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Breast cancer may manifest as microcalcificatign€s) in x-ray mammography. However, the
detection and visualization giCs are often obscured by the overlapping tissue structures. The
dual-energy subtraction imaging technique offers an alternative approach for imaging and visual-
izing wCs. With this technique, separate high- and low-energy images are acquired and their
differences are used to “cancel” out the background tissue structures. However, the subtraction
process could increase the statistical noise level relative to the calcification contrast. Therefore, a
key issue with the dual-energy subtraction imaging technique is to weigh the benefit of removing
the cluttered background tissue structure over the drawback of reduced signal-to-noise ratio in the
subtractequC images. In this report, a theoretical framework for calculating gluantum noise in

the subtraction images is developed and the numerical computations are described. We estimate the
noise levels in the dual-energy subtraction signals under various imaging conditions, including the
x-ray spectrauC size, tissue composition, and breast thickness. The selection of imaging param-
eters is optimized to evaluate the feasibility of using a dual-energy subtraction technique for the
improved detection and visualization pfCs. We present the results and discuss its dependence on
imaging parameters. @002 American Association of Physicists in Medicine.
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[. INTRODUCTION somewhat limited since the theoretical optimization was
) i . done for monoenergetic x-ray beams and the initial experi-
Screenmg and d'?gno.s's n x-ray m_ammog_r_aph_y rely on theyental results were acquired by using radiographic x-ray
detection and visualization of microcalcificatior(.Cs) beams(50 and 115 KV An ideal observer receiver operat-
and/or soft tissue masses. The early detection of breast caﬁj]-g characteristic study with computer-simulated dual-

cer has been shown to _decrease preast_cancer mo]rtfaiht;/. exposure mammographic images based on monoenergetic x
uCs are composed mainly of calcium with attenuation PTOP%avs showed that dual-energy images could produce calcium
erties greater than that of soft tissue. The detection and visu- Y gy 9 P

alization of uCs are relatively easy over a uniform tissue ' Mades with higher sensitivity and specificftpual-energy

background, but limited by the “clutter” due to overlapping mammography with computed radiograpzR) based sys-

. . ’8 . _
tissue background present on the mammogram. The clutter ﬁgms have also been investigafét!. In single-exposure CR

tissue background arises from the structures of glandular tist_echnlques, where the cassette consists of two storage phos-

sue. ducts. vessels. and soft tissue masses in the breast r_rj)gprs plates separated by a filter, numerical calculations have
pending upon the degree of clutter, the contrask@t, and ~ °€€n used to optimize the frofiow-energy and rearthigh-

5
the manner of overlap, it may be difficult to detectug,  €N€rgy phosphor plate$? Dual-energy mammography has

even though there may be sufficient contrast-to-noise rati@/SC Peen successfully demonstrated experimentally with
(CNR). dual-exposure CR techniqué8Although dual-exposure CR

Dual-energy subtraction imaging technigtidsoffer an techniques could provide clinically useful information, it was
alternative approach to the detection and visualization oProne to motion-induced artifactand yielded a lower sen-
uCs. With this technique, high- and low-energy images aréitivity to small calcification$ compared to traditional
separately acquired and “subtracted” from each other in &ingle-energy mammography.
weighted fashion to cancel out the cluttered tissue structure Nevertheless, dual-energy mammography has been shown
so as to decrease the obscurity from overlapping tissue strut® be a promising technique to suppress structure background
tures. Early work on theoretical optimization of dual-energyin mammographic imaging. However, due to subtraction pro-
mammography together with experimental results were doneessing in dual-energy mammography, the calcification CNR
using a prototype digital scanned projection radiography sysin the subtraction images tends to be lower than that in the
tem (septaless ionization chamb@r’ These works first dem- unsubtracted imagésThe calcification CNR in the subtrac-
onstrated the application of dual-energy imaging to mamdion images depends on the choice of x-ray spectra and other
mography. However, the applicability of their results wereimaging parameters, in addition to the signal-to-noise ratio
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(SNR) in the original (unsubtractedimages. Therefore, the
key issue in dual-energy subtraction imaging is to weigh the X-ray source
benefit of removing the cluttered background against the
drawback of reduced calcification CNR in the subtraction
images.

In this paper, a theoretical framework for calculating the [ compression device ]
calcification CNR in dual-energy images is developed. For ¢
fixed entrance exposure, we study the influence of the vari
ous imaging parametefpolyenergetic x-ray spectrum, scin- T t
tillating material, uC size, tissue composition, and breast $b
thicknes$ on the calcification CNR. While previous numeri-
cal studie4® have performed optimizations for monoener- F NG
getic x-ray beams, our calculations are based on polyenel ty
getic (mammographic spectra and incorporate clinically calcification
relevant imaging parameters. Our aim in this study was tc »
evaluate and optimize the dual-energy technique when star [ S ik 5 }

. X X I ! : | X-ray detector

dard clinical practices and practical considerations are main M
tained. In order to preserve generality of the results and iso-
late the effects of system-dependent components, Weec. 1. A compressed breast of thicknégswith a cubicuC of dimension,
consider only the propagation of quantufoisson noise t.. and adipose and glandular tissues of thickrtgsandt, , respectively,
from the original (unsubtractedimages to the subtraction Wheretatty=ti+t,.
images. The methods used for computing the calcification
CNR are described. Results of the numerical computations
are presented and used to demonstrate and discuss the feggipyal-energy microcalcification imaging technique
bility of using a dual-energy subtraction imaging technique
to improve the detection and visualizationg@€s with mam-
mography.

compressed breast

T=t +t,+1
t+t, =t +1

Assume that along the x-ray path, a compressed breast is
composed of adipose tissue of thicknéssglandular tissue
of thicknessty,, and auC of thickness. (Fig. 1). The total
breast tissue thickness,(cm) is given by
[I. THEORY

In this section, the formalism for dual-energy subtraction
(calcification imaging is presented. Within this framework,
the calcification CNR in the subtraction image is derived forAssuming that polyenergetic x rays are used, the mean mea-
use in the numerical studies. Although the derived framesured signals in the low- and high-energy imaggandsS,,
work can be used for situations with both quantum and syscan be expressed as
tem noise, only the quantug®oisson noise is considered in
the present numerical study.

T:ta+tb+tC' (1)

sj:f dE- RJ..d2.q>j(E).e*Ma(E>ta*ub(E>tbwc(E>tc
A. Two-energy versus three-energy subtraction

In mammography, one can assume that there are three -A(E)-Q(E); j=l,h, 2
attenuating materials in the breast: adipose tissue, glandular
tissue, and calcificationgnly sparsely presentldeally, it  where,R, andR,, are the unattenuated low- and high-energy
would be best to use images acquired at three separate engrray exposures ifiC/kg) at the detector planelis the pixel
gies to estimate the thicknesses of the three attenuatirgjze in centimeter&cm), ®,(E) andd,,(E) are the unattenu-
materialst® However, compared to dual-energy subtractionated low- and high-energy photon fluence per unit exposure
imaging, three-energy subtraction imaging leads to an addiper unit energyphotons/criikeV C/kg) at the detector input,
tional reduction of image SNR, which would potentially re- A(E) is the photon absorption ratio of the detector as a func-
quire higher patient exposure, increased time to complete thiion of photon energye(keV), and Q(E) is the detector
exam(which could lead to motion artifagtsand more com- response function and represents the signal generated by
plicated subtraction image processing. Mammography differeach detected x-ray photdne., gain as a function of pho-
from other radiographic procedures in that the breast is conton energyE(keV). The energy-dependent linear-attenuation
pressed to a largely uniform thickne&hat can be easily coefficients(1/cm) for adipose tissue, glandular tissue, and
measurefl With the total breast thickness known, the task ofcalcifications are given by, (E), up(E), and u.(E), re-
three-material composition measurement can be reduced &pectively.
that of two material€.Dual-energy imaging can also be used  Defining  Aup(E)=up(E)— u,(E) and  Aug(E)
to estimate the total breast thickness in an uncompressed partu.(E) — u,(E), referred to as the difference-attenuation
of the breastthe sum of the adipose tissue and glandularcoefficients and solving fat, in Eq. (1), the low- and high-
tissue thicknesses assuming no calcifications are ppeSent energy image signals, E(R) can be rewritten as
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ated by 100% adipose tissue, as the low- and high-energy
Si:f dE-R;-d?- @;(E) e #al®T. g7 Axp(Blo™ duclBle reference signals, the modified x-ray densitidg, and D/,
(now functions of only the glandular tissue thickndgs,and
‘A(E)-Q(E); j=L.h. (3 calcification thicknesst.) can be defined as

Analogous to the optical density, we define x-ray densities
for the low- and high-energy image3, andD,,, as follows:
0
— ]
where S? is the unattenuated reference signal obtained bysubstituting Eq(3) into Eq.(5), D, andD|, can be expressed
imaging without the breast present. Using the signals attenias follows:

D/ =Fj(ty,to)=In s/ j=1,h. )
;j=Lh, (4) J

Dj’=ln

‘R.-d2-®,(E)-e BT, .
( JdE-R;-d=-®(E)-e™# A(E)-Q(E) i—ln. ©

fd E. Rj .d?. (DJ(E) . e*p,a(E)T' e*AMb(E)tbfA,U«c(E)tc. A(E)-Q(E) )

The main task of dual-energy subtraction imaging is to de- Dj'Em(pJ?/pj): Dj_ln(p?/pj):AMbj to+ A te;
termine the mapping functions for glandular tissue thickness,
t,=f,(D/,D}), and calcification thickness, t, i=Lh, ()
:,fc(D( ,D{), from Ehe measured x-ray densitiésnages, where A iy = o — Bajs Aptoj= frej— ftaj, andp? and pf
Dy =Fi(ty,tc) andDy=F(ty,tc). Typically, the form of the  are the low- and high-energy reference signals corresponding
mapping functionsf, andf., can be determined by inter- to attenuation by 100% adipose tissue. Rearranging(&q.
polation of calibration measurements. The mapping funcinto matrix form, we get
Appr Apg th

e ®

Appn  Apen/ \le

tions vary with®;(E),T,A(E), andQ(E), hence the cali-
Equation(9) represents two linear equations with two un-

brations must be performed for different x-ray techniques, D/
breast thicknesses, absorption ratios, and detector response! Dy,

knowns whose solutions are easily derived. The mapping
functions for glandular tissue thickness)Y and calcification

functions.

C. The special case of monoenergetic x-ray images thickness {.) can be analytically expressed as functions of
éhe difference attenuation coefficients 4;;) and x-ray den-
sities(D, andDy) as follows:

Since the x-ray spectra used in diagnostic imaging ar
polyenergetic, Eq(6) cannot be solved analytically fdg,

andt.. The use of monoenergetic x rays allows the inverse ApenD{ —Aue Dy,
functionsf, andf, to be analytically solved. We will there-  to="fy(D{ ,Dp)= A A A (10
fore demonstrate the reduction of the three-material/energy HolZfen™ S ftel 2 on
imaging problem into to a dual-material/energy imagingand
problem with the use of monoenergetic x-ray sources. AppDl— AppD|

Recall that our model for the breast consists of adipose t.=f.(D/,D;)= ArAu—An Ao (11
tissue of thickness, , glandular tissue of thicknesg, and a Mbi2 Keh™ 2 Kel2 Hbh

uC of thicknesst,, (Fig. 1). If p? andp, are defined as the
unattenuated and attenuated signals from the low-energy m
noenergetic spectrum, am and py, are defined as the un- The noise level in the x-ray densiti€ and D, can be
attenuated and attenuated signals from the high-energy spe@lated to the SNR in the low- and high-energy raw images
trum, the x-ray densitieB, andD,, defined in Eq(4) can be  as follows:
expressed as

& Noise and SNR in poly-energetic images

0 2 ‘?DJ’/ ’ 2 1) 2 1 ..
Di=In(p;/pj) = paj T+ (mpj = mapto+ (scj— majic; T (9_31 Ts = §J Usi_SN%j' j=Lh, (12
j=1.h, (7)

where we assume th&f andS! can be measured with high
where,u;; (i=b,c; j=I,h) are the linear attenuation coeffi- precision and therefore contribute little to the noise terms in
cients for glandular tissue €b) and uC (i=c), at low (j Eqg. (12). In Eg. (3), the signal contribution from photons
=) and high {=h) energies, respectively. Similarly, the with an energy betweeR andE+dE is proportional to the
modified x-ray densitied), andDy, defined in Eq.(5), can  mean number of photons detected within that energy interval
be expressed, using E(}), as follows: [N(E)dE=dE-R;-d? - ®;(E) e #a(B)T. e~ 4up(B)p=duc(Elte
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-A(E)], multiplied by the signal generated by each absorbedodide scintillators yield~1250 optical photons for a 25 keV
x-ray photon[the gain facto=Q(E)]. Characteristic of the x-ray photon. Since the number of absorbed x rays are sub-
x-ray detection process)(E)dE, the number of detected ject to an average gain &(E), the noise variance for the
photons betweei andE+dE is a stochastic quantity gov- energy interval ofE to E+dE can be approximated by
erned by Poisson statistics. Thus, the variance oh(f&dE ~ Q?(E)n(E)dE.*?*3 Summing the variances over all energy
is equal to its mean valuey(E)dE. Furthermore, since intervals, the total noise variances in the low- and high-
n(E)dE is typically large in diagnostic x-ray imaging, it can energy image slgnams (j=1,h), can be expressed as

be assumed to fluctuate with a Gaussian distribution. Strictly 5 (BT o Aup(Ety- Al Bt
speaking, the gain fact@(E), is also a stochastic quantity. ‘Tsj:de'Ri'd ~®j(E)-e Ha= #o(E)lo™ Ste
However, its contribution to the signal variance can be ig- 9

nored when the number of scintillated photons generated for A(B)-QY(E). (13
each absorbed x-ray photon is reasonably l&egg., cesium The SNR in the low- and high-energy images are

JAdE-R;- d?. ®;(E)- e BT @ Arp(B)tp—Auc(Blle. A(E). Q(E)

SNRS]: (JdE- Rj .d?. <DJ-(E) e Ha(B)T, e_A'“b(E)tb_AMc(E)tc.A(E) . QZ(E))l/Z' (14
E. Noise and SNR in subtracted images
The variations oD andDj, can be expressed as
ap= i) g dt: j=th 1
j &tb tb tc tc, J=hLn. ( 5)

The variationsdD| and dDj, are linear combinations of the variationk, and dt.. The parameters@Dj’/ati (i=b,c;]
=I,h) can be explicitly derived using E@6) as

dD[| (JdE-R;-d? ®;(E)-e #a®T- Ay(E)-e 2B 4ulBle. A(E) . Q(E) 16
ot de.RJ..d2.q>j(E).ewa(E>T.e*AMb(Eﬁb*Auc(E)tc.A(E).Q(E) (16)
|
Equation(16) shows that’D J-’/(?ti can be interpreted as the and
Awij(E) averaged over the detected energy spectrum, thus,
dD{/at; can be represented asu;; (i=b,c;j=1,h). The Ebl
pair of equations described in EGL5) can be expressed in Kepeeer—r————————. (22)
matrix form as App Apen— Ape Appn
dD|:>: A_“bl ﬂcl (dtb). (17) Recall that t;=f(D{ ,D;), where i=b,c; hence dt
dDp) \Apy, Apen/ At =(ot;/oD])-dD| +(at;/dD})-dD,. But from Eq. (18),

(ot;19D])=k; and @t;/dD}) =k, , therefore, the variance

Solving for dt, anddt; yields of t;, namelyafi, can be expressed as

dtb) Ebl Hd (le ) (kbl kbh) (dDI )

= — _ | = 0 , 2 , 2

dte Apph  Apen dDy, kei ken/ 1 dDp Ut2i=(t9ti/z9D|)2-0D|,+(z9ti/(9Dh)2-aDl;

(18
— 12 2.
where =kjj-o D'+km Tor; i=b,c. (23
Apren The termso;_and o, represent noise levels in the glandular
Kp1= —— (19) b c

tissue and calcification subtraction images, respectively.

A gy Apren—A g A
Hrol S ften™ 2 el Mbh Equation(23) can be rewritten, using Eq12), as follows:

—Apg
Kpp=——e—m———, (20) , ki k3, .
Appr Apeh—Aper A pph o= SNRg SNR%N i=b,c. (24)
—Apph o
kj=——or"—"—", (21)  The SNR of the subtraction signals, andt., can then be
Appr Apeh—Aper Appn expressed as follows:
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t, structure noise poses an ultimate limitation for detecting and
: i=b,c. (25)  Visualizing uCs in single-energy imaging techniques.
| ki k3, While the level of random noise can be quantified by the
enC i sa—— standard deviation of fluctuating signals in a region of uni-
SNI% SN% form exposure; the level of tissue structure noise cannot be
easily quantified since the degree of obscurity varies greatly
Notice that in theuC subtraction imagest() the adipose \jth the pattern of the tissue structure and its relative posi-
tissue strpctures are c_ancelled out, providing a uniform backion with respect to the.C. Despite these differences, it may
ground signal fluctuating around zero. Thus, the SNR of thge instructive to use the range of signal or contrast variations
©C signal in the subtraction image (SNRis the same as qye to tissue structures to represent the level of tissue struc-
the CNR. ture noise, and compute an image characteristic referred to as
Since SNR | is proportional tod [Eq. (14)] and SNR ~  the calcification contrast-to-background raf@CBR). As an
is proportional to SNg [Eq. (25)], SNR, _ is also propor- analogy to the calcification contrast-to-noise rdf@CNR),
tional to d. This results from the fact that the variance of the CCBR is computed as the ratio of the calcification con-
quantum (Poissof noise fluctuations in the rawunsub- trast to the signal range or the contrast of the background
tracted images is proportional to the number of photons in-tissue structure. Assuming that for a breast of thickrgss
cident on the image pixel ardEq. (13)]. This seems to the background area consists of 50% adipose and 50% glan-
imply that systems with larger pixel sizes have the advantagéular tissue. The background sign&, can be computed
of producing higher SNRs. However, it is important to noteUsing Eq.(2) as
that the detectability of an obje¢uC) is directly propor-
tional to the SNR per pixel summed over all pixels in the SB:f dE-R-t-®(E)
object (uC) area rather than in just one piXélAssuming
that the SNR (equal to CNR in the uC subtraction image e O5a(B)F05u(ENT. A(E). Q(E). (26)
is uniform over the object area, the sum of SN&ver the
object area is equivalent to replacing the pixel a@? (vith
the projected objediuC) area in Eq(14). For simplicity, the
shape of theuCs was assumed to be cubic with a dimension
of t.. This leads to uniform CNRs within theC, due to the 112
uniform uC thickness, but still reflects the fact that smaller -~ O3ua(BE)+05up(ENT. A (E) . Q(E) | . (27)
calcifications are also lower in contrast due to shorter attenu-

ating thickness. Thus, the pixel arédwas replaced byZ in  Now assume that there also exists an overlapping tissue
all numerical computations in this study. This allows thestructure in which the tissue composition varied from 50%

computed CNRs to be directly used to access and compakgiipose and 50% glandular to 25% adipose and 75% glan-
the detectability ofuCs. During the x-ray detection process, dular. The signal for 25% adipose and 75% glandular tissue

only part of the x-ray energy is converted into fluorescentcomposition of thicknes$ can be expressed as
light in the x-ray scintillator. Although the ratio of x-ray

photon energy that is converted to optical light varies slightly Si= f dE-R-t2. ®(E)
with energy, to a good approximation, we can assume that ¢

SNR, =

The noise inSg can be computed using E@L3) as

o-:(deR-tg-(D(E)

this ratio is c_:onstant in the_ diagnostic energy raffgé—lgo .e~ 02%:4(E)+0.75uy(ENT. A (). Q(E). (28)
keV). Thus, in our calculations, the scintillator ga@(E) is
modeled as being proportional B[i.e., Q(E) = «E]. Thus, the signal range or contrast of the tissue structure due

to tissue composition variatioC) can be computed as the
difference betweelsg and Sy, i.e., TC=Sz—S;. This can
be used to quantify the level of the “tissue structure noise”
for the previously described tissue structure.
Assuming that auC replaces a cubic volume of 50% adi-
A problem in detectinguCs in mammograms is the pres- pose and 50% glandular background tissue of dimengipn
ence of cluttered tissue structure in the image that constitutebe image signal over theC can be computed as
an added “noise” component. This component is referred to
as the “tissue structure noise” for the remainder of the manu- s.= f dE- R-t§~ ®(E)
script. The tissue structure noise is intrinsically different
from guantum noise. Quantum noise is random and hence -~ O5ua(B) +05up(E))(T—to)~ uc(ENte. A(E) - Q(E).
follows Poisson statistics. Also, it decreases in size relative
to the signal as the exposure level increases, thus potentially (29)
improving the detectability of theCs if no cluttered tissue The difference signal for thigC can then be computed as
structure is present in the background. However, the level o€ C=Sz—Sc. From our earlier definitions, the calcification
tissue structure noise is independent of the exposure levebntrast-to-noise ratio, CCNRCC/ o, and the calcification
and cannot be improved by increased exposure. The tisswmntrast-to-background ratio, CCBRCC/TC. The range of

F. Calcification contrast-to-noise
and contrast-to-background ratio
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tissue composition between 50% adipose and 50% glanduldine Csl layer used in flat-panel detectors vary from system to
to 25% adipose and 75% glandular tissue compositions usexystem and are often withheld as proprietary information by
in this discussion was arbitrarily chosen as only the generghe manufacturers. However, for the purposes of our calcu-

behaviors of CCNR and CCBR were studied. lations the relevant value is the product of density and thick-
ness. A scintillator “thickness” of 34 mg/cfifor Gd,0,S:Tb
I1l. MATERIALS AND METHODS and 45 mg/crhfor Csl:Tl were used in this numerical study.

e : The GdO,S:Tb thickness used is similar to that of Lanex
In order to compute the calcification SNR in the SUbtraC'Fine screens, whereas the Csl:Tl thickness approximates that

tion images[Eq. (25)], it was necessary to compute tkg . ) i ) _
coefficientd Egs.(19)—(22)] and the SNR for low- and high- 8;;2?;::&261”}/ available Csl-based flat-panel mammogra
energy image$Eq. (14)]. In addition, the imaging param- The x-ray' absorption ratiosA(E), were calculated for

zteetcrasc’tgfgkfsl};rtht('ao)r:rrz/';spedé?é Eg;?g::ﬁ.t:;n d Cf(:g:]'c'ert])tlzhirgnoton energies between 10 and 140 keV at a resolution of 1
PA 105, W ! U eV, using linear-attenuation coefficients interpolated from

data for the energy ranges studied. The methods for thes . .
computations are described and discussed in the followinéﬁrﬂa published by NIS' as follows:

sections. A(E)=1—e #B)s, (30)
A. X-ray photon spectra where,us(E) andtg are the energy-dependent linear attenu-
ation coefficient(l/lcm) and scintillator thicknesgcm), re-

In this study, both mammographic and general radio-S ectivel
graphic x-ray spectra were used. The published mammo-p Y-
graphic x-ray spectfd used were for x rays generated with a

molybdenum target and a 3@m thick molybdenum filter ~C. X-ray attenuation coefficients

(Mo/Mo) at 25& |30’ ﬁS' 40, fA,'|5' a/nd S0 kVpI;( and fr:)r a tlt")ng' The elemental compositions of adipose and glandular
sten target and lanthanum filtV/La) at 50 kVp. The pub- 0 o tissud? the calcifications (CaCy), and the scintilla-

lished general radiography x-ray spettrased were for x CErS (Gd,0,S:Th and Csl:Tl were used to calculate the

raliys _geneﬁlted ng z;otukr\wlgsten dtar_gﬁt and a 2.0 mm thic ass-attenuation coefficientg/p) using data published by
aluminum fiter at 50— P, and with a tungsten target ancy 518 gjpce the published attenuation coefficients are pro-

20.25 mm thick copper fiIFer at 100-140 kvp. _A” published vided only for a limited number of discrete photon energies,
spectra data were norma_hzed .and converted into the photog log-linear interpolation was used to compute the coeffi-
fluence spectrump (E), with units of photons/cfiC/kg at a cients for intermediate energies at 1 keV intervals. The inter-

resolution of 1 kev. . olation was performed using the following exponential
Note that the mammographic spectra data used were meﬁ.]

10del relating the coefficient to the photon energy:
sured for the older generation of mammographic tubes with g P 9y
glass windows. It has been suggested that x rays generated | &
by these types of tubes are subject to greater beam hardening | p

than those generated by the more modern tubes that uses, . . . .
. . 7 . aking the logarithms, Eq31) can be converted into a linear
beryllium windows!’ Mammographic spectra for the latter equation. Using published attenuation coefficients’ ),

type of tubes are currently being measured and compiled for . .
glfblic release y 9 P and (u/p), at two known consecutive energies Bf and

E,, the linear coefficient$in x and B) were determined as

”) — k.EF. (31)

. . . follows:
B. Photon absorption ratio for scintillators
Scintillators(e.g., cesium iodide, sodium iodidare com- In(ﬁ) —|n<ﬁ>
monly used in x-ray detectors to convert x rays into optical Py Pl (32)
light. Although x-ray detectors using photoconductor materi- p= InE,—InE;
als (e.g., seleniumhave been developed and commercial-
ized, most digital mammographic systems rely on scintilla-
tors for x-ray detection. In this paper, we consider two
scintillators commonly used in digital mammography sys- In(—) In E2—In(;) ‘InE,
tems: terbium-doped gadolinium oxysulfide (&4gS:Tb) Ink= ! NE.—InE 2 . (33
2 1

and thallium-doped cesium iodidgCsl:Tl). Usually,
Gd,0,S:Th is used with both charge-coupled devi@8€D)  Substituting the Inc and 8 values from above in Eq.31),

and amorphous siliconaSi:H) flat-panel-based detectors (u/p) was then computed for intermediate energies between
while Csl:Tl (usually grown as column structures directly on E; and E, at 1 keV resolution. The interpolated mass-
the photodiode arrayis only used withaSi:H flat-panel de- attenuation coefficient valugg/p) were then multiplied by
tectors. The densities of G@,S:Th and crystalline Csl:Tl the density(p) of the appropriate material to obtain the linear
are 7.34 and 4.51 g/cinrespectively, while the density of attenuation coefficientéw). The density values used for the
Csl:Tl grown as a column structure will be less than its den-materials were obtained from published d&fd and are
sity in crystalline form. The exact density and thickness oflisted in Table I.
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TasLE | Materials and their densities used in the numerical computations.posg; the low-energy exposure ratio varied from 0 to 1 while

keeping the total unattenuated detector exposure at 1000 mR.
For a given combination of breast thickness, tissue com-

Cacq 2.93 position, uC size, and low- and high-energy input spectra,

Material Density(g/cnT)

gslﬁ%zs:Tb 1'5311 the image signal$S, andS;,) and their associated noise lev-
Adipose tissue 093 els for unsubtracted images were calculated using E3)s.

Glandular tissue 1.04 and (13), respectively. The average difference-attenuation
coefficients Q u;;) were determined with E¢16) and then
used with Eqs(19)—(22) to computek;; values as the in-
verse matrix ofA ;. The resultingk;; values, together with
the SNR values from Eq14), were then used to calculate
The skin-entrance exposure for mammography can varghe noise levels in theC subtraction signals«; ) using Eq.
from (0.258-25.8x 10 * C/kg (0.1-10 R, depending upon (24). The noise fluctuations in the glandular tissue thickness
the x-ray technique and imaging devi®e?? Typical mam- signals, o, can be determined using E¢R4). However,
mographic x-ray techniques can produce a detector exposukg,ch computations were not part of this study. The procedure
of (2.58-3.10)x 10 *C/kg (1000-1200 mR without the  tg investigate the calcification SNRs for various imaging pa-
breast in the field. In dual-energy imaging the total exposur@gmeter valueguC size, low- and high-energy kVp values,
(unattenuated at the detegtas the sum of the individual tisgye composition, and breast thickndssdual-energy sub-
low- and high-energy exposures. To compare the dual-energyaction imaging is outlined below.
technique with the single-energy technique in a normalized (1) Assume a compressed breast thickness of 5 cm, 50%
manner, the total exposutenattenuated at the input of the adipose and 50% glandular tissue composition, and low-/
detectof of dual-energy image acquisition was kept at 2.58pigh-energy input spectra at 25/50 kVp. The noise level in
x10"*C/kg (1000 mR. Such a normalization allows the the dual-energy:C image signalg, , was then computed as
dual-energy and single-energy techniques to be compared foolrfunction of the low-energy exposure ratio to determine the

the same x-ray output or skin-entrance exposure. Howevaninimum uC size that would yield an acceptable SK&Ror
the risk to the patient in x-ray mammography is often evalu-highe

ated by the “mean glan(_j_ular_ dos€™"2! For simpl_ic_ity, we (Il For a 5 cmthick breast, 50% adipose and 50% glan-
have computed the calcification SNR by normalizing the tO-qular tissue composition, and a 2500 uC size (from step
tal unattenuated detector exposure to be 1000 mR. The '§], the high-energy spec£rum was varied from 30 to 50 kVp

sults can be easily extrapolated to other exposure values Thile keeping the low-energy spectrum fixed at 25 K¥fp
normalized to the mean-glandular dose, as will be discusse c

in Sec. IVF. The optimal distribution of the exposure be-Vas cqmputed as afu_ncti_on of the Iow-gnergy exposure ratio
tween the low- and high-energy images was studied by comiOr various kVp combinations to determine the optimal kVp

. . . S : ombination.
puting the noise levels in the subtraction image signals as ) . . o
function of the “low-energy exposure ratio,” defined as the (Il1) Using the optimal kVp combination of 25/50 kVp

I 0, i 0,
ratio of the low-energy exposure to the total exposure. (from step Il), a 250um n.C size, and 50% adipose and 50%
glandular tissue compositiom;; was computed as a func-

_ _ _ _ _ tion of the low-energy exposure ratio for various compressed
E. Noise level in the single-energy image signals breast thickness ranging from 3.5 to 7 cm.

As discussed in Sec. IIF, the CCNR and CCBR ratios (IV) Finally, for a 5 cmthick breast, a 25@m uC size,
were computed to represent the level of tissue structure noiggd @ kVp combination of 25/50 kVpy, was computed as
in the single-energy images. For a 2bfh sizeuC ina5cm  a function of the low-energy exposure ratio for various tissue
thick breast, the CCNR and CCBR were calculated usinggompositions that varied from 0% glanduld00% adiposge
50% adipose and 50% glandular tissue composition as th® 100% glandulaf0% adiposg
background and its difference from 25% adipose and 75% The optimal exposure ratio was determined as the ratio
glandular tissue composition as the contrast due to tissuaith which oy, was at a minimum. The variations of the
structure. optimal low-energy exposure ratio with various imaging fac-

tors were studied.

D. X-ray exposure considerations

F. Noise level in the dual-energy subtraction image

signals
’ - . _ , . IV. RESULTS AND DISCUSSION
A key indicator of image quantity is the image noise level.

The noise level in the dual-energyC image signalg , was
calculated for various low and high-energy spectral combi- The x-ray absorption ratiogsee Sec. IlI¢ for a 34
nations, breast thicknesses, tissue compositipis,sizes, mg/cnt thick Gd,0,S:Tb scintillator and a 45 mg/chihick

and low-energy exposure ratios. The breast thickness wassl: Tl scintillator are shown in Fig. 2. The curves are very
varied from 3.5 to 7 cm; the tissue composition varied fromsimilar from 10 to~33 keV. Above thek edges of Csl at
0% glandular(100% adiposeto 100% glandulaf0% adi- 33.2 and 36 keV, its absorption ratio increases significantly

A. Photon absorption ratios
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Fic. 2. A plot showing the absorption ratios for a 4én thick Gd,0,S:Tb

scintillator and a 1OQ,l,m thick Csl:Tl scintillator. Thek edges of a Csl:Tl Fic. 3. Plots Showing the Computed 25 kVp Mo/Mo X-ray Spectra for the

scintillator are seen at 33.2 and 36 keV, resulting in a higher absorptionsd,0,S:Tb and Csl:Tl scintillators. The characteristic x-ray lines of Mo are

ratio. Thek edge for GdO,S:Tb lies at 50.2 keMjust above the plotted  seen at 17.4 and 19.8 keV. The total signal in each spectrum is normalized to

energy range unity. The spectra for both scintillators are identical because their absorption
ratios are similar for photon energies below 33 ke¥e Fig. 2

and exceeds that of G@,S. This results in higher overall

detection efficiency for Csl than that for @o,S for x rays  trum detected by G@,S (see Figs. 4 and)5 The drop
generated with a kVp above tlkeedge energies of Csl. This around 39 keV in the 50 kVp W/La spectflig. 5 is due to
higher absorption ratio for the Csl scintillator results in k-edge absorption by the La filter. Combining tkeedge
higher values of SNR  and thus a decrease in thg when absorption by the La filter and then by the Csl scintillator, a

compared with imagés acquired with the GdS scintillator more peaked spectrum is generated, leading to better energy
above~33 keV separation for dual-energy subtraction imaging than the 50

kVp Mo/Mo spectrum detected by Csl.

B. X-ray source spectra C. CCNR and CCBR in the unsubtracted images

The x-ray source specti@ee Sec. Ill A generated with The CCNR and CCBRsee Secs. Il F and lllEare plot-
25 kvp Mo/Mo, 50 kVp Mo/Mo, and 50 kVp W/Lawhere ted in Fig. 6 as a function of the x-ray spectrum from 25 to

the Mo/Mo and W/La refer _to the target{filter combinatibns 540 KVp. The CCBRs were found to be significantly lower
and attenuated by 5 cm thick breast with 50% adipose an

50% glandular tissue composition, are plotted in Figs. 3, 4,

and 5, respectively. The total signal in the computed spectre 02

are normalized to unity to compare the spectral shapes. Fig:

ures 3-5 illustrate the spectral differences between the low-

and high-energy x-ray spectra. Thedge absorption by Csl

improves its detection efficiency for x rays generated at kVp

values above it&-edge energie6>33 keV). This would not

be an advantage for the x-ray spectra used in redsiagle-

energy digital mammography procedures, since the x rays

are typically generated at kVp values below the &gldge

energies. However, the greater absorption ratio of Csl above®

its k edges represents a significant improvement for dual-@ ‘

energy subtraction imaging since Csl yields a higher detector S e .

efficiency for the high-energy spectrum. - “ea
Figures 3 and 4 clearly show the characteristic x-ray lines 90 i * i

of Mo at 17.4 and 19.8 keV. Since the absorption ratio for the 10 2 Ener % (keV) 40 50

two scintillators are similar below-33 keV (Fig. 2), the 9y

detected signal spectra for 25 kVp Mo/Mo should be similarric. 4. Plots showing the computed 50 kVp Mo/Mo x-ray spectrum for the

for both scintillators, as indicated by Fig. 3. The bremsstrahGd,0,S:Th and Csl:Tl scintillators. The total signal in each spectrum is

|ung emission above 20 keV in the 50 kVp Mo/Mo Spectrumnormalized to unity. In addition to the characteristic x-ray lines of Mo below
20 keV, bremsstrahlung emission is seen at higher energies. The bump-like

is seen in Fig. 4. Above the Ci;l-edgg energies, the spec- syrycture seen in the Csi spectrum around 35 keV is due to its higher ab-
trum detected by Csl shows a higher intensity over the speorption ratio.

ignal
o

ive Image S

lat
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Fic. 5. Plots showing the computed 50 kVp W/La x-ray spectrum for theFic. 7. Plots of theuC image noise ¢ ) as a function of the low-energy

Gd,0,S:Tb and Csl:Tl scintillators. The total signal in each spectrum isexposure ratio for various sizes @iCs using the GgD,S:Tb scintillator;
normalized to unity. The drop around 39 keV is duiedge absorption by  assumig a 5 cm thickbreast of 50% adipose and 50% glandular tissue
the La filter. Combining the increaséeedge absorption by the Csl scintil-  composition and 25/50Mo/Mo) low/high kVp spectra. Curves are shown

lator and the La filter attenuation at the source, a more peaked spectrum {gr the uC size ranging from 100 to 30@m in increments of 5Qum.
generated for the Csl scintillator.

o o _ ~ processing, as discussed in Sec. Il E. One major task in de-
than the CCNRs, indicating that in single-energy imagingsigning and testing the dual-energy subtraction imaging tech-
the detection ofuCs can be obscuredifficult to visualiz8  nique is to ensure that the CCNR in the subtraqu€lim-
by the presence of tissue structures, even though the CCNRgjes remains sufficiently high for detectipgs.
may be sufficiently high for detection over a uniform back-  As the kVp increased, both the CCNR and CCBR gradu-
ground. In dual-energy subtraction imaging, the tissue strucally decreased. The steady decrease of CCNR and CCBR
tures are cancelled out, or at least significantly reduced, leadndicates that, even though the use of higher kVp x rays
ing to a much higher value for the CCBR. The benefit oftends to reduce the background tissue structure, it also causes
dual-energy imaging is to eliminate or greatly reduce thethe calcification contrast to decrease; resulting in only a
background tissue structures so that they do not obscure argight decrease of the CCBR with kVp. The sudden drop of
limit the detection and visualization q_iCs. Hovv_ever,_ the CCNR at 50 kVp(Fig. 6) is due to the change of target/filter
drawback of the dual-energy subtraction technique is a decombination from Mo/Mo to W/AI at 50 kVp. Notice that the
crease of CCNR due to a noise increase from subtractio@CNR was computed by summing the CNR over @

area. Thus, they could increase with the size of i@ as

100 well as the total exposure used. On the other hand, the CCBR
—=—CONR (Vo) is independent of the exposure and € size used.
._'h.\'ﬁ —0O— CCBR (Mo)
—4&—CCNR (W) D. Noise level in the microcalcification images
—&—CCBR (W) ) - ) )
E 00 koo T 1. Impact of microcalcification size
8 W The noise in theuC image,atc, was calculated as a func-
s ' tion of the low-energy exposure ratio, for variou€ sizes
i (100-300um) using 25 and 50 kVi§Mo/Mo), and assuming
5 1l a 50% adipose and 50% glandular tissue composition and a
o breast thickness of 5 cm. These results are plotted for
Gd,0,S and Csl scintillators in Figs. 7 and 8, respectively. It
has long been recognized that, for the detection pCathe
. , , , , , object SNR must exceed some minimum value SNR® In
2 a0 60 80 100 120 140 this study we adopt a threshold value of 3 for SNR®
Energy (kVp) Figure 7 shows that with the G@,S scintillator a SNR of 3

is achieved for auC size of ~300 um (atc~ 110um),
Fic. 6. The plots of the calcification contrast-to-noise ratio, CCNR, and the . - : :
calcification background-to-noise ratio, CCBR, for energies ranging from sthereas_ with the Csl s_cmtlllator, as seen in Fig. 8, a SNR of
to 140 kVp. Target/filter combinations of Mo/Mo, W/AI, and W/Cu were 3 IS achieved for C size of~250 um (UtCNSO,U«m)- The

used between 25-50, 50-90, and 100-140 kVp, respectively. The Mo andse of the Csl scintillator resulted in a higher SK&R lower
W labels in the figure represent spectra generated with a molybdenum and a

tungsten target, respectively. Note that the 50 kVp calculations were per—o-_tc values for all 'U“C SIZE'?. This can be_at_mbmed to th_e
formed with both the Mo and the W targets. higher x-ray absorption ratio of the Csl scintillator above its
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Fic. 8. Plots of theuC image noise ¢; ) as a function of the low-energy ~Fic. 9. Plots ofuC image noise &) as a function of the low-energy
exposure ratio for various sizes ps using the Csl:Tl scintillator; assum- €xposure ratio for various combinations of energy spectra using the CsI:Tl
ing a 5 cmthick breast of 50% adipose and 50% glandular tissue composiscintillator; assumig a 5 cmthick breast of 50% adipose and 50% glandular
tion and 25/50(Mo/Mo) low/high kVp spectra. Curves are shown for the tissue composition and aC size of 250um.

uC size ranging from 100 to 30@m in increments of 5Qum.

(Mo/Mo) and high-energy spectrum at 30, 35, 40, 45, or 50

k-edge energieFig. 2). Thus, a 250um uC size was used KVp (Mo/Mo). At 50 kVp, the W/La target/filter combination
in all subsequent computations, as it may be considered a¥as also used. In Fig. 9, is plotted as a function of the
the minimum detectabl@gC size in dual-energy imaging. low-energy exposure ratio for various kVp combinations for

A study of controlledn vitro studies of breastC detect- the Csl scintillator. The plots show that as the energy sepa-
ability with a conventional screen film gave a minimum de-ration widened, theuC image noise decreased. Similar re-
tectableuC size of~290 um.?* Dual-energy mammography sults were observed for the @0,S scintillator, but with
utilizing computed radiography yielded a minimum detect-slightly higher noise levels due to lower x-ray absorption
able uC size of ~470 um for SNR,,;,=5 (or 350 um for  with the G4O,S scintillator. The combination of 25 kVp
SNR,in=3).” Other numerical calculations with an ideal de- (Mo/Mo) and 50 kVp(W/La) x-ray spectra, labeled 25—50
tector and monoenergetic x rays at 19 and 68 keV pred|ct th&o/W in Fig. 9, resulted in the Iowe:att
detection of a 20Qum cubic calcification with SNR;,=5 Earlier works, assuming monoenerget|c x rays, have sug-
Our results, derived under idealized conditidns detector gested that 19 and-70 keV are the optimal low and high
noise, indicate a threshold size of250 um for SNRy,  energies for dual-energy imagif§. Our calculations are
=3. The differences in the predicted minimum detectalfle  pased on polyenergetic mammographic spectra and incorpo-
size seems to reflect the differences in the quality of theate clinically relevant considerations. A molybdenum target/
detector usedscintillator versus ionization chamber versus filter was used in our calculations since they are used widely
storage phosphgrthe x-ray spectra usedmono- versus in modern mammography units and have been shown to pro-
polyenergetigas well as the SNR threshold value us8d/s  vide better radiographic contrast than tungsten targefs.
5). At first glance, the threshol@C size with dual-energy The low-energy spectrum was fixed at 25 kVp because lower
imaging does not appear to be very different than those fromgyp values are seldom used in clinical procedures. Calcula-
conventional tEChniqueS. However, the advantage of duahons regarding the high-energy beam Stopped at 50 kVp be-
energy imaging is in its ability to suppress structure noisecause most mammography units do not operate above it.
While the uC threshold size with conventional techniqueswhile our aim in this paper is to evaluate and optimize the
vary across the images and increase in those regions withtachnique for dual-energy imaging, standard clinical prac-
higher structure noise, the threshold size with dual-energyices and practical considerations were maintained. In subse-
imaging stays more uniform across the image due to thguent calculations, 25 kVpMo/Mo) and 50 kVp(Mo/Mo)
SUppreSSion of structure noise. Further eXperimentS and Stuqrere used for the low- and high_energy X-ray Spectra, respec-
ies after a full implementation of a dual-energy imaging Sys-ively.
tem will be needed to fairly evaluate threshqldC detect-
ability and address the clinical relevance of dual-energys jmpact of breast thickness

mammography. In Fig. 10,0, is plotted as a function of the low-energy

exposure ratio for a compressed breast thickness between 3.5

and 7 cm using Csl as the scintillater, increased with the
Using a 250um uC size,o, , was computed for various preast thickness by a factor ef2 over the range of breast

kVp combinations: the low-energy spectrum fixed at 25 kVpthickness considered. As the breast thickness increases, the

2. Impact of spectral energy separation
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Fic. 10. Plots ofuC image noise ¢; ) as a function of the low-energy Fig. 11. Plots of uC image noise &) as a function of the low-energy

exposure ratio for various breast thlcknesses using the Csl:Tl scmt|||at0rexposure ratio for various adlpose/glandular tissue compositions using the

assuming 50% adipose and 50% glandular tissue compositje@, size of  Cs|:T| scintillator; assumig a 5 cmthick breast, a 25qum uC size, and

250 pum, and 25/50(Mo/Mo) kVp spectra. Curves are shown for breast 25/50 (Mo/Mo) kVp spectra. Curves are shown for compositions varying

thicknesses ranging from 3.5 to 7 cm in increments of 0.5 cm. from 0% adipose(100% glandular to 100% adipos€0% glandulay in
increments of 10% adipose.

x-ray photons have to travel through more attenuating matq'ow-energy exposure ratios refers to the values within
rial. Thus, for a fixed unattenuated detector exposure, 0% of the mini Th timal e d with i
thicker breast decreases the number of x-ray photons amVin%or:pgsitignr?rlg:;ngrg.? OeBSF;c;rrngfyrirgj?p?o\éznt?ssx 0 g;sluge
at the detector. With fewer photons detected, image et 0 o
P fi@ imag 61 for 100% adipose tissue. The optimal range varied with

noise increases in the subtracted image with thicker breast e compressed breast thickness from 0.19-0.61 for a 3.5 cm
(see Fig. 1 Similar resuits were observed for the &EBS breast to 0.29-0.71 faa 7 cmbreast, assuming a 50% adi-

scintillator, but with slightly higher noise levels due to lower pose and 50% glandular tissue composition. Finally, the op
-ray absorption in th S scintillator for higher- ’ 0 S . ' ' )
x-ray absorption in the G, S scintillator for higher-energy timal range varied with the.C size from 0.21-0.62 for 100

X Tays. um to 0.22-0.65 for 30Qum, assuming a 50% adipose and
4. Impact of tissue composition 50% glandular tissue compositionrfa 5 cmthick breast.
Based on the overlap of these ranges, we have concluded that
for low-energy exposure ratios between 0.29 and 0.61, the
gstimatedcrtc values would be within 10% of the minimum
values for various tissue compositions, breast thicknesses,
and uC sizes.

This leads to an important consideration for practical

In Fig. 11,0, is plotted as a function of the low-energy

exposure ratio for various tissue compositions using Csl a
the scintillator.crtc varies by as much as50% as the com-

position varies from 0% glandular to 100% glandular. The
density of glandular tissuél.04 g/cm) is greater than the

density for adipose tissu@.93 glc). Hence, for a fixed implementation: the total exposure can be distributed over a

breast thickness, the breast density increases with the gla, Wide range between the low- and high-energy images over
dular tissue content, leading to higher x-ray attenuation. A?/arlous breast thicknesses while maintaining values

discussed in the previous paragraph, higher attenuation de- 0
creases the number of detected photons and hence leads to\é&m'n 10% of its minimum. The |0WO/h|gP(1) energy 0exposure
increase in theuC image noise for the same exposure. stribution can be variedfrom 30%/70% to 60%/40%
Therefore, as seen in Fig. 11, the€ image noise increases without significantly affecting the results. This greatly sim-
plifies the practical implementation of dual-eneyg@ imag-

with the glandular tissue content. Similar results were ob h h b ident f
served for the GgD,S scintillator, but with slightly higher "9 téchniques. These observations are evident fronffié
shapes of the curves in Figs. 8—11.

noise levels due to lower x-ray absorption in the,QgS

scintillator for higher-energy x rays. F. Dosimetric considerations

Another consideration for dual-energyC imaging is the
total mean-glandular tissue dose. For a given exposure, the

The optimal low-energy exposure ratio is defined as thexposure-to-dose conversion factors can be used to convert
one that minimizes the level of theC image noise ¢;).  the skin entrance exposure measurement into the mean-
The ratio may be a function of theC size, low-/high-energy glandular tissue dos&:?>?’By extrapolating published data,
spectral combination, tissue composition, and breast thickit was determined that using a 50 kVp spectrum would in-
ness. The optimal low-energy exposure ratio can be detecrease the conversion factor by 50% as compared to using a
mined from the plots in Figs. 8—11. The range of optimal25 kVp spectrum. This would effectively increase the total

E. Optimal low-energy exposure ratio
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mean-glandular tissue dose in dual-energy image acquisitiotubes are available, a Mo/W dual-target tube is not currently
if the total detector exposure or entrance skin exposure iavailable; such a tube could provide an advantage for imple-
kept at the same level of a regular mammographic imagementation of dual-energy digital mammography.

For example, a 2.5810 * C/kg (1000 mR exposure at the Simulations were also done to study the effects of the
skin entrance of the breast split evenly between 25 and 5Breast thicknes¢Fig. 10 and tissue compositiofFig. 11).

kVp images would result in a total mean-glandular tissueAs expected,atC increased as the x-ray attenuation in the
dose of ~1.55 mGy; whereas the same 2580 *C/kg  breast increased as a result of a thicker breast or a higher
(1000 mR exposure made at 25 kVp would result in a doseglandular tissue content. It was also determined that evenly
of ~1.23 mGy. Therefore, dual-energy image acquisition akplitting the exposure between the low- and high-energy im-
25/50 kVp results in an overall increase in the mean-ages would be sufficient to keeg within 10% of its mini-
glandular tissue dose by a factor of 1.25 if the total eXPOSUreén,m value. The low/high exposucre can be varied from 30%/

is kept the same as that of a 25 kVp mammogram. Thus, o4 1o 6096/40% without significantly affecting the image
order to compensate for this increase in dose, the total eXPQuality.

sure for 25/50 kVp dual-ener(?y imaging W?fld need 10 be ' The effects of various imaging parameters to the signal-
reduced to approximately 80%, i.e., 22080 " C/kg (800  5nojse in dual-energy mammography have been investi-

mR), to keep the mean-glandular dose the same for Comparﬁ'jated in this study. A theoretical framework for calculating

son. The implications are an approximate 10% increase in afhe cajcification CNR in the subtraction images has been
noise levels computed, including those for th€ image  geyeloped. We believe that these findings should be of value
S|gnal,atc. Similar but lower noise increases should be ob-;, guiding the design and implementation of a dual-energy

served for other low/high kVp combinations used in thissubtraction technique for improved detection and visualiza-
study since the increase in conversion factors for kVp valuegion of microcalcifications.

lower than 50 should be smaller. Thus, the noise increase A signal-to-noise analysis, as is done in this study, repre-
from normalization to a fixed mid-glandular dose is smallsents the first step in evaluating the implementation dual-
and should not significantly affect the results or conclusionsnergy imaging. Other issues that influence the practicality
of this study based on a fixed total detector exposure opf clinical implementation include the development of reli-

2.58x 10" * C/kg (1000 mR. able subtraction algorithms and dual-energy acquisition tech-
nigues. The impact of nonuniform detector response and
V. CONCLUSIONS AND SUMMARY scatter radiation must also be addressed.

The Csl:Tl scintillator has a higher absorption ratio than
Gd,0,S:Th at energies above 33.2 keW¥ig. 2) due to ACKNOWLEDGMENTS .
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