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Purpose: The purpose of this study was to provide an analysis of imaging performance in digital
mammography, using indirect detector instrumentation, by combining the Linear Cascaded Systems
(LCS) theory and the Signal Detection Theory (SDT). Observer performance was assessed, by examining
frequently employed detectors, consisting of phosphor-based X-ray converters (granular Gd,0,S:Tb
and structural CsI:Tl), coupled with the recently introduced complementary metal-oxide-
semiconductor (CMOS) sensor. By applying combinations of various irradiation conditions (filter-target
and exposure levels at 28 kV) on imaging detectors, our study aimed to find the optimum system set-up
for digital mammography. For this purpose, the signal to noise transfer properties of the medical
imaging detectors were examined for breast carcinoma detectability.
Methods: An analytical model was applied to calculate X-ray interactions within software breast
phantoms and detective media. Modeling involved: (a) three X-ray spectra used in digital mammo-
graphy: 28 kV Mo/Mo (Mo: 0.030 mm), 28 kV Rh/Rh (Rh: 0.025 mm) and 28 kV W/Rh (Rh: 0.060 mm)
at different entrance surface air kerma (ESAK) of 3 mGy and 5 mGy, (b) a 5 cm thick Perspex software
phantom incorporating a small Ca lesion of varying size (0.1-1cm), and (c) two 200 pm thick
phosphor-based X-ray converters (Gd202S:Tb, Csl:Tl), coupled to a CMOS based detector of 22.5 pm
pixel size.
Results: Best (lowest) contrast threshold (CT) values were obtained with the combination: (i) W/Rh
target-filter, (ii) 5 mGy (ESAK), and (iii) CsI:TI-CMOS detector. For lesion diameter 0.5 cm the CT was
found improved, in comparison to other anode/filter combinations, approximately 42% than Rh/Rh and
55% than Mo/Mo, for small sized carcinoma (0.1 cm) and approximately 50% than Rh/Rh and 125% than
Mo/Mo, for big sized carcinoma (1 cm), considering 5 mGy X-ray beam. By decreasing lesion diameter
and thickness, a limiting CT (100%) was occurred for size values less than 0.2 cm.
Conclusion: CT was found to be affected by the selection of target/filter and exposure combination.
It was found that the optimum thickness of Csl:Tl was approximately 190 pm and for Gd,0,S:Tb
120 pm for the studied energy and ESAK range.

© 2012 Elsevier B.V. All rights reserved.

1. Introduction

lesion detection. X-ray detectors can play a critical role in improv-
ing image quality, since they can accurately acquire and depict

Image quality for medical purposes is related to the useful
diagnostic information that can be extracted from an image. This
quality can be evaluated by the performance of “some type of
observer” on a particular diagnostic classification task [1,2]. The
methodology used for human performance assessment can pro-
vide a relationship between objective image quality level and
subjective diagnostic performance. In diagnostic medical imaging
applications (i.e. X-ray mammography, chest radiography and
X-ray computed tomography), where X-ray detectors are employed
for image formation [3], an example of a classification task is the
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spatial information carried by the X-ray beam transmitted through
the patient.

In X-ray digital mammography, a very particular application of
X-ray projection imaging, an attenuation profile of a human
breast is projected onto a radiation detector often consisting of
a phosphor-based X-ray converter, to convert X-ray energy to
visible light photons. These photons are then captured by an
electronic optical sensor. These converters are classified into two
general categories: (a) indirect imaging detectors, using a gran-
ular phosphor screen (e.g., Gd,0,S:Tb) and (b) indirect imaging
detectors, using a columnar phosphor screen (e.g., Csl:Tl) and
exhibit advantages in several medical and industrial imaging
applications [4]. Direct imaging detectors based on a-Se converting
material are also currently employed in commercially available
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mammographic medical imaging systems [5,6]. However, ongoing
investigations are aimed at improving the gain of a-Se based
detectors through avalanche multiplication process and in under-
standing its implication on noise [7]. A direct a-Se converter
exhibits lower sensitivity [8] and in particular has been found
at least half for 20keV X-ray energy and phosphor thickness
50-100 mg/cm? [9] compared to the phosphor-based converters
(e.g., Gdy0,S:Tb, CsL:Tl). Thus, the development of low-noise
detectors with improved sensitivity would also be beneficial to
the promising technique of digital breast tomosynthesis (DBT) that
requires low dose per projection view [7]. A point worth comment-
ing is that the two X-ray detective modalities have been configured
with different X-ray beam spectra qualities (Mo/Mo, Mo/Rh, Rh/Rh
for indirect detection and W/Rh, W/Ag for direct detection).

Image quality (i.e. contrast, resolution, noise and brightness)
depends on the imaging performance (signal to noise ratio - SNR)
of the X-ray converter, which in turn is directly affected by its
intrinsic physical and structural properties [10,11]. Within the
past years, the use of a model observer, which combines physical
detector parameters, imaging conditions and object detectability
tests, has been considered an attractive method to optimize
detector imaging performance [12,13]. The development of model
observer overcomes some of the limitations in using the overall
signal to noise properties of the detector [14,15], expressed by the
detective quantum efficiency (DQE) in the sense that they are
applied in clinical X-ray irradiation and image observation con-
ditions and accounts for the effect of human eye and medical
doctor experience in detail resolving. Various investigations have
utilized observer models for the assessment of medical image
quality in imaging modalities [16-21]. In particular, two signifi-
cant contributions [12,13] have performed studies on digital
mammographic systems. Their results provided prediction of
object detectability and led to further optimization of the imaging
procedure [22].

However, the effects of observer models on the imaging
performance of indirect phosphor-based X-ray detectors for
carcinoma detectability purposes have not been previously sys-
tematically studied in digital mammography. In addition, this
challenge would be more interesting by combining the phosphor
material with recent high definition optical detectors [23].
Various optical sensors have been used in medical imaging (e.g.,
mammographic film, a-Si flat panel imagers AMFPI, charge-
coupled devices CCD etc); however, recently complementary
metal-oxide-semiconductor (CMOS) imaging detectors seem to
provide many advantages such as low power consumption, low
production cost, wide dynamic range and “system on chip”
capabilities, the radiation detecting layer is simple to fabricate
and can be made out of nonstandard semiconductors [24].

This paper was aimed to provide an analysis of conditions to
investigate the imaging performance of indirect detectors for
digital mammography. This analysis was based on models for:
(i) objective quality metrics, in the framework of the LCS theory,
and (ii) observer performance in Signal Detection Theory (SDT),
i.e. SNR and contrast threshold (CT). The models were applied to
assess the performance of two phosphor-based detector config-
urations irradiated by X-ray spectra currently employed in digital
mammography. Model observers were described through theore-
tical analysis characterizing the overall imaging detector perfor-
mance [18] (i.e. the modulation transfer function (MTF), the noise
power spectra (NPS), and the DQE. This has been accomplished by
employing a complete analytical model and taking into account
the following: (a) three mammographic X-ray spectra: 28 kV Mo/
Mo (0.030 mm), 28kV Rh/Rh (0.025mm), 28kV W/Rh
(0.060 mm) and two entrance surface air kerma levels, 3 mGy
and 5 mGy, (b) 5 cm thickness breast tissue equivalent phantom
(perspex) incorporating a simulated lesion of varying diameter

(0.1-1 cm) and depth (height) and, (c) two currently and widely
used phosphor materials (Gd,0,S:Tb, CsI:Tl) with thickness
200 pm, thickness value used in digital mammography, and
(d) a CMOS Remote RadEye HR photodiode pixel array with a
pixel pitch of 22.5 pm.

2. Materials and methods
2.1. General description of model

The geometry of the model is illustrated in Fig. 1. An X-ray beam
was assumed to impinge on a phantom and then, after passing
through the layer, to fall on the detector surface. The two areas of the
phantom are thus projected on the detector surface. The energy of the
X-ray photons was determined from an X-ray spectral distribution
appropriate for applications in digital mammography. In particular,
for the derivation of the spectral distribution [25], we considered
X-ray spectra used in commercial medical imaging modalities, such
as [26]: (i) Mo/Mo (filter thickness: 30 pm, (ii) Rh/Rh (filter thickness:
25 um) and (iii) W/Rh (filter thickness: 60 um), corresponding to
28 kV X-ray tube voltage and 3 mGy and 5 mGy entrance surface air
kerma. The phantom was assumed to be a 5 cm thick breast tissue
equivalent layer (Perspex) incorporating a simulated lesion (carci-
noma) of varying diameter (0.1-1 cm). The reason to proceed with a
single kVp was due to previous study [27], where it has been reported
that the selection of found to have very little influence on image
quality of different digital mammography systems and the limiting
factor for the detection was noise rather than contrast. After beam
attenuation through the phantom, our study utilized the LCS theory
[15,28,29] to model the output of the detector. The LCS model was
represented as a series of stages. Each stage (gain or blur) represents a
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Fig. 1. Geometry of the model. Perspex phantom of 5 cm thickness consisting of

two regions (the second part consists of a layer thickness separated to a thinner

layer of the same material (Perpex) and another one of Carcinoma varying to
several depths (0.1-1 cm). Carcinoma thickness was considered 0.5 cm.

Table 1
Physical and scintillating properties of granular Gd,;0,S:Tb and columnar CsI:Tl
phosphor materials: (i) material’'s density, p [9], (ii) packing density,p, [14,54],
(iii) intrinsic efficiency, #[14,15] and (iv) optical parameters o, T, po, p1 (present
study).

X-ray converter Gd,0,S:Tb CsI:Tl
Density p, (g/cm?) 7.40 451
Packing density pp 0.50 0.85
Intrinsic efficiency 7. 0.15 0.135
Reciprocal diffusion length &, (cm?g~ ') 30 10
Inverse relaxation length, 7, (cm?g~1) 222 1000
Back (input) reflection factor of the screen po 0.90 0.90
Front (output) reflection factor of the screen p; 0.70 0.82
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physical wide sense stationary (WSS) process that governs
the transfer of signal from the input to the output [15,29]. In
particular the detector was modeled as a system comprising a
phosphor layer in contact with a CMOS pixel array optical sensor.
In the phosphor layer, the local absorption of X-rays (without
taking into account secondary X-ray interactions or scatter which
is considerable small in the energy range used in mammography
[11]), the production of light quanta and their corresponding
escape to the output were taken into account. All the emerging
light quanta were assumed to fall on the CMOS detector. How-
ever, due to spectral matching effects and the fill factor of the
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detector pixel, only a fraction was absorbed in the CMOS pixel to
generate e-h pairs. The latter contribute, by a fraction, to the
output signal [30]. The CMOS sensor was a Remote RadEye HR
photodiode pixel array with a pixel pitch of 22.5 pm.

Two widely used phosphor materials were examined as X-ray
converters: (a) the granular gadolinium oxysulphide (Gd,0,S:Tb)
phosphor and (b) the columnar structured cesium iodide (CsI:TI)
phosphor. Advantages of Gd,0,S:Tb are the X-ray detection pro-
perties, expressed by the Quantum Detection Efficiency (QDE),
and the light emission efficiency (amount of light emitted per
incoming or per absorbed amount of X-rays), i.e. the sensitivity
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Fig. 2. Variation of CT as a function of carcinoma diameter (from 0.1 to 1 cm). Carcinoma thickness was considered 0.5 cm. Data are provided considering X-ray
mammographic spectrum Mo/Mo (0.030 mm), X-ray tube voltage 28 kV, beam exposure (a) 3 mGy and (b) 5 mGy, irradiating 200 um Gd,0,S:Tb and Csl: Tl, phosphor

layers coupled with CMOS detector array with pixel size 22.5 um.
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[31], which is also expressed by the number of light quanta
emitted per absorbed X-ray [32] or the luminescence efficiency
[33,34]. The higher detection efficiency of Gd,0,S:Tb is due to its
high density (7.34 g/cm? for Gd,0,S:Tb and 4.51 g/cm? for CsL:Tl)
and the high atomic number of the Gd element (Z=64), while its
high amount of light emitted is mainly due to its high intrinsic
efficiency [35,36]. On the other hand, CsI:Tl shows better signal
transfer properties due to its columnar structure which reduces
lateral light spread. This property provides an advantage for the
development of high resolution detectors [4].

P. Liaparinos et al. / Nuclear Instruments and Methods in Physics Research A 697 (2013) 87-98

Data relevant to the X-ray attenuation coefficients of all
materials used in our study (phantom and detector) were taken
from validated data bases [37,38]. The set of the optical para-
meters (optical absorption and scattering coefficients) used for
the granular (Gd;0,S:Tb) and the columnar (Csl:Tl) screens were
estimated by model fitting based on reasonable agreement with
published experimental MTF data [14,39]. For both phosphor
screens, examined in this study a thickness of 200 pm was
assumed. All intrinsic and physical properties used in the present
model are given in Table 1.

a Energy:28 kV, lesion thickness:0.5 cm, Filter:Rh, Anode:Rh|dose: 3mGy
40 T T
; ; —&—Phosphor:Csl:TI, Coating weight:76.7 mg/em?
A " x—rrPhosphor:Gd_‘,OZS:Tb, Coating weight:74.4 mg/cm?
LR — .
B0 [ N -
g
B
g
(_S) 7 S PO O 0000 F U0 000000800000 RN SO0 UROUPS 00 SN 00 PO PSS O SR -
o
°
£
8
[
. | I PN IO OIS PO S S J N DI R P PRV, SOt R NOR N C ot SR PR IR O (MR ey (O SHE (ES e -
15 Breeme e s oopmraa nmmamens s namsion s seapemms 3 pn s mape ngpepmmy v popa e pamer o oy oo s pe raLe nem s n YRR A S pR R o 0 Sy ppe R Ty Ko xne ne er v ks £ e 7o A ne pem ey s aynme i me e n o ne 8 3 mep e xmy B nyw yerm b e s —
‘ e,
10 1 I 1 1 1 I I
0.1 0.2 03 0.4 05 06 0.7 08 09 1
lesion diameter (cm)
Energy:28 kV, lesion thickness:0.5 em, Filter:Rh, Anode:Rh|dose: SmGy
b 30 T : : : - . ;
k. : =&~ Phosphor:Csl:Tl, Coating weight:76.7 ma/cm?
" - Phosphor:Gd,0,S:Tb, Coating weight:74.4 mg/cm?
25
g
8
5
o
]
[=]
=
[7]
L 15 |
=
10
5 I I 1 1 1 I I I

0.1 0.2 0.3 0.4 05 06 0.7 08 09 1

lesion diameter (cm)
Fig. 3. Variation of CT as a function of carcinoma diameter (from 0.1 to 1 cm). Carcinoma thickness was considered 0.5 cm. Data are provided considering X-ray

mammographic spectrum Rh/Rh (0.025 mm), X-ray tube voltage 28 kV, beam exposure (a) 3 mGy and (b) 5 mGy, irradiating 200 pum Gd,0,S:Tb and Csl: Tl, phosphor
layers coupled with CMOS detector array with pixel size 22.5 um.
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2.2. Signal detection: SNR and CT evaluation in the framework of
SDT

The SNR and the CT for the task of detecting a one dimensional

Table 2

MGD evaluations for three X-ray spectra (Mo/Mo, Rh/Rh, W/Rh) of different ESAK
values (3 mGy and 5 mGy) irradiating 5 cm thickness breast tissue equivalent
phantom (perspex).

object imaged against a homogeneous background can be given X-ray spectrum Incident ESAK
by the following expressions [12]: MGD (mGy)
3 mGy 5 mGy
2
SNR — C [ |S@WMTFu)O(u)|“du 1 28 kV Mo/Mo (Mo: 0.030 mm) 054 0.90
=" ) IND D 12" M 28 kV Rh/Rh (Rh: 0.025 mm) 0.66 1.10
J ‘S(u)MTF WO (u)‘ (qODQE(u) du) 28 kV W/Rh (Rh: 0.060 mm) 0.92 1.54
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Fig. 4. Variation of CT as a function of carcinoma diameter (from 0.1 up to 1 cm). Carcinoma thickness was considered 0.5 cm. Data are provided considering X-ray

mammographic spectrum W/Rh (0.060 mm), X-ray tube voltage 28 kV, beam exposure (a

coupled with CMOS detector array with pixel size 22.5 pm.

)3 mGy and (b) 5 mGy, irradiating 200 pm Gd,0,S:Tb and Csl: Tl, phosphor layers



92 P. Liaparinos et al. / Nuclear Instruments and Methods in Physics Research A 697 (2013) 87-98

and
-1
C [ |S@MTF(w)O(w)|*du

CT=k 5 72
I ‘S(u)MTFZ(u)Oz(u)‘ (qDDQE(u)‘l du)

@)

where k is the observer’s threshold SNR, which depends on
the detection probability assumed by the observer. According to
Eq. (2), as subject contrast increases an expected improvement
of CT occurs. Regarding observer’s threshold, high values of
k correspond to well visualized objects only, shifts the calculated
or expected threshold contrasts for the system with respect to the
y-axis. On the other hand, a lower value for k corresponds to the
capability of the observer in object detection even in poor
imaging conditions. k was chosen to be 5 corresponding to strict
observer demand [12]. S(u) is the spectrum of the target object in
frequency space. In particular, for the purposes of our study, S(u)
is derived from the Fourier transform of the object shown in
Fig. 1. The imaging characteristics MTF(u)and DQE(u) are the
corresponding modulation transfer function and the detective
quantum efficiency of the corresponding X-ray detectors used for
signal detection as given in Appendix A. Ill, O(u) represents the
spatial frequency response function of the observer’s visual
system [13], q, is the X-ray signal given [12] and C is the signal
difference (i.e. contrast) between the Perspex and the lesion
corresponding to the two areas of the irradiated phantom projected
on the detector surface (see section IL.A). C can be calculated as
follows:

_ JePoET1(E)— frboBT1(E)| 1
Jebo(E) 1+(S/P)’

where S/P is the scatter to primary ratio taken equal to 0.45 [12]
and was assumed practical constant with respect to X-ray energy
under consideration [40,41] and ¢,(E,T(E)) is the X-ray photon
fluence exiting the two regions of the phantom and Ty(E), i=1,2 are
the X-ray transmission functions expressing the attenuation of the
X-ray beam penetrating the phantom as follows:

T1(E) = exp(— 1, (E)L). 3a)

c

3)

To(E) = exp <— / m(E)L,-). (3b)

where E is the X-ray photon energy, L is the total thickness, of both
parts, of the phantom.

3. Results and Discussion
3.1. Contrast threshold (CT)

The variation of CT as a function of carcinoma diameter is
illustrated in Figs. 2-4 considering three X-ray mammographic
spectra, respectively: Mo/Mo (0.030 mm), Rh/Rh (0.025 mm), and
W/Rh (0.060 mm), at 28 kV. Two different ESAK cases were
considered, 3 mGy and 5 mGy, both irradiating Gd,0,S:Tb and
CsI: Tl phosphor-based detectors. The corresponding Mean Gland-
ular Dose (MGD) for the aforementioned irradiation conditions
are given in Table 2 and calculated as shown in Appendix B.
Curves shown in Figs. 2-4 are provided for carcinoma depth
0.5 cm, phosphor thickness 200 pm, and CMOS pixel size 22.5 pm.
Comparing different cases of X-ray spectrum, beam exposure and
converter composition with the variation of object diameter (from
0.1 to 1 cm), results showed that the CT takes lower values for the
case of W/Rh X-ray spectrum of 5 mGy irradiating the CsI:Tl/
CMOS detector. In particular, for a small sized carcinoma of
0.1 cm in diameter, CT results are provided in Table 3. On the
other hand, the detectability of large sized carcinomas (e.g., 1 cm)

Table 3

CT values (%) for three X-ray spectra (Mo/Mo, Rh/Rh, W/Rh) of different ESAK
values (3 mGy and 5 mGy) irradiating 200 pum Gd,0,S:Tb and Csl: Tl, phosphor
layers coupled with CMOS detector array of pixel size 22.5 um. Carcinoma
thickness was considered 0.1 cm.

Carcinoma size (0.1 cm) X-ray converters

Gd,0,S:Tb CsL:Tl

X-ray spectrum

Mo/Mo Rh/Rh W/Rh Mo/Mo Rh/Rh W/Rh

ESAK (mGy) CT (%)
3 62.4 370 275 580 348 217
5 47.8 290 261 450 260 203

Table 4

CT values (%) for three X-ray spectra (Mo/Mo, Rh/Rh, W/Rh) of different ESAK
values (3 mGy and 5 mGy) irradiating 200 pm Gd,0,S:Tb and CsI: Tl, phosphor
layers coupled with CMOS detector array of pixel size 22.5 um. Carcinoma
thickness was considered 1 cm.

Carcinoma size (1 cm) X-ray converters

Gd,0,S:Tb CsI:Tl

X-ray spectrum

Mo/Mo Rh/Rh  W/Rh Mo/Mo Rh/Rh  W/Rh
ESAK (mGy) CT (%)

3 1822 116 87 174 109 80
5 145 94 65 130 87 58

was found considerably improved than that of small sized
carcinomas (e.g., 0.1 cm) as provided in Table 4. A point worth
commenting is that our detector modeling does not take into
account the effect of an antiscatter grid, since scattering con-
tributes differently depending on the input spectrum for a 5 cm
phantom [27]. In addition, CT results for each target/filter combi-
nation should always be assessed with respect to MGD. A more
detailed analysis about spectra optimization can be found in the
literature [42].

3.2. The effect of model parameters on CT

According to relation (2), the CT of carcinoma is expected to
depend on the X-ray converter properties, mainly the MTF and
DQE. Concerning the MTF, shown in Fig. 5(a), nearly identical MTF
curves were obtained for all spectra considered in the present
study, i.e. W/Rh, Rh/Rh, Mo/Mo at 5 mGy. Although, for a
particular phosphor screen (composition and thickness) the MTF
is expected to depend on the depth distribution of the absorbed
X-ray energy, which in turn is affected by the shape of the X-ray
spectrum, no significant effect of X-ray photon energy was
observed on the MTF curves. This was due to: (i) the relatively
small variations in the average energy of X-rays, among the
various anode/filter combinations, which do not cause crucial
modifications in the depth distribution of energy due to the
absence of scattering and K X-rays, and (ii) the significance of
light directivity (limited light spread) in columnar CsI:Tl phos-
phors, which compensates for depth effects and, thus, minimizes
the corresponding depth dependent light spread. Similar results
have been provided for different anode tube materials (Mo,W),
but on a-Se based imaging detector [43].

Regarding, the effect of the X-ray energy (i.e. anode/filter
combination) on DQE, it may be significant since this parameter
depends directly on the X-ray absorption properties of phosphor,
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Fig. 5. Variation of MTF (a) and DQE (b) as a function of spatial frequency using beam exposure 5 mGy irradiating 200 pm CsI:Tl phosphor layer coupled with CMOS
detector array of pixel size 22.5 um. Data are provided for the X-ray spectra considered in our study: Mo/Mo, Rh/Rh and W/Rh.

expressed by the QDE. However, for the phosphor screen
thickness assumed in the present study, no significant differences
were found between the three anode/filter combinations: QDE=
0.887 (Mo,Mo), QDE=0.890 (RhRh) QDE=0.896 (WRh). As shown
in the Fig. 5(b), the DQE corresponding to the W/Rh combination
is slightly higher than that of the Rh/Rh combination and
approximately 10% higher than that of the Mo/Mo combination
(e.g., the zero-frequency DQE is approximately 0.54 for W/Rh and
higher than 0.53 for Rh/Rh and 0.49 Mo/Mo). These differences in
zero-frequency DQE values could be attributed to effects related
to the statistical distribution of the optical pulses, created within
the phosphor material, which are often expressed by the Swank

factor (SF). The W/Rh X-ray spectrum releases photons of slightly
higher X-ray mean energy, which penetrates in depth more close
to the rear surface of the converter. This causes a reduction in the
number of light photon interaction events before escape.
Thus, the fluctuations in amplitudes of light pulses decrease as
compared to the other anode/filter combinations, resulting in
increase on the detector’s SNR, i.e., on SF and on zero-frequency
DQE as well. At higher frequencies, the three curves of the
frequency dependent DQE seem to coincide gradually (see
Fig. 5b), since the influence of the MTF variation, which is
practically identical for all anode/filter combinations, is more
important at higher frequencies.
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a Energy:28 kV, lesion diameter:0.5 cm, lesion thickness:0.5 cm, Filter:Rh, Anode:W|dose: SmGy
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Fig. 6. (a) Variation of CT as a function of converter thickness diameter (from 100 to 300 pm). Carcinoma thickness was considered 0.5 cm. Data are provided considering
X-ray mammographic spectrum W/Rh (0.060 mm), X-ray tube voltage 28kV, beam exposure 5 mGy, (b) Variation of CT as a function of converter thickness diameter (from
100 to 300 pm). Carcinoma thickness was considered 0.5 cm. Data are provided considering X-ray mammographic spectrum Mo/Mo (0.030 mm), X-ray tube voltage 28 kV,
beam exposure 3 mGy, (c) Variation of CT as a function of carcinoma diameter (from 0.1 to 1 cm). Carcinoma thickness was considered 0.2, 0.3 and 0.5 cm. Data are
provided considering X-ray mammographic spectrum W/Rh (0.060 mm), X-ray tube voltage 28 kV, beam exposure 5 mGy, irradiating 200 pm Gd,0,S:Tb and Csl: TI,
phosphor layers coupled with CMOS detector array with pixel size 22.5 pm.
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Under similar exposure conditions, a significant factor that
seems to affect the threshold for the object detectability is the
number of photons (qo) incident on the converter [12]. This
number is significantly higher for W/Rh, than Mo/Mo and
Rh/Rh. This factor is also crucial comparing different exposure
conditions for CT improvement at higher exposures (e.g.,
5 mGy). The high value of g in the case of W/Rh, is due to
the beam hardness, since the mean energy of the X-ray
photons is 19.3 keV, which is higher compared to the Mo/Mo
(16.6 keV) and Rh/Rh (18 keV) X-ray spectra. A point worth
commenting is that, recently, in digital mammography, the
W/Rh spectrum has been adopted in commercial systems,

which employ a-Se direct converters, instead of the traditional
Mo/Mo spectrum. A combination of higher kVp and thicker
converters has been also suggested [7,44,45].

In addition, the columnar structure of Csl:Tl converter
limits the lateral spread of light and this property allows a
Csl:Tl layer to be made thicker than a Gd,0,S:Tb layer for the
same amount of spatial spread of the signal. The increased
thickness allows greater X-ray absorption so that detectors
consisting of CsI:TI phosphor generally show equivalent
imaging performance at lower X-ray exposure levels than
Gd,0,S-based detectors [4]. Under similar X-ray exposure levels
CsI:Tl phosphor becomes much more dominant. Figs. 6(a, b)

a X-ray tube voltage:28 kV, Phospher coating weight: 31.7 mg.i‘t:m2

0.9

Eorry e L . measured MTF

w
=
=
: i i i f Py
] 1 | | | | L1 1
10 20 30 40 50 60 70 80 80100
Spatial frequencies (Ip/cm)
X-ray tube voltage:28 kV, Phosphor coating weight: 38.3 mg/cm*
b 1\ = *- T
09 —-“"‘-- afgre
08 i H
~,
0.7 |- o
06 [
05
E
= 04
02
i I i I N N B
10 20 30 40 50 60 70 80 80100

Spatial frequencies (Ip/cm)

Fig. 7. Figure illustrates the variation of MTF as a function of spatial frequency. Lines correspond to the MTF fitting of the theoretical model and dots correspond to
experimental data taken from the literature [14,39]. Figure (a) is referred to 31.7 mg/cm? Gd,0,S:Tb phosphor layer [14] and figure (b) to a 38.3 mg/cm? CsI:Tl phosphor

layer [39].
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illustrate CT values as a function of converter thickness (from
100 pm to 300 pum), for exposure conditions (Fig. 6a: 28 kV W/Rh,
ESAK: 5 mGy, Fig. 6b: 28 kV Mo/Mo, ESAK: 3 mGy). In both
cases, CT values of Csl:Tl are improved compared to Gd,0,S:Tb
converter after a critical value of thickness (approximately
190 um) presenting a highest difference at 300 um (e.g., CT:
8.7% for CsI:Tl and 10.6% for Gd,0,S:Tb as shown Fig. 6a) due
to the unique properties of high spatial resolution combined
with thicker layers. In addition, the optimum thickness of
Gd,0,S:Tb was found approximately at 120 pm which might
provide an advantage of Gd,0,S:Tb in lower thickness values.
Finally, by decreasing lesion diameter (from 1 cm to 0.1 cm) and
thickness (from 0.5 cm to 0.2 cm), a limiting CT (100%) occurred for
size values less than 0.2 cm (diameter and thickness), as shown in
Fig. 6(c).

It may be of significance to note that the accuracy of our
results is subject to limitations related to: (a) the model’s
dependence on tabulated physical data (Table 1), (b) analytical
calculations based on diffusion light transfer theory; different
values of optical parameters may affect considerably the plausi-
bility of the results compared to experimental measurements, and
(c) the effect of secondary particle (e.g., electrons) within the
phosphor was not taken into account.

4. Conclusion

This paper presents an analysis of the imaging perfor-
mance in indirect phosphor-based digital mammography
converters coupled with CMOS detector array, by taking into
account X-ray spectrum shape and fluence, X-ray detector
properties, as well as signal detectability. The present study
investigated the influence of X-ray spectra (anode/filter
combinations, X-ray exposures) and converter composition
of CT for carcinoma detectability at various lesion sizes.
According to our findings, CT was found to be affected by
the selection of target/filter and exposure combination. It was
found that the optimum thickness of CsI:Tl was approxi-
mately 190 um and for Gd;0,S:Tb 120 pum for the studied
energy and ESAK range.
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APPENDIX A:. Modeling the transfer of signal in the detector
by LCS theory

A.L Transfer of signal within the X-ray converter

The transfer of signal and noise in phosphor detectors in the
frame of LCS has been studied in literature [14,15,29,30,46,47].
In this work we adopt the work of Nishikawa and Yaffe [14].
In this work the output noise and signal from the phosphor
detector is given from the following equations:

NPS(,W,) = /E / Bo(ET2(ENQ(EWo)p(Ew)

x [WO(E)G(W)MTF(U,W)] ? dwdE 4)

and the mean number of light quanta exiting the phosphor equals
to:

BLOW,) = /E / Bo(ET2(ENg(E W) (E )iy
x (E)G(W)MTF (0,w)dwdE. )

where MTF(0,w) = 1.

Let us assume Poisson distributed number of photons
$,(E,T2(E)) is the number of photons incident on an elementary
area of the detector. 1o(E,Wo)is the fraction of ¢o(E,T,(E)) that
will be absorbed in the phosphor, where Wo is the phosphor
coating thickness, ¢y (E,w) is the probability of X-ray absorption
in each depth of elementary surface density dw, at a position
between w and w+dw. m,(E)is the mean number of optical
photons that are produced per absorbed X-ray of energy E.
my(E)is a function of the intrinsic conversion efficiency of the
phosphor, nc and the optical photon energy [14]. G(w) is the mean
fraction of the optical quanta generated at w, which escape and
spread to the output [14,17]. The total MTF of the phosphor
screen of surface density Wo denoted as MTF.(u,Wo0) can be
calculated as MTFsq(u,Wo) =& (u,Wo)/P(u,Wo), where, the
values of @;(u,Wo) can be obtained if in Eq. (5), GW)MTF(0,w)
is substituted by the equations calculated needed for the calcula-
tion of ng(E,Wo), my(E) and G(W)MTF(u,w) can be found in
previously published work [14,30,34]. A point worth commenting
is that Gw)MTF(u,w) is a function of the phosphor optical
properties reciprocal diffusion length, o, inverse relaxation length
7, and the optical parameters po, p1 expressing the reflection of
light at the front and the back screen surfaces. In this study values
of g, 7, po, p1 were found by fitting experimental MTF data, as
shown in Fig. 7 for both phosphors, Gd,0,S:Tb (Fig. 7a) and CsI: Tl
(Fig. 7b), and provided in Table 1.

AL Transfer of signal within the CMOS sensor

The transfer of the signal within the CMOS sensor has been
described in a previous work. In summary: the escaping light
quanta will impinge on the CMOS pixel and a fraction of these
quanta will be actually. This is assumed to be a binomial
distribution with a mean probability ff, where ff is the fill factor
of the pixel. In addition, the active area, denoted as aj; where,
a2y =ffaz, and ap is the pixel pitch. Upon incidence of the
optical photons on the CMOS pixel, they are subjected to a
deterministic blur process due to the finite dimensions of the
aperture [29,30], which is characterized by an MTF,;(u) corre-
sponding to the sinc function, i.e. MTF;(u) = sin c(apqu). Due to
spectral matching effects, only a fraction of these optical photons,
are captured by the CMOS photodiode. This is a gain stage
assumed to follow a binomial distribution characterized by a
mean probability a;. The optical photon energy absorbed by the
CMOS detector produces electron-hole (e-h) pairs. This is a gain
stage (assumed to follow a binomial distribution) characterized
by a mean probability Q_p. The electrons are actually drifted and
spread to the pixel output. This is a stochastic blur stage, however
due to the infinitesimal spread, this stage was not taken into
account [30]. Only a fraction of the electrons produced will reach
to the output and will be accounted for the output signal of the
detector. This is a gain stage (assumed to follow a binomial
distribution) characterized by a mean probability Q, By applying
the LCS theory in the aforementioned stages the NPS of the
detector, thereafter referred to as NPScy0s, is written as:

NPScyos() = (Ffa5Q, Qe)*(NPS(u) [MTF ()]
+ @ (0,Wo)ffasQ, Qe(1—ffa;Q, Qo). (6)
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A point worth mentioning is that the above model does not
take into account charge sharing effects. These occur, when an
X-ray photon interacting in the sensor material gives rise to
photoelectrons. These photoelectrons loose energy by scattering
processes giving the resulting charge cloud a lateral dimension of
a few microns. If the lateral broadening of the charge is significant
in comparison with the pixel pitch, the charge cloud might be
collected by several neighboring pixels. This effect degrades
spatial resolution and contrast. Charge sharing is affected by the
energy of the absorbed X-ray in the Si, the pixel dimensions the
pixel gap and the thickness of the photoreceptor [48-51]. In our
case the electrons produced by the optical photons have energies
compared to the energy gap of Si (~eV). The X-ray photons that
might interact with the CMOS material are around 10% of the
incident spectrum (QDE~90%). In addition the thickness of the
photoreceptor is in the order of several micrometers. Therefore
this effect is less important in our case than in counting detectors
which utilize materials with higher atomic number than Si.
However the study of this effect should be a part of a future work.

AL Detector output final signal and DQE

The total mean number of electrons (X, ) reaching the output
can be calculated as the product of the mean number of each gain
stage, as follows [30]:

X, = BLOW TG0, 0. @

The total MTF of the detector, MTF,(u) was calculated as the
product of the mean MTF of each individual blur stage [29,30]:
MTF (1) =MTFse{u, W, )MTFpix(u). The product ffa;Q, Q. can be
obtained from CMOS RadEye data sheet. It equals 0.37 for
Gd,0,S:Tb phosphor and 0.4 for Csl:Tl phosphor. In addition
@; =0.95, ff = 0.80, G,g = 20.12 um

The DQE can be finally calculated as [29,46]:

(XMTFo(u))*

DQE(u) = - .
QEw NPScymos(u) [, (E, T2(E))

®)

APPENDIX B. Mean Glandular Dose (MGD) evaluation

In order to determine the mean glandular dose, the half value
layer (HVL) of the utilized X-ray spectrum should be calculated.
The corresponding exposure (X)was calculated by the incident
X-ray spectrum per incident X-ray energy as:

air

X(E)jy = 1.83x1078 Dy (E)E (%) . o

where ®(E) is the photon fluence (photons/mm?), E is the photon
energy (keV) and pn(E)/p is the air mass energy absorption
coefficient (cm?/g). The derived value for X(E);, was theoretically
filtered by an aluminum foil of thickness t4; per X-ray energy bin
as:

X(E)oyr = 1.83x10 6 Py(E)E (“L(E)> e FaE)tar (10)
P air
where p4(E) is the X-ray attenuation coefficient of Al for energy E
[52]. The value of ts was allowed to vary until zgz;: X(E)oue/
ZE:‘: X(E)i, = & The corresponding value of ty was assumed to
correspond to HVL. The calculated HVL values were: 28 kV Mo/Mo
(M0:0.030 mm) HVL=0.31, 28 kV Rh/Rh (Rh:0.025 mm) HVL=
0.36, 28 kV W/Rh (Rh:0.060 mm) HVL=0.54. The mean glandular
dose MGD can be calculated as Dg=Cpgso kipmma S ESAK, where the
values of cpgsokipmma and s can be found in Tables 8.5 and

Table 8.6 (Ref 53 pgs 162-163). According to Table 8.5 the

50 mm “standard” breast can be simulated with 45mm PMMA
phantom.
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