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We studied the performance of a dual-panel positron emission tomography �PET� camera dedicated
to breast cancer imaging using Monte Carlo simulation. The PET camera under development has
two 10�15 cm2 plates that are constructed from arrays of 1�1�3 mm3 LSO crystals coupled to
novel ultra-thin ��200 �m� silicon position-sensitive avalanche photodiodes �PSAPD�. In this
design the photodetectors are configured “edge-on” with respect to incoming photons which en-
counter a minimum of 2 cm thick of LSO with directly measured photon interaction depth. Simu-
lations predict that this camera will have 10–15% photon sensitivity, for an 8–4 cm panel separa-
tion. Detector measurements show �1 mm3 intrinsic spatial resolution, �12% energy resolution,
and �2 ns coincidence time resolution. By performing simulated dual-panel PET studies using a
phantom comprising active breast, heart, and torso tissue, count performance was studied as a
function of coincident time and energy windows. We also studied visualization of hot spheres of
2.5–4.0 mm diameter and various locations within the simulated breast tissue for 1�1�3 mm3,
2�2�10 mm3, 3�3�30 mm3, and 4�4�20 mm3 LSO crystal resolutions and different panel
separations. Images were reconstructed by focal plane tomography with attenuation and normaliza-
tion corrections applied. Simulation results indicate that with an activity concentration ratio of
tumor:breast:heart:torso of 10:1:10:1 and 30 s of acquisition time, only the dual-plate PET camera
comprising 1�1�3 mm3 crystals could resolve 2.5 mm diameter spheres with an average peak-
to-valley ratio of 1.3. © 2007 American Association of Physicists in Medicine.
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I. INTRODUCTION

Currently, there are certain challenges associated with the
detection, diagnosis, and staging of breast cancer. Mammog-
raphy is accepted as the best means to screen for nonpalpable
breast cancer. However, �30% of screened cases are incon-
clusive due to radio-dense or distorted breast tissue. The non-
specific nature of the structural signatures �micro-
calcifications and masses� for breast cancer determined by
mammography results in a very high false positive rate
��70–80% �;1 and approximately 600 000 unnecessary bi-
opsies �at $1–3 K per procedure� are performed annually in
the U.S. Standard imaging techniques such as ultrasound and
digital x ray to guide biopsy often result in sampling errors
of neoplastic tissues. Practical functional imaging methods to
guide biopsy are needed to help improve diagnostic accu-
racy. Biopsy itself causes scarring, which can cause difficul-
ties in the interpretation of future mammograms. Staging
breast cancer through axillary lymph node dissection causes
significant trauma, including lymphedema and it would be
desirable to reduce the degree of invasiveness of this proce-
dure, especially for cases where lymphatic involvement is
unlikely. There is also no efficient method to evaluate effi-
cacy of novel breast cancer treatments and/or monitor local
recurrence after surgery. Clearly a more specific, sensitive,
and noninvasive technique is needed to assist with these pit-

falls in breast cancer management.
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Positron emission tomography �PET� is a noninvasive, in
vivo, molecular, and cellular imaging technology. PET has
shown promise for more specific identification of cancer due
to its unique ability to sense and visualize increased bio-
chemical and molecular changes in malignant compared to
healthy tissue. This additional information is useful since
cellular changes associated with cancer can occur well before
structural changes, such as calcifications, are evident.2 How-
ever, PET has not been incorporated into standard practice
for breast cancer patient evaluation due to: �1� The lack of
tracers with adequate specificity; �2� awkward, low coinci-
dence photon detection efficiency �“photon sensitivity”� ge-
ometry for breast imaging; �3� relatively long scan times; �4�
nonoptimal spatial and energy resolutions for early breast
cancer identification; and �5� relatively high cost per study.
We are developing a compact, high performance breast-
dedicated PET system to address the last four issues and
guide the development of new tracers that will address the
first issue. Just as a dedicated system �mammography� is
required to optimize x-ray breast imaging, the authors and
others3–7 argue that a dedicated camera is crucial to optimize
PET breast imaging, and without such a system, we are far
from reaching PET’s potential to play a role in breast cancer
management. If successful, such a camera will have impact
on increasing the role of PET in breast cancer patient evalu-

ation.
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The proposed system will be configured into a compact
system dedicated to close-proximity, breast and/or axillary
node imaging with high photon sensitivity, 3D positioning
capabilities and ultra-high spatial, energy, and coincident
time resolutions. If used in conjunction with a highly specific
breast cancer tracer, this high photon sensitivity, high reso-
lution imaging system would facilitate significantly more ac-
curate identification of developing, spreading or recurring
breast cancer. Using a tracer with nonspecific uptake �e.g.,
fluorodeoxyglucose�, there will likely be background activity
generated from the nearby heart and liver. Excellent energy
and time resolutions and flexible positioning of a breast-
dedicated camera will help to reduce the resulting high back-
ground scatter and random coincidence rates that can de-
grade lesion contrast resolution. As is true for mammo-
graphy, imaging the chest wall at close proximity is challeng-
ing. However, the proposed dual-panel geometry may be
opened wider and oriented favorably to contain the chest
wall. Finally, for the long term, a small, relatively inexpen-
sive camera dedicated to breast imaging could significantly
reduce costs of the technique to the point that it becomes
cost-effective for a variety of breast cancer indications. The
amount of scintillator required for a breast-dedicated camera
is an order of magnitude lower than that present in clinical
PET systems. The system will use avalanche photodiodes
�APD� as photodetectors rather than photomultiplier tubes
�PMT�. The long term pricing goal of APDs is $3–10 per
channel, assuming a more widespread use, which is an order
of magnitude cheaper than PMTs. Thus, a future goal is that
in production, the proposed system would be an order of
magnitude cheaper than a standard clinical PET system. We
hypothesize that a low system cost is one of the key factors
for PET to play a larger role in breast cancer management. A
desired outcome is a PET breast imaging exam cost that is
determined by the breast cancer radiotracer, rather than the
imaging system.

Our hypothesis is that a high performance, compact, cost-
effective design dedicated to close-proximity breast imaging,
that can rapidly form images with highly specific tracers
would help increase the role of PET imaging in the manage-
ment of breast cancer. Such an imaging system would
complement standard methods used for breast cancer screen-
ing, diagnosis, and staging. Although at this point the device
is experimental, there are several potential indications for
this camera that are envisioned: �1� Evaluate a patient for
breast cancer when mammography is inconclusive, �2� visu-
alize certain miniscule malignant lesions in earlier stages of
growth; �3� for mammography positive lesions, the system
can help guide biopsy using a fine needle labeled with a
positron emitter. �Others have proposed imaging methods to
guide biopsy.8–16�; �4� avoid, limit, or guide more extensive
surgical procedures associated with breast cancer diagnosis
and staging; �5� monitor the patient locally �e.g., evaluate
tumor margins� during surgical interventions or their re-
sponse after novel therapies or treatments are introduced.

A number of other breast-dedicated PET designs are un-
der development.3–7 These designs allow closer proximity

imaging of breast tissue for improved performance and are
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generally based on position-sensitive photomultiplier tubes
�PSPMT� and 2 to 3 mm scintillation crystal pixel size.
These camera systems as well as standard PET systems17

have demonstrated spatial resolutions of approximately
2.5–5 mm full width at half maximum �FWHM�3–7,17 at the
center of the system field of view �FOV�, which degrades as
a function of position from the center. To push the perfor-
mance limits further, we are developing a different breast-
dedicated PET camera based on 1 mm lutetium oxyorthosili-
cate �LSO� crystals coupled to novel thin ��200 �m�
semiconductor photodetectors known as position sensitive
avalanche photodiodes �PSAPD� that are available from
RMD, Inc. �Watertown, MA�. The goal of this new system is
to achieve �1 mm intrinsic spatial resolution uniformly
throughout the FOV, �10% photon sensitivity for a point
source at the center of the FOV, and excellent energy and
temporal resolutions in order to achieve high contrast reso-
lution. The detectors comprise arrays of LSO crystals
coupled side-ways to PSAPDs for �90% scintillation light
collection efficiency,18 and directly measured photon depth-
of-interaction �DOI� in effectively 2 cm thick LSO crystals.
Preliminary experimental results with a standard PSAPD
packaged on ceramic substrate19 as well as the new thin
PSAPD20 have been reported. The proposed detector design
achieved �1 mm FWHM intrinsic spatial resolution, 3 mm
FWHM DOI resolution, �12% FWHM energy resolution at
511 keV, and �2 ns FWHM coincidence time resolution.20

In this paper, we present results of Monte Carlo simula-
tion studies of photon sensitivity, coincidence count rates,
and lesion visualization capabilities of the proposed dual-
panel PET camera design. To understand the need for 1 mm
spatial resolution, we also present a comparison of lesion
visualization capabilities for detector panels based on differ-
ent LSO crystal sizes of 2�2�10 mm3, 3�3�30 mm3,
and 4�4�20 mm3. The 2�2�10 mm33 and 3�3
�30 mm34,5 crystal dimensions correspond to that used in
existing dedicated breast PET system designs studied by
other groups. The 4�4�20 mm3 LSO crystal dimension is
used in standard clinical whole body PET systems.17 Al-
though we are developing iterative image reconstructions for
this dual-panel system, in this paper images were recon-
structed with a focal plane tomography �FPT� algorithm.

II. MATERIALS AND METHODS

We used GATE �Geant4 Application in Tomographic Emis-
sion� open source software21 to perform the Monte Carlo
simulations on the dual-panel PET camera. Figure 1 depicts
the geometry of the simulated dual-plate PET system �Fig.
1�a��, detector module design �Fig. 1�b��, an individual scin-
tillation detector layer �Fig. 1�c��, and a measured energy
spectrum with the detector �Fig. 1�d��. The simulated camera
comprises two 10.01�15.4�2.2 cm3 panels �Fig. 1�a�� with
effectively 2.0 cm thick LSO crystals. The camera panel size
of 10�15 cm2 is the minimum FOV that the breast radiolo-
gist felt would be useful to be able to image the breast and
axillary lymph nodes. If the current design is successful, a

later version of the camera will be larger to match the size of
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mammography panels. Each panel comprises scintillation de-
tector sub-modules built from layers of LSO crystal arrays
coupled to PSAPDs �Fig. 1�b��. Each scintillation detector
layer comprises two 3�8 arrays of 1�1�3 mm3 LSO
crystals with no inter-crystal gaps coupled to two 11
�11 mm2 PSAPD chips �Fig. 1�c��. The 2.2 cm dimension
of the system corresponds to the width of two PSAPD chips
�Fig. 1�c�� to which the crystal array is coupled. This con-
figuration provides a total of six crystal layers �each 3 mm
thick� for photon interaction depth measurement. The 11
�11 mm2 PSAPD chips have 8�8 mm2 sensitive area with
�200 �m thickness and are mounted to 50 �m thick Kapton
flex circuits �Fig. 1�c��. Each scintillation crystal layer re-
quires a �50 micron thick reflector layer. This yields an
overall scintillation crystal packing fraction for the two de-
tector panels of approximately 56% �44% dead area�, which
includes all inter- and intra-module dead gaps. All inter-layer
and inter-module dead regions are included in the simulated
system model. The detector panel separation is adjustable
and 4–8 cm separation was studied in this paper. Figure 1�d�
shows the best energy spectrum measured for one of the 1
�1�3 mm3 LSO crystals in the 3�8 array coupled to the

FIG. 1. �a� Dual-panel PET camera geometry based on the novel thin PSAP
�1�3 mm3 LSO crystals and a thin PSAPD chip mounted directly on a K
Although just one PSAPD chip is mounted on the flex device shown in the
�511 keV photon� energy spectrum measured in one of the LSO array cryst
thin PSAPD �9.94±0.59% FWHM at 511 keV�. The average
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measured energy and coincidence time resolutions for crys-
tals coupled to the sensitive area of the PSAPD was �12%
and �2 ns FWHM, respectively.20

For the photon sensitivity simulation, a point source with
100 �Ci activity was translated from the center of the FOV
to the edges along the x, y, and z directions �see Fig. 1�a� for
axes definition�. The true, random, scatter, and noise equiva-
lent count �NEC� rates were determined using a simulated
breast tissue phantom which fills the entire space between
the two camera panels for 4 and 8 cm panel separations.
Noise-equivalent count �NEC� is calculated as22

NEC =
T2

T + S + 2R
, �1�

where T, S, and R are rates of true, scatter, and random
coincidence events. Activities in the simulated breast tissue
were varied from 10 �Ci up to 2 mCi. In these simulations,
the energy window was wide open �10 keV up to 1 MeV�
and the coincidence time window used was 10 ns. Results
with narrower energy and time window settings were deter-
mined in post-processing of the simulated event list. Energy

� Schematic of a block detector module. �c� Picture of an 8�3 array of 1
flex circuit. The device �PSAPD chip+flex circuit� is �250 microns thick.
re two chips will be mounted onto the same flex cable. �d� The best 22Na
upled to the PSAPD in �c�.
D. �b
apton
pictu
resolution and coincidence time resolutions assumed in the
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simulations were 12% FWHM at 511 keV and 2 ns FWHM,
respectively, which are the average measured energy and
time resolutions from experiments.19,20

For simulated count rate studies on the proposed dual-
panel system, we included hot heart and warm torso com-
partments adjacent to the breast tissue compartment �Fig.
2�a��. Again, the breast tissue compartment completely filled
the volume between the two simulated panels. Figure 2�a�
depicts the geometry of the breast, heart, and torso compart-
ments of the phantom as well as the detector system. The
heart compartment was simulated as a 10 cm diameter
sphere and the torso as a 30�30�20 cm3 volume. To study
lesion visualization capabilities a simulated tumor source
plane placed within the breast tissue was included. This tu-
mor source plane comprised spheres with four different di-
ameters �2.5, 3, 3.5, and 4 mm� placed in a separate quad-
rant, and distributed with a separation of two times the
diameter, as shown in Fig. 2�b�. For most of the sphere im-
age data presented, the activity concentration ratio simulated
for tumor:breast:heart:torso was 10:1:10:1, which is consis-
tent with the literature for fluorodeoxyglucose �FDG� tracer
uptake in breast cancer,23–25 however lower concentration ra-
tios were also studied. Table I shows the absolute activities,
activity concentrations and volumes of the simulated breast,
heart and torso tissue for 4 and 8 cm panel separation �breast
tissue thickness�. For most of the lesion visualization simu-

TABLE I. Activity concentration in phantom tissue compartments and corre-
sponding compartment volumes used in the simulated dual-panel PET data
acquisitions for data with tumor:breast:heart:torso concentration ratios of
10:1:10:1.

Phantoms

Activity
concentration

��Ci/cm3� �Refs. 23–25�
Volume
�cm3�

Activities
��Ci�

Breast 0.1 8�15�10=1200
4�15�10=600

120
60

heart 1 523.6 523.6
Torso 0.1 30�30�20=18000 1800

FIG. 2. �a� A dual-plate geometry PET camera with breast, heart �10 cm dia
was studied�; �right� four quadrants of tumor spheres �2.5, 3, 3.5, and 4 mm d
that completely fills the space in between plates. �c� Schematic of the focal
Medical Physics, Vol. 34, No. 2, February 2007
lation data presented the tumor source plane was placed mid-
way between the two panels, however, we also studied loca-
tions offset from the center as well.

For a comparison to the lesion visualization capabilities
for a dual-panel PET system that uses larger crystal pixel
size, we simulated two 10�15 cm2 panels comprising LSO
crystals of 2�2�10 mm3 with no DOI resolution, 3�3
�30 mm3 with 10 mm DOI resolution, and 4�4
�20 mm3 with no DOI resolution, in addition to the pro-
posed 1�1�3 mm3 crystal design. The first three crystal
sizes correspond to that used in existing dedicated breast3–7

and whole-body PET system designs.17 Thus, these simula-
tions modeled the overall same panel dimensions, but with
different crystal parameters. All of the simulation parameters
for different crystals are summarized in Table II. The differ-
ent energy resolutions achieved with these designs3–7,17 are
determined by the detector design �crystal pixel size, photo-
detector, etc.� used. Although the dual-panel PET camera
was simulated with different crystal resolution and energy
resolution values, the coincidence time resolution was fixed
at 2 ns FWHM to isolate the combined effects of spatial and
energy resolutions on lesion visualization. In reality the other
PET breast imaging solutions3–7,17 also had worse than 2 ns
coincidence time resolution and thus random background
contamination would increase, which would further degrade
image contrast.

To further evaluate the camera lesion visualization perfor-
mance, we simulated different source to background activity
concentration ratios of 5:1 and 3:1, and also performed simu-
lations with the tumor source plane at 1 cm offset from the
center plane with 4 cm panel separation.

For image reconstruction, focal plane tomography �FPT�6

was employed. The FPT algorithm estimates the photon
emission location by back projecting the lines of response
�LOR� formed by the recorded interaction coordinates in the
left and right panels through a set of image planes parallel to
the two panels. The image plane may be placed anywhere
between the two detector panels, but the resolution is the best

r� and torso background present, the plate separation is adjustable �4–8 cm
ter with twice the diameter separation� placed within simulated breast tissue
e tomography algorithm used for reconstruction of the sphere plane.
mete
iame
at the foci of the LORs. The image plane where the LORs
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focus is considered to be the best estimation of a focal emis-
sion source location. As shown in Fig. 2�c�, the left
�x1,y1,z1� and right �x2,y2,z2� interaction positions in the
panels determine the LOR. The ability to provide the 3D
interaction coordinates is possible due to the 3 mm interac-
tion depth resolution resulting from the crystal layers in our
detector design. When we backproject the data using the FPT
algorithm, instead of backprojecting from the front surface of
a single crystal, we backproject from the 3D interaction co-
ordinate. In the data shown in this paper, this 3D interaction
coordinate was defined by the center of the crystal that is
closest to the true photon interaction position. Note that this
DOI positioning significantly increases the number of back-
projected lines in the FPT algorithm to effectively improve
sampling in addition to reducing DOI parallax error.

The set of interception points �x0,y0,z0� of the back pro-
jected LORs on the image plane generates the focal plane
image parallel to the y-z plane at x=x0 �Fig. 2�c��. Tissue
attenuation as well as crystal attenuation and solid-angle
�i.e., normalization� corrections were implemented in the im-
age reconstruction. The tissue phantom is filled with water in
the simulations and thus the attenuation coefficient of water
was used �0.095 cm−1 at 511 keV� to calculate tissue attenu-
ation correction factors for each LOR. As part of the normal-
ization process, the solid angle subtended at the crystal sur-
faces by the focus of the LORs was calculated and corrected
for each LOR. Crystal intrinsic detection efficiency factors
for each LOR were determined using the known attenuation
coefficient of LSO for 511 keV photons �0.869 cm−1� and
angle of entrance. A combined correction image was formed
by taking the inverse of the back projection of every LOR
pair between the two panels onto the focal plane. Tissue
attenuation and normalization corrections were implemented
by multiplying the reconstructed image with the correction
image. To reduce aliasing artifacts, dithering of the binning
coordinates was used to accurately model the volume ele-
ment of each detector.

III. RESULTS

A. Point source coincidence photon sensitivity

Simulated photon sensitivity versus coincidence time and

TABLE II. Parameters used in Monte Carlo simulatio
crystal resolutions using 15�10 cm2 panels.

LSO crystal size �mm3� 1�1�3

Effective crystal
thickness �mm�

18 �six layers�

Energy resolution at
511 keV �% FWHM�

12%

Energy window �keV� 450–573
Coincidence time
resolution �ns, FWHM�

2

Coincidence time
window �ns�

4

DOI resolution �mm
FWHM�

3

energy window settings are plotted in Fig. 3 with a point
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source � 100 �Ci activity� at the center of the FOV for 4 and
8 cm panel separations �left and right column, respectively�.
The photon sensitivity �%� was plotted versus the coinci-
dence time window at different energy windows centered on
511 keV �Figs. 3�a� and 3�b��, and versus energy window at
different coincidence time windows �Figs. 3�c� and 3�d��. For
both panel separations of 4 and 8 cm, a sensitivity plateau
was reached at a time window of around 3 to 4 ns �Figs. 3�a�
and 3�b��. For example, for an energy window of
350–650 keV, the photon sensitivity plateaus were at 14.2%
and 8.2%, respectively, for the 4 and 8 cm plate separation.
Figures 3�c� and 3�d� show that a sensitivity plateau was first
reached at a energy window of about 25–30% centered on
511 keV, corresponding to an energy range of about
447–575 keV �25%� to 434–587 keV �30%�. Thereafter, the
photon sensitivity begins to increase again at an energy win-
dow setting of around 65%. This slope change is due to the
fact that the further enlarged energy window includes more
low energy scatter events from the energy spectrum. An ad-
vantage of the excellent energy resolution achieved ��12%
FWHM at 511 keV� is that a narrow energy window setting
around 511 keV �e.g., 450–575 keV� can be used for photon
scatter reduction, while still achieving high photon sensitiv-
ity.

To evaluate the photon sensitivity as a function of posi-
tion, we moved the point source �100 �Ci activity� along the
x, y, and z axes �see Fig. 1�a�� with a step size of 1 cm. The
calculated photon sensitivity versus position was plotted in
Fig. 4 with the panel separation of 4 cm �Figs. 4�a�–4�c�� and
8 cm �Figs. 4�d�–4�f��. Note that by reducing the panel sepa-
ration from 8 to 4 cm, the average point source photon sen-
sitivity was increased by about 80%.

B. Coincidence count rate studies

Figure 5 shows the true, scatter, random, total and NEC
rates, calculated using Eq. �1�, as a function of the activity in
the breast �lower x-axis� and heart compartment �upper
x-axis� with panel separation of 4 and 8 cm and 4 ns time
window and �24% energy window. Background activity
from heart and torso were included in these simulations.

study sphere visualization capabilities for different

�2�10
Ref. 3�

3�3�30
�Refs. 4 and 5�

4�4�20
�Ref. 17�

10 30 20

16% 25% 20%

50–650 350–650 350–650
2 2 2

4 4 4

10 10 20
ns to

2
�

3

The peak NEC with 4 cm panel separation was
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�25 000 counts/ s with �100 �Ci in the breast tissue com-
partment �Fig. 5�a��. A plot of the NEC versus coincidence
time window for different energy windows and as a function
of energy window for different time windows with 100 �Ci
activity in the breast compartment is presented in Fig. 6, with
panel separation of 4 cm. Due to significantly higher random
events for the particular breast, heart and torso activity dis-
tributions studied, the NEC peaks at 2.2 ns time window
�about the coincidence time resolution� rather than 4 ns
�=2� coincidence time resolution�, which is where the total
system photon sensitivity plateaus �Fig. 4�. With consider-
ation of obtaining high photon sensitivity for breast tissue
completely filling two panels separated by 4–8 cm, the 4 ns
time and 24% energy windows settings were used in the
processing of the simulated tumor data acquired with the
dual-panel camera based on 1�1�3 mm3 LSO crystals pre-
sented in the next section.

C. Small sphere visualization study

Figure 7 shows focal plane tomography �FPT� recon-
structed images from simulated data of 2.5, 3, 3.5, and 4 cm
diameter spheres in cold water acquired with dual-panel sys-
tems of different crystal pixel size without any background

FIG. 3. Center point source �100 �Ci� sensitivity as a function of �a� and �b
energy window for different coincidence time windows for panel separation
activity in the breast, heart or thorax compartments present.
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As described in Sec. II, the simulated four dual-panel sys-
tems had crystal resolutions of �a� 1�1�3 mm3 with 3 mm
FWHM DOI resolution, �b� 2�2�10 mm3 no DOI resolu-
tion, �c� 3�3�30 mm3 with 10 mm FWHM DOI resolu-
tion, and �d� 4�4�20 mm3 with no DOI resolution. These
crystal sizes correspond to existing breast dedicated and
whole-body PET system designs.3–5,17 Activity concentration
in the sphere sources was 1 �Ci/cc. In this “ideal” tracer
uptake case �no background activity present�, Fig. 7 clearly
illustrates the effect of crystal resolution on small sphere
visualization. Figure 7 images also give a sphere visualiza-
tion “gold standard” to compare to for simulated data that
includes breast tissue and out of FOV heart and torso back-
ground activity.

Figures 8�a�–8�d� shows FPT reconstructed images with
only breast tissue activity present as background and the
sphere:breast activity concentration ratio is 10:1. The 1D
profiles taken through the sources along the lines marked by
the arrows in Fig. 8�a� were plotted in Figs. 8�e� and 8�f�.
The contrast �Fig. 8�g�� and peak-to-valley ratio �Fig. 8�h��
were calculated and plotted in Figs. 8�g� and 8�h�. The con-
trast is defined here as

Contrast =
max�signal� − mean�bkgd�

, �2�

ncidence time window for different energy windows and �c� and �d� versus
cm ��a� and �c�� and 8 cm ��b� and �d��.
� coi
max�signal�
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where the max�signal� is maximum count within a
5�5-pixel ROI centered at a sphere source, and the mean-
�bkgd� is the average background counts calculated from an
ROI �e.g., row 295:305 column 345:355 at the right side of
the image�, where no sphere sources were located. The peak
to valley ratio was simply calculated as the ratio of the maxi-
mum value at the source location to the minimum value at
the valley location between two same size sphere sources

FIG. 4. Sensitivity for a point source �100 �Ci� translated from the center t
and 8 cm �d�, �e�, and �f� for different energy windows at 4 ns time window
from the 1D profile plots. All curves were normalized by the
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central pixel count for easy comparison. The data and error
bars were calculated based on two sources at each diameter.
Figure 8 illustrates how breast tissue background alone ef-
fects sphere visualization.

Images corresponding to data acquired with breast, heart
and torso background activity present �10:1:10:1 concentra-
tion ratio� are shown in Figs. 9�a�–9�d� together with the 1D
profiles along the rows marked with arrows in Fig. 9�a�. The

edge along the x, y, and z axes with panel separation of 4 cm �a�, �b�, �c�,
e Fig. 2�a� for axes definitions�.
o the
. �Se
contrast and peak-to-valley ratio are also plotted in Figs. 9�g�
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and 9�h�. Please note that the acquisition time of the data
reconstructed in Figs. 8 and 9 are all only 30 s with around 2
million counts in each image. The high photon sensitivity
facilitated by close-proximity and thick panels allows these
short acquisition times.

To understand the sphere resolution capability of the dual-
panel system for spheres located offset from the central
plane, we also performed the simulation with the source
plane at a 1 cm offset position from the center between the
two detector panels separated by 4 cm for the camera system
based on the 1�1�3 mm3 LSO crystals. Background breast
tissue activity is present with a sphere:breast concentration
ratio of 10:1. The reconstructed result is shown in Fig. 10�a�.
Figures 10�b� and 10�c� show 1D profiles through the
spheres indicated by the arrows for this offset as well as for
data with the tumor plane at the center �Fig. 8�a��. Figure
10�d� shows reconstructed data for spheres located at the
center plane with a panel separation of 8 cm with warm
breast, heart and torso present �same activity concentration
ratio as Fig. 9�a� sphere:breast:heart: torso�10:1:10:1�. Fig-

FIG. 5. True, random, scatter, totals �T+S+R�, and NEC rates as a function
and coincidence time window settings used for the plots were 24% �450–5

FIG. 6. Plot of NEC versus �a� coincidence time window for different energ
time windows with 100 �Ci in the breast for 4 cm panel separation, with b
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ures 10�e� and 10�f� show 1D profiles through the spheres
indicated by the arrows for this as well as for the 4 cm panel
separation data �Fig. 9�a��.

To evaluate the effect of activity ratio on the sphere visu-
alization, we also studied lower simulated tumor to breast
activity concentration ratios of 5:1 and 3:1 corresponding to
a less specific tracer. In this study, we used a source plane
similar to those used in Figs. 8–10 but with the array of
source spheres extended to the full FOV of the camera. The
results are shown in Fig. 11 together with 1D profile plot
along the arrow direction marked in Fig. 11�a�. The contrast
and peak-to-valley ratio were also plotted in Figs. 11�f� and
11�g�. Note in the contrast calculation here, as the sources
are distributed over the entire image plane, the background is
calculated as the average counts of the center two rows be-
tween spheres in the images.

IV. DISCUSSION

A typical clinical PET system has �5 mm FWHM spatial
resolution at the center that degrades with radial position,

e activity in breast with panel separation of �a� 4 cm and �b� 8 cm. Energy
V� and 4 ns, respectively.

dows centered at 511 keV and �b� energy window for different coincidence
tissue completely filling the space between the two panels.
of th
y win
reast
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�1% photon sensitivity, �20% FWHM energy resolution,
and �3 ns FWHM coincidence time resolution.17 This per-
formance, together with the large and awkward geometry,
and high cost makes the standard clinical PET system not
optimal for breast cancer imaging. The system proposed is
built from modules comprising of 1 mm LSO crystals
coupled to novel, extremely thin, flex-circuit mounted
PSAPDs. Measurements with these detectors have achieved
on average �12% FWHM energy resolution at 511 keV,
�2 ns FWHM coincidence time resolution, and �1 mm in-
trinsic spatial resolution.19,20 Based on this detector perfor-
mance, we have used Monte Carlo simulation to study the
performance �the photon sensitivity, count rate, and lesion
visualization capabilities� of a dual-panel breast-dedicated
PET system using GATE open-source software.21

In the lesion visualization simulations, a fixed 2 ns
FWHM coincidence time resolution �Table II� was used for
the study of properties of panel systems of different crystal
and energy resolutions that have been achieved in other cam-
eras used for breast imaging.3–7,17 In practice, the other crys-
tal resolution designs do not achieve the 2 ns time resolution,
and worse random coincidence background effects would be
expected.

Figures 7–9 show that for the 1�1�3 mm3 LSO based
PET camera, the small spheres are better visualized �brighter,
smaller, and better separated�, the contrast and peak �lesion�
to background ratio are markedly superior �see Figs. 8�g� and
8�h� and Figs. 9�g� and 9�h��, and the background gradient
from the nearby hot heart compartment �left to right� is lower
than the other systems with larger crystal size and worse
energy resolution. Thus, the improved spatial and energy
resolutions help to significantly enhance lesion visualization
capabilities. For example, for the 4 mm diameter sources in
Fig. 8, the contrast is 0.55 for the 1 mm crystal data com-
pared to 0.37, 0.33 and 0.27 for the 2�2�10 mm3, 3�3
�30 mm3, 4�4�20 mm3 crystal resolutions, respectively
�Fig. 8�g��. For the 4 mm diameter sources, the mean peak-

FIG. 7. Focal plane tomography reconstructions of the hot spheres acquire
�3 mm3 with 3 mm FWHM DOI resolution, �b� 2�2�10 mm3 without D
4�4�20 mm3 without DOI resolution. �see Table II for resolutions and w
3.5, and 4.0 mm with twice the separation.
to-valley ratio is 1.96 for the 1 mm crystal data compared to
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1.22, 1.22 and 1.16 for the 2�2�10 mm3, 3�3�30 mm3,
4�4�20 mm3 crystal resolutions, respectively �Fig. 8�h��.
Similar results were observed in Figs. 9�g� and 9�h�. Please
notice that in Fig. 9�g�, the contrast values of 3.5 and 3 mm
sources were relatively higher than that of the 4 mm sources
for 2�2�10 mm3, 3�3�30 mm3, 4�4�20 mm3 crystal
resolutions. This reason for this is that the 3.5 and 3 mm
sources are closer to the heart and torso background and the
max�signal� included contributions from that substantial
background.

As also shown in the images in Figs. 7–9, the superior
intrinsic spatial resolution �1 mm in plane, 3 mm DOI� leads
to tumor foci appearing brighter, narrower and better sepa-
rated. The superior energy resolution �12% FWHM at
511 keV� combined with better spatial resolution leads to
superior reconstructed tumor to background contrast, espe-
cially in the presence of strong background from the adjacent
heart and torso �Figs. 9�a�–9�d��. With excellent energy reso-
lution ��12% FWHM at 511 keV� one can use narrow en-
ergy window �e.g., 24%� to significantly reduce the scatter
and random coincidence background events without degrad-
ing statistical quality of the data; Random events are also
reduced with a narrow energy window setting since many of
the single photon events also undergo scatter.

Figure 10�a� presents the simulation data with the source
plane at 1 cm offset from the central plane between the two
detector panels separated by 4 cm. It is noticed that using
focal plane tomography for image reconstruction, with the
sources located at an offset position from the center of the
FOV, the spatial resolution is degraded. Figures 10�b� and
10�c� plot the 1D profile through spheres in Fig. 10�a� to-
gether with the profiles through same spheres from Fig. 8�a�
for comparison. To evaluate the spatial resolution degrada-
tion going off-center, triangle fitting was applied to the
3.5 mm sphere profile curves with background activity offset
correction. Moving from the center to 1 cm offset planes, the
average FWHM of the fitted curves increased from 2.4 mm

10�15 cm2 panels built with LSO crystal pixel dimensions of �a� 1�1
esolution, �c� 3�3�30 mm3 with 10 mm FWHM DOI resolution, and �d�

settings�. Sphere diameters are counter-clockwise from top right 2.5, 3.0,
d in
OI r

indow
to 3.0 mm FWHM. Thus, the best resolution of this camera
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is at the center of the camera plane. Note that these recon-
structed FWHM values ��2.4 mm at center and 3.0 mm at
1 cm offset� are a convolution of the intrinsic spatial resolu-
tion with the FWHM of the projected profile of the 3.5 mm
diameter spherical source distribution.

Figure 10�d� shows a sphere source image acquired with
the panel separation of 8 cm at tumor:breast:heart:torso ac-
tivity concentration ratios of 10:1:10:1. As the photon sensi-
tivity and spatial resolution drop significantly with panel dis-
tance of 8 cm �see sensitivity comparison in Fig. 4�, the
lesion visualization capabilities �e.g., peak-valley ratios and

FIG. 8. �a�–�d� Focal plane tomography image reconstructions of data acquir
tumor to background activity concentration ratio�, and 4 cm plate separa
resolution. Images are reconstructed with normalization and photon tissue att
3.0 and 2.5 mm spheres in the images �each normalized by the central pixel
indicated by the arrows in the image in �a�; �g� contrast and �h� peak-to-
resolutions and window settings�.
sphere-to-background contrast� degrade, as shown in the 1D
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profiles plotted in Figs. 10�e� and 10�f�, compared to the data
acquired with 4 cm separation �Fig. 9�a��. At 8 cm panel
separation the 2.5 mm diameter spheres are basically no
longer visible.

As different patients, tissues, and tumor phenotype will
exhibit a wide range of tumor:background uptake ratios for a
given tracer, it is important to understand how this will effect
lesion visualization. Figure 11 shows results from simula-
tions of three different activity concentration ratios of 10:1
�Fig. 11�a��, 5:1 �Fig. 11�b��, and 3:1 �Fig. 11�c�� with only
breast background present and 4 cm panel separation. By

30 s, with hot tumors in center plane, warm breast tissue background �10:1
for different LSO crystals pixel dimensions, DOI resolution and energy
ion corrections. �e� Plots of 1D profiles taken through the bottom row of the
ts�, and �f� through the top row of the 3.5 and 4.0 mm diameter spheres as

ratio versus crystal size for different sphere diameters �see Table II for
ed for
tion
enuat
coun
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comparing the 1D profiles through the sphere sources indi-
cated by the arrows in the image of Fig. 11�a�, we see that
the reduction of tumor:background activity ratio produces a
significant decrease in the sphere contrast and peak to value

FIG. 9. �a�–�d� Images after only 30 s data acquisition with tumor:breast:he
crystal pixel size �see Table I for details�. The activity gradient seen from th
simulated heart �see Fig. 2�a��. �e� Plots of 1D profiles taken through the bo
and 4.0 mm diameter spheres as indicated by the arrows in the image in �a�
diameters.
ratio values �Figs. 11�f� and 11�g��. Therefore, the develop-
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ment of tracers with higher specificity to breast cancer will
substantially improve the lesion visualization capabilities of
this method.

The photon sensitivity of this dedicated PET camera is

so activity ratio of 10:1:10:1, with 4 cm plate separation for different LSO
to the right edge of the images is due to high background activity from the
row of the 3.0 and 2.5 mm spheres, and �f� through the top row of the 3.5
ontrast and �h� peak-to-valley ratio versus crystals size for different sphere
art:tor
e left
ttom

; �g� c
also significantly higher than the standard whole body clini-
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cal system. At the center of the FOV, the proposed dual-panel
camera with 4 cm panel separation has sensitivity of �14%
with a 350–650 keV energy window and 4 ns time window
setting �see Fig. 3�a��. This substantially improved photon
sensitivity, helps to enhance the lesion visualization capabili-
ties of the camera by facilitating good signal-to-noise ratio
for high resolution image reconstructions. Because of the
excellent photon sensitivity �see Fig. 3� the dual-plate system
comprising 1�1�3 mm3 crystals can resolve 2.5 mm di-
ameter �8 �l� simulated tumor spheres in only 30 s acquisi-
tion time. Assuming these results will hold for the real sys-
tem, this would reflect markedly improved capability
compared to existing clinical systems.

The clinical pertinence of detecting a 2.5 mm diameter

FIG. 10. �a� Reconstructed images of hot spheres resulting from data acqui
breast activity concentration ratio of 10:1 and hot sphere source plane offset
arrows in �a� plotted together with the corresponding profile for the same
background activity of tumor:breast:heart:torso�10:1:10:1 with panel separ
along arrows in �d� plotted together with the profile through the same sphere
9�f� data�. Profiles shown were taken through the images of the bottom row
and 4.0 mm diameter spheres.
tumor, depends upon the clinical role the camera plays,
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which is to be determined once the camera is built. However,
we hypothesize the following impact of this improved PET
lesion resolving power for various indications: If the role is
to help with inconclusive mammograms ��25% of all
cases�, please note that detecting lesions earlier �e.g., when
they are smaller� improves prognosis for breast cancer. This
fact is a main reason why mammography has played such an
important role in breast cancer management. If it turns out
that the camera can aid in diagnosis, visualizing smaller ag-
gregates of biologically active malignant cells in a warm
activity of background can help to guide or reduce the inva-
siveness of biopsy procedures by improving accuracy of
sampling malignant tissue. If the role of the camera is help-
ing to guide a breast cancer surgeon in removing the primary

1 mm crystal panel system with breast tissue as background with tumor:
1 cm from the center for 4 cm panel separation; �b� and �c� 1D profile along
es located at x=0 �data extracted from Figs. 8�e� and 8�f� data�. �d� With
of 8 cm and hot sphere source plane located at x=0; �e� and �f� 1D profile
data acquired with panel separation of 4 cm �extracted from Figs. 9�e� and
e 2.5 and 3.0 mm diameter spheres and through the top row of the 3.5 mm
red in
at x=
spher
ation
s for
of th
tumor, then visualizing smaller clumps of malignant tissue at
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the resection margins could possibly help to reduce the rate
of recurrence. The ability to detect smaller concentrations of
PET tracer could also possibly help to visualize cancer cells
as they start to accumulate in nearby lymph nodes, and hence
help with accuracy of staging breast cancer. Finally, early
visualization of miniscule focal accumulation of tracer could
help the accuracy of identifying local recurrence.

A short acquisition time of 30 s could potentially help to

FIG. 11. Reconstructed images of hot spheres resulting from data acquired i
activity concentration ratios of �a� 10:1, �b� 5:1, and �c� 3:1 and hot sphere so
along the row marked by the arrows in the images �bottom row of the 2.5 a
diameter spheres�. �f� Contrast and �g� peak-to-valley ratio versus tumor:bre
all the way out to the FOV edge.
increase PET’s role in breast cancer management by simply
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making it more practical to perform PET studies in the set-
ting of a breast imaging clinic. Longer acquisition time af-
fects patient comfort, especially if the breast is compressed,
and decreases patient throughput. These are factors that cur-
rently make PET not as practical for the breast clinic. We
envision that the proposed compact device will actually sit in
the breast imaging clinic, so scan time, throughput, as well as
footprint are critical issues. Alternatively, if desired, the high

m crystal panel system with breast tissue as background with tumor:breast
plane at the center plane �x=0�. �d� and �e�, 1D profile plots through spheres

mm diameter spheres and through the top row of the 3.5 mm and 4.0 mm
tivity ratio. Note for this study the sphere sources in the phantom extended
n 1 m
urce
nd 3.0
ast ac
photon sensitivity can be used to significantly reduce the
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injected dose given to the patient and therefore reduce radia-
tion dosage to the patient for the same statistical image qual-
ity level.

Short scan times, low tracer uptake ratio, wide panel sepa-
ration, and off-center lesion locations are examples of effects
that challenge the breast lesion detection capabilities for a
PET system. However, our data supports the hypothesis that
the proposed camera with superior spatial, energy, temporal
resolutions and photon sensitivity would yield superior le-
sion visualization capabilities compared to existing technolo-
gies, regardless of the imaging condition challenges.

V. CONCLUSION

We are developing a dual-panel PET system dedicated to
breast cancer imaging. The system incorporates a new scin-
tillation detector concept comprising 1�1�3 mm3 LSO
crystals coupled to a novel semiconductor photodetector.
Those detectors have achieved 1 mm intrinsic spatial resolu-
tion, 3 mm DOI resolution, �12% energy and 2 ns coinci-
dence time resolutions in measurements. Simulations predict
that if we are successful in translating these detector results
to the proposed dual-panel system, the result will be a tool
with superior lesion visualization capabilities compared to
breast-PET imaging technologies currently available. The di-
rectly measured DOI resolution will allow uniform spatial
resolution to be achieved within the closely spaced detector
FOV. The excellent energy resolution allows one to use a
narrow energy window setting �e.g., 24%� to significantly
reduce both scatter and random coincidence background, in
order to improve lesion contrast resolution, while still main-
taining high �10% coincidence photon detection efficiency
for high statistical quality of the data. The high photon sen-
sitivity facilitates image reconstruction at the desired spatial
resolution with a relatively short scan duration that is prac-
tical for the breast imaging clinic.
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