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Utilization of an energy-resolving
detection system for mammography
applications: A preliminary study
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Abstract. Breast cancer remains one of the major causes of mortality among female cancer patients. This fact
caused a spark in the medical field, which in turn helped to improve the diagnostic and treatment of breast
cancer patients over the years making this field always active with new ideas and innovative methods. In our
study, a new method was explored using an energy-resolving detection system made from a Nal (Tl) scintilla-
tion detector to detect the gamma photons from an Am-241 radiation source to try and construct an image by
scanning the American College of Radiology (ACR) mammography phantom. In addition to the experimental
work, a Geant4 Application for Tomographic Emission (GATE) toolkit was used to investigate more complex
options to improve the image quality of mammographic systems, which is limited by the experimental setup.
From the experimental setup, the researchers were able to construct an image using the 26.3 keV and the
59.5 keV energy photons, to show the largest size tumour (12 mm) in the ACR phantom. With an improved
setup in the simulation environment, the majority of the ACR phantom tumours was visible using both energy
windows from the 26.3 keV and the 59.5 keV, where the 26.3 keV yielded better quality images showing four
tumours compared to three when using 59.5 keV. The simulation results were promising; however, several im-
provements need to be incorporated into the experimental work so that the system can generate high-resolution
mammographic images similar to the ones obtained by the GATE simulation setup.
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Introduction

Breast cancer remains one of the major causes of
death among female cancer patients. It is solely re-
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sponsible for 15% of all cancer deaths among these
patients [1, 2]. The early detection of breast cancer
plays a vital role in preventing breast cancer mortality.

Several imaging modalities can be used for
breast cancer detection, with each modality having
its advantages and disadvantages. However, mam-
mography remains the most popular as it proved to
be useful in detection of breast cancer and thereby
reducing the mortality [3]. The breast is mainly
composed of tissues with similar attenuation prop-
erties. The attenuation difference between these
tissues is maximum at lower energies. Therefore,
mammography uses low-energy X-rays (18-40 kVp)
for breast pathology detection. However, the use of
low-energy X-rays comes at the expense of a higher
radiation dose.

Furthermore, X-rays are produced as a spec-
trum, where some energies present with no useful
information but contribute unnecessarily dose to
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the patients. The use of filters helps in reducing
the non-useful radiation to a certain level. Scatter
radiation also poses an issue in mammography, as
it degrades the image contrast. A grid may be used
to reduce the scatter radiation but at the expense of
increasing the dose to compensate for the primary
radiation removed by the grid. Additionally, breast
compression is necessary for mammography to
reduce breast thickness and consequently scatter
radiation and dose [4].

Dose and mortality rate reduction motivated
several technological advancements in the field of
mammography. The development of digital mam-
mography allowed for higher quality images to be
acquired with less dose than screen-film mammog-
raphy [5, 6]. The advantage of digital tomosynthesis
improved the rates of early cancer detection and
diagnostic accuracy [7-9].

In recent years, y-rays have been suggested as
an alternative to radiographic X-ray machines. A
study of Am-241 feasibility in radiography has been
carried out in recent years. In that study, images
with acceptable yet inferior quality to X-rays were
obtained [10]. In a more recent study, simulations
have been carried out suggesting that Am-241 could
be a feasible source in mammography applications.
The study showed the feasibility of using an energy-
-resolving detection system to reject photons out of
the mammographic energy range [11].

Am-241 emits mainly 59.5 keV photons with
a 35.5% yield that is considered beyond the mam-
mographic energy range. The Am-241 also emits
26.3 keV with a 2.4% yield, which is suitable for
mammographic usage. Using an energy-resolving
detector, as suggested by the study, one can produce
acceptable mammographic images and improve
contrast significantly through rejection of scattered
radiation. These features can be found in pixelated
photon-counting detectors.

The use of an energy-resolving photon-counting
detector has been utilized extensively in the field
of nuclear medicine in gamma cameras and early
versions of positron emission tomography (PET)
scanners [12, 13].

Green et al. [14] obtained scatter-free mam-
mographic images using HEXITEC pixelated spec-
troscopic detector and reported an improvement of
contrast up to 50%. Medipix detectors are another
example of photon-counting detectors that showed
potential in a wide range of applications [15]. Me-
dipix is a hybrid solid-state pixelated detector that
allows the counting of photons of specific energy.
Additionally, Medipix can provide coloured, high
contrast, and almost noise-free images, allowing for
more accurate diagnosis [16-18].

One of the drawbacks of using hybrid solid-state
pixelated detectors is that they are thermosensitive,
which might require either cooling or operation in a
stable low room temperature during imaging [19].

This study aims at exploring the possible ad-
vantages of using an energy-resolving detection
system with y-ray radiation sources to produce
mammographic images. The system will use a widely
available Nal (TI) scintillation detector that presents

an effective economical solution in obtaining mam-
mographic images at room temperature.

Materials and methods
ACR mammography phantom

The ACR mammography phantom is designed to
assess the image quality of mammographic sys-
tems. The phantom itself contains 16 test objects:
six fibers, five microcalcifications clusters, and five
masses. The masses have different volumes with
a diameter of 12, 9, 7, 5, and 4 mm. For a mam-
mographic system to pass the mammography qual-
ity standard act ‘MQSA, at least four fibers, three
microcalcification clusters, and three masses must
be visible [20]. This quality assessment criterion is
used to visually evaluate the quality of the images
acquired through this study.

Experimental work

The experimental setup consisted of an Am-241
source, a scanning system, a lead collimator, Nal
(T1) detector, and the ACR mammography phan-
tom. Am-241 is an alpha emitter with a half-life of
432.6 years and emits mainly 59.5 keV (35.9%) and
26.3 (2.3%) [21]. The Am-241 used in this study is
housed in a shutter system and has an activity of
1 Ci. The source is cylindrically shaped and has a
radius of about 1.5 cm. The experimental setup is
shown in Fig. 1.

The ACR phantom is placed in front of the source
and held by a mechanical arm. The mechanical arm
is controlled by the scanning system. The scanning
system specifies the arm movement and the dura-
tion of the scan. The arm can be moved vertically
or horizontally or in a raster scan.

The collimator is placed on top of the detector
to preserve resolution and define the pixel size. It is
2 mm thick and has a 1 mm opening. Smaller open-
ings are possible to fabricate but much more difficult
to properly align with the rest of the setup. Addition-
ally, smaller size openings reduce the count rate and
therefore increase scanning time. These obstacles are

Fig. 1. Experimental setup from left showing the Am-241
in the blue containment shield, the ACR phantom placed
in the mechanical arm surrounded with lead blocks to
stabilize the arm movement, and finally is the Nal detector
with a lead sleeve to shield it from the scattered radiation.
1 - ACR phantom, 2 — Nal crystal, 3 - Am-241 source.
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somewhat easier to overcome in simulation; there-
fore, smaller openings were used in the simulation.

In addition to the collimator, the detector is
enclosed within a lead sleeve to prevent scattered
photons from reaching the detector’s active volume,
causing an increase in the dead time.

When the source is turned on, the arm moves
the phantom into the first acquisition position.
Photons that penetrated the phantom reach the
detector collimator. The collimator is aligned with
the beam central axis. It blocks radiation outside the
field of view from reaching the detector. Detected
photons spectroscopic information is processed by
the scanning system. After the defined acquisition
time elapses, the scanning system stores the spectro-
scopic data as a function of the acquisition position
and moves into the next position. Once the scan
is complete, the system uses the acquisition posi-
tion and spectroscopic information to construct an
image, either using the entire spectrum or specific
energy channels.

Simulation

In the simulation, an 11 cm X 11 cm X 4.4 cm
phantom with similar characteristics and properties
to the ACR mammography phantom was created
and the same assessment criteria were used to evalu-
ate the simulated images using Geant4 Application
for Tomographic Emission (GATE). GATE is one of
the prominent Monte Carlo simulation toolkits with
a wide range of applications in the field of medical
imaging [22]. The simulation setup consisted of an
Am-241 point source, two lead collimators, a Nal
detector, and a phantom similar to the ACR mam-
mography phantom as shown in Fig. 2. The number
of primers we generated for each energy (59.5 keV
and 26.3 keV) was 8 million photons which cor-
respond to the activity of 348 MBq of Am-241. The
standard physics processes were enabled in the simu-
lation that included photoelectric effect, Compton
scattering, and electron ionization.

The source was placed at a 20 cm distance from
the phantom. The emitted radiation is directed to-
ward the phantom as in a cone beam configuration.
The beam passes through a 4 mm thick pre-phantom
and post-phantom collimators to limit the beam to

Fig. 2. The simulation setup where the green beam rep-
resents the y-rays. The yellow squares are the pre- and
post-lead collimators. The red box is the detector. The
gray box is the ACR phantom that shows in the top the
five masses representing the tumours with diameters of
12,9, 7,5, and 4 mm.

the scanned area. The collimator square openings
used in the simulation are 0.5 mm and 1 mm, re-
spectively. The post-phantom collimator is placed
on top of the Nal detector. The source, detector,
and collimators remain stationary all the time while
the phantom moves only between acquisitions. The
collimator opening size dictates the phantom move-
ment. For a 1 mm opening, the phantom would take
a 1-mm horizontal or vertical step between acquisi-
tions. The number of counts for each acquisition is
recorded for the 26.3 keV and 59.5 keV windows
separately. The acquired data are later used for
constructing 2D images using MATLAB.

Results and discussion
Experimental work

The source was initially placed at 10 cm from the
detector to maximize exposure and reduce the
scanning time. Images acquired under this setup
exhibited high counting losses due to dead time and
pile-up events. As a result, none of the phantom
test objects were visible for both energy windows
reconstructed images.

To find the optimum distance, two areas in the
phantom were imaged at different distances. The
first area enclosed the center of the largest tumour.
The second enclosed the phantom center (no test
object is present in that area). It was evident that
the difference in counts between the two points is
more distinct at a 35 cm distance. At that distance,
scanning the whole phantom would require sev-
eral hours. Therefore, greater distances were not
attempted as it would increase the scanning time
further. Very long scanning times caused the system
to become irresponsive. Therefore, each phantom
object was scanned separately. The acquisition time
was set to 150 s/pixel. Reconstructed images for both
the 26.3 keV and 59.5 keV windows are illustrated in
Fig. 3 for the region containing the largest tumour.

The tumour is visible with both energy windows.
However, it is more evident (shows better contrast)

Fig. 3. Reconstructed 26.3 keV image (left) and 59.5 keV
(right).
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Fig. 4. The energy spectrum of a single tumour pixel. The
26.3 keV peak is located at channel 12, while the 59.5 keV
peak is located at channel 24.

with the 26.3 keV window, as the attenuation dif-
ference between the tumour and normal breast
tissue is higher at 26.3 keV. Additionally, 26.3 keV
photons have a higher absorption probability in
the phantom. As a result, fewer photons reach the
detector, and therefore, 59.5 photons produce a
higher signal-to-noise ratio image. Figure 4 shows
the energy spectrum of a single tumour pixel from
both the 26.3 keV and the 59.5 keV.

Typically, the maximum allowed kVp for mam-
mographic X-ray tubes is 40. Higher kVps are not
used as the attenuation difference between normal
and cancerous cells becomes insignificant beyond
40 keV. Additionally, at higher energies, image con-
trast deteriorates due to scattered photons becoming
the dominant interaction. By eliminating the scattered
photons signal component from the image, contrast is
expected to improve, and the mammographic energy
range could possibly be extended to higher energies.

For comparison, several images were acquired
using imaging detectors widely used clinically, such
as computed radiography (CR) and flat panel. These
detectors are pixelated and therefore, the setup was
static during acquisition. The exposure time was
set initially to 150 s and was increased gradually
up to two days. Additionally, a 1-mm collimator
was attached to the source opening to reduced
geometrical blurring. However, none of the ACR
mammography phantom test objects were detected
in all images obtained with the flat-panel and CR
detectors. Figure 5 shows a sample image obtained
with a 70-micron pixel size computed radiography
detector and a 2-day exposure. The incapability of
commonly used imaging detectors to detect the larg-
est tumour, even with much higher resolution than
our scanning system, distinguishes energy-resolving
detectors over other currently clinically employed
imaging detectors. Some of the test objects, such
as the microcalcifications, have higher attenuation

Fig. 5. An image of the ACR mammographic phantom
taken with Am-241 photons and a computed radiography
detector.

differences than tumours with normal tissue. How-
ever, they are much smaller in size. Therefore, they
are expected to be detected with an energy-resolving
detector with a resolution higher than the one em-
ployed in this study.

The undetectability of test objects at higher
energies shows a distinctive advantage of the en-
ergy-resolving detector over other commonly used
imaging detectors. Considering the relatively poor
resolution of the Nal scanning system, even with
relatively poor resolution, it was capable of detecting
one of the test objects.

Simulation

The ideal setup alignment and the absence of signal
losses resulted in simulated images having better
quality than the experimental ones. Figure 6 illus-
trates images produced with a 1 mm step. At least
three tumours were visible with 26.3 keV photons
and two tumours with 59.5 keV photons.

The 59.5 keV images were produced by irradiat-
ing the phantom with 22 MBq of Am-241 (8 MBq of
59.5 keV photons). 26.3 keV photons images, on the
other hand, were produced with 348 MBq of Am-241,
where 8 MBq of these photons are 26.3 keV. Increas-
ing the activity reduces the image noise but does not
increase the number of visible objects. Improving
the resolution by using 0.5 mm steps increases the
number of visible objects for both energy windows,
as illustrated in Fig. 7. Fibers show similar behaviour
to the tumours as they have similar attenuation coef-
ficients. Three out of six fibers are detected with both
energy windows, with the fourth fiber being partially
detected. The fourth fiber is very narrow in size and
most of its pixels are shared with the background. As
aresult, its signal is reduced by the averaging effect.

Fig. 6. Images produced with 59.5 keV photons (left) and
26.3 keV photons (right) using 1 mm openings.

Fig. 7. Images produced with 59.5 keV photons (left) and
26.4 keV photons (right) using a 0.5 mm openings.
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Fig. 8. A magnified image of the largest microcalcifica-
tion cluster. Only four out of six microcalcifications are
detected.

Tumours are easier to detect, with the used imag-
ing setup, as they occupy larger areas. On the other
hand, microcalcifications are the smallest in size;
therefore, more difficult to detect. A single group
of microcalcification can be partially detected for
both energy windows with 0.5 mm openings, as il-
lustrated in Fig. 8.

The detected cluster only occupies four pixels
with each pixel embodying a single microcalcifica-
tion. Although microcalcifications are the smallest
in size, they have the largest attenuation difference
with the phantom background. This means that they
are typically easier to detect if the imaging system
has enough resolution; therefore, more microcalci-
fication can be detected if smaller steps were used.

Conclusion

The use of an energy-resolving detection system
showed a promising result when paired with a gamma
source, which can be used for mammogram imaging.
A flat panel detector system when used to detect
tumours did not show any of the tumors in the ACR
mammography phantom as compared to the energy-
-resolving detection system. A Nal (Tl) scintillation
detector was used to reconstruct the objects in the
ACR mammography phantom to produce an image.
Utilizing simulations, the researchers were able to
show the potential images that can be obtained from
the ACR mammography phantom with the proposed
energy-resolving detection system compared to the
experimental work. The research team was also able
to present the different images that can be obtained
from two different energy windows. To reach the
same image quality produced in the simulation envi-
ronment, several elements in the experimental setup
need to be changed and improved such as the size of
the collimator, the step size of the mechanical arm,
and the source activity.
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