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Abstract
In this paper, we present a novel approach to scintimammography that is
based on the Compton camera principle. We analyse the performance of
our scheme using Monte Carlo simulations. In particular, we evaluate the
detection efficiency, spatial resolution and lesion visibility of the system at
several gamma photon energies. The simulation results show that the proposed
technique achieves an absolute detection efficiency of 0.03 and a full width
at half maximum resolution of 3.8 mm at 141 keV photon energy for point
sources 2.5 cm deep in a 5 cm thick breast phantom using 5 mm thick silicon
detectors. Furthermore, our approach shows good performance in lesion
detection, especially at high gamma photon energies, where mechanically
collimated systems perform poorly due to severe septal penetration. With
total collected counts of 1.35 million, equivalent to a 30 s acquisition time
for an activity concentration level of 3.7 kBq ml−1 (100 nCi cm−3) in
normal breast tissue, and a tumour-to-background ratio of 8:1, our system
can clearly reveal an 8 mm diameter tumour that is located 2.5 cm deep in
a 500 ml breast phantom. We also present a simulation-based quantitative
performance comparison between the proposed scintimammographic system
and the compact collimated scintimammographic system in the task of lesion
detection under a clinical imaging situation using a non-prewhitening matched
filter observer model. Our comparison demonstrates that for the same imaging
time, the two systems have a comparable performance in detecting an 8 mm
tumour at 141 keV, with the proposed system performing marginally better.
However, the proposed scintimammographic system clearly outperforms the
compact collimated counterpart in the detection of a 5 mm tumour. We also
investigate the contribution of scatter and direct radiation from adjacent organs.
We find that the background contribution of liver to the right breast is 30% at
141 keV, which can be reduced to 4.8% with shielding.
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1. Introduction

Excluding skin cancer, breast cancer is the most common malignancy, and the second leading
cause of cancer death among women in the United States. It is estimated that approximately
211 300 American women were expected to be diagnosed with breast cancer and 39 800 would
die from it in 2003 (Ries et al 2003). Despite its high incidence, patients with breast cancer
generally have good prognosis, with a 10-year survival rate of nearly 96% if detected at an
early stage (less than 2 cm in size).

Currently, mammography remains the only validated method for breast cancer screening.
It has very high spatial resolution and a sensitivity of 85%–90%. Of the newly diagnosed
cancers by mammographic screening, nearly 40% are ductal carcinoma in situ (DCIS)
compared to 5% prior to the use of mammography (Ernster et al 1996, Pandya et al 1998).
The wide use of mammographic screening and timely treatment have led to a recent decline
in breast cancer mortality in the United States (Blackman et al 1999).

Despite its successes, mammography is not free of limitation. It has a low specificity
and positive predictive value, ranging from 50% to 60% and 10% to 40%, respectively. In
particular, it is not reliable for detecting tumours in patients with dense, altered or implanted
breasts (Cutrone et al 1999, Jackson et al 1993). In radiographically dense breasts, the
sensitivity of mammography decreases to 68% (Rosenberg et al 1998). Several alternative
imaging modalities have been investigated for their roles in improving breast cancer detection.
None of the established technologies, however, is superior to mammography so far. They
can only serve as an adjunct to mammography in the diagnosis and management of breast
cancer.

The widely studied imaging techniques include ultrasound, magnetic resonance imaging
(MRI) and scintimammography. Ultrasound has proved valuable in evaluating patients with
dense breasts and differentiating cysts from solid masses. It has proved to be useful for the
evaluation of ruptured silicone breast implants. However, it cannot differentiate the malignant
and benign lesions very well, and it is also extremely operator dependent. MRI has superb
spatial resolution, which makes it a very sensitive test. The reported sensitivity of MRI for
detecting invasive breast cancer has approached 100% (Orel et al 1994). It is also useful for
evaluating the actual size of a tumour and identifying additional foci of breast cancer that
are not evident in mammography. However, its low specificity and high cost limit its use
in breast imaging. Scintimammography, a technique that identifies physiological properties
instead of morphologic changes, has shown promise in identifying and locating primary breast
tumours. Unlike mammography, it is independent of breast radio-density, which makes it
particularly useful in patients with radiographically dense breasts (Khalkhali et al 1995). It is
also valuable in monitoring recurrent cancer and tumour response to neoadjuvant chemotherapy
for locally advanced breast cancer. Studies have shown that rapid tumour clearance of 99mTc-
sestamibi may indicate lack of response to chemotherapy (Ciarmiello et al 1998). Another
important application of scintimammography is assessment of multifocal disease, which has
proved to be useful for employing different surgical approaches such as lumpectomy with
adjuvant radiation therapy or mastectomy. However, the utility of scintimammography is
limited by its low sensitivity for tumours less than 1 cm. To detect tumours of small size, an
instrument with very high spatial resolution and detection efficiency is required. Unfortunately,
a conventional general purpose gamma camera has only mediocre spatial resolution and poor
counting efficiency. To overcome this problem, researchers have made substantial efforts to
develop compact, high spatial resolution gamma cameras dedicated to scintimammography
(Kim et al 2000, Levin et al 1997, Pani et al 1996, 1998, Pieper et al 2001, Williams et al 2000,
Wojcik et al 1998). Most of those systems are based on position sensitive photomultiplier tubes
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of various sizes coupled to pixellated or continuous YAP:Ce, CsI(Na), CsI(Tl) and NaI(Tl)
scintillation detectors. The reported systems can achieve an intrinsic spatial resolution of
2 mm or less, and an energy resolution ranging from 12% to 37% at 141 keV.

These dedicated breast imagers have superb spatial resolution. However, they still suffer
from low efficiency, as do their conventional counterparts, due to the mechanical collimation,
although a limited gain in detection efficiency is possible by trading off the achievable spatial
resolution. As an alternative to the above scintimammographic imagers, significant progress
has been made in the development of a breast-specific positron emission mammographic
(PEM) instrument (Thompson et al 1994, Murthy et al 2000). This compact positron emission
tomography (PET) imager, designed specifically for breast imaging, has an intrinsic spatial
resolution of 2.8 mm, a counting efficiency of 3% and a coincidence resolving time of 12 ns.
Although it achieves much improved efficiency in the centre of field of view (FOV) over the
dedicated gamma camera, PEM suffers from a substantially decreased efficiency towards the
edge of detectors, causing reduced sensitivity in identifying lesions close to the chest wall,
a situation currently of great interest. Whereas, the detection efficiency of Compton camera
based scintimammography decreases slowly with respect to position, and it can image well
beyond the edge of the detector.

In this paper, we present a new approach to scintimammography that is based on
the Compton camera principle and is potentially useful for detecting breast lesions less
than 1 cm. Although extensive investigations have been conducted by our group in
assessing the value of Compton camera for general purpose single photon emission computed
tomography (SPECT) relative to conventional instruments, the concept of a Compton camera
based scintimammographic system is new and has not been studied. In this work, we
investigate the performance, such as detection efficiency and spatial resolution, of the
proposed system. In addition, we evaluate background radiation due to non-breast activity
and its impact on the reconstructed images. We also quantitatively evaluate and compare the
performance of the proposed system and a state-of-the-art dedicated mechanically collimated
scintimammographic system for detecting lesions of various sizes, tumour-to-background
(T/B) ratios and depths in a clinical imaging situation.

2. Materials and methods

2.1. Description of the system

The proposed Compton camera based scintimammographic imaging system comprises
position and energy sensitive scatter and absorption detectors. The scatter and absorption
detectors detect the recoil electron and scattered photon in time coincidence. Based on the
energy deposition and position information in both detectors, the origin of the photon can be
determined within a conic ambiguity. Spatial resolution is typically limited by the precision in
determining the scattering angle, which in turn is primarily limited by Doppler broadening and
energy resolution of the scatter detector. Silicon is chosen as the scatter detector material due to
its high Compton-to-total cross-section ratio, excellent energy resolution, room temperature
operation and small Doppler broadening compared to germanium (Ge) and cadmium zinc
telluride (CZT). Sodium iodide (NaI) is chosen as the absorption detector for its good energy
resolution, availability in large quantities and cost-effectiveness.

Figure 1 shows the schematic diagram and patient scan setup of the proposed
scintimammographic system. The system consists of two pixellated silicon detectors and
a dual-head gamma camera. Unlike a conventional dual-head gamma camera, the imaging
heads use no collimators, but are operated in time coincidence with the adjacent silicon detector
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Figure 1. System diagram.

to detect the energy and position of photons scattered from the silicon detector. Each silicon
detector is composed of a stack of 1 mm thick 10 cm × 10 cm pixellated silicon detectors.
The total thickness varies from 1–10 mm, but the voxel size is fixed at 1 mm3. This ensures
adequate coverage of an average-sized single breast in the FOV of the detector. The optimal
choice of silicon detector thickness is determined using Monte Carlo simulations based on
performance and cost considerations. The dual-head gamma camera is composed of two
40 cm wide, 40 cm deep and 2 cm thick NaI scintillation detectors with a 3 mm full width
at half maximum (FWHM) intrinsic spatial resolution. The silicon detectors are placed right
on the top and bottom of the target breast. The separation of two silicon detectors is 5 cm,
which is an average thickness for mildly compressed breast. The two heads of the gamma
camera are placed parallel to the silicon detectors, but offset to clear the chest wall. The
shortest distance between each camera head to its nearest silicon detector is set to 5 cm. The
small separation between the silicon detector and the NaI detector is preferred to increase
the solid angle subtended by the absorption detector. The patient is in a seated position to
allow craniocaudal views to be imaged conveniently. The craniocaudal view is chosen in our
study for easy comparison with the mammography images.

The proposed Compton camera based scintimammographic (C-SMM) system
significantly improves the detection efficiency by eliminating the mechanical collimator.
Furthermore, by placing silicon detectors directly on the target, the solid angle subtended by
silicon detectors is also increased. Both lead to greatly improved sensitivity over conventional
scintimammography. The closer distance between the silicon detector and breast also improves
spatial resolution for a given angular uncertainty. In addition, the proposed C-SMM geometry
allows better access to the area close to the chest wall and the medial aspect of the breast.

2.2. Phantoms

Two 5 cm × 10 cm × 10 cm slabs of soft tissue, with a thickness of 5 cm, are used to simulate the
mildly compressed breasts. They are attached to the Zubal phantom (Zubal and Harrell 1992)
to form an anatomically correct anthropomorphic phantom for the simulation. This allows
accurate modelling of scattering and attenuation in a realistic imaging environment. The effect
of various thicknesses of compressed breasts on the image quality has been previously studied
(Pani et al 1997). In this paper, we are not trying to evaluate the image quality quantitatively
due to varying amounts of breast compression. Instead, we fix the thickness of the compressed
breast to be 5 cm, a typical thickness for the mildly compressed breast.
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2.3. Simulation

For completeness, we briefly describe the implementation of our Monte Carlo simulation
(Zhang et al 2000). The original Zubal phantom has a total of 128 × 128 × 243 voxels
with 4 mm isotropic resolution. Considering the geometry and target to be imaged in our
scintimammographic system, scattering due to the activity in the head and lower body (legs)
is extremely low. Therefore, the Zubal phantom was cropped along the axial direction to
exclude the legs and head. This reduces the memory usage and computation time with little
compromise of simulation accuracy. Since the outer phantom voxels are simply composed
of air, the phantom was further reduced in the transverse direction to eliminate unnecessary
air voxels. The modified phantom has a total of 60 × 100 × 72 voxels with 4 mm isotropic
resolution. Each voxel was indexed to an internal organ with cross-section data generated
based on the organ’s composition and density given in ICRU’s annual report (ICRU 1989).
For organs whose composition is unavailable, soft tissue was used. We treat each individual
voxel as a distinct region in spite of the homogeneity within each organ in order to easily
track boundary crossing. The number of radioactive decays from each voxel was proportional
to the corresponding activity concentration to simulate the desired source distribution in the
phantom. A rectilinear array with the same size as the phantom was set up to hold the digital
phantom. An input data file containing an organ index number for each voxel was sequentially
read into the EGS4 user code, and each voxel was assigned to a medium based on this value.
All the voxels in the phantom have the same transport cutoff energy. In the simulation, the
photon was tracked down to 1 keV and electrons were absorbed locally. Two slabs used to
simulate the breasts were specified by their location, size and the direction of the normal vector
of each plane forming the slabs. As previously mentioned, two silicon detectors were located
on the top and bottom of the simulated breasts and the dual-head NaI(Tl) gamma camera was
positioned so as to clear the chest wall. A sphere that includes both phantom and detectors
was used to confine the photon tracking space. Photons are tracked as long as they are inside
the sphere, which accurately models the scattering effects. To allow flexible use of developed
Monte Carlo codes in various applications, any components other than the digital phantom,
are mathematically described in continuous space independent of the finite resolution of the
digital phantom, making it possible to model the small lesions embedded in the phantom
accurately.

A good random number generator (RNG) is important for producing realistic results
in Monte Carlo simulations. In our studies, a universal lagged-Fibonacci pseudo random
number generator developed by Marsaglia (Marsaglia et al 1990) was used instead of a linear
congruential random number generator. This RNG is machine independent and will generate
identical sequences on all machines that support single-precision real numbers with 24 bit
fractional parts (Bielajew and Walker 1993). In addition, the length of this random number
generator is 2144 (about 2 × 1043). It virtually guarantees that no simulation is duplicated.

EGS4 Monte Carlo simulations were conducted to investigate the performance of the
proposed system. Specifically, we focused on its detection efficiency, spatial resolution and
lesion visibility over a wide range of gamma photon energies. The effect of background
from non-breast uptake was also studied. In all the simulations, the major factors that limit
system performance were modelled including scattering (Compton and Rayleigh scattering),
attenuation, Doppler broadening and spatial and energy resolutions of both scatter and
absorption detectors. The position measurement in the silicon detector was estimated as
the centroid of the pad in which the interaction occurs. The use of thick NaI crystal results in a
high fraction of multiple interactions, thus an energy weighted position sum of each individual
interaction was used to calculate the final position in the NaI detectors. An energy resolution
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of 1 keV, achievable in the latest generation Compton camera detector, was used for the silicon
detectors (Meier et al 2002, Studen et al 2003). The FWHM spatial and energy resolutions
of the NaI detectors were 3 mm and 10% at each photopeak of simulated radionuclides,
respectively. A 20% symmetric energy window for each photopeak was used to select valid
events. Valid events are those that are detected by the scatter and absorption detectors in time
coincidence, that are single Compton scattered in the silicon detector and that have total energy
deposition within the preset energy window. The silicon detector thickness was set to 5 mm
for all simulations except for the detection efficiency study. The dual-head gamma camera
was simulated by two 40 cm × 40 cm × 2 cm NaI detectors. To evaluate the performance of
the proposed system at different photon energies, we simulated the photon energies of several
widely used radionuclides: 99mTc (141 keV), 111In (171 keV, 245 keV), 131I (364 keV) and
18F (511 keV). Two imageable photopeaks of 111In at 171 keV (90%) and 245 keV (94%) were
simulated independently with a 20% symmetric energy window set over each photopeak.

2.3.1. Detection efficiency. Detection efficiency was estimated by placing an isotropic point
source in the breast. The depth of the point source was varied from 0.5 cm to 2.5 cm with a
granularity of 0.5 cm. Simulation of the point source at deeper depths is unnecessary due to
the symmetry of the system. In order to determine the optimal silicon detector thickness for
our system, we performed simulations for detector thicknesses of 1 mm, 2 mm, 5 mm and
10 mm, respectively. The choice of detector thickness is determined by its overall performance
in terms of detection efficiency and cost. Detection efficiency was calculated as the ratio of
valid events to the total number of photons emitted. At each point source depth and gamma
photon energy, approximately 10 million photons were simulated to achieve the desired
statistics.

2.3.2. Spatial resolution. Two point sources spaced 5 mm apart were placed at the centre
of a series of equispaced horizontal planes in the breast. The depth and energy of the point
sources were the same as those in the efficiency study. Coincidences between silicon and NaI
detectors that are single Compton scattered in silicon detectors, and that have total energy
deposition within the 20% energy window, were accepted as the valid events and recorded in
list-mode. A total of ten realizations were generated at each gamma photon energy and depth,
and about 10 000 valid events were collected at each realization. The data were reconstructed
using the penalized list-mode maximum likelihood expectation maximization (LMML-EM)
method with a pixel size of 1 mm. Horizontal and vertical profiles taken through the peak
of the reconstructed images were fitted with a Gaussian function. These fitted profiles were
averaged to yield the FWHM spatial resolution for a single realization. The final FWHM
spatial resolution was determined by averaging the results over ten realizations.

2.3.3. Lesion visibility. Two different experiments were conducted to evaluate the
performance of the proposed scintimammographic system for identifying lesions less than
1 cm under ideal and more realistic conditions.

In the first experiment, the breasts were filled with low activity. Three spherical tumours
with various sizes and radiotracer activities were inserted at different locations in the breast.
Despite the fact that 99mTc labelled radiotracer is the only radio-pharmaceutical used in current
clinical scintimammography practice, potential radiotracers such as 111In, 131I, and 18F with
higher photon energies were also investigated. At each photon energy, two 8 mm diameter
tumours with tumour-to-background (T/B) ratios of 8:1 and 10:1 were placed in the medial
plane of the breast (2.5 cm deep). A 5 mm diameter tumour with a T/B ratio of 25:1 was
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Figure 2. Diagram of simulated tumours in lesion visibility experiments. Planes delineated in
solid line pass through the centres of tumours. Two 8 mm tumours with T/B ratios of 8:1 and 10:1
are located in the medial plane, and a 5 mm tumour with a T/B ratio of 25:1 is located in the plane
1 cm below the medial plane.

Table 1. Volumes of structures used in the phantom.

Structures Volume (ml)

Left/right breast 500
Breast lesions 0.065 and 0.268
Heart 598.7
Liver 1873.7

located 1 cm below the medial plane. The schematic diagram of tumour sizes and locations
within the breast phantom is shown in figure 2. The 5 mm and 8 mm tumours were chosen
in our study to represent the size of a pT1a and pT1b breast lesion in clinics, which are
not reliably detected by the current scintimammography. The T/B ratios assigned to 8 mm
diameter tumours were 8:1 and 10:1 respectively, which are within the range of T/B ratios
observed in real 99mTc-sestamibi uptake in breast tumour (Maublant et al 1996). The tumours
were positioned such that a deep region and a region close to the chest wall are included,
where conventional scintimammography often performs poorly due to viewing position and
large edge effects. In this experiment, the activity distribution was restricted to the breasts and
lesions to represent the ideal imaging condition with no background radiation from non-breast
sources. The setup, however, still allows scatter and attenuation caused by the complicated
thorax structure to be modelled correctly.

The second experiment was similar to the first experiment, except that the activity was
not confined to the breasts and lesions. Studies of human biodistribution of 99mTc labelled
methoxy-isobutyl-isonitrile (MIBI) show that there are high activities in the heart and liver
(Savi et al 1989, Wackers et al 1989). Since the biodistribution of potential radiotracers at
higher photon energies is unavailable and likely different from that of 99mTc-sestamibi, the
activities in the breasts, heart and liver are arbitrarily approximated by concentration levels of
1:2:4 at all the gamma photon energies. The volumes of each structure filled with radioactivity
are listed in table 1. This experimental setup allows us to accurately model the background
radiation due to the myocardium and liver activity, which has proved to be significant in
conventional scintimammography.

Similar to the efficiency and spatial resolution studies, events with a single Compton
scattering in silicon detector and total energy deposition in both silicon and NaI detectors
within a 20% energy window were collected and recorded in list-mode. The imaging time
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lead apron

breast

silicon detectors
NaI detectors

Figure 3. Patient scan setup with lead apron.

and amount of radioactivity in the breasts and lesions were constant in both experiments.
Approximately 1.35 million counts were collected at each energy in the first experiment. The
number of counts collected in the second experiment varied from 1.5 million to 2.0 million
due to the variation in the fraction of background radiation at different photon energies. The
collected data were then reconstructed using the penalized LMML-EM method. A total of
five equispaced horizontal slices with 1 cm spacing as depicted in figure 2 were reconstructed
simultaneously. Of the five reconstructed slices, two slices in the middle pass through the
centre of the tumours. For these studies, a 2 mm pixel size was used instead of 1 mm in
the spatial resolution study because of the increased computation required to reconstruct five
planes.

2.3.4. Background radiation due to non-breast activity. It is well known that the image
quality of conventional scintimammography is degraded by the background originating from
high levels of non-specific activity in myocardium and liver. To quantify the background
effect on the proposed C-SMM system, the detected direct and scattered counts from liver and
heart were normalized to the counts from each breast and expressed as background counts
to breast counts ratio. Again, radiotracers with energies ranging from 141 keV to 511 keV
were simulated. The activity concentration ratio of breast to heart to liver was 1:2:4. A
20% symmetric energy window was placed on the energy sum of time-coincident events in
the silicon and NaI detectors. Events falling within this window were collected, and the
background counts to breast counts ratio was then calculated. To reduce background from
non-breast uptake, a modified radiologic lead apron was used. The lead apron was similar to
the standard radiologic lead apron except for a hole in front to allow the breasts to be imaged.
For effective shielding at the higher energies, the thickness of lead is chosen as 0.32 cm
(1/8 inch). Figure 3 shows the patient scan setup with shielding. To evaluate the effectiveness
of shielding on the lesion visibility, we repeated the experiment described in the previous
section, where the activity concentration ratio in breast, heart and liver was 1:2:4, using the
same setup and imaging time, but with the lead apron. The collected valid events were
reconstructed using the penalized LMML-EM method with a pixel size of 2 mm.

2.4. Image reconstruction

In this work, the simulation data were recorded in list-mode and reconstructed as limited-angle
tomograms using the penalized LMML-EM method. The seminal paper on the LMML-EM



Compton scintimammography 625

method has been proposed by Barrett et al (Barrett et al 1997, Parra and Barrett 1998), and
its application to Compton camera reconstruction has been previously described in detail
(Wilderman et al 1998, 2001). In this section, we briefly summarize the reconstruction
method used in our study.

The LMML-EM algorithm proceeds in two steps: expectation step (E-step) and
maximization step (M-step). In the E-step, the expectation of log likelihood of complete
data given the measurement and current estimate of parameters is calculated as follows:

Q(λ|λ(n)) = E{ln f ({Xij }|λ)|Yi, λ
(n)} (1)

=
∑
i,j

Yiaijλ
(n)
j∑

j aijλ
(n)
j

ln(aijλj ) −
∑
i,j

aij λj (2)

where Xij is the number of photons emitted from the j th pixel and detected in the ith
measurement, Yi the ith measurement that is 1 if the particle is detected in a given measurement
and 0 otherwise, aij the probability of detecting the gamma photon emitted from the j th pixel
in the ith measurement, λj the mean activity of the j th pixel of the unknown object and n is
the iteration.

In the M-step, the maximum likelihood estimate is given by maximizing Q(λ|λ(n)):

λ(n+1) = arg max
λ�0

Q(λ|λ(n)). (3)

This can be easily solved by differentiating equation (2) w.r.t. λj and setting the differentiation
to zero to yield the updated value λ(n+1).

Maximizing Q(λ|λ(n)) generally leads to unacceptably noisy images because tomographic
reconstruction is an ill-conditioned problem. To reduce the noise and produce more reasonable
images, a quadratic penalty function was introduced. The penalty function we used has the
form

αR(λ) = α
∑
j,k

rjkλjλk (4)

where α is the regularization parameter and rjk is the weight assigned to neighbouring pixels
of λj . A common choice of rjk could be rjk = 1 for four nearest neighbouring pixels and
rjk = 1/

√
2 for four diagonal neighbouring pixels and rjk = 0 otherwise.

With the penalty function added, the E-step remains the same, but the M-step becomes

λ(n+1) = arg max
λ�0

φ(λ|λ(n)) where φ(λ|λ(n)) = Q(λ|λ(n)) − αR(λ). (5)

Using the penalty function given in equation (4), the updated λn+1
j is calculated as follows:

λ
(n+1)
j = −1

2

(∑
k �=j rjkλk

rjj

+

∑
i aij

αrjj

)

+

√√√√1

4

(∑
k �=j rjkλk

rjj

+

∑
i aij

αrjj

)2

+
λ

(n)
j

αrjj

∑
i

aijYi∑
j aijλ

(n)
j

. (6)

As the number of measurements increases, calculating and storing all the aij becomes a
daunting task. It can significantly slow down the computation. To solve this issue, a parallel
version of the penalized LMML-EM algorithm was implemented using message-passing
interface (MPI). The total number of counts was evenly distributed among n processing
nodes (1 root node and n − 1 leaf nodes). Each node computes one partition of aij and
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i∈In

(aijYi)
/(∑

j aijλ
(n)
j

)
, where In indicates a set of measurements assigned to the nth

node. The calculated results were then sent back to the root node, where
∑

i aij and∑
i(aijYi)

/(∑
j aijλ

(n)
j

)
were computed to update λ

(n+1)
j . Different from equation (6), we

use a coordinate ascent method to update λ
(n+1)
j . The λ

(n+1)
j is computed using the updated

λ
(n+1)
k instead of λ

(n)
k , where k ∈ 0, 1, . . . , j − 1.

The intersection of the back-projected cone with each image plane is convolved with
the sum of two Gaussian functions to approximate angular uncertainty resulting from the
finite detector energy resolution and Doppler broadening. However, the width of the double
Gaussian is fixed at a value suitable for the energy of 99mTc and not varied with either scattering
angle or gamma energy. This leads to underestimated performance for high energy gamma
rays.

Because of the silicon detector placement in these simulations, the object is incompletely
sampled in angle. The resulting limited-angle tomograms are expected to have poorer
resolution in depth. This spreads the tumour image data in the z direction and decreases
tumour image contrast. Furthermore, this can introduce image artefacts that depend upon the
out of focus point response. Another problem occurs when the reconstructed image volume is
smaller than the volume containing source activity, if some of this outside source activity is
seen by the detector. This results in a survival probability that is not well defined (Zoglauer
2000). This also reduces image contrast because the out-of-volume activity is incorrectly
reconstructed.

The image volume and the number of slices reconstructed are a compromise between
attempting to obtain maximum depth resolution in the image and keeping image reconstruction
time within realistic bounds. The choice of five planes appears to give acceptable depth
resolution and reasonable contrast as demonstrated by the images.

3. Performance comparison with compact collimated scintimammography

3.1. Modelling of a collimated scintimammographic system

In this section, a state-of-the-art collimator-based compact, dedicated scintimammographic
(SMM) system was modelled for performance comparison with the Compton camera based
system in terms of lesion visibility and detectability. Since accurate modelling of a collimator
is quite complicated and time consuming, we modelled an ideal parallel-hole collimator with
no septal penetration and infinitesimal septal thickness. This simplification is fairly accurate
at low gamma photon energies, due to the thin septal thickness and small fraction of septal
penetration, which is no more than 2%. The collimators used clinically have smaller open hole
fraction and non-zero septal penetration, resulting in both reduced sensitivity and resolution.
The resolution degradation due to septal penetration is especially problematic at high gamma
photon energies. As a result, we expect that the actual collimator-based scintimammographic
system will not perform as well as the results presented here.

The collimator modelled in our simulation is a modified version of low energy general
purpose (LEGP) collimator (Nuclear Fields 2001). It has hexagonal holes with a 1.5 mm
distance between opposite faces, zero septal thickness and 22 mm hole length. The sensitivity
of the collimator is 14 cpm kBq−1 (518 cpm µCi−1) for 99mTc. For parallel-hole collimators,
the sensitivity is approximately a constant, independent of the source position. The incoming
photon that enters the front face of a collimator can pass through a collimator hole if it travels
within a small angle with respect to the hole axis. This small angle is determined by the length
and width of the collimator holes.
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Figure 4. Diagram of the collimated, compact scintimammographic system.

The diagram of the collimated, compact scintimammographic system is shown in figure 4.
For illustration purposes, the square hole collimator was drawn instead of the hexagonal hole
collimator. It consists of a pair of parallel-hole collimators, which are located on the top
and bottom of the breast phantom. Two 10 cm wide, 10 cm deep and 0.6 cm thick NaI(Tl)
detectors with a FWHM intrinsic spatial resolution of 2 mm and an energy resolution of 10%
at 141 keV are used to model the gamma camera dedicated to breast imaging (MacDonald
et al 2000). The 10% FWHM energy resolution was slightly better than that in MacDonald’s
study (12.2%) to be consistent in our comparison of two systems. The separation between the
NaI detector and the collimator is 0.2 cm. The NaI(Tl) detectors are shielded all around with
0.95 cm (3/8 inch) lead. A photon emitted from the source was tracked until it entered the
front face of the collimator. Only those photons that could pass through the collimator hole
were continuously tracked.

3.2. Lesion visibility

Two experiments conducted in section 2.3.3 for evaluating the performance of the C-SMM
system in lesion visibility were repeated for the collimated system. The same phantom and
activity concentration were used. Since the septal penetration is non-negligible at higher
photon energies, meaningful evaluation was only conducted for 99mTc labelled sestamibi. In
the first experiment, activity was confined to the breasts. Two 8 mm diameter tumours with
T/B ratios of 8:1 and 10:1 were located in the medial plane of the breast. A 5 mm diameter
tumour with a T/B ratio of 25:1 was located 1 cm below the medial plane. The positions of
tumours were illustrated in figure 2 , the same as in the lesion visibility study in section 2.3.3.
In the second experiment, the heart and liver were filled with the realistic activity levels
common in clinical scintimammography studies. The relative activity concentration ratio for
the normal breast, heart and liver was set to 1:3:12, the same as that of Majewski’s study
(Majewski et al 2001). In both experiments, the image acquisition time was the same as in the
lesion visibility study of C-SMM for fair comparison, and the data were displayed as planar
images with a pixel size of 1 mm.

3.3. Lesion detectability

A signal known exactly (SKE) and background known exactly (BKE) lesion-imaging task
was chosen to assess quantitatively the performance of the dedicated mechanically collimated
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SMM and C-SMM systems in lesion detection. Specifically, we employed a non-prewhitening
matched filter (NPWMF) (Barrett et al 1993, ICRU 1996) as an observer. The NPWMF was
used because of the easy computation of the test statistic. It is the optimum detector for a
known signal in spatially uncorrelated or white noise, whereas the noise in the C-SMM and
collimated SMM systems is correlated. The performance of NPWMF observer, therefore,
is not optimal. Fortunately, the detection performance of human observer is compromised
by the inability of the human visual system to undo spatial correlations. Nonetheless, the
NPWMF is a reasonably good model to use because the significant source of variance in the
reconstructed images arises from noise in the background distribution rather than from lesions
in the low-contrast lesion detection task, which is our primary interest. The test statistic for
NPWMF is given by

λNPW(g) = (E(g|H1) − E(g|H0))
t · g

λNPW(g) � τ ⇒ H1 : Tumour present (7)

λNPW(g) < τ ⇒ H0 : Tumour absent

where H1 is the hypothesis of the tumour present, H0 the hypothesis of the tumour absent,
E(g|H1) the mean reconstructed image under hypothesis H1, E(g|H0) the mean reconstructed
image under hypothesis H0 and τ the decision threshold.

The NPWMF observer simply performs inner product of the mean difference image and
data under the test. Furthermore, the performance of each imaging system, under a reasonable
assumption that the reconstructed images are approximately Gaussian distributed, can be
completely specified by the signal-to-noise ratio (SNR) of the test statistic λNPW(g), which is
shown as follows:

SNR2 = (E(λ(g)|H1) − E(λ(g)|H0))
2

σ 2(λ(g))
(8)

where E(λ(g)|H1) is the conditional mean of the test statistic under hypothesis H1, E(λ(g)|H0)

the conditional mean of the test statistic under hypothesis H0 and σ 2(λ(g)) the variance due
to the background distribution.

Using the SNR, the area under the ROC curve (AUC), which is a measure of detection
performance, can be calculated as

AUC = 0.5 + 0.5 erf

(
SNR

2

)
. (9)

By varying the tumour-to-background ratio, the SNR is calculated and the AUC can be
correspondingly traced through the range of chosen T/B ratios. In the subsequent study, we
limit our quantitative performance evaluation of the collimated SMM and C-SMM systems
in detecting an 8 mm and a 5 mm tumour with the tracer of 99mTc-sestamibi. The tumour
locations are the same as that described in the previous section, but of the two 8 mm tumours,
only the tumour close to the chest wall was chosen. The activity concentration ratio in breast,
heart and liver was 1:3:12.

The SNR estimates for both the collimated SMM and C-SMM systems were computed
using multiple Monte Carlo realizations. For collimated SMM, projection data of 25
independent realizations of tumour-absent data were generated at 141 keV. For the C-SMM, a
total of ten realizations were acquired with the same photon energy and activity distribution.
Bootstrapping was used to generate 15 additional realizations of the C-SMM data. Both SMM
and C-SMM realizations were then scaled to an equivalent imaging time of 10 min as in clinical
scintimammography. For the C-SMM system, data were reconstructed using the parallel
version of the penalized LMML-EM reconstruction algorithm on IBM SP2 supercomputers.
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Figure 5. Absolute detection efficiency as a function of gamma photon energy, silicon detector
thickness and the distance between the point source and the silicon detector for the C-SMM
system. Effects of attenuation are included. (a) Point source located at the geometric centre of
the medial plane (2.5 cm deep in the breast phantom) and silicon detector thickness varied from
1 mm to 10 mm. The dashed line shows the absolute detection efficiency at different gamma
photon energies for a 5 mm thick silicon detector. (b) Silicon detector thickness fixed at 5 mm and
point source located at the geometric centre of each equispaced horizontal plane through the breast
in 0.5 cm intervals.

In contrast to the previous study in section 2.3.3, three instead of five equispaced slices in
1 cm intervals were reconstructed. The central slice is the mid-plane at a depth of 2.5 cm. For
the SMM system, the raw image is simply a projection image. However, for fair comparison,
the raw image generated for the dedicated SMM system was convolved with a Gaussian kernel
whose σ is determined by the spatial resolution of the NaI detector and simulated collimator
to reduce excessive noise. The difference image of the mean reconstructed images under two
hypotheses forms a template, and can be approximated by the mean reconstructed image of
lesion. A sequence of inner products of the template and multiple background realizations
was used to estimate the variance term in the SNR formula. For the 8 mm and 5 mm tumours,
the T/B ratio is varied from 1:1 to 10:1, and 1:1 to 25:1, respectively. The AUC was then
calculated at each T/B ratio.

4. Results and discussions

4.1. Efficiency

Figure 5(a) shows the detection efficiency as a function of silicon detector thickness and
photon energy. The point source was located at the geometric centre of the breast phantom.
The efficiency is highest at 141 keV for all silicon detector thicknesses, and decreases with
increasing gamma photon energy due to reduced Compton-to-total cross-section ratio and
increased detector penetration. The detection efficiency monotonically increases with the
silicon detector thickness for a range of 1–10 mm. In contrast to 10 mm thick silicon detectors,
the detection efficiency for 5 mm thick silicon detectors is lowered by 35%, but the number
of electronic channels is reduced by 50%, resulting in decreased system complexity and cost.
Therefore, we choose 5 mm as the silicon detector thickness in all the subsequent simulations.
Figure 5(b) shows the detection efficiency with respect to photon energy and distance from the
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Figure 6. FWHM spatial resolution of the C-SMM system as a function of gamma photon energy
and depth of point sources. Effects of attenuation are included. The dashed line shows the spatial
resolution of the system with the point source located at the geometric centre of the medial plane
(2.5 cm deep in the breast phantom). Error bars represent ±1 standard deviation of FWHM spatial
resolution estimates.

point source to the silicon detector for a 5 mm thick silicon detector. The detection efficiency
of the system decreases quickly with the increasing distance between the point source and the
silicon detector due to the exponential law of attenuation and rapid decrease in the solid angle.
The detection efficiency reaches the minimum with the source at the depth of 2.5 cm inside the
phantom due to the symmetry of the system. The absolute detection efficiency of the system
is 0.03 at 141 keV with the point source located at a depth of 2.5 cm, more than 2 orders
of magnitude improvement over the dedicated mechanically collimated scintimammographic
system, which has a detection efficiency of 2.1×10−4 (McElroy et al 2002).

4.2. Spatial resolution

Figure 6 shows the system FWHM spatial resolution with the point source located at different
depths in the breast phantom. The photon energies varied from 141 keV to 511 keV to include
gamma ray emissions from 99mTc, 111In, 131I and 18F. The error bars delineate the ±1 standard
deviation of the FWHM calculation. The spatial resolution of the proposed C-SMM system
improves greatly at the higher photon energies primarily due to the reduced angular uncertainty
related to Doppler broadening, but further improvement is marginal when the photon energy
is higher than 364 keV. With the point source located at a depth of 2.5 cm, the best spatial
resolution was 2.2 mm FWHM, achieved at the energy of 511 keV. At 141 keV, the spatial
resolution was 3.8 mm FWHM with the point source located medially (2.5 cm deep in the
breast phantom) and 2.25 mm when the depth of the point source was reduced to 0.5 cm.

4.3. Lesion visibility

At each photon energy, a total of five limited-angle tomographic slices of breast images
with a 10 cm × 10 cm field of view were reconstructed simultaneously using the penalized
LMML-EM method for the data collected in both experiments (activity restricted to breast,
and activity in heart, liver and breast). These five slices are equally spaced at 1 cm intervals
as shown in figure 2. Two planes delineated in solid line pass through the centres of tumours
while the other three planes in dashed line define reconstructed planes that do not contain
tumours. The reconstructed images are shown only for the right breast which has the most
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Figure 7. Penalized LMML-EM reconstruction of breast images from lesion visibility
experiment 1 (only breasts and lesions contain activity). Top row: medial plane. Bottom row:
1 cm below the medial plane. Two 8 mm tumours with T/B ratios of 8:1 and 10:1 are located in
the medial plane. A 5 mm diameter tumour with a T/B ratio of 25:1 is located in the plane 1 cm
below the medial plane.
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Figure 8. Penalized LMML-EM reconstruction of breast images from lesion visibility
experiment 2 (activity concentration ratio among breast, heart and liver is 1:2:4). Top row:
medial plane. Bottom row: 1 cm below the medial plane. Two 8 mm tumours with T/B ratios of
8:1 and 10:1 are located in the medial plane. A 5 mm diameter tumour with a T/B ratio of 25:1 is
located in the plane 1 cm below the medial plane.

background contamination due to significant liver uptake. Figure 7 shows the craniocaudal
views of reconstructed images at the various energies with the activity restricted to the breasts
only. Figure 8 shows the breast images with an activity concentration ratio of 1:2:4 in breast,
heart and liver. In both figures, the top row of images corresponds to the medial slices and the
bottom row of images corresponds to the slices 1 cm below the medial slices. In each image,
the left side is closer to the chest wall. The size of each image is 52×52 with a pixel size of
2 mm. Events with Compton scattering angle less than 30◦ are rejected in the reconstruction.

The images without myocardium and liver activity are less noisy and have better contrast
compared with the ones with activity in the heart and liver. Both 5 mm and 8 mm
diameter lesions are clearly visible at all the energies, including the gamma ray emission



632 L Zhang et al

100 200 300 400 500
0

5

10

15

20

25

30
liver w/o shielding
liver w/shielding
heart w/o shielding
heart w/shielding

Gamma Photon Energy (keV)

B
ac

kg
ro

un
d 

ct
s/

L
ef

t b
re

as
t c

ts

(a)

100 200 300 400 500
0

10

20

30

40

50

60
liver w/o shielding
liver w/shielding
heart w/o shielding
heart w/shielding

Gamma Photon Energy (keV)

B
ac

kg
ro

un
d 

ct
s/

R
ig

ht
 b

re
as

t c
ts

(b)

Figure 9. Non-breast background radiation with and without shielding: (a) left breast and (b) right
breast.

from 99mTc-sestamibi. The improved performance at higher gamma photon energies is quite
obvious with the best-contrast images obtained at the energies of 245 keV and 364 keV.
With increasing gamma photon energy, better spatial resolution was achieved, but detection
efficiency decreased. Therefore, the best performance was achieved at medium energies,
where the good spatial resolution and fairly high detection efficiency were simultaneously
achieved. The images with myocardium and liver activity have reduced contrast between
the lesions and normal background breast tissue. Due to the contamination from non-breast
background radiation, the 8 mm lesion with a T/B ratio of 8:1 is not visible at the photon
energy of 141 keV. The 5 mm lesion is less visible at the energy of 511 keV due to the
increased fraction of background radiation. With an approximate activity concentration level
of 100 nCi cm−3 (Cinti et al 2001) in the normal breast tissue for clinical scintimammography
study, the acquisition time for collecting 1.35 million counts from the breasts for our proposed
system is only 30 s compared to 44 min using a dedicated mechanically collimated gamma
camera. Of the 1.35 million collected counts, only 5750 come from the 8 mm lesion with
a T/B ratio of 8:1, compared to 1334 890 counts from the normal breast. With a 10 min
acquisition time, a typical imaging time for clinical scintimammography study, our system
would acquire about 27 million counts, which undoubtedly ensures significant improvement
of image quality. However, limited by the computation complexity of the reconstruction
algorithm, only a fraction of the counts collected with realistic scan durations was used for
image reconstruction in the lesion visibility study. Furthermore, the quality of the images is
degraded by inconsistent data from background sources lying outside the reconstructed image
volume. This can be reduced by reconstructing a larger field of view. Lesion visibility could
be improved by increasing the range of angular sampling. This could be accomplished by
redistributing the silicon detectors over a larger angular range. This may reduce sensitivity
and will need additional modelling to determine if it improves performance.

4.4. Background radiation due to non-breast activity

Figures 9(a) and (b) illustrate the contribution of heart and liver background radiation to the
left and right breasts, respectively. To demonstrate the effectiveness of simple shielding,
the scattered and direct counts due to non-breast activity with lead apron shielding are also
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Figure 10. Penalized LMML-EM reconstruction of breast images with lead shielding (activity
concentration ratio among breast, heart and liver is 1:2:4). Top row: medial plane. Bottom row:
1 cm below the medial plane. Two 8 mm tumours with T/B ratios of 8:1 and 10:1 are located in
the medial plane. A 5 mm diameter tumour with a T/B ratio of 25:1 is located in the plane 1 cm
below the medial plane.

shown for comparison. The contribution of liver counts to the right breast is 30% at 141 keV
and increases to 48% at 511 keV, about two times of that for the left breast. On the other
hand, the left breast was obscured more than the right breast due to the counts from heart.
The background from non-breast activity was drastically reduced by lead apron shielding. In
particular, the counts from liver were less than 5% in both breasts at the energy of 141 keV.
Figure 10 shows the craniocaudal views of the reconstructed images of right breast with the
lead apron shielding at different energies. The imaging condition is the same as that in the
lesion visibility study with an activity concentration ratio of 1:2:4 in breast, heart and liver.
The effectiveness of the shielding reflected on the image quality compared to figure 8 is
obvious, especially at low and medium energies. The 8 mm lesion obscured by background
radiation at 141 keV in figure 8 becomes visible with shielding. As gamma photon energy
increases, thicker shielding is required.

4.5. Performance comparison between collimated scintimammography and Compton camera
based scintimammography

Figure 11(a) shows the raw image of right breast at 141 keV with the activity confined to
the breast for the dedicated mechanically collimated scintimammographic system. The image
size is 100 × 100 with a pixel size of 1 mm. With the image acquisition time equivalent to that
of the C-SMM system, the collimated scintimammographic system produces a much noisier,
and considerably lower contrast image due to the poor sensitivity. All three tumours are barely
visible while the same lesions are better visualized in the C-SMM system (figure 7). As can
be seen, for the same imaging time, the C-SMM system performs better than the collimated
system when there is no background contamination from the non-breast activity. The simulated
parallel-hole collimated scintimammographic system (dual-head) has a counting efficiency of
2.7×10−4 including tissue attenuation for a point source located at the geometric centre of
a 5 cm thick breast phantom, about 110 times smaller than that of the C-SMM system.
Figure 11(b) provides the corresponding smoothed image with a two-dimensional Gaussian
filter. The σ of the Gaussian filter is determined by the spatial resolution of the NaI detector
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Figure 11. Planar image of breast with simulated lesions for the collimated system (only breasts
and lesions contain activity). (a) Raw image. (b) Gaussian smoothed image.
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Figure 12. Planar image of breast with simulated lesions including heart and liver background
for the collimated system (activity concentration ratio among breast, heart and liver is 1:3:12).
(a) Raw image. (b) Gaussian smoothed image.

and the simulated parallel-hole collimator at the distance of 2.5 cm, which is the depth of
the mid-plane. The Gaussian kernel used in this study has a size of 5 × 5 and σ of 1.77.
The smoothed image has significantly reduced noise and all three lesions become visible.
Figure 12(a) represents the raw image of right breast with the activity concentration ratio of
1:3:12 among normal breast, heart and liver. Again, the lesions are hardly seen. However, the
image degradation due to background radiation is relatively small compared to the C-SMM
system. Actually, for the compact, dedicated mechanically collimated scintimammographic
system as shown in figure 4, the scattering due to myocardium and liver activity is about
9.4%. Figure 12(b) shows the smoothed image using the same Gaussian filter described
previously. With the smoothing, all three simulated lesions are visualized. The reduced
tumour-to-background contrast was observed in the 5 mm tumour and the 8 mm tumour
close to the chest wall due to scattered counts from background activity in the heart and
liver. Figure 13 shows the penalized LMML-EM reconstruction of breast images with the
same activity concentration and imaging time for the shielded C-SMM system. A total of
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Figure 13. Penalized LMML-EM reconstruction of breast images including heart and liver
background with lead shielding for the C-SMM system (activity concentration ratio among breast,
heart and liver is 1:3:12). (a) Medial plane. (b) 1 cm below the medial plane.
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Figure 14. Area under the ROC curve for the task of detecting 8 mm and 5 mm diameter tumours
with various T/B ratios for 99mTc-sestamibi biodistribution for the collimated SMM and C-SMM
systems. The same imaging time and activity concentration levels (breast:heart:liver = 1:3:12)
were used for both systems. The solid line represents AUC results for collimated SMM and
asterisks indicate AUC results for C-SMM: (a) 8 mm tumour and (b) 5 mm tumour.

five slices in 1 cm intervals as shown in figure 2, were reconstructed with a pixel size of
2 mm. Two slices through the centre of the tumours were displayed. The 8 mm lesion with
a T/B ratio of 8:1 is barely visible, the other two lesions can be clearly seen, however. The
difference between this image and that in figure 10 at 141 keV is the increased heart and liver
background. Figures 14(a) and (b) show the results of the quantitative performance evaluation
of the two systems in detecting an 8 mm and a 5 mm tumour with known T/B ratios and a
known background distribution. As can be seen, under the condition of equal imaging time,
the C-SMM slightly outperforms the collimated SMM in detecting an 8 mm tumour close
to the chest wall, especially in the range of T/B ratios varying from 2.5:1 to 4.5:1. When
the tumour size is reduced to 5 mm, however, C-SMM outperforms collimated SMM by a
moderate margin. In fact, a further improvement in lesion detectability could be expected for



636 L Zhang et al

the proposed Compton camera based scintimammography if five slices rather than three were
reconstructed as in section 2.3.3.

No significant difference was observed in the visual imaging quality of the two systems
in lesion detection at low energy. The less favourable performance presented by the C-SMM
system at 141 keV is partially caused by the overestimated performance for the collimated
system and the relative large decoding penalty associated with the Compton camera at this
energy. However, quantitative evaluation using the NPWMF observer reveals the improved
lesion detectability for the proposed scintimammographic system at 141 keV. A larger
improvement over the dedicated SMM system was achieved in the detection of a 5 mm tumour.
Although the proposed C-SMM system outperforms the dedicated SMM system in lesion
detection by only a moderate amount, it demonstrates a very promising performance at higher
energies. Furthermore, the C-SMM system can collect photons from a wide angular range,
while only a single angle is sampled by the collimated system. This means that no tomographic
information is available from the collimated system. Meanwhile, the C-SMM system
achieves reasonable depth resolution even with limited-angle tomography. The C-SMM
system can also image regions close to the chest wall, which is difficult to achieve with the
collimated system.

5. Conclusions

In this paper, we propose an electronically collimated scintimammographic system based on the
principle of the Compton-scatter camera. Since Compton cameras have much more favourable
resolution-efficiency tradeoff in comparison with mechanical collimation, the proposed system
substantially improves gamma-ray detection efficiency over conventional scintimammography
while achieving good spatial resolution.

Using Monte Carlo simulations and a realistic anthropomorphic phantom, we have
predicted the imaging performance of our system in terms of detection efficiency, spatial
resolution and small lesion detection at different gamma photon energies. Our results
demonstrate that this electronically collimated scintimammographic system can achieve a
counting efficiency of 0.03, more than two orders of magnitude improvement over that of
a dedicated mechanically collimated system. At the same time, it has a FWHM spatial
resolution of 3.8 mm for a point source located 2.5 cm deep in a 5 cm thick breast phantom at
141 keV. Through the lesion visibility experiments, we have shown that this system has high
potential for detecting small tumours (�8 mm), especially at high gamma photon energies.
The non-prewhitening matched filter observer study reveals that the proposed system has
an improved performance over the dedicated mechanically collimated scintimammographic
system in detecting 8 mm and 5 mm tumours. However, the lesion contrast and visibility are
greatly degraded due to substantial background from myocardium and liver. A simple lead
apron shielding is shown to be effective in reducing the background by at least 50%.

The advantages of the proposed C-SMM system are twofold. The high efficiency leads
to increased count statistics for clinical scan durations at realistic levels of activity or greatly
shortened imaging time with the same number of counts, which potentially improves the
image quality by reducing the noise or image blurring due to patient movement. Furthermore,
unlike the mechanically collimated system whose performance degrades significantly with the
increased photon energy due to severe septal penetration, the performance of a Compton
camera based system improves greatly at higher gamma photon energies. With the
development of radiotracers labelled with higher energy gamma emitters applicable to breast
imaging, the Compton camera based scintimammographic system is expected to outperform
the conventional system by a large margin. The Compton imager is about 110 times more
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sensitive than a collimated system, but allowance must be made for the reduced information
per detected photon due to conical ambiguity.
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