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A number of research groups have been investigating the use of dedicated breast computerized

tomography (CT). Preliminary results have been encouraging, suggesting an improved visualization

of masses on breast CT as compared to conventional mammography. Nonetheless, there are many

challenges to overcome before breast CT can become a routine clinical reality. One potential

improvement over current breast CT prototypes would be the use of photon counting detectors with

cadmium zinc telluride (CZT) (or CdTe) semiconductor material. These detectors can operate at

room temperature and provide high detection efficiency and the capability of multi-energy imaging;

however, one factor in particular that limits image quality is the emission of characteristic x-rays. In

this study, the degradative effects of characteristic x-rays are examined when using a CZT detector

under breast CT operating conditions. Monte Carlo simulation software was used to evaluate the

effect of characteristic x-rays and the detector element size on spatial and spectral resolution for a

CZT detector used under breast CT operating conditions. In particular, lower kVp spectra and thinner

CZT thicknesses were studied than that typically used with CZT based conventional CT detectors. In

addition, the effect of characteristic x-rays on the accuracy of material decomposition in spectral CT

imaging was explored. It was observed that when imaging with 50-60 kVp spectra, the x-ray

transmission through CZT was very low for all detector thicknesses studied (0.5–3.0 mm), thus

retaining dose efficiency. As expected, characteristic x-ray escape from the detector element of x-ray

interaction increased with decreasing detector element size, approaching a 50% escape fraction for a

100 lm size detector element. The detector point spread function was observed to have only minor

degradation with detector element size greater than 200 lm and lower kV settings. Characteristic

x-rays produced increasing distortion in the spectral response with decreasing detector element size.

If not corrected for, this caused a large bias in estimating tissue density parameters for material

decomposition. It was also observed that degradation of the spectral response due to characteristic

x-rays caused worsening precision in the estimation of tissue density parameters. It was observed that

characteristic x-rays do cause some degradation in the spatial and spectral resolution of thin CZT

detectors operating under breast CT conditions. These degradations should be manageable with

careful selection of the detector element size. Even with the observed spectral distortion from

characteristic x-rays, it is still possible to correctly estimate tissue parameters for material

decomposition using spectral CT if accurate modeling is used. VC 2013 Author(s). All article content,
except where otherwise noted, is licensed under a Creative Commons Attribution 3.0 Unported
License. [http://dx.doi.org/10.1063/1.4821342]

I. INTRODUCTION

In an effort to improve the early stage detection and di-

agnosis of breast cancer, a number of research groups have

been investigating the use of x-ray computerized tomogra-

phy (CT) systems dedicated for use in imaging the breast.1–7

Preliminary results suggest that dedicated breast CT systems

can provide improved visualization of 3D breast tissue with

similar radiation dose as compared to conventional mam-

mography.8,9 However, current breast CT prototypes10,11

have limitations resulting in less than desirable spatial reso-

lution, lesion contrast, and signal-to-noise (SNR) ratio.

We are investigating dedicated CT imaging of the breast

using a direct conversion semiconductor detector that will

operate in photon counting mode. For over a century now,

clinical x-ray imaging detectors have operated in energy

integrating mode, whereby images are formed by integrating

x-ray events over a finite acquisition time. For a number of

reasons, the performance of energy integrating detectors is

sub-optimal for use in CT imaging of the breast. It is

expected that the next generation of x-ray detectors for digi-

tal radiography and CT will have the capability of counting

individually measured photons and recording their energy.

Unlike x-ray detectors operating in an energy integrating

mode, photon counting detectors can record and analyze

each individual x-ray interacting within the detector.

However, due to the high count rate typically present in

x-ray CT (i.e., hundreds of millions of x-rays/s/mm2), it has

historically been impossible to operate CT detectors in a

photon counting mode. Due to recent technological improve-

ments in x-ray detectors and associated electronics, it is now

becoming feasible for photon counting detectors to be used

for CT applications with lower x-ray fluence requirements.

Given that the dose to the breast is typically constrained to
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approximately that of the dose given for mammography, one

of these applications is CT breast imaging. It is estimated

that the maximum flux in breast CT would be in the range of

50–150 million x-rays per mm per second.

Using direct conversion photon counting detectors for

breast CT promises to provide a number of advantages over

current prototypes including (1) improved spatial resolution

which is critical both for detection of microcalcifications, as

well as for accurately visualizing tumor borders,12 (2) improved

tumor contrast,13 (3) reduction of detector electronic noise,

(4) reduction of Swank noise,14 (5) reduction of image lag

and ghosting effects, (6) increased dynamic range, (7)

improved SNR through x-ray energy weighting,15–19 and (8)

the potential for using single exposure, multiple-energy

imaging to improve quantitative accuracy for contrast-

enhanced CT breast imaging.20

The development of a semiconductor based photon count-

ing detector for breast CT is very challenging with a number

of factors contributing to the degradation of image quality

including characteristic x-rays,21 trapping, and spreading of

charge as it propagates to the detector elements,22–25 pulse-

pileup,26,27 and inhomogeneity in response between detector

elements among others. Of these factors, the degradation of

characteristic x-rays is an inherent phenomena in cadmium

zinc telluride (CZT) that will always be present and cannot be

reduced regardless of detector operating parameters (e.g.,

charge sharing can be reduced with increased bias voltage,

pulse pileup can be reduced by lower the input flux etc.). For

this reason, this study focuses on the degradation in image

quality due to characteristic x-rays.

Silicon based photon counting detectors have been

implemented in mammography,28 whole-body CT,29 and

breast CT.30 Silicon has some beneficial properties for breast

CT and is insensitive to characteristic x-ray emission.

However, one possible problem with silicon is a relatively

low stopping power. Two promising semiconductor materi-

als that are being studied for breast CT are cadmium telluride

(CdTe) and CZT.6,17,31–34 An interacting x-ray can produce

secondary characteristic x-rays (x-ray fluorescence) with

energy equivalent to the binding energies characteristic of

the Cd and Te atoms. As discussed below, these characteris-

tic x-rays can exit the semiconductor material or be re-

absorbed at a misplaced location resulting in loss of spatial

and energy resolution, as well as double counting of the inci-

dent x-ray. One design approach for reducing the effects of

charge-sharing and characteristic x-ray reabsorption, as well

as for increasing count capability is to reduce detector thick-

ness. In addition to reduced charge trapping and spreading, a

thinner detector has a number of additional benefits includ-

ing reduced polarization effects, as well as a shorter

electron-hole collection time, allowing for a shorter pulse.35

Detector polarization occurs at high flux when the buildup of

charge within the semiconductor becomes excessive, thereby

collapsing the electric field. Bale and Szeles36 have provided

an extensive theoretical discussion of detector polarization

and have shown that the maximum sustainable flux (i.e., crit-

ical flux) is inversely dependent on detector thickness. Thus,

there is strong motivation for reducing the CZT detector

thickness. Previous studies21,37 have examined the effect of

characteristic x-rays produced with CZT detectors of thick-

ness 2–3 mm and kVp settings more indicative of general

CT. However, breast CT typically uses lower x-ray energies

than conventional CT, thus allowing the use of a thinner

CZT detector without the penalty of reduced quantum effi-

ciency. In this study, Monte Carlo simulation software is

used to evaluate the effect of characteristic x-rays on spatial

and spectral resolution for a CZT detector used under breast

CT operating conditions. Charge sharing is not modeled, so

some of the results presented here can be interpreted as an

ideal upper bound on performance. Performance with typical

breast CT kV spectra of 40–60 kV (Refs. 38–40) and varying

CZT thicknesses (0.5–3.0 mm) are evaluated.

II. METHODS

A direct conversion, two-dimensional (2D) CZT detec-

tor operating in pulse mode was simulated. The CZT crystal

was modeled with weight fractions of Cd, Te, and Zn of

40%, 55%, and 5%, respectively. Characteristic x-rays of

interest can be emitted when incident x-rays interact with

Cd or Te atoms, whereas interaction with the Zn atom has

low probability. The average K-edge characteristic x-ray

energy emitted from Cd and Te are 23.4 keV and 27.5 keV,

respectively. The resulting characteristic x-rays can tra-

verse some distance and thus can be recorded in neighbor-

ing detector elements. Figure 1 shows a number of possible

outcomes for x-rays incident on the detector; (1) x-ray

transmission through the CZT detector, (2) escape of char-

acteristic x-rays into neighboring detector elements (i.e.,

side escape), (3) escape of characteristic x-rays out the front

(towards readout electronics, referred to as front escape) or

back (towards entrance, referred to as back escape), or (4)

re-absorption of characteristic x-rays produced nearby and

yet recorded in a detector element some distance away

from the primary x-ray interaction. It should be noted that

for the point spread function (PSF) studies described below,

the x-ray beam was solely directed at the central detector

element.

FIG. 1. An illustration showing possible outcomes from x-rays interacting

within the CZT detector. (Reprinted with permission from S. J. Glick and C.

S. Didier “The effect of characteristic x-rays on the spatial and spectral reso-

lution of a CZT based detector for breast CT,” in SPIE Medical Imaging

7961, 796110 (2011). Copyright 2011 SPIE.)54
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A. Monte Carlo simulation

The general purpose Penelope Monte Carlo simulation

software41 was used to model a parallel x-ray beam incident

on a monolithic CZT crystal. CZT of varying thicknesses

were simulated including 500 lm, 750 lm, 1 mm, 2 mm, and

3 mm. If not specified in the simulations discussed below, the

default CZT thickness was 750 lm. An ideal pixelized detec-

tor was modeled using square detector elements of size either

0.1� 0.1 mm2, 0.2� 0.2 mm2, or 0.3� 0.3 mm2 In each sim-

ulation, the incident x-ray beam was uniformly directed nor-

mal to the detector in one of two ways; (1) over multiple

detector elements or (2) at a central detector element for eval-

uation of the sampled point spread function (i.e., a rect func-

tion defined by the detector element size). In the latter case,

neighboring detector elements were not irradiated. In all cases,

the x-ray beam entered into the detector perpendicular to the

detector face (it is assumed that the x-ray detector is curved so

that the parallax effect will be minimized).

The Penelope code tracked all primary and characteristic

x-rays (from both Cd and Te atoms) and the (x,y,z) position

and energy deposited at each interaction was recorded.

Electrons were not tracked. The primary x-ray interaction in

the CZT over energies used for breast CT is the photoelectric

effect (over 90% probable for energies up to 80 keV). The

simulations assumed that no charge sharing occurred, and

that each x-ray interaction contributed only to the detector

element directly beneath it (i.e., electron-hole pairs migrate

directly up and down from the x-ray absorption location).

Simulations were conducted by tracking 100 000 x-ray his-

tories at 1 keV intervals from 15 to 80 keV. To create simu-

lated data for various x-ray spectra, the tungsten anode

spectral model (TASMIP)42 was used to generate normalized

50, 60, 70, and 80 kV spectra at 1 keV intervals. These nor-

malized TASMIP x-ray spectra were then weighted by the

Monte Carlo simulation results at each 1 keV interval to gen-

erate simulations for each spectra. In addition, some experi-

ments were performed using a realistic breast CT spectrum

that was obtained by modeling x-ray attenuation through a

14 cm cylinder of breast tissue composed of 50% fibrogland-

ular tissue and 50% adipose tissue. To evaluate the attenua-

tion resulting with varying thickness of CZT, the percentage

x-ray transmission without interaction was computed.

B. Spatial resolution

To evaluate spatial resolution, a uniform x-ray fluence

was directed towards the central detector element and x-ray

interactions were recorded in the central detector element, as

well as in neighboring detector elements. Three ideal detec-

tor element sizes were studied; 0.1� 0.1 mm2, 0.2� 0.2

mm2, and 0.3� 0.3 mm2. For most studies performed herein,

all events were assumed to be recorded in the same energy

bin; however, one case with binning into three energy bins

was also studied.

C. Spectral resolution

To evaluate spectral resolution, the joint probability

density function hðE;E0 Þ was generated where E represents

the incoming x-ray energy and E
0

represents the output x-ray

energy measured by the detector. This function will be

referred to herein as the energy response function. To simu-

late the energy response function, the incident x-ray flux was

uniformly distributed over the entire detector; however, only

the energy deposited within a central reference detector ele-

ment was recorded. This energy deposited in the central ref-

erence detector element includes energy remaining after

characteristic x-ray escape, as well as from re-absorption of

characteristic x-rays generated from nearby locations. The

energy response function is especially insightful for evaluat-

ing the effective spectrum in each energy bin for use in

multi-energy imaging.

D. Effect of spectral resolution on accuracy
of material decomposition

A common technique for material quantification with

spectral CT involves parameterizing both the spatial and

energy dependence of the object attenuation coefficient to be

estimated.43,44 Here, we represent the unknown object

attenuation coefficient using basis functions describing the

mass attenuation coefficient of adipose tissue, fibroglandular

tissue, and iodine

lðE;~xÞ ¼ a1ð~xÞfadiðEÞ þ a2ð~xÞfglaðEÞ þ a3ð~xÞfiodðEÞ; (1)

where a1ð~xÞ; a2ð~xÞ; a3ð~xÞ and fadiðEÞ; fglaðEÞ; fiodðEÞ repre-

sent local density and mass attenuation coefficient for adi-

pose tissue, fibroglandular tissue and iodine, respectively.

Given this object parameterization, the expected value of the

measurement k in energy bin i at a specific detector element

can be expressed as

kiðA1;A2;A3Þ ¼
ð1

0

BiðEÞI0ðEÞDðEÞexp
�
�
X3

J¼1

fjðEÞAj

�
dE;

(2)

where the subscript i¼ 1,2,3 refers to one of three energy

bins, Io(E) is the blank scan energy spectra, D(E) represents

the energy dependent quantum efficiency of CZT, the bin

sensitivity function Bi(E) can be expressed as

FIG. 2. Object geometry used for evaluating material decomposition.
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BiðEÞ ¼
ðs

si�1

hðE;E0 ÞdE
0
; (3)

and

Aj ¼
ð

ajð~xÞdl; j ¼ 1; 2; 3: (4)

In Eq. (3), fsig are the threshold energies defining energy

bins. To solve for the Aj’s, parameter estimation methods

can be used.43,44 Here, we use the maximum-likelihood

method because it is an unbiased and efficient estimator for

data exhibiting a Poisson distribution. Under an assumption

that the number of photons recorded in each energy bin form

a set of independent Poisson random variables denoted by gi,

i¼ 1,2,3, then the negative log-likelihood L becomes

Lðg1; g2; g3jAjÞ ¼ �ln½Pðg1; g2; g3jk1ðAjÞ; k2ðAjÞ; k3ðAjÞ�

¼
XN

i¼1

½k1ðAjÞ þ ln gi !� giln kiðAjÞ�

ffi
XN

i¼1

½k1ðAjÞ � giln kiðAjÞ�: (5)

By minimizing the above log-likelihood function, the maxi-

mum likelihood estimates AML
J can be obtained for each tis-

sue type. The minimization can be performed using a

number of different numerical algorithms, here we use the

simplex method of Nelder and Mead.45 Once the AML
J esti-

mates are obtained, reconstructed basis images for each tis-

sue type can be obtained by using filtered backprojection.

1. Effect of spectral resolution on the accuracy
of material quantification

To explore how the degradation in spectral resolution

from characteristic x-rays might affect the accuracy of mate-

rial quantification in breast CT, we conducted a simple simu-

lation study. A digital phantom was generated consisting of a

small 6 mm sphere with a mixture of 997.5 mg/l of fibro-

glandular tissue and 2.5 mg/l of iodine solution embedded in

a 12 cm diameter circular phantom of breast adipose tissue

FIG. 3. Probability of x-ray transmission versus energy (monochromatic)

through varying thickness of CZT. (Reprinted with permission from S. J.

Glick and C. S. Didier, “The effect of characteristic x-rays on the spatial and

spectral resolution of a CZT based detector for breast CT,” in SPIE Medical

Imaging 7961, 796110 (2011). Copyright 2011 SPIE.)54

TABLE I. Transmission fractions for varying x-ray spectra of 50, 60, 70,

and 80 kVp and varying CZT thickness of 0.5, 0.75, 1.0, 2.0, and 3.0 mm.

For the most common breast CT kVp settings (highlighted in gray), trans-

mission fraction is less than 3% for all thicknesses studied.

CZT thickness

0.5 mm 0.75 mm 1.0 mm 2.0 mm 3.0 mm

50 kV 0.67% 0.08% 0.01% 0.00% 0.00%

60 kV 2.57% 0.61% 0.15% 0.00% 0.00%

70 kV 5.72% 1.95% 0.71% 0.02% 0.00%

80 kV 9.72% 4.14% 1.89% 0.12% 0.01%

FIG. 4. Fraction of characteristic x-rays produced that escape towards; (a) the back (towards x-ray source) and (b) towards the front of the detector (where

read-out electronics are located). Results are shown for three different CZT thicknesses.
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(see Fig. 2). The 6 mm sphere was positioned 4 cm from the

center of the circle. Equation (4) was evaluated using

Siddon’s ray-tracing method,46 and the Aj line integrals for

each tissue type were computed for one detector element.

This line integral passed from the x-ray source to the detec-

tor element through the center of the 6 mm iodine sphere.

Using Eq. (2), the mean number of detected photons was

computed for three energy bins of 20–33 keV, 34–45 keV,

and 46–60 keV. A 60 kV x-ray spectrum was modeled using

the TASMIP developed by Boone et al.,42 and the x-ray flu-

ence of this spectrum was scaled using previously deter-

mined Monte Carlo based normalized glandular dose

coefficients47 to provide a 10 mGy mean glandular dose to

the breast-like phantom over 360 projection angles. The

energy dependent linear attenuation coefficients of the adi-

pose and fibroglandular tissue were modeled based on the

previous experimental tissue measurements by Johns and

Yaffe,48 and the coefficients for iodine were taken from the

NIST website.49 An ensemble of 1000 noisy measurements

(gi) was produced by selecting a random deviate from a

Poisson distribution with mean of ki. The maximum-

likelihood algorithm was then applied using the simplex

method, and 1000 estimates of AML
J for each tissue type were

computed.

III. RESULTS

A. Attenuation properties of CZT

Figure 3 shows the probability of mono-energetic x-rays

passing without interaction through a CZT detector of vari-

ous thicknesses ranging from 0.5 mm to 3.0 mm. For typical

breast CT x-ray energies (i.e., less than 60 keV), it is

observed that the probability of x-ray transmission is less

than 15% for all the CZT thicknesses studied. Table I shows

transmission fractions for varying x-ray spectra of 50, 60,

70, and 80 kVp modeled with a tungsten anode x-ray tube

using 2 mm Al filtering. These spectra have also been mod-

eled as passing through a 14 cm diameter breast of composi-

tion 50% adipose tissue and 50% fibroglandular tissue. It is

observed from Table I that the probability of x-ray transmis-

sion is less than 10% for all spectra and thicknesses studied.

B. Characteristic X-ray escape

Figure 4 shows the fraction of all characteristic x-rays

produced that escape out towards the back (i.e., towards the

x-ray source) of the detector, as well as towards the front of

the detector (i.e., where the read-out electronics are located).

Shown are results for three different values of detector thick-

ness, 0.5 mm, 0.75 mm, and 1.0 mm. From Fig. 4(a), it is

observed that the back escape fraction increases slightly at

low energy and then decreases with increasing energy. The

back escape fraction can be as high as 0.22 at lower energies.

There was little variation in back escape fraction observed

with changes in detector thickness. The front escape fraction

was observed to be low at all thicknesses with a maximum

value of less than 0.04; however, a relatively large change in

front escape fraction was observed with varying CZT thick-

ness (see Fig. 4(b)). Tables II and III show front and back

escape fractions for varying x-ray spectra of 50, 60, 70, and

80 kVp modeled with a tungsten anode x-ray tube using

2 mm Al filtering and passing through a 14 cm diameter

breast of composition 50% adipose tissue and 50% fibro-

glandular tissue. Results are shown for three values of CZT

thickness, 0.5 mm, 0.75 mm, and 1.0 mm. It is observed that

the front escape fractions for all spectra are very small, less

than 0.02. The back escape fraction ranged from 0.114 to

0.167 over all spectra, suggesting that many more character-

istic x-rays generated escape out the back of the detector

rather than the front.

Figure 5 shows the fraction of characteristic x-rays pro-

duced that escape from the irradiated detector element out

the side to another neighboring detector element. Side escape

fractions are shown as a function of energy (keV) for three

different detector element sizes, 0.1 mm, 0.2 mm, and

0.3 mm. As expected, the side escape fraction increases with

TABLE III. Percentage of characteristic x-rays produced that escape from

the back of the detector (towards side of x-ray entrance).

Back escape

0.5 mm 0.75 mm 1.0 mm

50 kV 16.7% 16.7% 16.7%

60 kV 14.7% 14.5% 14.5%

70 kV 13.2% 12.9% 12.8%

80 kV 12.0% 11.5% 11.4%

TABLE II. Percentage of characteristic x-rays produced that escape from

the front of detector (towards detector pixels).

Front escape

0.5 mm 0.75 mm 1.0 mm

50 kV 0.4% 0.1% 0.0%

60 kV 0.8% 0.1% 0.0%

70 kV 1.1% 0.3% 0.1%

80 kV 1.5% 0.3% 0.2%

FIG. 5. Fraction of characteristic x-rays produced that escape from the irra-

diated pixel out the side to another neighboring pixel. Results are shown for

three different pixel sizes.

144506-5 S. J. Glick and C. Didier J. Appl. Phys. 114, 144506 (2013)



decreasing detector element size. For example at 40 keV,

side escape fraction of 0.42, 0.27, and 0.20 was observed for

detector element size of 0.1 mm, 0.2 mm, and 0.3 mm,

respectively. The biggest jump in side escape fraction was

observed in going from 0.2 mm to 0.1 mm detector element

size. The side escape fraction was observed to have a slight

energy dependence, increasing with increasing energy from

35 to 80 keV.

Escape and reabsorbed characteristic x-rays can severely

distort the recorded energy x-ray spectra. Shown in Fig. 6

are 50 kV (a) and 60 kV (b) spectra incident on the detector

after passing through 14 cm of breast tissue of composition

FIG. 6. X-ray spectra incident on the detector after exiting a 14 cm breast with 50% adipose tissue and 50% fibroglandular tissue (solid line) and that absorbed

by the detector (dashed line) for (a) 50 kV and (b) 60 kV

FIG. 7. Shown are profiles through simulated PSFs before pixel sampling, where the x-ray beam irradiates an area of (a) 0.1 mm2, (b) 0.2 mm2, and (c) 0.3 mm2.

Results are shown for 40 kV, 60 kV, and 80 kV spectra.

144506-6 S. J. Glick and C. Didier J. Appl. Phys. 114, 144506 (2013)



50% adipose and 50% fibroglandular, as well as spectra that

are absorbed by the detector. These spectra were recorded

from the central detector element when the whole detector

was irradiated. More discussion on energy spectrum distor-

tion is given in Sec. III D below.

C. PSF

Fig. 7 shows PSFs before pixel sampling (the PSF is

actually sampled on a 10 lm2 grid), where the x-ray beam

irradiates areas of three sizes, (a) 0.1 mm2, (b) 0.2 mm2, and

(c) 0.3 mm2. Fig. 8 shows normalized point spread functions

after pixel sampling when the x-ray beam irradiates the cen-

tral detector element of a 5� 5 detector element array.

Shown are PSFs for three detector elements sizes, (a)

0.1 mm, (b) 0.2 mm, and (c) 0.3 mm simulated with three

different kV spectra; 40 kV (1st column), 60 kV (2nd col-

umn), and 80 kV (3rd column). Also shown is the amplitude

of the central detector element. Deviations from the ideal de-

tector element aperture (i.e., all events recorded in the central

detector element, and PSF with amplitude of 1.0) are due to

emission of characteristic x-rays that are reabsorbed in

neighboring detector elements. For all PSFs shown in Fig. 8,

the number of events in each of the 3 � 3 detector elements

was greater than 10 000. Thus at a minimum, the fractional

standard deviation (FSD) (standard deviation/mean) was 1%,

but most detector elements had a FSD of much lower.

It is important to keep in mind that these results assume

one large energy bin. Since photon counting detectors allow

for the use of multiple energy bins, a higher energy bin

would contain less characteristic x-ray reabsorption. Fig. 9

also shows normalized PSFs after pixel sampling when the

FIG. 8. Shown are normalized PSFs after pixel sampling, where the x-ray beam irradiates the central detector element of a 5� 5 detector element array. Rows

(a), (b), and (c) show PSFs with 0.1, 0.2, and 0.3 mm detector elements, with columns showing PSFs simulated at 40, 60, and 80 kV.
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x-ray beam irradiates the central detector element of a 5� 5

detector array; however, x-rays are binned into three energy

windows, 15–30 keV, 31–45 keV, and 46–60 keV. It is

observed that the lower energy window has substantially

more degradation of the PSF.

D. Energy response function

The energy response function, hðE;E0 Þ, for a 0.2 mm de-

tector element size is shown in Figure 10. The abscissa of

Fig. 10 represents the incident x-ray energy (E), and the ordi-

nate represents the measured x-ray energy (E
0
). This 2D

function was generated by recording all energy interactions

within a central reference detector element for an incident

x-ray beam that irradiated the entire detector array. An

approximate model of energy resolution was implemented

by blurring the recorded energy with a Gaussian function

with r ¼ 0.85 keV. The diagonal line in the energy response

function represents the photopeak, or all x-rays that deposit

all of their energy into the reference detector element. Also

observed are a number of horizontal lines approximately

below 32 keV. These lines represent characteristic x-rays

generated in neighboring detector elements that have been

reabsorbed in the central reference detector element. The di-

agonal lines parallel to the photopeak diagonal line are due

to characteristic x-ray escape, leaving partial energy

absorbed within the reference detector element. Figure 11

shows energy response functions for 0.1 mm and 0.3 mm de-

tector element size. Fig. 12 shows profiles though the energy

response function (along the dashed vertical line in Fig. 11)

for a monochromatic incident energy of 70 keV. It can be

observed that the amplitude of the photopeak (spectra around

70 keV) is lower for the 0.1 mm detector element case than

the 0.3 mm case. This is because there is higher probability

of x-ray escape and reabsorption for the smaller detector ele-

ment. This is also observed in the profiles showing higher

probability at the 23 keV (from reabsorption) and 43 keV

(from escape) peaks for the 0.1 mm detector element as com-

pared to the 0.3 mm detector element.

Fig. 13 illustrates how the energy response function,

hðE;E0 Þ, can be used to gain insight into the performance of

dual-energy imaging. Consider the case of using a 60 kV

spectra for dual energy breast CT imaging with one window

ranging from 22 to 40 keV, and the other one from 40 to

60 keV. Then the two quadrants located along the diagonal

in Fig. 12 would represent regions where x-rays are assigned

a correct energy, whereas the quadrant located in the bottom

right of the figure would represent a region where x-rays are

assigned an incorrect energy. Thus, it can be observed that x-

ray escape and characteristic x-ray re-absorption contribute

largely to the incorrectly assigned region.

Shown in Fig. 14 is the input 60 kV spectrum (shaded

gray), along with bin sensitivity functions (BiðEÞ, i¼ 1,2, see

Eq. (3)) for the lower (22–40 keV) and higher (40–60 keV)

energy windows. The overlap between the two bin sensitivity

functions is 48.6% and is indicated by the cross-hatch mark-

ings. This level of overlap is comparable to that present in

dual source CT, and will penalize the accuracy of material

decomposition if not corrected for. As observed in Fig. 13,

characteristic x-ray re-absorption below approximately

30 keV contributes largely due to the overlap of bin sensitiv-

ity functions.

One possible remedy for this overlap is to raise the

lower energy threshold. For example, Fig. 15 shows bin sen-

sitivity functions for a lower energy window of 31–40 keV

FIG. 9. Shown are normalized PSFs after pixel sampling, where the x-ray beam irradiates the central detector element of a 5� 5 detector element array. PSFs

for three energy bins are shown; (a) 15–30 keV, (b) 31–45 keV, and (c) 46–60 keV.

FIG. 10. The energy response function for a 0.2 mm detector element size.

The color levels the fraction of occurrence. (Reprinted with permission from

S. J. Glick and C. S. Didier, “The effect of characteristic x-rays on the spa-

tial and spectral resolution of a CZT based detector for breast CT,” in SPIE

Medical Imaging 7961, 796110 (2011). Copyright 2011 SPIE.)54
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and an upper energy window of 40–60 keV. Raising the

lower energy threshold to 31 keV results in a decrease in

overlap from 48.6% to 17.7%. However, there is some useful

information contained within x-rays lower than 31 keV, and

eliminating this information could increase noise and reduce

performance.

E. Effect of spectral resolution on the accuracy
of material quantification

To evaluate the reduction in material quantification ac-

curacy due to characteristic x-rays, AML
J ’s were estimated

with and without using an accurate model of the bin sensitiv-

ity function BiðEÞ for the case of a detector with detector ele-

ment size of 0.2 mm. In all cases, the true values of A1, A2,

and A3 (i.e., line integrals for adipose tissue, fibroglandular

tissue, and iodine) were 67.33, 0.68, and 6.55 pixels, respec-

tively. Shown in Fig. 16 are two distributions (1000 samples)

for estimated parameters of A1 (adipose tissue) plotted

versus A3 (iodine). The distribution shown in the top right

corner is that obtained when incorrectly assuming no spectral

blurring (i.e., assuming no characteristic x-rays) in comput-

ing the ML estimates and the distribution on the bottom left

is that obtained when assuming perfect knowledge of the bin

sensitivity function. It can be observed that in the former

case, a very large bias is observed; however, when assuming

the bin sensitivity function is known, the estimation bias is

very small. This suggests that if an accurate model of the bin

sensitivity function can be determined, then accurate low-

bias estimates of Aj can be computed.

Fig. 17 shows the distribution of estimated parameters

A1 (adipose tissue) versus A3 (iodine) for three different de-

tector element sizes, 0.1 mm, 0.2 mm, and 0.3 mm. In each

FIG. 11. The energy response functions for 0.1 mm detector element size (left) and 0.3 mm detector element size (right). Profiles through the energy response

as indicated by dashed line are shown in Figure 11. The color levels represent the fraction of occurrence.

FIG. 12. Profiles through the energy response functions shown in Fig. 9

through the indicated dashed line.

FIG. 13. Illustration demonstrating how the energy response function can be

used to gain insight into dual-energy imaging performance. The two quad-

rants located along the diagonal indicate regions where the x-ray energy is

correctly assigned. The quadrant indicated as “falsely assigned” shows a

region where characteristic x-rays emission causes an incorrect energy

measurement.
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case, the ML estimates were computed with perfect knowl-

edge of the bin sensitivity function (BiðEÞ). It can be

observed that the bias in each case is very small; however,

the estimator variance increases with decreasing detector ele-

ment size. The fractional standard deviation (i.e., standard

deviation/mean) for 0.1 mm, 0.2 mm, and 0.3 mm detector

element sizes was 0.024, 0.017, and 0.010 and 0.230, 0.184,

and 0.128, respectively, for parameters A1 (adipose tissue)

and A3 (iodine). Also note that a negative correlation

between A1 and A3 is observed.

IV. DISCUSSION

One of the goals of this study was to investigate whether

the thickness of a CZT detector used for breast CT could be

reduced from the 2–3 mm of previously reported detectors

studied for breast CT17,50 without significant penalty. Fig. 3

shows that for monochromatic energies less than 50 keV

(predominant energy range for breast CT), the probability of

x-ray transmission for all thicknesses tested is less than 6%.

Furthermore, Table I shows that for 50 kV and 60 kV spectra

typically used in breast CT, the probability of x-ray transmis-

sion through the detector is less than 3%, even with the

smallest 0.5 mm thick detector. These data suggest that CZT

thickness can be reduced without an excessive penalty in

quantum efficiency.

Characteristic x-rays produced within the CZT can

escape the detector exiting through the back side (towards

the x-ray source), or through the front side (towards the

read-out electronics). These escape x-rays are problematic

in that only part of the primary x-ray energy is absorbed

thus degrading spectral resolution. Figure 4 and Tables II

and III clearly illustrate that most of the escape characteris-

tic x-rays exit out the back side of the detector, and that the

probability of back side escape varies little with CZT thick-

ness. This is because it is more likely for primary x-rays to be

absorbed near the entrance to the detector. Consequently,

decreasing the detector thickness from 2.0–3.0 mm to

0.5–1.0 mm does not significantly effect the fraction of escape

photons.

Characteristic x-rays can also be re-absorbed in neigh-

boring detector elements, and Fig. 5 shows that this is sub-

stantially more likely with decreasing detector element

size. Of all x-rays interacting by photoelectric effect in Cd

and Te atoms, 80% occur at the K-shell and 20% occur at

the L-shell.51 Of the 80% K-shell interactions, 87% of these

yield characteristic x-rays, whereas 13% yield Auger elec-

trons.52 Thus, approximately 70% of x-rays interacting by

photoelectric effect in the CZT material will produce K-

shell characteristic x-rays. With a detector element size of

0.1 mm, between 40% and 50% of characteristic x-rays pro-

duced escape from the irradiated detector element to a

neighboring detector element, whereas a significant reduc-

tion in side escape fraction is observed with detector ele-

ments of size 0.2 mm and 0.3 mm. More insight into the

effect of side escape x-rays can be observed in the PSFs of

Fig. 8. For the worst case scenario of imaging with an

80 kV spectrum and using a detector with element size of

0.1 mm, 25% of characteristic x-rays will spread to

FIG. 16. Statistical distributions of estimated parameters A1 (adipose) versus

A3 (iodine). The distribution on the top right is that obtained when incor-

rectly assuming no spectral blurring (i.e., no characteristic x-rays) in com-

puting the ML estimates and the distribution on the bottom left is that

obtained when assuming perfect knowledge of the bin sensitivity function.

FIG. 14. 60 kV input spectra (shown in gray) and system weighting func-

tions for the lower (22–40 keV) and higher (40–60 keV) energy windows.

The overlap (shown by cross-hatch markings) is 48.6%.

FIG. 15. 60 kV input spectra (shown in gray) and system weighting func-

tions for lower (31–40 keV) and higher (40–60 keV) energy windows. The

overlap (shown by cross-hatch markings) is 17.7%.
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neighboring detector elements. However, it is observed that

PSF blurring is reduced with lower kV spectra and use of

detectors with bigger detector elements. Only 9% of x-rays

will spread to neighboring detector elements with a 40 kV

spectra and a detector element size of 0.2 mm. Further stud-

ies are needed to evaluate the effect of this spatial resolu-

tion loss on breast CT task performance; however, the PSF

blur observed here is less than that observed in indirect con-

version detectors currently used in prototype breast CT

scanners. It should also be noted that the PSFs shown in

Fig. 8 are simulated for one large energy bin encompassing

all x-ray energies. Fig. 9 shows that if multiple energy bins

are used, the PSF blur will only be evident in lower energy

windows (<32 keV). From these observations, it can be

concluded that degradation of the PSF due to characteristic

x-rays will probably not be a major limitation for CZT

based breast CT detectors.

When using photon counting detectors with multiple

energy bins for dual- or multiple energy CT, characteristic x-

rays cause higher energy incident x-rays to be erroneously

recorded into lower energy bins creating a non-ideal bin sen-

sitivity function, BiðEÞ (see Figs. 10–12). As observed in Eq.

(5), ML estimation of the unknown material parameters

requires an estimate of the expected value of the measure-

ment in bin i (i.e., ki). From Eq. (2), the evaluation of this

expression requires an accurate estimate of the bin sensitivity

function BiðEÞ. Results shown in Fig. 16, as well as other

simulation results (not shown) suggest that if BiðEÞ is known

(or can be accurately estimated), then unbiased estimates of

the tissue parameters can be computed. This is not surprising

because the ML estimator from Poisson distributed data is

unbiased and efficient.

However, if it is incorrectly assumed that BiðEÞ is ideal

(i.e., no degradation in spectral resolution), then a large

bias in parameter estimation is observed (e.g., see Fig. 16).

In other words, accurate modeling of the bin sensitivity

function is necessary for accurate performance in spectral

breast CT. There have been a few reports discussing useful

methods for modeling of the bin sensitivity function.

Schlomka et al.44 have modeled BiðEÞ by measuring the

response at monochromatic energies using a synchrotron,

whereas Schmidt53 have used a calibration method that

acquires measurements through materials with known

thickness.

Although unbiased tissue parameter estimates are achiev-

able with accurate modeling of BiðEÞ, the results presented in

Fig. 17 show that the variance of parameter estimates for adi-

pose tissue and iodine is affected by the detector element size.

Since Figs. 10–12 show that degradation of the bin sensitivity

function increases with decreasing size of the detector

element, one can thus infer that escape and reabsorbed charac-

teristic x-rays increase the variance of tissue parameter

estimates.

V. CONCLUSIONS

A number of conclusions can be made from this study.

First, it should be possible to reduce the thickness of CZT in

breast CT detectors to below 1 mm as compared to 2–3 mm

used in previous studies17,50 without a significant reduction

in detector quantum efficiency. Reducing CZT thickness will

provide a number of benefits including reduced charge trap-

ping, and an increase in usable flux before polarization

effects degrade count-rate performance.36 CZT thickness can

be reduced to 0.5–1.0 mm and still transmit less than 3% of

x-rays for 50–60 kV spectra.

Second, although characteristic x-ray escape can de-

grade the PSF, this blurring is small if the detector element

is 0.2 mm or greater. Furthermore, with multiple energy

bins, the PSF blur due to characteristic x-rays will only be

present for the lower energy window. Although this degra-

dation in spatial resolution appears to be small, further

studies are needed to assess the PSF degradation on breast

CT task performance. Finally, it was observed that the

escape and reabsorption of characteristic x-rays can de-

grade spectral resolution, especially as the size of the detec-

tor element is decreased. This spectral degradation can

potentially affect the accuracy in spectral CT material

decomposition algorithms. However, if an accurate esti-

mate of the bin sensitivity function can be obtained (either

through a calibration measurement or through simulation),

then low bias estimation of the unknown tissue parameters

can be achieved by using a maximum likelihood objective

function.

One limitation of this study is that charge sharing is not

modeled; therefore, the results presented here should be

interpreted as an ideal upper bound on performance. It is

expected that if the charge sharing effects could be accu-

rately modeled, then the maximum likelihood method would

still achieve accurate low bias estimates of the tissue param-

eters as demonstrated herein, since the maximum likelihood

method is an unbiased estimator.

In summary, it appears as if the effects of characteristic

x-rays will not be a limitation in CZT detector based breast

spectral CT. Future studies will determine if the addition of

charge sharing into the simulation will change this conclusion.

FIG. 17. The distribution of estimated

parameters A1 (adipose tissue) versus

A3 (iodine) for three different detector

element sizes; (a) 0.1 mm, (b) 0.2 mm,

and (c) 0.3 mm.
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