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Purpose: To measure and investigate the improvement of microcalcification (MC) visibility in cone
beam breast CT with a high pitch (75 μm), thick (500 μm) scintillator CMOS/CsI flat panel detector
(Dexela 2923, Perkin Elmer).
Methods: Aluminum wires and calcium carbonate grains of various sizes were embedded in a paraf-
fin cylinder to simulate imaging of calcifications in a breast. Phantoms were imaged with a benchtop
experimental cone beam CT system at various exposure levels. In addition to the Dexela detector, a
high pitch (50 μm), thin (150 μm) scintillator CMOS/CsI flat panel detector (C7921CA-09, Hama-
matsu Corporation, Hamamatsu City, Japan) and a widely used low pitch (194 μm), thick (600 μm)
scintillator aSi/CsI flat panel detector (PaxScan 4030CB, Varian Medical Systems) were also used in
scanning for comparison. The images were independently reviewed by six readers (imaging physi-
cists). The MC visibility was quantified as the fraction of visible MCs and measured as a function
of the estimated mean glandular dose (MGD) level for various MC sizes and detectors. The modu-
lation transfer functions (MTFs) and detective quantum efficiencies (DQEs) were also measured and
compared for the three detectors used.
Results: The authors have demonstrated that the use of a high pitch (75 μm) CMOS detector coupled
with a thick (500 μm) CsI scintillator helped make the smaller 150–160, 160–180, and 180–200 μm
MC groups more visible at MGDs up to 10.8, 9, and 10.8 mGy, respectively. It also made the larger
200–212 and 212–224 μm MC groups more visible at MGDs up to 7.2 mGy. No performance im-
provement was observed for 224–250 μm or larger size groups. With the higher spatial resolution of
the Dexela detector based system, the apparent dimensions and shapes of MCs were more accurately
rendered. The results show that with the aforementioned detector, a 73% visibility could be achieved
in imaging 160–180 μm MCs as compared to 28% visibility achieved by the low pitch (194 μm)
aSi/CsI flat panel detector. The measurements confirm that the Hamamatsu detector has the highest
MTF, followed by the Dexel detector, and then the Varian detector. However, the Dexela detector,
with its thick (500 μm) CsI scintillator and low noise level, has the highest DQE at all frequencies,
followed by the Varian detector, and then the Hamamatsu detector. The findings on the MC visibility
correlated well with the differences in MTFs, noise power spectra, and DQEs measured for these
three detectors.
Conclusions: The authors have demonstrated that the use of the CMOS type Dexela detector with
its high pitch (75 μm) and thick (500 μm) CsI scintillator could help improve the MC visibility.
However, the improvement depended on the exposure level and the MC size. For imaging larger MCs
or scanning at high exposure levels, there was little advantage in using the Dexela detector as com-
pared to the aSi type Varian detector. These findings correlate well with the higher measured DQEs
of the Dexela detector, especially at higher frequencies. © 2013 American Association of Physicists
in Medicine. [http://dx.doi.org/10.1118/1.4820440]
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1. INTRODUCTION

Cone beam CT (CBCT) has been used in diagnosis, surgical
planning, angiography, radiotherapy guidance, image guided
intervention, and dentomaxillofacial imaging.1–14 The advan-
tages of CBCT include a higher contrast sensitivity as com-
pared to projection imaging and nearly isotropic high spatial
resolution, which have led to the development and investiga-
tion of dedicated pendant geometry breast CT technique.12–18

Although it has been shown that breast CT has many dis-
tinctive advantages, it also has some drawbacks with the
two major concerns, poor detection of microcalcifications
(MCs) and potentially high radiation dose to the breast. De-
tection and visualization of MCs play an important role in
the screening and diagnosis of breast cancers. The presence
of MCs in certain forms has been related to early stage
breast cancers.19 Although an early simulation study indicated
that MCs as small as 175–200 μm could be visible in flat
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FIG. 1. Benchtop experimental CBCT system.

panel-based breast CT when the mean glandular dose (MGD)
is kept at an acceptable level, a later experimental study
reported that the minimum detectable MC size was about
308 μm at the 75% visibility level under similar exposure
conditions.18, 20, 21 Using a high resolution (48 μm pitch) CCD
detector, we have demonstrated that MCs as small as 150 μm
could be visualized at an elevated x-ray exposure level.22

However, it is essential to be able to improve the ability of
the BCT system to image small MCs with MGDs as low as
6 mGy. In the past several years, large size CMOS detectors
have become commercially available for medical x-ray imag-
ing applications. Compared to amorphous silicon flat-panel
detectors, CMOS detectors have much smaller pitch size and
lower readout noise and lend themselves to high resolution
imaging. It has been generally recognized that a high pitch
(75 μm or smaller) detector needs be used with a thin
(150 μm or thinner) scintillator to achieve optimal modulation
transfer functions (MTFs). However, the use of a thin (150
μm or thinner) scintillator would result in inefficient x-ray ab-
sorption and poorer detective quantum efficiency (DQE) thus
requiring higher exposures to be used. This is unacceptable in
breast CT as it would increase the MGD to an unacceptable
level. An approach often ignored is to use a high pitch detector
in conjunction with a thick scintillator to preserve the quan-
tum detection efficiency. Typical of many digital x-ray detec-
tors, the presampling MTF values remain high at the Nyquist
frequency due to the need to limit the matrix size and contain
the cost of fabrication. This leads to the improper recording
of image information at frequencies above the Nyquist fre-
quency. Such information may be captured by using a high
pitch detector to extend the MTF to a higher Nyquist fre-
quency while using a thick scintillator to preserve the quan-
tum detection efficiency. In this study, we explored the po-
tential benefit in using a high pitch (75 μm), thick (500 μm)
scintillator CMOS flat panel detector to improve the MC vis-
ibility with an acceptable MGD. MCs of various sizes were
imaged with three detectors of different characteristics: low

pitch (194 μm) with thick (600 μm) scintillator, high pitch
(75 μm) with thick (500 μm) scintillator, and high pitch
(50 μm) with thin (150 μm) scintillator. An observer study
was conducted to evaluate and compare the MC visibilities
for various combinations of the detector, MC size range, and
MGD. The MTF, noise power spectrum (NPS), and DQE
were also measured and compared to account for the reading
results.

2. MATERIALS AND METHODS

2.A. Experimental setup

The imaging experiments were conducted on a benchtop
experimental CBCT system shown in Fig. 1. It consisted of a
high power x-ray generator (CPI Indico 100SP, Communica-
tions Power Industries, ON, Canada), an x-ray tube (G-1593,
Varian Medical System, Salt Lake City, UT) with a nomi-
nal focal spot size of 0.3 or 1.2 mm and a stepping motor-
driven rotation table (B4872TS, Velmex, Inc., Bloomfield,
NY) to hold and rotate phantom during a CBCT scan. Three
flat panel detectors were investigated in this study: Var-
ian PaxScan 4030CB (Varian Medical Systems, Salt Lake
City, UT), Dexela 2923 (Perkin Elmer, Waltham, MA), and
Hamamatsu C7921CA-09 (Hamamatsu Corporation, Hama-
matsu City, Japan). The Varian PaxScan 4030CB is a 14-bit
amorphous silicon/cesium iodide (aSi/CsI)-based indirect
conversion flat panel detector with a pixel size of 194 μm
and a scintillator thickness of 600 μm. The Dexela 2923 is
a 14-bit CMOS detector with a pixel size of 75 μm. It may
be coupled to a 150 or 500 μm thick CsI scintillator plate
(Hamamatsu Corporation). In this study, the latter was used
to optimize x-ray absorption. The Hamamatsu C7921CA-09
detector (Hamamatsu Corporation) is a 12-bit CMOS detec-
tor with a pixel size of 50 μm coupled to a 150 μm thick CsI
scintillator.
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TABLE I. Detector characteristics and experimental conditions.

Manufacturer Varian Dexela Hamamatsu

Detector model 4030CB 2923 C7921
Detector type aSi/CsI CMOS/CsI CMOS/CsI
Scintillator thickness (μm) 600 500 150
Matrix size 2048 × 1536 3888 × 3072 1032 × 1032
Data depth (bit) 14 14 12
Intrinsic pixel size (μm) 194 75 50
Active image area (cm2) 40 × 30 29 × 23 5.28 × 5.28
Frame rate at full
resolution (fps)

7.5 26 4

SCD (cm) 88 88 88
SID (cm) 135 108 110
Magnification (SID/SCD) 1.53 1.23 1.25
Nominal focal spot size
(mm)

0.3 0.3 0.3

kVp 80 80 80
Voxel size (μm) 127 61 40

The x-ray source-to-isocenter distance (SCD) was set at
88 cm in all experiments. The source-to-image distance (SID)
was varied to optimize the spatial resolution for image ac-
quisition: 135 cm for the Varian detector, 108 cm for the
Dexela detector, and 110 cm for Hamamatsu detector. All
experiments were performed at 80 kVp with pulsed x-ray
exposures. The characteristics of the detectors and the
experimental conditions are listed in Table I.

2.B. Phantoms

Paraffin, which is similar to adipose tissue in x-ray attenu-
ation properties, was used as the background material to con-
struct the breast phantoms. Its easy to mold characteristic al-
lows the aluminum (Al) wires or calcium carbonate grains to
be embedded to simulate imaging of calcifications in a breast.
Two Al wire phantoms were constructed and imaged. One
consisted of a 13 cm diameter, 8 cm thick paraffin cylinder
embedded with 12 aluminum wires of various diameters (51,

76, 102, 127, 152, 178, 203, 229, 254, 279, 305, and 356 μm
in diameter), all oriented parallel to each other and evenly
spaced along an 8 cm diameter circle centered to the cen-
tral axis of the phantom. Sections of the Al wires protruded
into the air to produce high contrast in CBCT scan and al-
low the effects of detector resolution to be studied indepen-
dently of the noise level in the images. A smaller Al wire
phantom, similar in design, was constructed for scans with
the small field of view Hamamatsu detector. It consisted of a
1.5 cm diameter, 6 cm high, paraffin rod embedded with eight
aluminum wires (51, 76, 102, 127, 152, 178, 203, and 229
μm in diameter). This phantom, referred to as the small Al
wire phantom here, also has sections of the wires protruding
into the air, allowing the high contrast resolution to be stud-
ied with the Hamamatsu detector. The MC phantom consisted
of a 13 cm diameter, 4 cm thick paraffin cylinder to simu-
late a 100% adipose breast. A cylindrical hole was opened
at the center of the phantom into which a 1.5 cm diameter
paraffin rod containing simulated MCs may be inserted for
imaging. Calcium carbonate grains, divided into various size
groups, ranging from 125 to 140, 140 to 150, 150 to 160,
160 to 180, 180 to 200, 200 to 212, 212 to 224, and 224
to 250 μm in size, were used to simulate the MCs. Groups
of 25 similar size MCs were arranged into 5 × 5 clusters
and embedded into the cylindrical inserts. Figure 2 is a dia-
gram of the phantoms showing the positions of the aluminum
wires and the simulated MCs within the phantoms. Both the
Al wire and MC inserts were used to evaluate the ability of
the CBCT techniques, based on three different detectors, to
image small calcifications. The small Al wire phantom was
used only with the Hamamatsu detector due to its limited field
of view.

2.C. Image acquisition and reconstruction

Projection images were acquired at 80 kV. Optimization
and selection of the x-ray spectrum for breast CT has been
previously investigated with various conclusions.15, 18, 23–26

Some of these studies suggested that lower kVs would

FIG. 2. Schematic drawings for breast phantom with Al wires, breast phantom with MC phantom insert, and small Al wire phantom.
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result in better performance in optimizing the calcification
contrast.24, 26 Our own study, based on direct evaluation of
MC visibility, did not find any statistically significant im-
provement when using 60 kV x-rays instead of 80 kV x-
rays.18 Since a regular x-ray tube designed for special pro-
cedures or CT was used in this study, we chose to acquire
images at 80 kV based on the practical consideration that the
x-ray window of the tube would be too absorptive at low kVs
for the pulsed fluoro mode used. It should also be noted that
the main goal of this study is to compare the three detec-
tors for the visibility of MCs in BCT under identical imag-
ing conditions. Since all three detectors use the same scin-
tillation material (CsI), the use of 80 kV x-rays should not
favor or disfavor any of the detectors. For image acquisition,
the Varian and Dexela detectors were used to scan both the
Al wire phantoms and the MC phantoms. Due to the limited
field-of-view, the Hamamatsu detector was used to scan the
smaller wire phantom and the central cylindrical portion of
the MC phantom only. During each scan projection images
were acquired for 300 evenly spaced views over 360◦. To esti-
mate the MGDs associated with each scan, the isocenter dose
was measured by placing an optically stimulated light (OSL)
dosimeter (microStar, Landauer, Inc., Glenwood, IL) in the
central hole of the phantom. The dosimeter was calibrated by
comparing the OSL readings against free air kerma measure-
ments using a pencil probe ion chamber (10 × 5–6, Radcal
Co., Monrovia, CA) placed at the isocenter with the phantom
removed. The OSL point dose measurements were converted
into the MGD values using conversion ratios estimated from
Monte Carlo simulation using the DOSXYZnrc package.27

The scans were performed at various exposure levels corre-
sponding to an MGD of 1.8–46 mGys.

For image reconstruction, the Feldkamp (FDK) filtered
back projection algorithm was used.28 Because filters with
roll-off at high frequencies tend to smooth the reconstructed
images and reduce their spatial resolution, a simple ramp fil-
ter was used for reconstruction. This helped minimize the
smoothing effect and optimize the spatial resolution for imag-
ing small MCs, especially in retaining their apparent size and
shape. Due to the limited field-of-view, projection images of
the MC phantom acquired with the Hamamatsu detector were
used to reconstruct the central cylindrical portion of the MC
phantom only. Due to the circular symmetry of the phantom,
the truncation of views resulted in a largely uniform bias of
the CT numbers. Since this bias may be compensated for by
adjusting the level for digital image display, it had little effect
on the visibility of MCs in our perception study.

2.D. Observer study

An observer study was conducted to evaluate and compare
the MC visibilities for various combinations of detector, MC
size range, and MGD level. For each combination, 200 slices
of 400 × 400 images were extracted from the original recon-
structed images for a total of 129 image sets. These image sets
were displayed in the coronal (posterior to anterior) view in
random order with the OsiriX software package on a 30 in.
2560 × 1600 Apple LCD monitor. A total of six observers

participated in the study. The observers were asked to search
for and count the visible MCs in each image set. Due to imper-
fect alignment during fabrication, the MCs are usually spread
over several consecutive slices. Observers were allowed to
step through the slices back and forth, adjust the window and
level settings, and magnify the digital display for optimized
visualization. The numbers of visible MCs were recorded and
averaged over all readers for each individual scan. The MC
visibility was quantified as the percentages of visible MCs av-
eraged over the six different viewers. The MC visibility was
plotted as functions of the square root of MGD for various
MC sizes and detectors.

2.E. MTF, NPS, and DQE measurements

The goal of this study is to measure and investigate how
the MC visibility in the reconstructed CBCT images varies
with the spatial resolution quality and the efficiency of the
detectors, which are commonly characterized by the MTF
and the DQE, respectively. To measure MTF, an x-ray slit
camera (model 07-624, Nuclear Associates, Carle Place, NY)
was imaged at 80 kV to measure the line spread functions
(LSFs) which were then Fourier transformed to determine the
MTF.29, 30 The slit made of steel is 10 μm wide and 8 mm
long. The camera was placed against the detector near its cen-
ter and tilted slightly (by ∼2◦) with respect to vertical or hor-
izontal lines to allow consecutive line profiles to be combined
into one sampled with a much smaller pixel size. A lead colli-
mator was used to block incident x-rays outside the slit cam-
era to minimize scattered x-rays.

The noise power spectrum (NPS) was measured at 80 kV
for an MGD of 3 mGy for the phantom scanned. This cor-
responds to a total x-ray air kerma of 2.89 mGy at 80 kV at
the rotation center. Dividing it by 300 frames and correcting
for the inverse square law, the detector input air kerma was
estimated to be 4.1, 6.4, and 6.2 μGy/frame for Varian, Dex-
ela, and Hamamatsu detectors, respectively. These exposures
were made for the NPS measurement without any x-ray at-
tenuation. Taking into account x-ray attenuation by the breast
phantom, they correspond to detector exposures at about
5.5 cm from the central axis of the phantom for scans with
an MGD of 12 mGy. For pixels closer to the central axis, the
detector exposure could be even lower (with an air kerma per
frame as low as 0.4 μGy) due to increased x-ray attenuation.

The NPS was measured according to the International
Electrotechnical Commission (IEC) 62220-1 standard.31 144
half-overlapped ROIs were selected (256 × 256 pixels in
each) in the central part of the image for the measurement.
Following trend removal suggested by the IEC 62220-1 stan-
dard, two-dimensional Fourier transform was applied to the
image signal profile and then squared to compute the two-
dimensional NPS. One-dimensional NPS, horizontal or ver-
tical, was computed by averaging the two-dimensional NPS
over eight lines on either side of the horizontal axis or vertical
axis (four on each side). The NPS results were normalized by
the mean signal squared to obtain normalized NPSs (NNPSs)
to eliminate the effects of signal levels.
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FIG. 3. Reconstructed images of Al wires in air obtained with Varian, Dexela, and Hamamatsu detectors.

The DQE measures the ability and characteristics of the
detector to preserve the signal-to-noise ratio (SNR) of the x-
ray information at the detector input surface. The measure-
ment of the DQE for a digital x-ray image detector has been
standardized in IEC 62220-1 and DQE can be calculated as31

DQE (f ) = MTF2 (f ) · Win (f )

Wout (f )
, (1)

where Wout( f ) is the NPS at the output of the detector, calcu-
lated using NNPS. Win( f ) is the NPS of the radiation field at
the detector input surface and calculated as

Win (f ) = Q = Ka ·
∫

Ø (E)

Ka

dE = Ka · SNR2
in, (2)

where Q is photon fluence, Ka is air kerma, E is the x-ray pho-
ton energy, �(E)/Ka is the spectral x-ray fluence per unit air
kerma, and SNRin

2 is the squared signal-to-noise ratio per unit
air kerma. The photon fluence spectrum, �(E), in computing
Win(f) was estimated for 80 kV x-rays at 75 cm air, gener-
ated by using a tungsten target with 12◦ anode angle and a
2.5 mm Al filter, with a 0.5 kV increment, using a previously
published software, SRS-78.32

3. RESULTS AND DISCUSSION

3.A. Visibility of Al wires

Figure 3 shows the reconstructed images of Al wires in
air obtained with Varian, Dexela, and Hamamatsu detectors.
While all or almost all Al wires were visible in all images,
the shape and dimension of the wire cross-sections were
better preserved in images obtained with the higher pitch
Dexela and Hamamatsu detectors, demonstrating the advan-
tage of their superior spatial resolution quality. Notice that
high exposures have been used in obtaining these images to
minimize the effect of image noise on the visibility of the
wires. The noncircular appearance of the wire cross-sections
in the Varian images is mainly due to pixelization with a voxel
size of 127 μm. Due to the smaller (61 and 40 μm) voxel sizes
with the Dexela and Hamamatsu detectors, the shape of the
wire cross-sections were well preserved. However, sections
of the wires may not be perfectly straight and may intersect
the image plane at an angle other than 90◦. Figure 4 shows
the reconstructed images of Al wires embedded in the breast
(paraffin) phantom at various MGD levels for Varian, Dexela,
and Hamamatsu detectors. With an MGD of 3.6 and 7.2 mGy,
152 and 127 μm Al wires could be resolved in the images ob-
tained with the Varian detector. In the images obtained with

FIG. 4. Reconstructed images of Al wires in paraffin obtained with Varian, Dexela, and Hamamatsu detectors.
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FIG. 5. Reconstructed images of 160–180 μm MCs embedded in breast
phantom (paraffin) obtained with Varian and Dexela detectors.

the Dexela detector, nearly all Al wires could be resolved with
an MGD as low as 1.8 mGy.

3.B. Visibility of MCs

Figure 5 shows the reconstructed images of 160–180 μm
MCs in the breast (paraffin) phantom obtained with the
Varian and Dexela detectors at two different exposure levels
corresponding to an MGD of 3.6 and 7.2 mGy. The visibility
of MCs was 7% and 28% in the Varian image and 54% and
73% in the Dexela image for 3.6 and 7.2 mGy, respectively.
With either MGD, the visibility of MCs in the Dexela im-
ages was superior to that in the Varian images. Not shown in
Fig. 5 are the Hamamatsu images, in which none of the

160–180 μm MCs were visible. To make them visible, a much
higher exposure level would be required, making it impracti-
cal for clinical use.

In Fig. 6, the MC visibility was quantified as the percent-
age of visible MCs and plotted as a function of the square root
of the MGD for Varian and Dexela detector and various MC
sizes. The data were fitted to a modified Boltzmann function
as follows:

y = −1

1 + e(x−x0)/dx
+ 1, (3)

where x and y are the square root of the MGD in mGys and
the visibility, respectively; x0 and dx determine the mid MGD
value and the slope for the fast changing part of the curve,
respectively; y is forced to increase with the MGD from 0 to 1
with the rate of change approaching zero at very low or very
high MGDs. For each different combination of the detector
and MC size group, the visibility increases with the MGD
over a range of MGDs with the mid MGD value of the range
and the rate of increase determined by the fitted parameters,
x0 and dx, respectively.

The MC visibility is plotted as a function of the square
root of the MGD for all three detectors for 200–212 μm
MCs in Fig. 7(a) and for 150–160 μm MCs in Fig. 7(b).
The plots show that for MGDs of up to 7.2 and 11 mGys
in Figs. 7(a) and 7(b), respectively, the MC visibilities for
the Dexela detector are highest, followed by those for the
Varian detector and then those for the Hamamatsu CMOS
detectors. For higher MGDs, the visibilities for the Varian
detector appear to be similar to or even better than those for
the Dexela detector. However, these MGDs may be too high
for clinical applications.

Figure 6 indicates that 224 μm or larger MCs could be im-
aged with both Dexela and Varian detectors with a visibility
of over 90% with a MGD of 3.6 mGy or higher. Thus, there
is little advantage in using the Dexela detector for detecting
these MCs. Figure 6 shows that the use of the Dexela detector
helped make the 150–160, 160–180, and 180–200 μm MC
groups more visible at MGDs up to 10.8, 9, and 10.8 mGy,

FIG. 6. Visibility of MCs versus squire root of MGD in images obtained with (a) Dexela detector and (b) Varian detector.
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FIG. 7. Comparison of three different detectors for visibility versus square root of MGD for (a) 200–212 and (b) 150–160 μm MCs.

respectively. It also made the 200–212 and 212–224 μm MC
groups more visible at MGDs up to 7.2 mGy. Beyond the
specified MGD level, the Varian detector performed simi-
larly or even better for each specific size group. There was
also no performance difference observed for the 224–250 μm
or larger size groups. An additional benefit is that because
the Dexela detector has a higher pitch (75 μm), it helped re-
tain the dimension and shape of the MCs more accurately
as shown by the Al wire images in Fig. 4. Figure 7 shows
that the high pitch (50 μm) Hamamatsu detector could also
be used to image the smaller MCs but only at substan-
tially higher exposures corresponding to unacceptably higher
MGDs to the breast. This agrees with our previously reported
observations.22 The visibilities of the 200–212 μm MCs in
the Varian images were lower than those in the Dexela im-
ages until the MGD exceeded 7.2 mGy. For the 150–160 μm
MCs, the visibilities in the Varian images remained lower un-
til the MGD exceeded 11 mGy. These observations seem to
indicate that the advantage in using the Dexela detector was
more significant at lower exposures and for imaging smaller

MCs. This could be explained as a result of both the higher
pitch (75 versus 194 μm for the Varian detector) and the lower
electronic noises of the Dexela detector. The former may help
reduce the partial pixel effect and help preserve the contrast of
small MCs. The latter help minimize the degradation of image
SNRs at lower exposure levels.

3.C. MTF, NPS, and DQE measurements

The measured MTFs in horizontal and vertical directions
are plotted for all detectors in Fig. 8(a). The plots show that
the Hamamatsu detector has the highest MTF values followed
by the Dexel detector and then the Varian detector. This is
expected as the Hamamatsu detector employs the thinnest
(150 μm) scintillator and smallest (50 μm) pixel size while
the Varian detector employs a much thicker (600 μm) scin-
tillator and a much larger (194 μm) pixel size. The Dexela
detector employs a slightly thinner (500 μm) scintillator but
a much smaller (75 μm) pixel size than the Varian detector.
The MTF values of the Dexela detector are slightly lower

FIG. 8. (a) Horizontal and vertical MTFs and (b) horizontal and vertical normalized NPSs measured with an air kerma of 4.1, 6.4, and 6.2 μGy/frame at the
input of the Varian, Dexela, and Hamamatsu detectors, respectively.
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than those of the Varian detector at frequencies below 1.3
cycles/mm but become increasingly higher as the frequency
increases above 1.3 cycles/mm. One major advantage of the
Dexela detector over the Varian detector is that there are sig-
nificant MTF values beyond the Nyquist frequency of the
Varian detector (2.58 cycles/mm). They range from ∼20% at
2.58 cycles/mm down to ∼3% at the Nyquist frequency at
6.7 cycles/mm. This enabled the Dexela detector to capture
information over a wider frequency range thus resulting in
significantly better visibility in imaging small MCs. The Dex-
ela detector has been marketed for mammography or other
high resolution applications with its CMOS chips coupled to a
150 μm thick CsI plate, thus resulting in very high MTF val-
ues. We have ordered and used the Dexela detector with a 500
μm thick CsI plate to preserve the efficiency of x-ray absorp-
tion at the expense of lower spatial resolution. Thus, our mea-
sured MTF values are lower than those from the manufacturer
due to the thicker CsI plate used with our detector.

Figure 8(b) shows the one-dimensional NNPSs in horizon-
tal and vertical directions for the Varian, Dexela, and Hama-
matsu detectors measured with the same exposure level at
the rotation center. Based on the scanning geometries used
and the inverse square law, the detector input air kermas
were estimated to be 4.1, 6.4, and 6.2 μGy/frame for Varian,
Dexela, and Hamamatsu detectors, respectively. The horizon-
tal and vertical NNPS were found to be largely identical to
each other for the same detector. All NNPSs decrease with the
spatial frequency. However, the NNPSs for the two CMOS de-
tectors decreased at a similar rate while the NNPS for the a-Si
detector decreased at a faster rate. The Dexela detector was
found to have the lowest NNPS. This result may be explained
by the fact that each projection image was acquired at a low
exposure level. As discussed in Sec. 2.C, the air kerma used in
our NNPS measurements corresponds to detector exposures
at 5.5 cm from the central axis of the 13 cm diameter phan-
tom (1 cm from the periphery of the phantom) for scans with
an MGD of 12 mGy. For pixels closer to the central axis, the
air kermas would be even lower due to increased x-ray at-
tenuation. At such low exposure levels, the electronic noise
would begin to dominate the quantum noise in determining
the overall noise level. Thus, despite the slightly thinner CsI
scintillator of the Dexela detector, its intrinsically low elec-
tronic noise level, which is typical of a CMOS type detector,
helped achieve NNPSs lower than those of the aSi based
Varian detector.

The DQEs in horizontal and vertical directions are plotted
for Varian, Dexela, and Hamamatsu detectors in Fig. 9. The
DQE values of the Dexela detector are higher than those of
the two other detectors over the entire frequency range. The
high DQE values of the Dexela detector may be explained as
the result of the combination of the thick (500 μm) scintil-
lator used, the intrinsically low electronic noise of a CMOS
detector and the higher MTF values. DQE values vary with
the exposure level at which they are measured. The DQE val-
ues reported in this paper were measured at low exposure lev-
els typically encountered in breast CT. At such levels, the
level of electronic noise relative to the quantum noise plays
an important role in determining the DQE values. Despite the

FIG. 9. Horizontal and vertical DQEs measured with an air kerma of 4.1,
6.4, and 6.2 μGy/frame at the input of the Varian, Dexela, and Hamamatsu
detectors, respectively.

slightly thinner scintillator used by the Dexela detector, its
inherently low electronic noise, typical of a CMOS detector,
helped lower the NNPSs and increase the DQEs at low fre-
quencies. At high frequencies, the higher MTF values of the
Dexela detector also helped boost up its DQE values. In ad-
dition, the higher Nyquist frequency of the Dexela detector
helped expand its DQE plots and its usability to higher fre-
quencies. Like the Dexela detector, the Hamamatsu detector
is also a CMOS type detector and therefore has intrinsically
lower electronic noises. In addition, it has significantly better
MTF values. However, the use of a thinner (150 μm) scintilla-
tor resulted in significantly lower x-ray absorption and there-
fore significantly poorer DQE values.

The above presented MTF, NPS, and DQE measurements
may be used to explain the differences between the detectors
in their ability to image small MCs. The Varian detector is
widely used in building dedicated breast CT scanners. It em-
ploys large (194 μm) pixels and a thick (600 μm) scintillator
layer to achieve high quantum efficiency but poorer spatial
resolution which limits its ability to image small MCs. Al-
though the Varian detector was operated without binning in
this study, it has been widely used by others in the 2 × 2
binning mode to maximize the frame rate in acquisition. This
also helps lower the image noise level but results in degraded
spatial resolution with a pitch of 388 μm. The Hamamatsu
detector, on the other hand, is representative of the other end
of spectrum: a high resolution, low quantum efficiency detec-
tor. It employs small (50 μm) pixels and a thin (150 μm) CsI
scintillator to optimize the spatial resolution at the expense of
quantum efficiency. As the result, while it can be used to im-
age very small MCs, the exposure level must be raised signif-
icantly higher, increasing the MGD to an unacceptable level.
The Dexela detector, as configured for our study, is a mixture
of the two: it employs small (75 μm) pixels to extend its MTF
to higher frequencies but a thick (500 μm) CsI scintillator to
achieve a quantum efficiency nearly as high as that of the Var-
ian detector. From Fig. 8, it is obvious that the MTF of the
Dexela detector is lower than that of the Hamamatsu detector.
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However, the visibility of MCs depends not only on the spa-
tial resolution but also on the noise characteristics through the
DQE. The high quantum efficiency of the thick (500 μm) CsI
scintillator coupled with the low noise level typical of CMOS
detectors helped boost up DQE values of the Dexela detec-
tor. This benefit more than compensated for the compromise
on spatial resolution through the use of a thick (500 μm) CsI
scintillator. This would explain well why the Dexela detector
outperformed both the Varian and the Hamamatsu detectors
in imaging small MCs.

3.D. Limitations of the study

While this study explored and demonstrated the use of
a high pitch (75 μm) CMOS detector coupled with a thick
(500 μm) CsI scintillator for imaging aluminum wires or
small simulated calcifications, it has several limitations. First
of all, the use of the adipose tissue like paraffin as the back-
ground material does not fully reflect realistic conditions
of breast imaging, in which calcifications are often present
within dense tissue. Thus, the contrast of the calcifications in
this study were higher than what it would be realistically. One
major goal of this study is to compare the performance of the
Dexela detector with the Varian and Hamamatsu detectors for
breast CT applications. To this purpose, the use of adipose
tissue like paraffin as the background material should be ad-
equate. However, it should be noted that the results cannot
be used to establish the minimum visible calcification size in
clinical applications as the contrast of the calcifications would
be reduced in dense tissue regions and the visibility may fur-
ther be affected by the degree of complexity of the tissue
structures.

Another limitation is the simplicity of the observer study.
We have quantified the visibility as the ratio of visible cal-
cifications in 25 similar size calcifications arranged into a 5
× 5 array. A receiver operating characteristics (ROC) type
study would provide more rigorous evaluation and compar-
ison of the Dexela detector based CBCT system with those
based on the Varian and Hamamatsu detectors. However, this
type of study is prohibitively costly and time consuming at
this stage of our work and it is often conducted with patient
images during clinical studies. The use of the visibility as de-
fined in this study allowed us to conduct a quantitative assess-
ment within the limit of our resources and time. This is similar
to the use of contrast detail phantoms or other test patterns in
the evaluation of imaging systems in many imaging physics
literature.

4. CONCLUSIONS

We have investigated the visibility of MCs in CBCT breast
imaging using three different CsI based flat panel detectors.
We have demonstrated that the use of a high pitch (75 μm)
CMOS detector coupled with a thick (500 μm) CsI scintilla-
tor helped make 150–160, 160–180, and 180–200 μm MCs
more visible at MGDs up to 10.8, 9 and 10.8 mGy, respec-
tively. It also helped make 200–212 and 212–224 μm MCs

more visible at MGDs up to 7.2 mGy. For higher MGDs, the
Varian detector performed similarly or even better for these
size groups. There was no performance difference observed
for the 224–250 μm or larger size groups, either. With the
higher spatial resolution of the Dexela detector based system,
the apparent dimensions and shapes of MCs were more accu-
rately rendered. These findings correlated well with the dif-
ferences in MTFs, NPSs, and DQEs measured for these three
detectors.
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