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Tumor SNR Analysis in Scintimammography
by Dedicated High Contrast Imager
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Abstract—A new gamma camera dedicated to scintimammog-
raphy (single photon emission mammography—SPEM) now has
a full-breast field of view. One can clinically examine a mildly
compressed breast with a cranio-caudal-like projection as one
would in X-ray mammography. This camera is based on pixelated
scintillation arrays and position sensitive photomultiplier tubes.
By reducing the collimator-tumor distance, we enhanced the
geometric spatial resolution and the contrast. Unfortunately, due
to the low counting rates in scintimammography, low contrast
images are usually seen, particularly with small tumors.

The aim of this paper is to evaluate how a camera, based on a
pixelated detector, can improve the SNR values for small tumors
by effectively correcting the spatial response. The procedure is
based on good pixel identification. We used a small gamma camera
with a metal channel dynode position sensitive photomultiplier
(Hamamatsu R7600-C8) coupled to different CsI(Tl) scintillator
arrays with a general purpose collimator. This type of photomul-
tiplier drastically reduces the charge spread and improves the
intrinsic characteristics of the imager. The dimensions of the CsI
(Tl) matched the photomultiplier’s active area (22 22 mm2).
Utilizing its very high intrinsic spatial resolution, we created a
look up table to correct gain and spatial nonuniformities. We used
a breast and torso phantom to characterize the SNR as a function
of pixel size, thickness of the breast, tumor size, and depth.

The data showed that the SNR depends principally on the match
between the tumor and pixel size. For instance, for a 6 mm diam-
eter tumor, the best SNRs were obtained by a 2 2 mm2 array. For
larger tumors, up to 10 mm diameter, a larger pixel 3 3 mm2 or
4 4 mm2, optimizes the SNR value. We compared the results of
this camera with those from both a SPEM gamma camera and a
standard Anger camera.

Index Terms—Biomedical nuclear imaging, photomultipliers,
scintillation detectors.
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I. INTRODUCTION

STANDARD scintimammographic breast images are
usually acquired with an Anger camera (AC), using the

radiopharmaceutical Tc Sestamibi, with the patient in a
prone position. This technique has been shown to provide
high sensitivities and specificities (95%) for tumors larger
than 1 cm. However, for smaller tumors the sensitivities were
considerably lower (40–50%) [1]. The introduction of a new 5
in, full-breast field of view (FoV), gamma camera dedicated
to scintimammography (single photon emission mammog-
raphy—SPEM) [2]–[4], allows a clinical examination with
the breast mildly compressed in the cranio-caudal projection,
equivalent to the same view in X-ray mammography. This
camera is based on pixelated scintillation arrays and position
sensitive photomultiplier tubes (PSPMTs).

The reduction of the collimator-tumor distance enhanced the
geometric spatial resolution and contrast. Furthermore, by com-
bining this technique with a higher intrinsic spatial resolution
detector it was possible to enhance sensitivity up to 80% for

1 cm tumor size [5]. Unfortunately, due to the low counting
rates in scintimammography, low contrast images are usually
seen, particularly with small tumors.

The aim of this paper is to investigate those characteristics
of these imaging systems that allow further enhancement of
image contrast and signal-to-noise ratio (SNR), specifically for
small tumor detection. An imaging system such as the Anger
camera, which is based on a single large planar detector, has in-
trinsic resolution that is worse than the collimator resolution for
a short distance from the surface of the collimator. In addition
the coarse digitization of the image (3.2 mm usually) places an
additional limit on the resolution and contrast. In this study, we
plan to evaluate how a camera based on a pixellated detector
and PSPMT can improve image contrast and SNR for small tu-
mors by an effective correction for the spatial response Our hy-
pothesis is that, thanks to effective pixel identification, it is pos-
sible to produce a correspondence between image digitalization
and scintillator crystal lattice that can enhance image contrast.
To demonstrate this, we analyzed the performance of a small
gamma camera with good pixel identification, comparing the
tumor SNR with those obtained for an Anger Camera and a 5 in
gamma camera based on scintillator array (SPEM). Monte Carlo
simulations were also performed to help understand the results.

0018-9499/03$17.00 © 2003 IEEE



CINTI et al.: TUMOR SNR ANALYSIS IN SCINTIMAMMOGRAPHY BY DEDICATED HIGH CONTRAST IMAGER 1619

Fig. 1. SGC. On the left, lateral view of gamma camera, with photomultiplier
and electronic device; on the right, lead housing and collimator.

Fig. 2. CsI (Tl) crystals. From left upper corner, clockwise: 5� 5 pixels, 4.2
� 4.2� 5 mm ; 7� 7 pixels, 3� 3� 5 mm , 10� 10 pixels, 2� 2� 5 mm ,
8� 8 pixels, 2.5� 2.5� 5 mm .

II. EQUIPMENT AND METHOD

A. Small Gamma Camera (SGC)

The small gamma camera consisted of a parallel hole colli-
mator, a CsI(Tl) scintillating array, and a Hamamatsu R7600-C8
PSPMT as shown in Fig. 1.

We tested a number of CsI (Tl) scintillating arrays with an
active area of 22 22 mm . The crystals were 5 mm thick, the
dead zone was 0.25 mm wide, and the single crystal sizes ranged
from 2.0 2.0 mm to 4.2 4.2 mm . The crystals were chosen
so that there were an integer number of pixels for the same area
(see Fig. 2). The area corresponded to the PSPMTs active area.

The Hamamatsu R7600-C8 PSPMT (Bialkali photocathode)
[4] is a compact, metal channel dynode PMT with readouts by
row ( ). The active area is 22 22 mm and the overall
dimensions are 26 26 20(h) mm . The camera is made
of eight preamplifiers directly connected to each wire anode.
A weighted summing circuit was built to compute the charge
distribution centroid.

The acquisition system consisted of a FAST 7074 analog-to-
digital converter (ADC) module connected to a FAST multipa-
rameter acquisition system operating in the Windows environ-
ment (MPA/WIN). We used an MPA acquisition card in a Pen-
tium personal computer. The multiparameter system was able
to control up to eight ADCs with a maximum count rate of
400 KHz. The maximum electronics count rate was 30 KHz.
The data were acquired in list mode through a 1 Mbyte first-
in–first-out register (FIFO) inside the MPA card. We developed
software to process and elaborate data for the image analysis.

TABLE I
COLLIMATOR CHARACTERISTICS

Fig. 3. SPEM camera.

TABLE II
ENERGY AND INTRINSIC SPATIAL RESOLUTION

Fig. 4. Breast and torso phantoms. The draw shows one possible position of
the tumor inside the breast phantom.

We used a standard nuclear field, low energy, all purpose colli-
mator (see Table I).

B. SPEM and Anger Camera

The SPEM consisted of a 5 in Hamamatsu PSPMT R3292
coupled to a 5 in diameter CsI (Tl) scintillating array with 2
2 3 mm pixels. The collimator was the same as that of the
SGC (see Fig. 3). A detailed description of the SPEM camera is
reported elsewhere [2]. The AC was a standard General Electric
(GE) Starcam with a GE H2503DF collimator (see Table I). The
energy resolution and the intrinsic spatial resolution for both
cameras are summarized in Table II. We obtained the energy
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resolution values for the SPEM Camera after a correction of the
pulse height uniformity response by using a lookup table based
on the spectra acquired on each pixel of the digitized image. For
both cameras, data acquisition as well as image conditions were
the same as those used in clinical procedures.

C. Phantom Description

We built breast phantoms to perform SNR analyzes on dif-
ferent tumor sizes. The phantoms consisted of three cylindrical
chambers, 8, 10, and 13 cm in diameter and 15 cm in height.
We filled each with Tc-labeled water to a height of 3, 6, and
9 cm to simulate different breast compression thickness. We ac-
counted for three tumor sizes, which corresponded to the clin-
ical staging criteria of T1b, i.e., greater than 5 mm, less than
or equal to 1 cm. The T1b hot spots were in 6 mm, 8 mm, and
10 mm diameter cylinders. The tumor depth was 0.5 cm or 3. cm
(source-collimator distance—SCD), which we obtained with a
tumor support as shown in Fig. 4. We placed a 3030 20 cm
box, which was also filled with Tc-labeled water, close to the
breast phantom to simulate the torso emission (see Fig. 4).

We chose radioactivity concentration values to obtain clinical
images with about a 1 : 1 torso : breast ratio (100 nCi/cc concen-
tration). For the tumor phantom, we used a tumor to breast ratio
of 30 : 1 for the 6 mm tumor, 10 : 1 for the 8 mm tumor and 8 : 1
for the 10 mm tumor. We chose a high tumor to breast ratio for
the 6 mm tumor in order to have an appropriate SNR evaluation
for small lesions in all cameras.

D. Data Acquisition and Method

We performed all measurements by simulating a craniocaudal
projection. We analyzed the tumor as a function of its size and
the breast’s thickness. We are aware that for an Anger camera,
the experimental set up does not correspond to the usual scinti-
mammographic technique which is currently performed in the
prone position. The aim of this choice was to enhance the AC
imaging performance by reducing the tumor-to-collimator dis-
tances in order to better evaluate the influences of the intrinsic
detector characteristics on tumor SNR values.

We adjusted the data acquisition time to correct forTc
decay to collect comparable counts per image. We digitized the
images from the AC and SPEM camera in the same manner as
those collected and used for clinical examination. In particular,
we set the AC and SPEM to 3.2 3.2 mm (128 128) and 2

2 mm , respectively.
In the SGC, the nonuniformity of pulse height affects the

overall energy resolution and the energy window selection. To
correct for this nonuniformity, we create a look-up table (LUT)
using a Tc flood field irradiation (see Fig. 5). Starting with
a flood field image, we define the Regions of Interest (ROIs) so
that they contain the same number of counts for each crystal.
After a manual selection of the ROI matrix columns, the algo-
rithm calculates the appropriate rows [see Fig. 5(i)] and, fixing
a reference gain value, it creates a matrix of gain factors to ad-
just the gain of the spectrum corresponding to each crystal. The
new adjusted total spectrum is shown asb in Fig. 5(ii), which
should be compared to the unadjusted spectrum [a in Fig. 5(ii)].
The last procedure produced an inhomogeneous sensitivity in
the flood field, which we correct with an appropriate matrix de-

Fig. 5. LUT procedure for the 8� 8 pixel array example: (i) pixel
identification; (ii) spectra reconstruction: (a) raw spectra, (b) reconstructed
spectra; (iii) homogeneity counting factor.

Fig. 6. SGC images obtained by 10� 10 pixel array, 8 cm diameter breast
phantom, 3 cm thickness and 6 mm tumor. On the left an image before the
correction, on the right the same image after the LUT application.

Fig. 7. SNR value versus ROI area for SGC.

rived from the original flood field measurement [see Fig. 5(iii)].
Fig. 6 shows the image of a “tumor” for a pixelated camera taken
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Fig. 8. SPEM and SGC image profile, flood field, with collimator. (a) SPEM image profile; (b) 5� 5 pixel; (c) 8� 8 pixel; (d) 10� 10 pixel.

in high resolution on the left and on the right is the LUT cor-
rected image as a 10 by 10 matrix.

We will calculate the SNR value for the breast phantom with
the following formula:

SNR
SOURCE - BACK

SOURCE
(1)

where SOURCE and BACK are the total number of counts ob-
tained from the ROI containing the tumor and the background,
that is, the healthy breast tissue, respectively.

We also investigated SNR values as a function of ROI area
and phantom configuration. In Fig. 7 shows the SNR versus ROI
area for SGC, for different pixel size. In order to minimize the
error on SNR values, due to the low statistics, we also acquired
images over time periods which were ten times longer than most
clinical studies. We scaled the SNR in order to obtain values
corresponding to the actual clinical condition.

E. Monte Carlo Simulation

We used the newest version of the EGS family of Monte Carlo
code, i.e., EGSnrc. Simulations included all the physical pro-
cesses available with EGS, such as Compton and Rayleigh scat-
tering and photoelectric absorption with emission of either fluo-
rescence photons or Auger electrons. We fixed the lower cut-off
energy at 5 keV for photons; whereas, we neglected electron
transport by assuming that an electron deposits all its energy in
its point of interaction. We used this assumption for the entire
simulated apparatus, that is, in the breast phantom, the colli-
mator, and in the detector. In order to reduce the computational
time, we adopted a modular geometric description for the colli-
mator and the pixelated detector. The simulated breast phantom
consisted of a 9 cm diameter cylinder made of breast-equiva-
lent tissue; we simulated three different cylinder lengths, (3, 6,
9 cm), corresponding to three different breast thickness. In order
to emulate a clinical examination, we calculated the number of
simulated photons for an imaging time of 10 min and a back-
ground activity of 100 nCi/cc: the number of 140 keV photons
emitted ranged from 420 million to 1.3 billion. We simulated
three different spherical tumors (6, 8, 10 mm diameter), located
at various depths (0.5, 3 cm from the collimator); we used a
tumor to breast ratio of 10 : 1. The simulated camera included

TABLE III
SUMMARY OF RESULTS

a lead collimator and a CsI pixelated detector. We simulated
the collimator described in Table I for the SPEM camera. The
detector consisted of different 5 mm thick pixelated crystals:
the size of a single pixel ranged from 2.02.0 mm to 4.2
4.2 mm ; the detector’s pixels had no space between them. We
considered a 20% FWHM energy resolution for the detector.
The final coordinates of a detected photon were at the center of
mass of all the pixels with which the photon had interacted [7].

III. RESULTS AND DISCUSSION

We show in Fig. 8(a) the flood field image profiles for SPEM
and SGC respectively, for different pixel size. The SPEM image
cross section shows a great deal of nonuniformity in sensitivity
across the FoV and it is well known that this due to nonlin-
earity and spatial distortions in this type of camera [8], [9]. A
pixellated camera has the possibility of placing close to 100%
of the events in the correct pixel [Fig. 8(b)] if the pixels are very
large. As the pixels get smaller the task be comes more diffi-
cult [Fig. 8(c) and (d)]. The individual elements guide the light
down the crystal giving the possibility of better localization. The
energy resolution after the LUT application ranged from 21%
to 28% FWHM (see Table III). We found the 2 2 and 2.5

2.5 mm pixel arrays to have the worst energy resolution.
This result was mainly due to a peripheral nonlinear distortion
(clearly visible in Fig. 8) originating from the under-sampling of
the anodic light, which in turn compromised good pixel identifi-
cation. All SGC data were supported by Monte Carlo simulation
results.

When the detection system has good pixel identification, one
can correct distortions in both the pulse height and spatial broad-
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Fig. 9. (a) Effective pixel detection area as a function of the lattice periodicity
on 3 mm pixel size. (b) SGC detection area scanning of a breast phantom
including 4 mm diameter size tumor.

TABLE IV
AREA FRACTIONS OBSCURED BY COLLIMATOR SEPTAOF SINGLE

CRYSTAL PIXEL

ening. Consequently, fluctuations on inhomogeneous responses
to flood field irradiation ranged from 10% to 30%.

The small area of the SGC or, more exactly, the small number
(compared to a larger camera) of pixels available to make an
image enhances the effect of the collimator/crystal lattice match
on the overall homogeneity of the spatial response (fourth
column on Table III). The nonuniform counting response
increases as pixel size decreases, making pixel identification
more critical. In particular, for 2 2 mm pixels, where the
peripheral crystals represent about 40% of the overall crystal
area, good pixel identification is essential.

To test the influence of a collimator on a crystal array’s
counting uniformity, we analyzed the effective pixel detection
area as a function of collimator lattice periodicity.

Fig. 9(a) shows three examples of 33 mm pixels with dif-
ferent areas filled lead-filling on size. The values of septa area
fraction on detection active area are reported in Table IV. Values
fluctuations for different pixel size show a standard deviation of
about 2% for the largest pixel size and of about 3% for smallest
one. 3 mm pixel size represents the worst match between crystal
array and collimator lattice. Furthermore to test LUT procedure
influence and collimator lattice periodicity on tumor SNR value
fluctuation, we utilized a breast phantom 3 cm thick, including
4 mm diameter tumor at 3 cm SCD to scan the SGC detection
area. Increasing the usual examination time by a factor of 10,
SNR statistical error was minimized. In Fig. 9(b) three images
show an example of the results obtained for 3 mm size pixels.
Standard deviation of the tumor’s SNR was less than 5%. The
result can be considered good, if we assume that it includes all
errors. We only used the SPEM camera and the Anger camera
for the initial test on tumor SNR. We took measurements which
included torso together with breast phantom and we used the
same acquisition time as in clinical trials. Table V, shows that
the measurements are strongly affected by large fluctuations.
These are due to low statistics and background introduced by
the presence of the torso. To differentiate SNR contribution from

TABLE V
TUMOR SNRFOR SPEMAND ANGER CAMERA

TABLE VI
TUMOR SNR VALUES

the tumor and the torso, we studied the breast alone. Table VI
summarizes SNR results obtained from different breast thick-
ness and tumor sizes at a distance of 3 cm between tumor and
collimator for all of the cameras. AC and SPEM image contrast
showed a strong dependence on breast thickness. SNR values
decrease at 6 cm breast thickness ranges between 30% and 50%
for 10 mm and 8 mm tumor size, respectively. Differences for
the 6 mm tumor size results were not detected between the
SPEM and Anger camera. For the smallest tumor size, the AC
response is depressed and this is due to its poor spatial resolu-
tion. In SPEM, the better spatial resolution does not allow im-
provement of the SNR values that are always under the visi-
bility limit (SNR 5). This can be attributed to its bad spatial
uniformity response. On the contrary SGC shows SNR values
ranging between 9 and 13. The contrast reduction between 3 cm
and 6 cm breast thickness is similar (20%) for all phantom con-
figurations. It also agrees with the Monte Carlo simulation. In
particular, the smallest pixel size allows one to obtain a better
image spatial resolution and a greater number of pixels avail-
able to evaluate the SNR value. This positive effect is probably
offset by poorer uniformity in the detector response, which is
only partially corrected by the LUT procedure. We can see that
the crystal size plays an important role in the detection of small
tumors but it must be associated with a good pixel identification
scheme. If the events are not placed in the correct pixel, contrast
can be severely reduced. This is clearly seen in the comparison
of SNR values with Monte Carlo simulations. The experimental
SNR values were less than half the comparable values obtained
with the Monte Carlo simulation.

AC and SPEM performances were better for the 8 mm tumor
and seemed to be comparable to SGC results, which indicates
that SNR for tumor size 8 mm does not depend only on the
spatial resolution of the detector. In fact, for SGC there was not
any appreciable SNR difference between the 2 mm and 3 mm
pixel size.

In Table VII we detailed SGC results obtained for different
breast thickness and tumor depths. We obtained the best results
using the 2 2 mm pixel configuration, with a 10–15% im-
provement with respect to the 4.2 4.2 mm pixel size. In
Fig. 10, tumor images are shown for the different pixel sizes
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TABLE VII
SMALL CAMERA SNR VERSUS TUMOR DEPTH AND BREAST

THICKNESS—6 mm TUMOR

Fig. 10. SGC image for 6 mm tumor at 0.5 cm tumor depth. From upper left
corner clockwise: 4.2� 4.2 mm , 3� 3 mm , 2.5� 2.5 mm , and 2� 2 mm .

investigated. In Table VII are also shown some data obtained in-
cluding torso at 5 cm tumor distance. We must keep in mind that
SNR values are mean values, which decrease as the tumor-torso
distance decreases.

IV. CONCLUSION

In this paper, we investigated potential methods for enhancing
SNR in scintimammography offered by a new generation of
PSPMTs coupled to scintillator arrays, for small tumor imaging.
Starting with very good crystal pixel identification, we gener-
ated a correspondence between image digitization and scintil-
lation crystal lattice. We calculated SNR values for different
combinations of scintillation pixel size, tumor size, and breast
thickness. Finally, we compared our SGC results to the results

obtained from the Anger camera and a dedicated SPEM imager.
The results showed how the SGC improved, up to a factor of
three, the SNR of a 6 mm tumor with 2 mm scintillation pixel
size. Furthermore, the SGC improved the contrast of the image
for 6 cm breast thickness Additionally, the smallest crystal pixel
size provided the highest tumor SNR for small tumors.

We obtained comparable SNR results for 8 mm and 10 mm tu-
mors from the three detectors. Preliminary data seemed to con-
firm the higher contrast capability of the proposed new camera,
but further results are needed to completely validate the pro-
cedure. We found that the main limitation of the SGC was the
small size of its active area, which makes it critical to measure its
effectiveness with large tumors. Future work will include study
on new NaI(Tl) scintillating arrays to improve pixel identifica-
tion with large area PSPMTs and with new PSPMT flat panel
Hamamatsu H8500.
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