrene and poly (4-bromostyrene) during spin coating on silicon wafers is used to
produce islands or different heights [267]. It has been shown that polystyrene shows a strong segre-
gation towards the surface when annealing the film. This means that despite the topography being
formed by polymer blends, after the films are annealed the cells only interact with a single chemistry,
in this case polystyrene [268]. Fig. 12 shows AFM images of three different surfaces with island heights
of 13, 35 and 95 nm. It has been reported that on islands with 95 nm height a decreased endothelial
response was observed, compared to 13 nm high islands where cells were seen to give the largest
Fig. 12. Atomic force microscopical images of demixed polystyrenes with 13 nm, 35 nm and 95 nm high islands [269].
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response, with highly spread cell morphologies containing well-defined cytoskeleton [269]. Moreover,
the cells were seen to be more spread on the manufactured topographies than that on flat surfaces of
similar chemistry.

The structurization of surfaces is classified according to the vertical dimensions. This means that
the vertical length scales reported fit to the recommended sub-100 nm region. However, at an island
height of 13 nm the average diameter of such islands is already at 140 nm [269]. With increasing
height of the islands the lateral dimensions are increasing as well, as indicated in the AFM images
of same magnification taken from the surfaces in Fig. 12. Other reports have shown comparable results
on using demixed polymer surfaces for the use in in vitro investigations [270–272].
4.2.3. Nanophase biomedical ceramics, metals and alloys
To achieve a structurization in the desired sub-100 nm scale range Webster and coworkers fabri-

cated nanophase ceramics [273] and metals [274]. In principle, ceramic or metal powders that show
an average grain size distribution at the nanometer level are pressed and further sintered. Thus, sur-
faces of materials synthesized via this processing procedure can be used for in vitro response investi-
gations. In case of ceramics, powders of alumina and titania have been used. By sintering the pressed
powders in air for 2 h at either 1000 or 600 �C the ceramics were successfully produced. Depending on
the temperature the starting average grain sizes of 23 nm and 32 nm can be enlarged to values up to
177 nm and 2.12 lm [273]. In addition, the created surfaces of different grain sizes possess the same
crystallinity and surface chemistry, altering only in degree of nanometer surface features. Fig. 13
shows such surface roughnesses recorded by AFM. Webster and coworkers reported on a significantly
increased adhesion behavior on nanophase alumina surfaces compared to grain sizes in the range of
177 nm, and to cover slide glasses used as control. Comparable results could be found for nanophase
grain sizes in case of titania surfaces [273]. At the same time, an increase of adherent fibroblasts was
reported on nanophase ceramics [275]. Supporting evidence of decreased fibroblast function on nano-
phase ceramics has been presented [276–278].

The adhesion behavior of osteoblasts has been reported to show a comparable behavior in relation
to the average grain size of biomedical alloys such as cp-titanium, Ti6Al4V and CoCrMo [274]. Webster
and coworkers concluded that the adhesion behavior of cells in dependence of the average grain sizes
of the used surfaces may be independent of any surface chemistry, as this topographical dependency
could be found on either ceramics or metals and other materials [279–282].

These methods for fabricating surface topographies with high lateral resolution in the sub-100 nm
range show limitations. Many of the presented approaches are not based on biomedical implant mate-
rials that can be used for hard tissue applications or are not clinically relevant. Although this plays a
major role in case of transferring the identified dependencies or influencing factors of surface model
topographies at the nanometer level to real biomedical material surfaces, the most important task is to
have a material system that possesses a good adjustability of nanometer scaled features in the sub-
100 nm range in a highly reproducible manner. Moreover, most of the shown examples for structuring
techniques are very time consuming, difficult to process and the generated surface structures are
somewhat not sufficiently defined. The majority of the shown structures do not fit into the demand
of nanometer features in the sub-100 nm range as they are often much bigger than 100 nm. Although
numerous investigations have been reported by using the presented surface structures and by using
various cell types, up to now it is somewhat difficult to compare the observations, as the investigations
have been proceeded on totally different material systems with nanofeatures of different sizes which
makes it hard to normalize the results. The desired successful adjustment of nanofeatures of different
sizes in narrow alternations has not been described so far. A precise control of defined spacing be-
tween adhesive ligands of cells on interfaces at a length scale of 10–100 nm still remains a major chal-
lenge. Recently, two methods have been reported to possess the ability to structure nano features at
high and distinct lateral resolutions and in a highly reproducible and fairly simple manner. These tech-
niques are either based on a non-clinically relevant material system of gold nanodot arrays that are
further coupled with cell adhesive sequences placed in distinct distances on wafers, or the growth
of anodic nanoporous or nanotubular oxide structures on valve metals that can be tailored in size
for example on biomedical titanium.



Fig. 13. AFM topographies taken from nanophase and conventional alumina and titania surfaces [273].
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4.2.4. Gold nanodot arrays
Highly ordered arrays of gold nanodots on silicon wafers or glass slides are achieved by a micelle

diblock copolymer lithography technology that represents a nanopatterning strategy which enables
the modification of substrate topographies at the desired length scale. This technique is mainly based
on the self-assembly of polystyrene-block-poly (2-vinyl pyridine) (PS-b-P2VP) diblock copolymers,
which form reverse micelles in toluene where the core of the micelle consists of the P2VP blocks which
complex the metal precursor (HAuCl4) when added to the micellar solution. Dipping of the substrate
into the solution and further plasma treatment to remove any organics, the deposition of highly reg-
ular gold nanoparticles forming a nearly perfect hexagonal pattern on solid-state interfaces can be
achieved with spacings of the nanoparticles in between 15 and 250 nm (Fig. 14). These nanostructured
arrays are used as templates for the spatial arrangement of RGD-based ligands, as indicated in Fig. 14.
Since the gold dots are sufficiently small (1–20 nm), it is most likely that only one integrin transmem-
brane receptor directly interacts with one dot [283,284].

Spatz and coworkers reported in several publications on the cellular behavior of cells on such RGD
modified gold nanodot arrays. They observed that MC3T3 osteoblasts showed on 28 and 58 nm spac-
ings well spread cell shapes, whereas on higher spacings the cell shape was found to be much more
globular and possessing a migratory morphology. Cell numbers were reported to be directly influ-
enced by the lateral spacings, thus, nanodots separated by 58 nm and not conjugated to RGD did show
much less cell numbers (Fig. 15). Furthermore, these observations were repeated with other cell types,
like REF52-fibroblasts, 3T3-fibroblasts and B16-melanocytes, indicating a universally characteristic
cell adhesion behavior [285].

It was concluded that a critical spacing of the nanodots must not be larger than 58 nm to achieve
stable adhesion and the expression of focal adhesion complexes. These nanodots form a very valuable
tool, since pattern dimension and geometry control the assembly of single integrins. Thus, uniform
patterning of extended substrate areas by diblock copolymer micelle lithography provides access to
an important length scale for cell adhesion studies that is hardly accessible with any other technique
[286].
4.2.5. Anodic nanoporous and nanotubular surfaces
Nanoporous and nanotubular oxide films grown electrochemically on valve metals have received

considerable interest in the past decade [287–290]. The use of such surface oxide structures as
nanoscaled models for in vitro investigations has been explored widely. Alumina materials as well



Fig. 14. Scheme of diblock copolymer micelle lithography to achieve highly ordered gold nanodot arrays for further
biofunctionalization with RGD. SEM images of gold nanodot patterns with spacings of 28, 58, 73 and 85 nm (adapted from
[284,285]).

Fig. 15. Number of adhering MC3T3 osteoblasts on nanopatterned surfaces with different spacings after 1 day in culture [285].
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as titanium, respectively titanium dioxide, represent well accepted biomaterials as these materials
have been used extensively as substrates for bone tissue engineering applications.

Anodic porous alumina coatings are part of current research in bone tissue engineering. In a study,
alumina membranes with a narrow pore size distribution of 200 nm were used as model surfaces in-
tended to simulate porous anodic alumina converted from aluminum that was deposited on titanium
and then anodized to produce pores in the coating [291]. These substrates were cultured with human
osteoblasts and seemed to provide a good surface for osteoblastic cell growth, with cells rapidly
spreading, flattening and adhering firmly to the surfaces [292]. Using this procedure, pores less than
100 nm diameter where not achieved, i.e. the effect of sub-100 nm topography on osteoblasts could
not be investigated. Porous anodic alumina layers converted from sputted deposited aluminum layers
have been reported to enhance the interlocking of bone cement to the implant surface in cemented
joint applications, especially on bioceramic materials [293]. In further work, when culturing mesen-
chymal stem cells anodic nanoporous alumina surfaces supported higher cell adhesion, proliferation,
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and viability up to 7 days of culture when compared with amorphous alumina surfaces. The long-term
effect of these nanoarchitectures on the functionality and phenotypic behavior investigated after a
period of 3 weeks showed that the bone-cell performance can be improved using controlled nanoar-
chitectures [282]. Adhesion and proliferation of epithelial normal cells were investigated on nanopor-
ous alumina surfaces with different porosity adjusted by the electrochemical growth parameter. It was
reported that the changes in surface area to which the cells could adhere, and the interactions be-
tween small ECM molecules, were influenced by sufficiently small structures on the surface [294].

Titanium, one of the most commonly used implant materials in medicine, when anodized in fluo-
ride containing electrolytes possesses the ability to produce highly ordered TiO2 nanotube arrays with
a high adjustability of the lateral dimensions in the sub-100 nm region. Ordered nanotubular struc-
tures of TiO2 or other transition metal oxides can be formed, as schematically shown in Fig. 16. In gen-
eral, the morphology and the structure of nanotubular layers are affected strongly by the
electrochemical conditions, particularly the anodization voltage, and the solution parameters such
as HF concentration and pH [288,290,295,296]. For more detailed information on growth, structure
and applications of anodic oxide nanotube layers in various fields the readers are referred to [297].

A main feature is that the diameter of such TiO2 nanotubes can be directly adjusted by the applied
anodization potential [298]. This allows a level of diameter control in the range of 15–100 nm and
makes the surfaces an excellent model for the investigation of nanoscale interaction with living matter
(Fig. 16).

In recent works, it has been shown that vitality, proliferation, motility and differentiation of mes-
enchymal stem cells, hematopoietic stem cells, as well as the behavior of osteoblasts, osteoclasts and
endothelial cells are critically influenced by the nanoscale TiO2 surface topography with a specific re-
sponse to nanotube diameters between 15 and 100 nm (Fig. 17). Moreover, it was demonstrated that
adhesion, proliferation, migration and differentiation of the investigated cell types were at a maxi-
mum for a length scale of 15 nm nanotubes, but minimal at 100 nm nanotubes (this size was found
to strongly induce apoptosis). This effect has been proposed to be related to the effective size-scale
of the integrin based focal contact formation between cells and surfaces, and the optimum nanotube
diameter seems to enhance cellular activities compared to smooth surfaces [299–301].

However, other results were also reported, indicating favored cell adhesion and proliferation on
80 nm [302,303] nanotubes as compared to nanotubes with smaller diameters – this was attributed
to differences in surface chemistry or crystallinity. In a further report it could be demonstrated that
the response of mesenchymal stem cells to the same nanotubular surface geometries but with
different materials such as ZrO2 nanotubes and AuPd-coated nanotube arrays was universal, i.e. less
Fig. 16. Schematic setup for anodization of titanium in fluoride containing electrolytes. Depending on anodization conditions
(mainly potential, electrolyte, temperature), the solid oxide layer can be transformed into nanotubular structures. Exemplary
SEM top views of anodically formed TiO2 nanotube layers on biomedical titanium grown at different anodization potentials
ranging from 1 to 20 V show indicate the linear potential dependency of the nanotube diameter on the applied potential [298].



Fig. 17. Fluorescence microscopy images of GFP-labeled mesenchymal stem cells after 3 days incubation on 15 nm and 100 nm
TiO2 nanotube layers. A 3 days after plating, focal contact formation and stress fiber assembly is extensive on 15 nm nanotubes
as shown by anti paxillin staining (red) and anti-actin staining (green), but strongly reduced on 100 nm nanotubes. MSC are
well spread on 15 nm nanotubes, but developed a migratory morphology on 100 nm nanotubes with few focal contacts and
stress fibers. Cell proliferation rates measured after 6 days by WST-1 assay as well as cell apoptosis show a strong dependency
on nanotube diameter [299].
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dependent on differences in surface chemistry than on minute topographic structural differences
[304]. Remarkable is that for every class of material or post treatment of the nanotubular surfaces a
maximum in cell activity was obtained for nanotube diameters of approx. 15 nm [300,301,304,305].
Long term in vivo investigations in the pig on the use of TiO2 nanotubes as implant coatings have
shown very promising results in terms of bone implant contact formation and mechanical stability
[306]. These findings indicate that nanotubular TiO2 layers are highly promising for tailoring
the cell-surface interactions of titanium based implants in a desired manner, as the nanotube
formation is also possible on implant alloys such as Ti6Al4V, Ti6Al7Nb or Ti29Nb13Ta4.6Zr and others
[307–310].

4.3. Chemical surface modifications

Biological tissue interacts mainly with the outermost atomic layers of an implant. Although sec-
ondary and other byproduct reactions will occur, the primary interaction zone is generally defined
by the first atomic layers. Therefore, various efforts are directed to modify surfaces of existing bioma-
terials to achieve desired biological responses [182,311]. Besides morphological modifications of the
surface roughnesses of biomedical implant materials, numerous chemical modifications of implant
surfaces have been investigated to obtain an optimized tissue interaction. The ideal hard implant
should present a surface that will induce osseointegration, a property that is in any case desired
regardless of implantation site, bone quantity or bone quality. Hence, physicochemical treatments
are designed to cause surface interactions directly with the chemical nature of the bone, in order to
enhance and influence the de novo bone formation. In principle, physicochemical approaches are
either based on the control of surface composition, surface free energy, wettability or electric charges.
These treatments may have the ability to turn a commonly bioinert surface of an implant material,
such as metals, into a bioactive character.
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4.3.1. Surface composition
A most direct approach to modify the chemistry of an implant surface is the application of coatings.

Particularly calcium phosphates are known for their bioactive properties and their increased bone-
binding effects. Therefore, calcium phosphate coatings, similar to the mineral phase of bone, have
been extensively investigated as bioactive coatings on bioinert implant materials [312–314]. For
example, metal implants have been coated with layers of calcium phosphates mainly composed of
hydroxyapatite. While hydroxyapatite resembles in its chemical structure apatites, carbonate apatite
comprises a chemical composition that is more close to the human bone. Incorporation of carbonate
into the crystal structure induces a higher reactivity towards bone. The material shows an increased
solubility rate in acids [315]. An increased dissolution rate after implantation leads to an enhanced
release of calcium and phosphate ions into the per-implant region, hence increases the saturation
of body fluids and therefore induces a facilitated precipitation of biological apatite onto the surface
of the implant [314,316]. Generally the bone healing process and thus the biological fixation of im-
plants to the host tissue was found to be enhanced with a calcium phosphate coating compared with
noncoated implants [317,318]. For the processing of calcium phosphate coatings onto metallic implant
surfaces various techniques have been investigated, such as plasma spraying, sol–gel coating, electro-
phoretic deposition, ion implantation and biomimetic precipitation, in order to combine the mechan-
ical properties of the substrate metals and the biological properties of calcium phosphates.

Plasma spraying is the most commonly used coating technique for calcium phosphates. As men-
tioned before plasma spraying also leads to a surface modification in terms of higher surface rough-
nesses. Therefore hydroxyapatite coatings can combine surface topography with chemical effects
[319–323].

However, plasma spraying shows some disadvantages in long term investigations. To achieve a
dense complete coverage of the substrate material the sprayed depositions must have a minimum
thickness of approx. 50 lm. Depending on the field of application – in particular if an orthopedic or
dental implant devices is used – this can result in a relatively poor bonding between the plasma
sprayed apatite coating and the substrate material [324]. Additional pre-treatments of the substrate
material are required to achieve a roughening and thus a better mechanical interlocking of the depos-
ited layers. Moreover, particle release and delamination from the deposited layers and possible
inflammatory responses have been reported [324–326]. Furthermore it has been shown that during
the coating procedure uncontrollable changes in the composition and crystallinity of the initial cal-
cium phosphate material can occur due to the high energy involved in the process. This means that
it is very difficult to coat the desired carbonate apatite, as its structure is decomposed during plasma
spraying [327]. To overcome these limitations in apatite coating of implant materials several alterna-
tive coating procedures have been investigated.

Most of the problems known from plasma spraying are associated with the excessively high fabri-
cation temperature. In comparison, the sol–gel technique offers certain advantages, because of the
high chemical homogeneity, fine grain structure, and low crystallization temperature of the resulting
coating. Moreover, it is an economical and technically simple procedure to perform [328,329]. In this
method calcium phosphate coatings are prepared by dipping the substrate in calcium (usually nitrate
salts) and phosphorus gels. As formed coatings show porous, less dense structures and are reported to
show a poor adhesion to the substrate material [330,331]. This poor adhesion is a detrimental factor
which limits their use. Therefore, these coatings must be sintered at high temperatures to improve
their adhesion strength and density. Depending upon the sintering temperatures different calcium
phosphates can be obtained [332,333]. Fluoridated hydroxyapatite coatings with different fluoride
contents prepared by sol–gel methods have shown an ambivalent behavior: either to improve the cell
viability or at high fluoride contents a decreased calcium release in culture medium due to reduced
solubility. For clinical applications, it is suggested that a moderate content of fluorides may be suitable
as a compromise among cell attachment, proliferation, apatite deposition and dissolution resistance
[334,335].

Cathodic deposition is another type of electrochemical method where hydroxyapatite is formed
in situ from an electrolyte containing calcium and phosphate ions where such ions are electrochem-
ically reduced at the cathode. The electrochemical cathodic deposition of calcium phosphates has been
reported as a method that can proceed at ambient temperatures with a high controllability and thus
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resulting in a good conformability to the shape of the substrate. Adjusting the pH, current density and
agitation, it is possible to obtain tailor made calcium phosphate coatings. Post sintering processes are
not required in most cases, however a post crystallization of the deposit may be performed for desired
phase stabilization [336]. Most commonly deposition is carried out in acidic calcium phosphate solu-
tions that require further aging steps to convert the deposited layers [337–339], other reports have
indicated the deposition of apatites from simulated body fluids [340–342]. The current trend in catho-
dic deposition is the synthesis of calcium phosphate coatings as nanocrystalline deposits, as nano-
phase grained hydroxyapatite shows greater biological activity. Therefore emphasis is being laid to
produce these coatings by using very low concentrations of calcium and phosphates in the depositing
solution without the addition of any precursor [343].

In contrast, electrophoretic deposition exhibits a deposition technique based on the movement of
charged particles in an electric field that are dispersed in a solution at a particular pH – thus HAp par-
ticles are precitipated at the cathode due to local alkalization. Under these adjusted conditions the
particles acquire positive charges and thus coatings can be obtained on the cathodically polarized sub-
strate material. However, deposition relies on the coagulation of particles to a dense mass; a post sin-
tering is required to improve the coating strength [344–347]. Electrophoretic deposition enables
uniform coatings even on complex geometries at high deposition rates and requires at the same time
no expensive apparatus. As disadvantages of electrophoretically driven coatings it has been reported
that it is difficult to produce dense crack-free coatings, as the post-sintering is required at elevated
temperatures. Moreover, the adhesive strength of such layers has been found to be very low [348].

Physical vapor deposition techniques such as ion plating [349], magnetron sputtering [350] and ion
beam dynamic mixing [351] have been introduced to deposit thin calcium phosphate coatings onto
implants. The frequent initial amorphous nature of these coatings can be easily improved by a rapid
heat treatment [352,353]. The main component of the crystalline structure of these heat-treated films
is hydroxyapatite. Various studies already confirmed the favorable bone behavior of calcium phos-
phate coated implants using such physical vapor deposition techniques. For example, ion beam depo-
sitions of calcium and phosphorus onto the surfaces of biomedical materials have been reported to
enhance the ability for the formation of hydroxyapatite when exposed into simulated body fluids
[354]. It has been concluded that crystalline calcium phoshate rapidly nucleate on the surfaces show-
ing a high adhesive strength and are less prone to crack formation upon further treatment with sim-
ulated body fluid medium. However, the deposition of ions onto the surface is an expensive process
and moreover a subsequent sintering step at high temperatures is required [351,355]. In a study on
the bone implant contact formation in rabbits it was reported that such ion beam treated surfaces
may benefit the bone implant response [356].

In order to overcome the drawbacks of the described coating approaches, a biomimetic coating
technique has been developed inspired by the natural process of biomineralization. In principle the
deposition of apatite by immersion into physiological solutions, known from in vitro biocompatibility
testing, is adapted in order to achieve depositions that are close to the composition and chemistry of
natural bone [142,318]. This method involves the heterogeneous nucleation and growth of bone like
crystals on the surface of the implant at physiological temperatures and under pH conditions which
are maintained at around 7.4. In order to accelerate the deposition of coatings from simulated body
solutions, several approaches have been put forward. Possible pre-treatments for the acceleration of
heterogeneous nucleation can be found in the above described deposition techniques such as cathodic
electrochemical deposition in simulated body fluids.

Other surface modification methods, such as alkaline treatment [357–359], acid treatment [360]
and H2O2 treatment [361,362] of TiO2 [363] have been reported in an attempt to form a bioactive sur-
face on metal based implants. Kim et al. [358] reported that amorphous sodium titanate hydrogel, ob-
tained by exposing pure titanium into alkaline solutions and a subsequent heat treatment, would
induce apatite formation when soaked in simulated body fluid. It was shown that pure titanium metal
formed a bonelike apatite layer on its surface in simulated body fluid within 3 days after being pre-
pared by soaking in 5 M NaOH solution at 60 �C for 24 h with subsequent heat treatment at 600 �C
for 1 h [358,364,365].

Others have used high concentrations of calcium and phosphate ions in an increasing pH solution
to form a thin layer on the implant surface. In a second step, the desired apatite coating developed



S. Bauer et al. / Progress in Materials Science 58 (2013) 261–326 299
under crystal growth conditions from simulated body fluids [366]. A recent study on the precoating of
TiO2 nanotube arrays grown anodically on titanium with calcium phosphate layers by an alternative
immersion method indicated a drastically enhanced physiological hydroxyapatite growth in simu-
lated body fluid [367]. It has been reported that such biomimetic coatings show a higher solubility
in physiological fluids and are more resorbable by osteoclastic cells like dentin materials than high
temperature coatings such as plasma-sprayed apatites [368,369]. From preclinical investigations it
has been reported that titanium implants coated with biomimetic calcium phosphates show an accel-
erated and higher bone implant contact formation than observed in control groups [318,368].

For more detailed information on the reviewed coating techniques of calcium phosphates onto im-
plant materials and their applications the readers are referred to [229,370–372].

4.3.2. Physicochemical characteristics
Surface physicochemical characteristics of a biomedical implant material such as wettability, crys-

tallinity and charge may critically influence the host response of an engineered replacement by affect-
ing directly or indirectly protein or cell to implant interactions in vivo [373]. Controlling such surface
features can be used to tailor surface related tissue responses such as biomolecule adsorption, cell
attachment and vitality.

In order to alter surface physicochemical properties numerous approaches have been reported.
Therefore, a brief overview on the most common strategies for the tailoring of surface chemical gra-
dients will be introduced. As a fundamental criteria the methodologies for surface chemistry gradient
generation can be divided either in top-down treatments that imply the surface modification and the
bottom-up that imply the deposition of species onto the surfaces.

Glow discharge is widely used for the sterilization of biomedical devices prior to implantation and
involves the exposure to a highly energized inert gas such as plasma. Besides the generation of hydro-
xyl free radicals, oxygen and other reactive species used for the killing of bacteria, this atmosphere
influences the wetting behavior of implant materials at the same time leading to an increased hydro-
philicity [374]. Thus glow discharge has been used to increase surface free energy in order to increase
tissue adhesion [375]. However, it has been reported that an increased bone implant contact forma-
tion due to an increased surface energy has not been observed. It was proposed that circulating blood
could immediately contaminate the implant surface and thus lower the activity (high surface energy)
[376]. To overcome this spontaneous contamination Rupp and coworkers have reported on a specific
after treatment process of sandblasted acid etched (SLA) titanium surfaces to retain the high surface
energy. Therefore, the titanium devices were rinsed after the etching process under a protective N2 gas
condition and continuous storage in an isotonic NaCl solution at pH 4–6. It was described that such
modified SLA (modSLA) surfaces could retain the high surface energy by reducing the adsorption of
potential contaminants from the atmosphere and in the clinical situation, as the hydrophilic condition
remains during surgery at contact angles of about 0� compared to about 140� for conventional SLA
[377,378].

The influence of hydrophobicity of implant surfaces on tissue and the interaction of different types
of cultured cells or blood proteins with various solid substrates showing different wettability have
been reported elaborately [379–381]. A considerable number of studies have indicated that cells tend
to attach better to hydrophilic surfaces than to hydrophobic surfaces [382–384]. Contradictory reports
argue that cells adhere better on intermediate hydrophobic surfaces with contact angles of around 70�
[385–387]. These conflicting results may be due to the use of different materials, different surface
topographies and especially different surface chemistry applied to alter the wetting behavior.

Grafting with self assembled monolayers (SAM) involves the attachment of specific functional
groups onto the surfaces. Monolayers of organosilanes have been successfully used to tailor material
surfaces to obtain control over the molecular composition and the resulting integral properties of the
surfaces [388,389]. Several studies have described the effect of surface charge, wettability and topog-
raphy on protein adsorption and cell behavior by using SAMs with different terminal groups for
in vitro assay systems [390–393]. McClary et al. reported that hydrophobic methyl-terminated alkane-
thiol SAMs on gold induce minimal cell attachment and therefore do not support spreading and fur-
ther focal contact formation of mouse fibroblasts [394]. Faucheux and coworkers reported on the use
of a set of SAMs that were prepared differing in their wettability from hydrophobic to hydrophilic



Fig. 18. Scanning confocal micrographs of human fibroblasts attached to SAMs with different tail groups (X = CH3, NH2, COOH,
PEG) after incubation for 2 h. The cells were double labeled for vinculin (green) and F actin (red). In this example the
monolayers were attached on Au surfaces. h represents the approximated water-contact angle of the modified surfaces (adapted
from [385]).
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surfaces by the adsorption of alkylsilanes onto glass or silicon. Primarily the SAMs varied in the type of
functional end groups, such as methyl (CH3), amine (NH2), carboxyl (COOH), hydroxyl (OH), and
polyethylene glycol (PEG). It was reported that the starting conditions seem to be very important
for the subsequent reactions of cells [385]. Fig. 18 illustrates an example of cell spreading on different
functionalized SAMs.

One of the key effects of the different terminations is associated to the different surface wetting
properties (for example the contact angle varies from 90� to 30� when different terminations are
used).

Considering the role of electrostatic interactions in many biological events, charged surfaces have
been proposed as being conducive to tissue integration [395,396]. Contradictory results with charged
materials in bone have been reported; indeed both positively [395] and negatively [396] charged sur-
faces were observed to promote bone formation.

Ion implantation involves the bombardment of highly energetic ionic species to the surface of a
material. The ions penetrate the surface and thereby bring significant changes in chemical composi-
tion and structure at the near surface region. This further may improve wear resistance, corrosion
resistance and biocompatibility of implant materials [397,398].
5. Functionalization of implant surfaces

Alternatively to surface topography modifications and physicochemical treatments of surfaces to
achieve an enhanced bone implant interface formation, biochemical methods offer an alternative path.
These functionalization approaches require a deeper understanding of biology and biochemistry of the
host tissue at the interface in terms of mechanisms by which cells adhere to surfaces [399], the role of
biomolecules, functional peptide sequences and extracellular matrix proteins in influencing or regu-
lating differentiation and remodeling of bone and tissue [400]. Since Pierschbacher and Ruoslahti
found that the Arg–Gly–Asp–Ser (RGDS) sequence constituted the active site of several plasma and
extracellular matrix proteins such as fibronectin, vitronectin, type I collagen and osteopontin [401],
this peptide was immobilized onto surfaces and succeeded in enhancing cell adhesion remarkably
[402]. As a consequence, biochemical surface functionalization methods have been investigated in or-
der to immobilize bio attractive molecules such as proteins, peptides or enzymes onto surfaces in or-
der to induce and directly control specific cell and tissue responses at the implant tissue interface
[182]. However, a variety of tissue cells possess the same integrins, and therefore nonspecific attach-
ment of those cells to RGD-modified surfaces is a concern, which has to be overcome to develop func-
tionalized surfaces, modified with cell attachment agents, that are more selective on bone forming
cells.

5.1. Immobilization approaches for bioactive molecules

Besides the functionalization of surfaces, not only decorating them with cell adhesive sequences
but also by biomolecules that are involved in bone development and fracture healing, has become a
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wide open field in current research. Numerous growth factors have been identified and are commonly
expressed recombinantly and thus are available. The spectrum of growth factors and their effects on
tissue responses are widely spread from mitogenicity (IGF-I, FGF-2 or PDGF-BB) to increasing activity
of bone cells (TGF-b1 which enhances collagen synthesis) to osteoinduction (class of BMPs) [403,404].

Different methods have been introduced to immobilize biomolecules onto implant surfaces
(Fig. 19) including physical adsorption (e.g. via van der Waals forces or electrostatically), physical
entrapment (e.g. via barrier systems or hydrogels) for further controlled release and covalent immo-
bilization via reactive linker molecules.

Adsorption of biomolecules onto surfaces by simple dipping methods resembles the most straight
forward approach. However, this bears the drawback that this method provides only little control over
the release kinetics and thus delivery, retention and orientation of the adsorbed molecules are ham-
pered. In general, the driving force for the adhesion and stability of such molecules on the surfaces
depends only on weak physisorption (van der Waals forces). External parameters such as micro move-
ment of the implant, pH, temperature and solvent conditions in the host tissue represent important
factors. Several studies on the adsorption of bio attractive molecules and their influence on tissue
regeneration by adsorption of alkaline phosphatase [405] or delivery of TGF-b [406,407] into the tissue
implant interface have indicated that such approaches may have enhancing effects on bone formation
[408]. A conclusive indication whether such simple surface decoration methods with biomolecules
may be sufficient for clinical applications is somewhat doubtful in terms of the weak adhering forces
and thus the uncertain control over the release kinetics.

In recent years, not only the adsorption of bio attractive molecules has been studied but also the
loading of implant surfaces to either avoid inflammatory reactions of the host tissue or to minimize
the risk of an uncontrollable bacterial attack. The key requirement is a decelerated release kinetic
and sufficiently high amounts of loaded drugs in order to achieve the desired effects. Miscellaneous
approaches have been reported to achieve surfaces that show good adhesion properties, provide a suf-
ficient depot volume and decelerated release kinetics. For example in cardiovascular stents, the effects
of electrochemically enhanced etching on stainless steel and thus microstructuring of the surface has
been suggested to optimize drug-release from drug eluting stents as surface modification prior loading
[409]. Porous biomedical ceramics have been investigated as for this class of materials the open poros-
ity can be tailored as a function of sintering conditions. For example, release of hydrocortisone acetate
in methanol solutions has been investigated. It has been proposed that two dimensional relevant pore
sizes exist with different degrees of efficiency in the release compared to the dimensions of the pores
[410].

More recently the formation of self organized nanoporous surfaces on silicon, aluminum and tita-
nium have gained considerable attention, as those nanostructures possess higher surface areas for
adsorption and increased depot volume for drug loading. Porous silicon and silica possess several
Fig. 19. Schematic illustration of different immobilization methods for biomolecules (adapted from [182]) based on physical
adsorption, physical entrapment and covalent binding on surfaces.
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attractive features, such as stable mesoporous structures, large surface areas, tunable pore size vol-
umes and well-defined surface properties. Such tunable properties are achievable for mesoporous sil-
ica materials for hosting molecules of various sizes, shapes, and functionalities [411,412]. Moreover,
nanoporous silicon has been shown to exhibit controllable degradation kinetics [413,414]. Besides
the conventional loading and release of mesoporous silica it has been shown by using mesoporous sil-
ica combined with CdS nanoparticles, that a highly controllable capping and uncapping of the open-
ings can be achieved without any required chemical modification of the molecules of interest. Using
such modified mesoporous silica the stimuli-responsive release profiles and the biocompatibility with
neuroglial cells in vitro under delivery of vancomycin and adenosine triphosphate encapsulated inside
has been reported [412].

Anodically grown nanoporous alumina structures as drug eluting substrates have been described
as potential nanoporous coatings on biomedical implant materials [291,415]. However, nanoporous
alumina membranes have been synthesized and modified for the use as drug delivery scaffolds
[416,417]. In this context nanoporous alumina membranes, with controlled pore sizes, were described
as nanoporous scaffolds for the encapsulation of therapeutic cells by investigating the diffusion behav-
ior of glucose, immunoglobulin G (IgG) and insulin. Furthermore, the functionality and viability of
encapsulated cells (MIN6) is described and thus a potential alternative encapsulation strategy for
the treatment of diabetes [418].

In this context the use of TiO2 nanotube coatings grown anodically on titanium substrates was re-
ported as host for the loading and local delivery of drugs or growth factors on implants at the site of
implantation [419]. By altering the dimensions of the nanotubes it has been reported to control the
load of different amounts of drugs and the release rates [420]. It has been shown that the loading with
gentamicin effectively minimizes initial bacterial adhesion and at the same time supports cell adhe-
sion and proliferation of MCT3T osteoblast precursor cells when compared to titanium surfaces
[420]. In another study comparable observations were reported by investigation of loading and release
kinetics of bovine serum albumin (BSA) and lysozyme (LYS) as model proteins on TiO2 nanotube arrays
[419].

However, even though the release kinetics in the described cases using TiO2 nanotubes have been
shown to provide a smart tool for the local drug release on titanium based implant materials, all in all
this method shows somewhat unsatisfying results concerning the release kinetics. Therefore a smart
encapsulation of biomolecules into TiO2 nanotube coatings with highly controllable release kinetics
and higher controllability of the time point of drug release after implantation has been investigated
and reported.

The fabrication of amphiphilic TiO2 nanotubular structures that provide a highly controllable drug
release system based on a hydrophobic cap (assembly of monolayers with hydrophobic chains) on
hydrophilic TiO2 nanotubes has been shown [421]. Moreover, this hydrophobic cap prevents uncon-
trolled leaching of the hydrophilic drug into an aqueous environment and can be removed by exploit-
ing the photocatalytic nature of TiO2 for UV induced chain scission of attached organic monolayers. By
this method the cap is removed and a highly controlled release of drugs can be achieved (Fig. 20).

Furthermore, chain scission induced release from TiO2 surfaces can be triggered not only by UV
light but also by suitable X-ray radiation which is important in view of in vivo applications [422].
Additionally to the controlled drug release from surfaces, it has been demonstrated that the fabrica-
tion of TiO2 nanotube bundles, that were prior coated with magnetic nanoparticles, can be magneti-
cally guided in three dimensions and used as site-selective drug delivery systems under a directed
magnetic field and released also by photo induction [423].

Another strategy for controlled drug release from surfaces is the physical entrapment of biomole-
cules, where these molecules are retained by a barrier but not chemically bound to it, which makes it a
universal technique as it uses extremely mild conditions. This approach bears an attractive method as
cell and tissue responses depend on the duration of exposure and concentration of biomolecules, thus
it can be used to control release kinetics of biomolecules. Coatings incorporating biomolecules are
being explored for delivering biomolecules to the tissue–implant interface by diffusion through or
degradation of polymer-based matrices or reservoir systems [424]. Thus, biomolecule release from
the implant surface may be controllable, which makes it an attractive approach for the immobilization
of bone growth factors. Principally, delivering of biomolecules into the implant interface may be



Fig. 20. Amphiphilic TiO2 nanotube arrays are fabricated by a two-step anodization procedure combined with hydrophobic
monolayers (ODPA, octadecylphosphonic acid). SEM cross-sectional image of the first and the second nanotube layer (A). These
tubes can be used as biomolecular carriers, where the outer hydrophobic barrier provides an efficient cap against drug leaching.
By utilizing the photocatalytic ability of TiO2, a precisely controlled removal of the cap and a highly controlled release of the
loaded drugs can be proceed (B) [421].
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carried out by incorporating them into coatings made of materials such as degradable poly
(D,L-lactide) (PDLLA) [425] or poly (lactide-co-glycolide) (PLGA) [426,427] or non-biodegradable
hydrophobic ethylene vinyl acetate (EVAc) [428] among the coatings being developed. Biodegradable
polymeric coatings can be used to release biomolecules for long periods, for example using PLGA as
biodegradable carrier and gentamicin as antibiotic [427]. However, there is no overall evidence that
perpetual release is required for optimal implant integration.

Collagen coatings have intensively been investigated as they possess the ability to mimic the bone
matrix conditions due to their naturally derived origin [429,430]. Moreover, collagen coatings for the
incorporation of biomolecules have been investigated and shown a strong ability for cooperative inter-
actions between growth factors such as the class of BMPs [431–433]. In addition, collagen coatings are
turned over in vivo and replaced with new tissue during the healing response. Besides the use of or-
ganic coatings, in the case of orthopedic implants, bone cements can be used as medium for delivery of
bioactive agents to the bone–implant interface and for example loaded with antibiotics [434,435].
However, there are several shortcomings to these proposed localized drug-delivery techniques,
including limited chemical stability, local inflammatory reactions due to material composition, and
lack of controlled-release kinetics from the coatings. For more detailed information on the drug load-
ing and elution, especially in the field of cardiovascular stents, the readers are referred to following
Refs. [424,436].

The covalent binding of biomolecules to surfaces is an alternate way of delivery of such bio promot-
ing molecules to the interface between the host tissue and the implant. In comparison to the above
shown approaches, via adsorption or matrix entrapment for surface functionalization, this method
is in principal more complex. In contrast to biomolecule adsorption and entrapment, molecules being
covalently bound to the surface have some advantages based on the very high loading capabilities and
the relatively low-loss rates. Biomolecules being immobilized onto implant surfaces need to interact
with the surrounding host tissue for a certain period of time to fully activate cellular responses. There-
fore, concentrations immobilized on such surfaces must exceed the threshold levels for cellular activ-
ity [182]. However, it has been demonstrated exemplarily, that the biological activity of chemically
surface bond insulin and transferrin shows comparable or even accelerated activities than that of
soluted ones when investigated with fibroblast cells [437,438]. This effect of enhanced cell growth
in vitro on such modified substrates to that observed in the presence of free or simply adsorbed bio-
molecules has been explained by higher local concentrations and essentially their permanent attach-
ment [439].

The goal of covalent immobilization on hard tissue implants is to induce specific tissue responses
by immobilization of selected biomolecules onto the surfaces. For example, protein coupling strategies
have been used to manufacture antithrombogenic materials by immobilizing thrombomodulin onto
hydrolyzed surfaces [440,441], and related biologically active materials have also been obtained by
linking heparin to surfaces bearing amino groups [442]. For example, immobilization of RGD contain-
ing peptides has received significant interest because RGD has been identified as the essential
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sequence in mediating cell adhesion in many extracellular matrix proteins such as fibronectin and
vitronectin [443]. However, RGD containing peptides of different sequences and conformations have
been widely immobilized onto biomaterials using surface functional groups [444,445]. In particular,
implants based on metals, used for the replacement of hard tissue, do not possess such functional
groups needed for the covalent immobilization of biomolecules for most of the binding strategies.
However, the passive oxide films on the metals possess in aqueous environments surface hydroxyl
groups that provide binding locations for self assembled monolayers (SAMs) and other functionaliza-
tion [446]. An attachment of organic molecules to inorganic surfaces involves usually the deposition of
self assembled monolayers in order to derivatize such surfaces with reactive groups (such as amino
groups by coupling of 3-aminopropyltriethoxysilane) [447,448]. Biomolecules then can conjugate to
those chemically modified surfaces by reacting with these groups. It has been reported that the
biological activity of a surface bound biomolecule can be retained for several days in a simulated
physiological environment depending on the substrate and used self assembled monolayer and
further the experimental conditions [448]. Moreover, increasing the distance between bound protein
and the substrate, as apparent with the presence of self assembled monolayers, has been shown to
have a further beneficial effect on cell growth [449].

A variety of immobilizing techniques for the covalent binding of biomolecules onto solid supports
for various applications have been explored. In the following paragraph an overview on the most used
functionalization chemistries will be given.

5.2. Overview on functionalization chemistry

A key technique to combine inorganic materials with organic matter is the use of self-assembled
monolayers. The principle of this approach is considerably simple as outlined in Fig. 21a. A bifunc-
tional molecule consisting of a head group that is able to interact strongly with a metal, oxide or poly-
mer, in the ideal case arranges itself on the surface of the material.

Typical molecules that tend to self-organize on surfaces consist of a polar head group such as (–SH,
–NH2, –COOH) that may bind to charged surfaces or at least interact by van der Waals forces. In such
monolayers the driving force for self-assembly is not only the polar interaction of the head group with
the substrate but also the non-polar interaction between the hydrocarbon chains that leads to the par-
allel alignment of the individual chains.

If the head groups are only interacting with the substrate by comparably weak van der Waals forces
or other weak interactions, the molecules still show surface mobility at room temperature (such as
Fig. 21. Attachment of self-assembled monolayers to a substrate with variable functionalities (a). Schematic illustration of the
attachment of silanes to hydroxide terminated surfaces (b) [459].
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thiols on gold), i.e. molecules can move to a next adsorption site. A much stronger linkage to the sub-
strate can be obtained if true surface reactions are used, i.e. a covalent bond between the head group
and the substrate is formed. Typical examples for this type of reaction are silanes or silanoles that are
attached (grafted) to oxide surfaces by a condensation reaction (splitting off small molecules such as
H2O or HCl as indicated in Fig. 21b). Another typical reaction of this covalent scheme is photo induced
alkene or alkine attachment on silicon surfaces.

In many cases important is, however, that in order to link a desired functionality to a surface such
monolayers typically carry at their tail (X) a reactive group that can be modified by suitable linking
reactions.

However, already by a variation of the termination (X) in polarity of the group (X = CH3, PEG, NH2,
COOH, etc.) various degrees of surface energies can be established; in other words for examples the
wettability of the surface can be adjusted over a wide range of conditions [450] leading to drastical
changes in cell responses under in vitro conditions [385].

Thus, the controlled continuous deposition of self-assembled monolayers enables the generation of
molecular gradients on solid surfaces. In principle it has been shown that for different purposes, the
same functional groups can be exploited to immobilize biomolecules of interest onto the surface. Uti-
lizing carboxyl or amine terminations to functionalize surfaces has been described as most common
paths.

Many commonly used silanes show the ability to hydrolyze into multiple silanol groups, thus, they
bear the risk of forming multilayers via Si–OH condensation if the silanization medium contains even
low levels of water [450,451]. This may result in an impaired controllability of important properties of
the immobilized biomolecules like uniformity, orientation and surface density [452]. Self-assembly of
phosphonic acids has been introduced as alternatively immobilization routes on metallic surfaces
[453–457]. Advantages of these monolayers compared to silanes can be found at higher hydrolytic sta-
bility under physiological conditions which is especially important for coating medical devices [458–
460].

Various methods for the covalent immobilization of biomolecules onto biomedical material sur-
faces have been developed. Common for all is the need of a linker molecule that binds covalently onto
the surface and that shows at the same time the ability to bind covalently biomolecules either specif-
ically, for example a free thiol group of a terminal cysteine of the biomolecule, or unspecifically like a
free amino group.

In principle the binding of biomolecules is simple but as a fundamental pre-condition the surfaces
must provide reactive groups (e.g. –OH, –NH2, –COOH) for the subsequent immobilization steps. Most
of the used biomedical materials used in hard tissue replacements such as metals (i.e. surface oxide
layers), ceramics or polymers do possess surface terminations as required. Moreover, in case of metal
based materials surface oxide layers usually possess hydroxyl groups under wet environmental
conditions.

In Fig. 22 a ‘‘construction kit’’ for the covalent immobilization on hydroxyl terminated surfaces is
given. However, depending on the linker molecule used, a direct covalent binding to the hydroxyl ter-
minated surface is applicable and then further coupling with biomolecules can be performed. More
commonly the chemical immobilization of biomolecules is performed by using the described self
assembled monolayers (based on silanes, siloxanes, phosphonic acids or thiols after prior coating with
gold) for the tailoring of any desired surface termination (i.e. –OH, –NH2, –COOH). Moreover, the ter-
mination of the self assembled monolayer is defined by the biomolecule and furthermore on the linker
molecule used for the immobilization. Besides the free selection of the surface termination, such mon-
olayers may also act as spacer groups and thus can provide greater steric freedom and a higher specific
activity for the immobilized biomolecules [449].

In principle the main aspect for the successful covalent grafting of biomolecules onto surfaces is
determined by the nature of the biomolecule itself. That means that composition and conformation
of the biomolecule need to be studied and therefore either a specific binding or an unspecific binding
path has to be considered. For example, for the grafting of peptides, such as RGD sequences, maleimide
chemistry is commonly involved for the specific binding of a cysteine residue of the peptide sequence.
In contrary to this, for example, regarding BMP-2 (bone morphogenic protein 2) all cysteine residues
of the monomer are engaged in intramolecular and intermolecular disulfide bonds. Therefore, no



Fig. 22. Construction kit for the covalent immobilization of biomolecules onto hydroxyl terminated surfaces of biomedical
materials.

306 S. Bauer et al. / Progress in Materials Science 58 (2013) 261–326
residue cysteine is available for this type of maleimide binding approach and alternative coupling
strategies need to be considered. However, by employing an unspecific binding to any available amino
group of the protein, using for example carbonyldiimidazole chemistry, a successful binding to
titanium surfaces has been shown [456,461]. However, a main objective in covalent grafting of
biomolecules to surfaces is to preserve the biological activity of the bound molecule (e.g. peptides,
proteins, antibodies, enzymes, polysaccharides, DNA). Therefore, a specific linking to a certain end
group such as the thiol in cysteine in the RGDC (Arg–Gly–Asp–Cys) peptide sequence is preferable.
In the following, examples on the covalent immobilization of biomolecules in respect to their chemical
nature will be exemplarily presented.

For the covalent grafting of thiol specific (e.g. cysteine) molecules onto oxide surfaces the use of
heterobifunctional cross linkers for coupling of peptides on primary attached SAMs with amine
Fig. 23. Silanization of an oxide surface with 3-aminopropyltriethoxylsilane (APTES) resulting in a surface with terminal amino
groups. Further reaction with a heterobifunctional cross linker, N-succinimidyl-3-maleimidopropionate (SMP) resulting in a
surface with maleimide termination. Covalent immobilization of peptides with a cysteine thiol group (–SH) to the maleimide
group (adapted from [462]).



Fig. 24. Self-assembly of hydroxyl terminated alkylphosphonic acid and further cross linking with SMP to achieve maleimide
functionalization for specific thiol binding (e.g. cysteine) (adapted from [465]).
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termination has been reported. Therefore a three step immobilization strategy is commonly utilized to
graft those biomolecules on originally hydroxyl terminated surfaces (Fig. 23). In the first step of
the synthesis the chemisorption of an amino functional self assembled monolayer (e.g. 3-
aminopropylsiloxane) to a hydroxyl terminated oxide surface is carried out [462–466]. In a further
step the modification of the terminal amine with a heterobifunctional cross linker molecule is applied
to preserve maleimide functional surfaces. As shown in Fig. 23, biomolecules with available thiols can
then be coupled to such maleimide terminated substrates either in aqueous and in non-aqueous
environments.

The schematic route for the synthetization given in Fig. 23 enables exemplarily N-succinimidyl-3-
maleimidopropionate (SMP) as heterobifunctional cross linker and shows that biomolecules can be
covalently linked to the substrate via a free thiol group present. Thus, allowing the rest of the immo-
bilized biomolecule to freely interact with the surrounding environment. This functionalization tech-
nique has a high flexibility, in the sense that it allows the attachment of any suitable biomolecule
having a chemically accessible thiol group. It has been shown that the maleimide group can react with
the free thiol group of peptide sequences (i.e. with cysteine of RGDC) [451,466,467] or the mercapto
group of cyclo-DfKRG [463].

It has been demonstrated that SMP is also valuable for binding to hydroxyl terminations retaining
the described maleimide functionalization for specific binding with free thiols or mercapto groups.
Moreover, phosphonic acids with hydroxyl termination (e.g. 11-hydroxyundecylphosphonic acid)
have been investigated as monolayers as these acids have been reported to possess a higher stability
against hydrolysis [459] and as spacer molecules to sustain steric conformation of the immobilized
biomolecules (Fig. 24).

Other routes for specific binding of biomolecules to surfaces via free thiol groups have been dem-
onstrated. For example, the class of maleimide-activated surfaces that enable the grafting of molecules
with a free thiol (e.g. cysteine) was created by coupling for example sulfo-SMCC (sulfosuccinimidyl 4-
(N-maleimidomethyl) cyclohexane-1-carboxylate) to the terminal amine group of an aminofunctional
organosilane (N-(2-aminoethyl)-3-aminopropyl-trimethoxysilane) that was chemisorbed to an oxide
surface before [468], as shown in the reaction scheme in Fig. 25.



Fig. 25. Self-assembly of aminisilane and further cross linking with sulfosuccinimidyl 4-(N-maleimidomethyl) cyclohexane-1-
carboxylate (sulfo-SMCC) to achieve maleimide functionalization for specific thiol binding (e.g. cysteine) (adapted from [468]).

Fig. 26. Self-assembly of 11-hydroxy-undecylphosphonic acid and further cross linking with 1,1-carbonyldiimidazole (CDI) or
direct activation via CDI in case of hydroxyl terminated surfaces to achieve functionalization for unspecific amino binding
(adapted from [456,461]).
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Other work used a heterobifunctional cross-linker N-succinimidyl 6-maleimidocaproate (EMCS) to
produce oriented metalloprotein nanostructures on silicon wafers modified with an amino-termi-
nated silane. The synthetic route results in more hydrolytically stable maleimide-terminated surfaces
prior to the coupling of proteins with oriented thiol-containing cysteine residues [469].

According to the reaction scheme in Fig. 25, Xiao et al. employed a poly (3-aminopropyl) siloxane
and a series of heterobifunctional cross-linkers to conjugate cysteine-containing peptides to sputter-
deposited titanium films [451,467]. Therefore, the free primary amino groups were linked to three dif-
ferent hetero-cross-linkers, N-succinimidyl-6-maleimidylhexanoate (EMCS), N-succinimidyl-3-
maleimidylpropionate (SMP) and N-succinimidyl trans-4-(maleimidylmethyl) cyclohexane-1-carbox-
ylate (SMCC), and compared the results. On the resulting terminal-maleimide surfaces different cell-
adhesive peptides could be immobilized. From independent quantitative analysis, an approximate
coverage of 0.2–0.4 peptides/nm2 was found [451]. Thiol specific coupling strategies enable accurate
construction of model molecular systems with a wide range of surface densities, which can be used to
study molecular mechanics and dynamics of such modified surfaces [468] and furthermore the effect
of ligand surface density on biological activity [470].

The presented immobilization schemes and methodologies that have been introduced above are
based on specific binding via a free thiol group (e.g. cysteine) of biomolecules to surfaces. However,
specific immobilization of biomolecules is determined to some extent by the chemical nature of the
protein, peptide or enzyme. That means, if for example no free thiol group is accessible, other immo-
bilization routes need to be employed. Examples for unspecific binding routes, targeting for example
free amino groups, will be introduced in the following.

Fig. 26 shows an example of a reaction scheme for an unspecific binding approach via binding to
free aminogroups of the biomolecules. Carbonyldiimidazole (CDI) chemistry is a commonly used ap-
proach to binding to hydroxyl terminated surfaces as well as to free aminogroups belonging to any
biomolecule [456,461].

The use of CDI chemistry was investigated as method to bind proteins such as BMP-2 to metal sur-
faces. The shown reaction scheme in Fig. 26 uses the immobilization of (11-hydroxyundecyl) phos-
phonic acid to the metal surface. Such surfaces were then further activated for protein binding with
carbonyldiimidazole chemistry. The reactivity of these surfaces was tested either with fluorine-tagged
molecules or BMP-2 by XPS, ToF-SIMS and ELISA to characterize the chemistry and structure of each
surface modification step [456,461,471]. Coupling of BMP-2 and EGF via CDI to anodically grown TiO2

nanotube layers using either a (11-hydroxyundecyl) phosphonic acid as spacer, or direct coupling onto
the hydroxylated surfaces, showed no significant beneficial effect on the protein activity of the spacing
monolayer [461]. Moreover the conservation of the biological activity of surface bound biomolecules
was demonstrated in vitro with mesenchymal stem cells on TiO2 nanotube layers [461,471].

In a further work the influence of different reaction times and concentrations of surface activator
CDI on the immobilization of EGF was investigated. It could be shown with XPS and ELISA that the
concentration of immobilized EGF increases with the increase of CDI concentration. Immobilized
EGF in SAMs was shown to be able to phosphorilate EGFR, demonstrating the biofunctionality of
the surfaces [472]. Furthermore, it has been demonstrated by using CDI chemistry that other ECM pro-
teins such as laminin can be covalently linked to agarose hydrogels in a manner that retains their bio-
logical function, thus providing biomaterials and drug delivery tools to mimic the strategy of
developing and regenerating fibers to enhance neurite extension [473]. Other workers proved the
use of CDI to couple lipids onto hydroxyl terminated surfaces. XPS and ToF-SIMS investigations proved
the successful chemical coupling of the lipid 1,2-dimyristoyl-sn-glycero-3-phosphoethanolamine
(DMPE) to a poly (hydroxyethyl methacrylate) (pHEMA) substrate and that the process enables the
retention of the lipid at the interface under harsh conditions [474].

The shown surface activation using CDI chemistry is related to hydroxyl terminations. Other ap-
proaches have been introduced to facilitate the covalent immobilization of biomolecules with other
surface terminations.

The use of N-hydroxysuccinimide (NHS) has been described in literature as an alternative surface
activator. NHS binds unspecifically to free amino groups of biomolecules as shown above, but needs
carboxyl groups as reactive surface termination (e.g. self assembled monolayers or polymer surfaces).
Fig. 27 shows a typical reaction scheme for the activation of a carboxyl terminated surface. In the



Fig. 27. Self-assembly of (12-carboxydodecyl) phosphonic acid and further cross linking with N-hydroxysuccinimide (NHS) to
achieve functionalization for unspecific amino binding (adapted from [456]).

Fig. 28. Silanization of an oxide surface with 3-aminopropyltriethoxylsilane resulting in a surface with terminal amino groups.
Further reaction with dehydroascorbic acid to achieve functionalization for unspecific amino binding of glucose–oxidase
(adapted from [476]).
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shown work binding of biomolecules to titanium surfaces was investigated involving the use of a sta-
ble phosphonic acid monolayer with carboxyl termination ((12-carboxydodecyl) phosphonic acid).

A method for enzyme-immobilization reaction by means of L-ascorbic acid (ASA) is described using
NH2 polymers based on cellulose or poly (vinyl alcohol) with the example of oxidoreductase enzymes.



Fig. 29. Silanization of an oxide surface with 3-aminopropyltriethoxylsilane resulting in surfaces with terminal amino groups.
Further reaction with glutaraldehyde to achieve functionalization for unspecific amino binding of any biomolecule with free
amino groups (adapted from [477]).
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In this way, enzyme proteins such as glucose oxidase (GOD), glutamate oxidase, lactate oxidase, urate
oxidase and peroxidase can be covalently fixed with a high surface loading to ultrathin and transpar-
ent NH2-polymer films if their surfaces are previously treated with an ASA solution in DMSO. ASA then
obviously reacts like a diketo compound with amino groups of the NH2-polymer film and enzyme pro-
tein, forming dehydroascorbic acid derivatives with neighboring Schiff’s-base structures. In a subse-
quent fragmentation reaction, the latter presumably form stable oxalic acid diamide derivatives as
coupling structures between enzyme protein and NH2-terminated surfaces [475].

However, Oliveira et al. transferred this binding approach to metal oxide surfaces by silanization of
titanium oxide surfaces with 3-aminopropyltriethoxylsilane. The presence of immobilized enzymes
on titanium dioxide layers which were chemically or electrochemically generated with possible appli-
cation as chemical sensors and biosensors. With such modified surface terminations glucose oxidase
(GOx) and horseradish peroxidase (HRP) were immobilized by the ascorbic acid route as shown in
Fig. 28 [476].

In a further work Song et al. transferred the described approach to anodic nanotubular TiO2 nano-
tube layers by immobilizing horseradish peroxidase into such porous surface structures [421].

Another route for unspecific immobilization of biomolecules has been described by employing
glutaraldehyde as linker. Therefore, amino termitated surfaces are a pre-condition. Fig. 29 shows a



Fig. 30. Illustrations of two immobilization schemes tresyl chloride (a) and p-Nitrophenyl chloroformate (p-NPC) (b) for
unspecific amino binding of biomolecules with free amino groups (adapted from [477]).
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reaction scheme where, via silinazation comparable to before described immobilization routes, has
been applied to a hydroxyl terminated oxide surface. Thus, having an amino terminated surface
glutaraldehyde can act as activator of the surface by binding (e.g. networking) to amino groups of
either the surface or the desired biomolecule [477].

However, the described method is relatively hard to control. Several investigations on the success-
ful immobilization of biomolecules retaining their biological activity have been reported. Proteins
such as fibronectin and albumin were covalently coupled to the silane complex with glutaraldehyde
without affecting their activity [446,478]. Comparable studies were performed for the immobilization
of enzymes such as trypsin to metal oxide surfaces via the described route [448].

Some more exotic linker systems have been described in literature such as tresyl chloride and chlo-
roformates that allow the binding to hydroxyl terminated surfaces and further to free amino groups of
biomolecules, similar to the carbonyldiimidazole chemistry routes described above. Here, tresyl chlo-
ride (2,2,2-trifluoroethanesulphonyl chloride) interacts with surface hydroxyl species to form tresy-
late leaving groups that can be displaced by nucleophiles, such as amines and thiols. This method
does not leave a spacer arm between protein and substrate (Fig. 30a). However, chloroformate tech-
niques such as p-Nitrophenyl chloroformate (p-NPC) generate reactive carbonates on the substrate
which react with nucleophiles, such as amino groups on proteins. This technique results in a urethane
linkage with a one atom spacer arm between the biomolecule and substrate (Fig. 30b) [477].

For a more insight information on the immobilization of biomolecules onto biomedical implant
surfaces the readers are referred to Ref. [479].
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[332] Metikoš-Huković M, Tkalčec E, Kwokal A, Piljac J. An in vitro study of Ti and Ti-alloys coated with sol–gel derived

hydroxyapatite coatings. Surf Coat Technol 2003;165:40–50.
[333] Thian ES, Khor KA, Loh NH, Tor SB. Processing of HA-coated Ti–6Al–4V by a ceramic slurry approach: an in vitro study.

Biomaterials 2001;22:1225–32.
[334] Cheng K, Weng WJ, Wang HM, Zhang S. In vitro behavior of osteoblast-like cells on fluoridated hydroxyapatite coatings.

Biomaterials 2005;26:6288–95.
[335] Montanaro L, Arciola CR, Campoccia D, Cervellati M. In vitro effects on MG63 osteoblast-like cells following contact with

two roughness-differing fluorohydroxyapatite-coated titanium alloys. Biomaterials 2002;23:3651–9.
[336] Royer P, Rey C. Calcium-phosphate coatings for orthopedic prosthesis. Surf Coat Technol 1991;45:171–7.
[337] Kumar M, Dasarathy H, Riley C. Electrodeposition of brushite coatings and their transformation to hydroxyapatite in

aqueous solutions. J Biomed Mater Res 1999;45:302–10.



322 S. Bauer et al. / Progress in Materials Science 58 (2013) 261–326
[338] Redepenning J, Schlessinger T, Burnham S, Lippiello L, Miyano J. Characterization of electrolytically prepared brushite and
hydroxyapatite coatings on orthopedic alloys. J Biomed Mater Res 1996;30:287–94.

[339] Han Y, Fu T, Lu J, Xu KW. Characterization and stability of hydroxyapatite coatings prepared by an electrodeposition and
alkaline-treatment process. J Biomed Mater Res 2001;54:96–101.

[340] Rossler S, Sewing A, Stolzel M, Born R, Scharnweber D, Dard M, et al. Electrochemically assisted deposition of thin calcium
phosphate coatings at near-physiological pH and temperature. J Biomed Mater Res Part A 2003;64A:655–63.

[341] Peng P, Kumar S, Voelcker NH, Szili E, Smart RS, Griesser HJ. Thin calcium phosphate coatings on titanium by
electrochemical deposition in modified simulated body fluid. J Biomed Mater Res Part A 2006;76A:347–55.

[342] Ban SJ, Maruno S. Effect of temperature on electrochemical deposition of calcium-phosphate coatings in a simulated
body-fluid. Biomaterials 1995;16:977–81.

[343] Shirkhanzadeh M. Direct formation of nanophase hydroxyapatite on cathodically polarized electrodes. J Mater Sci-Mater
Med 1998;9:67–72.

[344] Zhitomirsky I, GalOr L. Electrophoretic deposition of hydroxyapatite. J Mater Sci-Mater Med 1997;8:213–9.
[345] Ducheyne P, Radin S, Heughebaert M, Heughebaert JC. Calcium phosphate ceramic coatings on porous titanium: effect of

structure and composition on electrophoretic deposition, vacuum sintering and in vitro dissolution. Biomaterials
1990;11:244–54.

[346] Meng X, Kwon TY, Yang Y, Ong JL, Kim KH. Effects of applied voltages on hydroxyapatite coating of titanium by
electrophoretic deposition. J Biomed Mater Res B Appl Biomater 2006;78:373–7.

[347] Stoch A, Brozek A, Kmita G, Stoch J, Jastrzebski W, Rakowska A. Electrophoretic coating of hydroxyapatite on titanium
implants. J Mol Struct 2001;596:191–200.

[348] Wei M, Ruys AJ, Swain MV, Kim SH, Milthorpe BK, Sorrell CC. Interfacial bond strength of electrophoretically deposited
hydroxyapatite coatings on metals. J Mater Sci-Mater Med 1999;10:401–9.

[349] Yoshinari M, Ozeki K, Sumii T. Properties of hydroxyapatite-coated Ti–6Al–4V alloy produced by the ion-plating method.
Bull Tokyo Dent Coll 1991;32:147–56.

[350] Jansen JA, Wolke JG, Swann S, Van der Waerden JP, de Groot K. Application of magnetron sputtering for producing ceramic
coatings on implant materials. Clin Oral Implants Res 1993;4:28–34.

[351] Yoshinari M, Ohtsuka Y, Derand T. Thin hydroxyapatite coating produced by the ion beam dynamic mixing method.
Biomaterials 1994;15:529–35.

[352] Yoshinari M, Hayakawa T, Wolke JG, Nemoto K, Jansen JA. Influence of rapid heating with infrared radiation on RF
magnetron-sputtered calcium phosphate coatings. J Biomed Mater Res 1997;37:60–7.

[353] Yoshinari M, Watanabe Y, Ohtsuka Y, Derand T. Solubility control of thin calcium-phosphate coating with rapid heating. J
Dent Res 1997;76:1485–94.

[354] Pham MT, Matz W, Reuther H, Richter E, Steiner G, Oswald S. Ion beam sensitizing of titanium surfaces to hydroxyapatite
formation. Surf Coat Technol 2000;128:313–9.

[355] Choi JM, Kim HE, Lee IS. Ion-beam-assisted deposition (IBAD) of hydroxyapatite coating layer on Ti-based metal
substrate. Biomaterials 2000;21:469–73.

[356] Hayakawa T, Yoshinari M, Kiba H, Yamamoto H, Nemoto K, Jansen JA. Trabecular bone response to surface roughened and
calcium phosphate (Ca-P) coated titanium implants. Biomaterials 2002;23:1025–31.

[357] Kokubo T, Kushitani H, Abe Y, Yamamuro T. Apatite coating on various substrates in simulated body fluids. In: Heimke G,
editor. Bioceramics. Cologne: German Ceramic Society; 1990. p. 235–42.

[358] Kim HM, Miyaji F, Kokubo T, Nakamura T. Apatite-forming ability of alkali-treated Ti metal in body environment. J Ceram
Soc Jpn 1997;105:111–6.

[359] Kim HM, Miyaji F, Kokubo T, Nakamura T. Bonding strength of bonelike apatite layer to Ti metal substrate. J Biomed Mater
Res 1997;38:121–7.

[360] Wen HB, Liu Q, De Wijn JR, De Groot K, Cui FZ. Preparation of bioactive microporous titanium surface by a new two-step
chemical treatment. J Mater Sci-Mater Med 1998;9:121–8.

[361] Ha SW, Eckert KL, Gruner H, Wintermantel E. Calcium phosphate formation on chemically treated vacuum plasma
sprayed titanium coatings. In: Sedel L, Rey L, editors. Bioceramics. Paris: Elsevier; 1997. p. 451–4.

[362] Tengvall P, Elwing H, Lundstrom I. Titanium gel made from metallic titanium and hydrogen-peroxide. J Coll Interf Sci
1989;130:405–13.

[363] Li PJ, Ohtsuki C, Kokubo T, Nakanishi K, Soga N, Degroot K. The role of hydrated silica, titania, and alumina in inducing
apatite on implants. J Biomed Mater Res 1994;28:7–15.

[364] Kokubo T, Miyaji F, Kim HM, Nakamura T. Spontaneous formation of bonelike apatite layer on chemically treated
titanium metals. J Am Ceram Soc 1996;79:1127–9.

[365] Kokubo T. Apatite formation on surfaces of ceramics, metals and polymers in body environment. Acta Mater
1998;46:2519–27.

[366] Habibovic P, Barrere F, van Blitterswijk CA, de Groot K, Layrolle P. Biomimetic hydroxyapatite coating on metal implants. J
Am Ceram Soc 2002;85:517–22.

[367] Kodama A, Bauer S, Komatsu A, Asoh H, Ono S, Schmuki P. Bioactivation of titanium surfaces using coatings of TiO2

nanotubes rapidly pre-loaded with synthetic hydroxyapatite. Acta Biomater 2009;5:2322–30.
[368] Barrere F, van der Valk CM, Dalmeijer RAJ, van Blitterswijk CA, de Groot K, Layrolle P. In vitro and in vivo degradation of

biomimetic octacalcium phosphate and carbonate apatite coatings on titanium implants. J Biomed Mater Res Part A
2003;64A:378–87.

[369] Leeuwenburgh S, Layrolle P, Barrere F, de Bruijn J, Schoonman J, van Blitterswijk CA, et al. Osteoclastic resorption of
biomimetic calcium phosphate coatings in vitro. J Biomed Mater Res 2001;56:208–15.

[370] Narayanan R, Seshadri SK, Kwon TY, Kim KH. Calcium phosphate-based coatings on titanium and its alloys. J Biomed
Mater Res Part B: Appl Biomater 2008;85B:279–99.

[371] Kim KH, Ramaswamy N. Electrochemical surface modification of titanium in dentistry. Dent Mater J 2009;28:20–36.
[372] de Jonge Lise, Leeuwenburgh Sander, Wolke Joop, Jansen John. Organic–inorganic surface modifications for titanium

implant surfaces. Pharmaceut Res 2008;25:2357–69.



S. Bauer et al. / Progress in Materials Science 58 (2013) 261–326 323
[373] Ruardy TG, Schakenraad JM, vanderMei HC, Busscher HJ. Preparation and characterization of chemical gradient surfaces
and their application for the study of cellular interaction phenomena. Surf Sci Rep 1997;29:3–30.

[374] Aronsson BO, Lausmaa J, Kasemo B. Glow discharge plasma treatment for surface cleaning and modification of metallic
biomaterials. J Biomed Mater Res 1997;35:49–73.

[375] Baier RE, Meyer AE. Implant surface preparation. Int J Oral Maxillo Implants 1988;3:9–20.
[376] Wennerberg A, Bolind P, Albrektsson T. Glow-discharge pretreated implants combined with temporary bone tissue

ischemia. Swed Dent J 1991;15:95–101.
[377] Rupp F, Scheideler L, Olshanska N, de Wild M, Wieland M, Geis-Gerstorfer J. Enhancing surface free energy and

hydrophilicity through chemical modification of microstructured titanium implant surfaces. J Biomed Mater Res Part A
2006;76A:323–34.

[378] Schwarz F, Wieland M, Schwartz Z, Zhao G, Rupp F, Geis-Gerstorfer J, et al. Potential of chemically modified hydrophilic
surface characteristics to support tissue integration of titanium dental implants. J Biomed Mater Res Part B – Appl
Biomater 2009;88B:544–57.

[379] Wei J, Yoshinari M, Takemoto S, Hattori M, Kawada E, Liu B, et al. Adhesion of mouse fibroblasts on hexamethyldisiloxane
surfaces with wide range of wettability. J Biomed Mater Res B Appl Biomater 2007;81:66–75.

[380] An YH, Friedman RJ. Concise review of mechanisms of bacterial adhesion to biomaterial surfaces. J Biomed Mater Res
1998;43:338–48.

[381] Jones MI, McColl IR, Grant DM, Parker KG, Parker TL. Protein adsorption and platelet attachment and activation, on TiN,
TiC, and DLC coatings on titanium for cardiovascular applications. J Biomed Mater Res 2000;52:413–21.

[382] Altankov G, Grinnell F, Groth T. Studies on the biocompatibility of materials: fibroblast reorganization of substratum-
bound fibronectin on surfaces varying in wettability. J Biomed Mater Res 1996;30:385–91.

[383] Groth T, Altankov G. Studies on cell-biomaterial interaction: role of tyrosine phosphorylation during fibroblast spreading
on surfaces varying in wettability. Biomaterials 1996;17:1227–34.

[384] Chen M, Zamora PO, Som P, Pena LA, Osaki S. Cell attachment and biocompatibility of polytetrafluoroethylene (PTFE)
treated with glow-discharge plasma of mixed ammonia and oxygen. J Biomater Sci Polym Ed 2003;14:917–35.

[385] Faucheux N, Schweiss R, Lützow K, Werner C, Groth T. Self-assembled monolayers with different terminating groups as
model substrates for cell adhesion studies. Biomaterials 2004;25:2721–30.

[386] Ikada Y. Surface modification of polymers for medical applications. Biomaterials 1994;15:725–36.
[387] Lee JH, Khang G, Lee JW, Lee HB. Interaction of different types of cells on polymer surfaces with wettability gradient. J Coll

Interf Sci 1998;205:323–30.
[388] Mrksich M, Whitesides GM. Using self-assembled monolayers to understand the interactions of man-made surfaces with

proteins and cells. Ann Rev Biophys Biomol Struct 1996;25:55–78.
[389] Schreiber F. Structure and growth of self-assembling monolayers. Progr Surf Sci 2000;65:151–256.
[390] Ito Y. Surface micropatterning to regulate cell functions. Biomaterials 1999;20:2333–42.
[391] Webb K, Hlady V, Tresco PA. Relationships among cell attachment, spreading, cytoskeletal organization, and migration

rate for anchorage-dependent cells on model surfaces. J Biomed Mater Res 2000;49:362–8.
[392] Jenney CR, DeFife KM, Colton E, Anderson JM. Human monocyte/macrophage adhesion, macrophage motility, and IL-4-

induced foreign body giant cell formation on silane-modified surfaces in vitro. J Biomed Mater Res 1998;41:171–84.
[393] Arima Yusuke, Iwata Hiroo. Effect of wettability and surface functional groups on protein adsorption and cell adhesion

using well-defined mixed self-assembled monolayers. Biomaterials 2007;28:3074–82.
[394] McClary KB, Ugarova T, Grainger DW. Modulating fibroblast adhesion, spreading, and proliferation using self-assembled

monolayer films of alkylthiolates on gold. J Biomed Mater Res 2000;50:428–39.
[395] Hamamoto N, Hamamoto Y, Nakajima T, Ozawa H. Histological, histocytochemical and ultrastructural-study on the

effects of surface-charge on bone-formation in the rabbit mandible. Arch Oral Biol 1995;40:97–106.
[396] Krukowski M, Shively RA, Osdoby P, Eppley BL. Stimulation of craniofacial and intramedullary bone-formation by

negatively charged beads. J Oral Maxillo Surg 1990;48:468–75.
[397] Braceras I, Alava JI, Goikoetxea L, de Maeztu MA, Onate JI. Interaction of engineered surfaces with the living world: ion

implantation vs. osseointegration. Surf Coat Technol 2007;201:8091–8.
[398] Pelletier Jacques, Anders Andre. Plasma-based ion implantation and deposition: a review of physics, technology, and

applications 2005;33:1944–59.
[399] Albelda SM, Buck CA. Integrins and other cell adhesion molecules. FASEB J 1990;4:2868–80.
[400] Pimentel Enrique. Handbook of growth factors. Boca Raton: CRC Press; 1994.
[401] Pierschbacher MD, Ruoslahti E. Cell attachment activity of fibronectin can be duplicated by small synthetic fragments of

the molecule. Nature 1984;309:30–3.
[402] Brandley BK, Schnaar RL. Covalent attachment of an arg–gly–asp sequence peptide to derivatizable polyacrylamide

surfaces – support of fibroblast adhesion and long-term growth. Anal Biochem 1988;172:270–8.
[403] Mohan S, Baylink DJ. Bone-growth factors. Clin Orthopaed Relat Res 1991:30–48.
[404] Lind M. Growth factor stimulation of bone healing. Effects on osteoblasts, osteomies, and implants fixation. Acta Orthop

Scand Suppl 1998;283:2–37.
[405] Piattelli A, Scarano A, Corigliano M, Piattelli M. Effects of alkaline phosphatase on bone healing around plasma-sprayed

titanium implants: a pilot study in rabbits. Biomaterials 1996;17:1443–9.
[406] Lind M, Overgaard S, Nguyen T, Ongpipattanakul B, Bunger C, Soballe K. Transforming growth factor-beta stimulates bone

ongrowth. Hydroxyapatite-coated implants studied in dogs. Acta Orthop Scand 1996;67:611–6.
[407] Lind M, Overgaard S, Ongipattanakul B, Nguyen T, Bunger C, Soballe K. Transforming growth factor-beta 1 stimulates

bone ongrowth to weight-loaded tricalcium phosphate coated implants – An experimental study in dogs. J Bone Joint
Surg – Brit Vol 1996;78B:377–82.

[408] Sumner DR, Turner TM, Purchio AF, Gombotz WR, Urban RM, Galante JO. Enhancement of bone ingrowth by transforming
growth factor-beta. J Bone Joint Surg Am 1995;77:1135–47.

[409] Stover M, Renke-Gluszko M, Schratzenstaller T, Will J, Klink N, Behnisch B, et al. Microstructuring of stainless steel
implants by electrochemical etching. J Mater Sci 2006;41:5569–75.



324 S. Bauer et al. / Progress in Materials Science 58 (2013) 261–326
[410] Krajewski A, Ravaglioli A, Roncari E, Pinasco P, Montanari L. Porous ceramic bodies for drug delivery. J Mater Sci-Mater
Med 2000;11:763–71.

[411] Lu YF, Fan HY, Stump A, Ward TL, Rieker T, Brinker CJ. Aerosol-assisted self-assembly of mesostructured spherical
nanoparticles. Nature 1999;398:223–6.

[412] Lai CY, Trewyn BG, Jeftinija DM, Jeftinija K, Xu S, Jeftinija S, et al. A mesoporous silica nanosphere-based carrier system
with chemically removable CdS nanoparticle caps for stimuli-responsive controlled release of neurotransmitters and
drug molecules. J Am Chem Soc 2003;125:4451–9.

[413] Prestidge CA, Barnes TJ, Lau CH, Barnett C, Loni A, Canham L. Mesoporous silicon: a platform for the delivery of
therapeutics. Expert Opin Drug Deliv 2007;4:101–10.

[414] Salonen J, Kaukonen AM, Hirvonen J, Lehto VP. Mesoporous silicon in drug delivery applications. J Pharmaceut Sci
2008;97:632–53.

[415] Briggs EP, Walpole AR, Wilshaw PR, Karlsson M, Palsgard E. Formation of highly adherent nano-porous alumina on Ti-
based substrates: a novel bone implant coating. J Mater Sci-Mater Med 2004;15:1021–9.

[416] Martin CR. Nanomaterials – a membrane-based synthetic approach. Science 1994;266:1961–6.
[417] Popat Ketul C, Mor Gopal, Grimes Craig A, Desai Tejal A. Surface modification of nanoporous alumina surfaces with

poly(ethylene glycol). Langmuir 2004;20:8035–41.
[418] La Flamme KE, Mor G, Gong D, La Tempa T, Fusaro VA, Grimes CA, et al. Nanoporous alumina capsules for cellular

macroencapsulation: transport and biocompatibility. Diab Technol Ther 2005;7:684–94.
[419] Popat KC, Eltgroth M, LaTempa TJ, Grimes CA, Desai TA. Titania nanotubes: a novel platform for drug-eluting coatings for

medical implants? Small 2007;3:1878–81.
[420] Popat KC, Eltgroth M, Latempa TJ, Grimes CA, Desai TA. Decreased Staphylococcus epidermis adhesion and increased

osteoblast functionality on antibiotic-loaded titania nanotubes. Biomaterials 2007;28:4880–8.
[421] Song YY, Schmidt-Stein F, Bauer S, Schmuki P. Amphiphilic TiO2 nanotube arrays: an actively controllable drug delivery

system. J Am Chem Soc 2009;131:4230–2.
[422] Schmidt-Stein Felix, Hahn Robert, Gnichwitz Jan-Frederik, Song Yan Yan, Shrestha Nabeen K, Hirsch Andreas, et al. X-ray

induced photocatalysis on TiO2 and TiO2 nanotubes: degradation of organics and drug release. Electrochem Commun
2009;11:2077–80.

[423] Shrestha NK, Macak JM, Schmidt-Stein F, Hahn R, Mierke CT, Fabry B, et al. Magnetically guided titania nanotubes for site-
selective photocatalysis and drug release. Angew Chem Int Ed Engl 2009;48:969–72.

[424] Acharya G, Park K. Mechanisms of controlled drug release from drug-eluting stents. Adv Drug Deliv Rev
2006;58:387–401.

[425] Schmidmaier G, Lucke M, Schwabe P, Raschke M, Haas NP, Wildemann B. Collective review: bioactive implants coated
with poly(D,L-lactide) and growth factors IGF-I, TGF-beta1, or BMP-2 for stimulation of fracture healing. J Long Term Eff
Med Implants 2006;16:61–9.

[426] Agrawal CM, Pennick A, Wang X, Schenck RC. Porous-coated titanium implant impregnated with a biodegradable protein
delivery system. J Biomed Mater Res 1997;36:516–21.

[427] Price JS, Tencer AF, Arm DM, Bohach GA. Controlled release of antibiotics from coated orthopedic implants. J Biomed
Mater Res 1996;30:281–6.

[428] Walsh WR, Kim HD, Jong YS, Valentini RF. Controlled-release of platelet-derived growth-factor using ethylene-vinyl
acetate copolymer (Evac) coated on stainless-steel wires. Biomaterials 1995;16:1319–25.

[429] Fischer U, Hempel U, Becker D, Bierbaum S, Scharnweber D, Worch H, et al. Transforming growth factor beta1
immobilized adsorptively on Ti6Al4V and collagen type I coated Ti6Al4V maintains its biological activity. Biomaterials
2003;24:2631–41.

[430] Puleo DA. Release and retention of biomolecules in collagen deposited on orthopedic biomaterials. Artif Cells Blood
Substit Immobil Biotechnol 1999;27:65–75.

[431] Katz RW, Reddi AH. Dissociative extraction and partial purification of osteogenin, a bone inductive protein, from rat tooth
matrix by heparin affinity chromatography. Biochem Biophys Res Commun 1988;157:1253–7.

[432] Muthukumaran N, Ma S, Reddi AH. Dose-dependence of and threshold for optimal bone induction by collagenous bone-
matrix and osteogenin-enriched fraction. Coll Relat Res 1988;8:433–41.

[433] Suzawa Miyuki, Takeuchi Yasuhiro, Fukumoto Seiji, Kato Shigeaki, Ueno Naoto, Miyazono Kohei, et al. Extracellular
matrix-associated bone morphogenetic proteins are essential for differentiation of murine osteoblastic cells in vitro.
Endocrinology 1999;140:2125–33.

[434] Frutos Cabanillas P, Dıez Peña E, Barrales-Rienda JM, Frutos G. Validation and in vitro characterization of antibiotic-
loaded bone cement release. Int J Pharmac 2000;209:15–26.

[435] Silverman LD, Lukashova L, Herman OT, Lane JM, Boskey AL. Release of gentamicin from a tricalcium phosphate bone
implant. J Orthopaed Res 2007;25:23–9.

[436] Wallace DG, Rosenblatt J. Collagen gel systems for sustained delivery and tissue engineering. Adv Drug Deliv Rev
2003;55:1631–49.

[437] Liu SQ, Ito Y, Imanishi Y. Cell-growth on immobilized cell-growth factor. 4. Interaction of fibroblast cells with insulin
immobilized on poly(methyl methacrylate) membrane. J Biochem Biophys Meth 1992;25:139–48.

[438] Liu Shu Qin, Ito Yoshihiro, Imanishi Yukio. Cell growth on immobilized cell growth factor: 5. Interaction of immobilized
transferrin with fibroblast cells. Int J Biol Macromol 1993;15:221–6.

[439] Ito Y. Cell growth factor immobilized materials. In: Imanishi Y, editor. Synthesis of biocomposite materials: chemical and
biological modifications of natural polymers. Boca Raton: CRC Press; 1992. p. 285–305.

[440] Kishida A, Ueno Y, Fukudome N, Yashima E, Maruyama I, Akashi M. Immobilization of human thrombomodulin onto
poly(ether urethane urea) for developing antithrombogenic blood-contacting materials. Biomaterials 1994;15:848–52.

[441] Kishida A, Ueno Y, Maruyama I, Akashi M. Immobilization of human thrombomodulin on biomaterials – evaluation of the
activity of immobilized human thrombomodulin. Biomaterials 1994;15:1170–4.

[442] Ticha M, Zelezna B, Jonakova V, Filka K. Immobilization of heparin on polyacrylamide derivatives. J Chromatogr B-Biomed
Appl 1994;656:423–6.



S. Bauer et al. / Progress in Materials Science 58 (2013) 261–326 325
[443] Ruoslahti E, Pierschbacher MD. New perspectives in cell-adhesion – rgd and integrins. Science 1987;238:491–7.
[444] Healy KE. Molecular engineering of materials for bioreactivity. Curr Opin Solid State Mater Sci 1999;4:381–7.
[445] Verrier S, Pallu S, Bareille R, Jonczyk A, Meyer J, Dard M, et al. Function of linear and cyclic RGD-containing peptides in

osteoprogenitor cells adhesion process. Biomaterials 2002;23:585–96.
[446] Nanci A, Wuest JD, Peru L, Brunet P, Sharma V, Zalzal S, et al. Chemical modification of titanium surfaces for covalent

attachment of biological molecules. J Biomed Mater Res 1998;40:324–35.
[447] Duan K, Wang RZ. Surface modifications of bone implants through wet chemistry. J Mater Chem 2006;16:2309–21.
[448] Puleo DA. Retention of enzymatic activity immobilized on silanized Co–Cr–Mo and Ti–6Al–4V. J Biomed Mater Res

1997;37:222–8.
[449] Ito Y, Inoue M, Liu SQ, Imanishi Y. Cell growth on immobilized cell growth factor. 6. Enhancement of fibroblast cell growth

by immobilized insulin and/or fibronectin. J Biomed Mater Res 1993;27:901–7.
[450] Ulman A. Formation and structure of self-assembled monolayers. Chem Rev 1996;96:1533–54.
[451] Xiao SJ, Textor M, Spencer ND, Sigrist H. Covalent attachment of cell-adhesive, (Arg–Gly–Asp)-containing peptides to

titanium surfaces. Langmuir 1998;14:5507–16.
[452] Kouvroukoglou S, Dee KC, Bizios R, McIntire LV, Zygourakis K. Endothelial cell migration on surfaces modified with

immobilized adhesive peptides. Biomaterials 2000;21:1725–33.
[453] Tosatti S, Michel R, Textor M, Spencer ND. Self-assembled monolayers of dodecyl and hydroxy-dodecyl phosphates on

both smooth and rough titanium and titanium oxide surfaces. Langmuir 2002;18:3537–48.
[454] Viornery C, Chevolot Y, Leonard D, Aronsson BO, Pechy P, Mathieu HJ, et al. Surface modification of titanium with

phosphonic acid to improve bone bonding: characterization by XPS and ToF-SIMS. Langmuir 2002;18:2582–9.
[455] Hofer R, Textor M, Spencer ND. Alkyl phosphate monolayers, self-assembled from aqueous solution onto metal oxide

surfaces. Langmuir 2001;17:4014–20.
[456] Adden N, Gamble LJ, Castner DG, Hoffmann A, Gross G, Menzel H. Phosphonic acid monolayers for binding of bioactive

molecules to titanium surfaces. Langmuir 2006;22:8197–204.
[457] Gawalt ES, Avaltroni MJ, Koch N, Schwartz J. Self-assembly and bonding of alkanephosphonic acids on the native oxide

surface of titanium. Langmuir 2001;17:5736–8.
[458] Marcinko S, Fadeev AY. Hydrolytic stability of organic monolayers supported on TiO2 and ZrO2. Langmuir

2004;20:2270–3.
[459] Helmy Roy, Fadeev Alexander Y. Self-assembled monolayers supported on TiO2? Comparison of C18H37SiX3 (X = H, Cl,

OCH3), C18H37Si(CH3)2Cl, and C18H37PO(OH)2. Langmuir 2002;18:8924–8.
[460] Silverman BM, Wieghaus KA, Schwartz J. Comparative properties of siloxane vs phosphonate monolayers on a key

titanium alloy. Langmuir 2005;21:225–8.
[461] Bauer Sebastian, Park Jung, Pittrof Andreas, Song Yan-Yan, von der Mark Klaus, Schmuki Patrik. Covalent functionalization

of TiO2 nanotube arrays with EGF and BMP-2 for modified behavior towards mesenchymal stem cells. Integra Biol
2011;3:927–36.

[462] Balasundaram G, Sato M, Webster TJ. Using hydroxyapatite nanoparticles and decreased crystallinity to promote
osteoblast adhesion similar to functionalizing with RGD. Biomaterials 2006;27:2798–805.

[463] Porte-Durrieu MC, Guillemot F, Pallu S, Labrugere C, Brouillaud B, Bareille R, et al. Cyclo-(DfKRG) peptide grafting onto Ti–
6Al–4V: physical characterization and interest towards human osteoprogenitor cells adhesion. Biomaterials
2004;25:4837–46.

[464] de Taillac LB, Porte-Durrieu MC, Labrugere C, Bareille R, Amedee J, Baquey C. Grafting of RGD peptides to cellulose to
enhance human osteoprogenitor cells adhesion and proliferation. Compos Sci Technol 2004;64:827–37.

[465] Gawalt ES, Avaltroni MJ, Danahy MP, Silverman BM, Hanson EL, Midwood KS, et al. Bonding organics to Ti alloys:
facilitating human osteoblast attachment and spreading on surgical implant materials corrections (vol. 19, p. 200, 2003).
Langmuir 2003;19:7147.

[466] Nelson M, Balasundaram G, Webster TJ. Increased osteoblast adhesion on nanoparticulate crystalline hydroxyapatite
functionalized with KRSR. Int J Nanomed 2006;1:339–49.

[467] Xiao SJ, Textor M, Spencer ND, Wieland M, Keller B, Sigrist H. Immobilization of the cell-adhesive peptide Arg–Gly–Asp-
Cys (RGDC) on titanium surfaces by covalent chemical attachment. J Mater Sci Mater Med 1997;8:867–72.

[468] Rezania A, Johnson R, Lefkow AR, Healy KE. Bioactivation of metal oxide surfaces. 1. Surface characterization and cell
response. Langmuir 1999;15:6931–9.

[469] Hong HG, Jiang M, Sligar SG, Bohn PW. Cysteine-specific surface tethering of genetically-engineered cytochromes for
fabrication of metalloprotein nanostructures. Langmuir 1994;10:153–8.

[470] Rezania A, Healy KE. Biomimetic peptide surfaces that regulate adhesion, spreading, cytoskeletal organization, and
mineralization of the matrix deposited by osteoblast-like cells. Biotechnol Progr 1999;15:19–32.

[471] Park Jung, Bauer Sebastian, Pittrof Andreas, Killian Manuela S, Schmuki Patrik, von der Mark Klaus. Synergistic control of
mesenchymal stem cell differentiation by nanoscale surface geometry and immobilized growth factors on TiO2
nanotubes. Small 2012;8:98–107.

[472] Goncalves R, Martins MCL, Oliveira MJ, Almeida-Porada G, Barbosa MA. Bioactivity of immobilized EGF on self-assembled
monolayers: optimization of the immobilization process. J Biomed Mater Res Part A 2010;94A:576–85.

[473] Yu XJ, Dillon GP, Bellamkonda RV. A laminin and nerve growth factor-laden three-dimensional scaffold for enhanced
neurite extension. Tissue Eng 1999;5:291–304.

[474] McArthur SL, Halter MW, Vogel V, Castner DG. Covalent coupling and characterization of supported lipid layers. Langmuir
2003;19:8316–24.

[475] Tiller J, Berlin P, Klemm D. A novel efficient enzyme-immobilization reaction on NH2 polymers by means of L-ascorbic
acid. Biotechnol Appl Biochem 1999;30:155–62.

[476] Oliveira EM, Beyer S, Heinze J. SECM characterization of immobilised enzymes by self-assembled monolayers on titanium
dioxide surfaces. Bioelectrochemistry 2007;71:186–91.

[477] Puleo DA. Biochemical surface modification of Co–Cr–Mo. Biomaterials 1996;17:217–22.



326 S. Bauer et al. / Progress in Materials Science 58 (2013) 261–326
[478] Middleton CA, Pendegrass CJ, Gordon D, Jacobs J, Blunn GW. Fibronectin silanized titanium alloy: a bioinductive and
durable coating to enhance fibroblast attachment in vitro. J Biomed Mater Res Part A 2007;83A:1032–8.

[479] Morra M. Biochemical modification of titanium surfaces: peptides and ECM proteins. Euro Cells Mater 2006;12:1–15.




