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ABSTRACT

CsI(Na), CsI(T1) and Nal(T1) scintillators coupled through
optical fibers were investigated with simulations and measure-
ments to evaluate their potential as gamma imaging intra-
operative probes. Three coupling methods were employed:
discrete crystals coupled one-to-one with the fibers; discrete
crystals coupled through a light diffuser to an unmatched fiber
array; and continuous crystals coupled directly to the fiber
optic array. The discrete crystals were 4x4 element arrays
ranging in size from 1x1x2.5 mm3 to 2x2x6 mm?. CsI(Na)
produced the best pulse height and single crystal energy
resolution (44% at 140 keV) when coupled through fibers to
the photodetector. All elements of the arrays were completely
resolved, indicating that the intrinsic spatial resolution will be
determined by the crystal size. The spatial resolution for the
12.5 mm ¢ x 3.5 mm continuous crystals was ~1.33 mm
FWHM. Preliminary imaging measurements faithfully
reproduced the activity distributions and compared favorably
with simulations.

I. INTRODUCTION

In many surgeries the detection of tumors and the identifi-
cation of residual tumor is very difficult. As a partial solution
to this problem, we are investigating small area intra-operative
imaging detectors sensitive to the beta and gamma rays
emitted from tumor seeking labeled radiopharmaceuticals.
Complete resection of malignant cancers has been shown ta
increase the life span of patients at least a factor of two over
partial resection [1], and in neurosurgery, it also improves the
quality of life of the patient [2]. The problem in neurosurgery
lies in the identification of the residual tumor, which is
currently determined by the surgeons' judgment and histo-
logical samples, which can be taken and analyzed during the
surgical procedure; but, this technique is time consuming and
is frequently not performed [1].

One of the strengths of nuclear medicine techniques is the
high tumor to background contrast possible with labeled
tracers. or monoclonal antibodies. For example, 2°1T1 (~70
keV) and #°™Tc-sestamibi (140 keV) have been shown to have
3.6 to 27.1 times greater uptake in malignant brain tumors
than in healthy brain [3,4], and 6.1 times higher uptake in
breast tumors than in normal fatty breast tissue [5]. The
boundaries of the brain tumors are clearly identified with
PmT¢-sestamibi [4], and the tumor boundary is the region that
is most likely missed during surgery.

There is a growing body of literature on the use of non-
imaging intra-operative probes for the location of otherwise
undetectable radiolabeled tumor. Imaging devices constructed
with somewhat larger dimensions than the non-imaging
devices could aid in more accurate tumor localization due to:
(1) the ability of an imaging device to sample a large area and
still give good localization; (2) an imaging device can locate

the signal of the lesion in an area with background emissions;
and (3) in situ imaging during surgery can immediately
monitor successful removal of tumor.

We believe that the intra-operative imaging probes
described here and in earlier work [6-10] form the basis of a
new class of fiber-optically coupled imaging devices for use in
surgery. Our use of thick scintillators offers higher gamma
stopping efficiencies without the low energy spectral tailing
observed in high Z, compound semiconductor imaging
detectors of equivalent stopping thicknesses [11,12]. In
addition, fiber-optic light guides insulaté the operative cavity
from all voltage and current sources while facilitating the
miniaturization of the imaging device. In this work, we
investigate gamma sensitive scintillation detectors of various
geometries and their characteristics and performance for the
proposed imaging task.

II. DETECTOR OPTIMIZATION
A. Detector Candidates

Several detector candidates were considered for use in the
gamma imaging probe (Table 1). Important features of smalil
scintillation detectors for likely clinical radiotracers (70-159
keV) include high efficiency for the gamma rays, good
photofraction, and high light output. CsI(Na), with its
relatively high stopping power for gammas, its high light
output, and a peak wavelength well matched to the bialkali
photomultiplier tube (PMT), is a top candidate. The rela-
tively slow decay time of CsI(Na) would not cause problems
since count rates of ~200 cts/sec/mm? are expected (as
calculated from tracer studies in [13], analogous to tracers for
potential use in this application).

While YSO has high light output and density, its effective
Z is significantly lower than CsI(Na) which will compromise
efficiency in very small crystals. GSO and LSO have high
effective Z and densities, but GSO's light yield is too low, and

TABLE 1. Comparison of detector candidates for potential use
in the intra-operative gamma imaging probe.

PROPERTY SCINTILLATOR
YSO GSO LSO Nal(Tl) CsI(Ti) CsI(Na)

Effective Z 342 58.6 655 50.6 54.1 54.1
P (gm/cm?) 4.54 6.71 7.4 3.67 4.51 4.51
I (ph/MeV) 44k 9.5k 28k 38k 52k 39k
Amax (nm) 420 440 420 410 535 420
T (nsec) 70 60 40 230 1000 630
Refractionn 1.8 1.91 1.82 1.85 1.80 1.84
Hygroscopic? N N N Y Y Y

Rugged? Y Y Y N Y Y

0018-9499,/97$10.00 © 1997 IEEE
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FIGURE 1. Monte Carlo results of detection efficiency of

parallel-piped Csl scintillators for 7Co gamma rays.

LSO is naturally radioactive and is inappropriate for a low
count rate application. These properties make them unattrac-
tive for single photon imaging. CsI(Na) is less hygroscopic
and has better stopping power than Nal(TI), our initial first
choice. Although CsI(T1) has the highest light output and is
otherwise almost identical to CsI(Na), its poor wavelength
match to bialkali photocathode PMTs reduces its effective
light output to ~50% of Nal(Tl).

B. Gamma Interactions and Optical Tracking

Gamma rays from a point source of 3’Co (122 keV 88%,

136 keV 12%) were simulated with a multiple interaction .

Monte Carlo code [14] to uniformly irradiate single parallel-
piped CsI crystals ranging in size from 1x1x2 mm? to 3x3x12
mm?, The simulations show that the dominant interaction at
these energies is photoelectric, and that few of the gammas are
scattered out of the crystal. There is only about a 6% loss due
to scatter for the 1x1x6 mm? relative to the larger crystals
(Fig. 1). The calculated gamma detection efficiency of CsI for
near 140 keV gammas demonstrates that there is a greater
dependence on the length of the scintillator than on the cross-
sectional area (Fig. 1). This is consistent with other work on
small scintillators [15,16]. These CsI results are consistent
with an ~35% higher stopping power than Nal(TI) crystals,

The detailed distribution of interactions from the Monte
Carlo simulation were employed in optical tracking
simulations using DETECT ([171. First, the results for the
2x2x6 mm? Csl scintillator were used to determine the effects
of surface treatment on a parallel-piped scintillator coupled
directly to a PMT. The simulation showed that the highest
collection efficiency of scintillation photons (76% of photons
generated) occurred when the distal surface from the PMT was
roughened, and the sides of the scintillator were polished.
These surface treatments promote total internal reflection
along the side of the scintillator, while their direction of travel
is somewhat randomized at the roughened surface with a cosine
weighted bias, peaked in the direction of the PMT.

The optimal surface treatments were then utilized in the
simulations for other sizes of scintillators. The optical
photon tracking simulations demonstrate a dependence in both
the length and cross-sectional area on light collection (Fig. 2).
These results are also in general agreement with other work on
light collection from small scintillators [15,16]. Tt should be
noted that while the 1x1 mm? curves in Fig. 2 are systema-
tically lower than the other curves, the scale is expanded, and
in comparing the photons detected for 1x1 mm? and the 2x2
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FIGURE 2. Dependence on length and cross-sectional area of
photon collection in small parallel-piped scintillators.

=3

mm? curves at 6 mm, for example, there is only an 11%
difference.

III. IMAGING DETECTOR ARRAY COMPONENTS
A. Scintillation Detector Arrays

Discrete and continuous CsI crystal detectors ranging in
size from 1x1x2.5 mm3 to 2x2x6 mm? and 12.5 mm ¢ x 3.5
mm were evaluated for use in the fiber-optically coupled
gamma imaging probe and compared with a discrete NaI(TI)
array (Table 2). The 4x4 element discrete detector arrays
(Hilger Analytical) were cut from a single crystal of scintil-
lator. The interdetector gaps (0.25 mm for the 1x1 mm? and
1.5x1.5 mm? element arrays, and 0.5 mm for the 2x2 mm?
element arrays) were filled with TiO, reflector doped epoxy.
All arrays had 0.5 mm thick layer of reflector on the gamma
incident side of the crystals (distal to the photodetectors).

The thickness of the continuous crystals of CsI(Na) and
CsI(TI) (Advanced Detectors) ensured modest gamma detection
efficiency at ~140 keV (3.5 mm corresponding to ~79%
stopping efficiency for large detectors (cf. Fig. 1)) and war-
ranted direct coupling to the optical fibers (Fig. 3, bottom).
The addition of a light diffuser between scintillator and optical
fibers, as in the beta probe case [9], would have degraded pulse
height and energy resolution, as well as spatial resolution.

The sides of the cylindrical detectors were painted black to
absorb reflections, which would otherwise lead to misposition-
ing errors [9]. The surface distal to the fibers for both contin-
uous crystals was roughened and covered with several layers of
Teflon tape, which has been shown to be an optimal surface
treatment for good spatial and energy response [9,18].

Pulse height and energy resolution measurements were
made with the continuous crystals and the arrays on a single
channel PMT (RCA 4900), since no direct coupling to the
multi-channel PMT (see II1.C.) could be made. These direct
coupled measurements were compared with measurements
through the fiber optic imaging bundle (next section) coupled
to the single channel PMT. Collimated sources (2*!Am, 59
keV; 37Co; 137Cs, 663 keV) irradiated the centers of the
continuous crystals and an inner crystal in the 4x4 arrays.

B. Front-End Fiber Optics

‘Three methods of coupling the detector arrays to the front-
end fiber optic bundles of the imaging probe were evaluated
(Fig. 3). These included: (1) direct one-to-one crystal-optical
fiber coupling; (2) coupling the discrete crystals to the front-
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FIGURE 3. Comparison of the experimental coupling between
(A) 1x1 mm?2 CsI(T1) discrete detectors and one-to-one coupled
fibers, (B) 1x1 mm? CsI(T1) discrete detectors with light sharing
coupling to fibers (NB: one-to-one coupling is not necessary),
and (C) 12.5 mm ¢ CsI(Na) continuous crystal detector coupled
with intrinsic light sharing to optical fibers.

end fiber optic array through a light diffuser (discrete, light
sharing case); and (3) coupling the continuous crystals directly
to the front-end fiber optic array (continuous, light sharing
case). Each case was characterized in terms of energy resolu-
tion, efficiency, and spatial resolution.

For the one-to-one coupling scheme, the 1x1 mm? and 2x2
mm? detectors were coupled to 0.925 mm and 2 mm diameter
(¢), double clad optical fibers (Numerical Aperture (NA) =
0.72; Kuraray International), respectively, arranged with the
same pitch as the 4x4 element scintillator arrays. The 10 cm
long optical fibers were embedded in white plastic which acted
as a physical support for the fibers, and as part of the reflector
surface of the crystal. This was important for the 1x1 mm?
crystals, since approximately 30% of the surface was not
coupled to the optical fibers.

The hexagonal arrangement of 19 - 2 mm ¢ double clad
optical fibers used in the beta imaging probe [7,9] and prelim-
inary work on the gamma imaging probe [10] was employed
for the discrete, light sharing case. In essence, this design pro-
vides an image of the light from the detector array, similar in
principle to PET block detectors [19,20]. In the image, the
region corresponding to an individual crystal can be determined
and that information is used in subsequent imaging measure-
ments. In order to produce a useful image of a square detector
array, a light diffuser is placed between the scintillators and
optical fibers. The optimal thickness of the diffuser was deter-

0.48 mm 0.95 mm 1.48 mm

1.90 mm 2.40 mm 2.90 mm

FIGURE 4. Effect of the light diffuser between the 1x1x4 mm?
element CsI(T1) crystal array and front-end optical fibers.

mined using the 1x1x4 mm? element CsI(T1) array with a var-
iety of diffusers (Fig. 4). The plastic (PMMA, n = 1.49) light
diffuser thicknesses ranged from 0.48 mm to 2.9 mm. Each
diffuser had highly polished faces and roughened sides painted
with black absorber. The best compromise of detector pulse
height, resolution of the elements, and sensitivity uniformity
was reached with a 1.9 mm thick diffuser. The pulse height
degraded ~21% in amplitude when the 1.9 mm light diffuser
was used compared to no light diffuser. However, the best
energy resolution values were obtained with. this thickness.
Optical fibers with a different NA would most likely require a
different diffuser thickness. The use of another light diffuser
(e.g. polystyrene) could also affect the thickness, due to the
different refraction index of the material.

The continuous crystal light sharing case is similar to the
continuous crystal beta imaging intra-operative probe [7-9].
Previous simulations and measurements demonstrated that
thicker continuous scintillators coupled to fiber optics have
poorer spatial resolution [9,21] due to light spread within the
scintillator volume. There are also variations in pulse height
response due to depth of interaction in these continuous
crystals [21]. There were no light diffusers used with the
continuous crystals as the crystals provided a sufficient area to
thickness ratio to expect reasonable spatial resolution. Spatial
resolution with continuous crystals coupled to optical fiber
detectors is governed by Poisson statistics, with additional
limiting effects due to the NA of the optical fiber. That is,
the optical fiber limits the acceptance cone for light from the
scintillator [9] introducing second order effects on the
resolution. :

C. Photodetector and Electronics

The Philips XP1722 multi-channel PMT (MC-PMT) was
used as the photon detector for the array evaluations and imag-
ing measurements. This MC-PMT was found to have good
characteristics for fiber coupled imaging detectors in earlier
work [9]. The fiber optics (16 square grid or 19 hexagonally
arranged fibers) are coupled to individual detector channels and
the parallel outputs feed two distinct resistive charge division
networks. The charge division networks result in four outputs
representing signals from the *X, -X, *Y and -Y directions.
Each output signal has an i-V converter/line driver with 2 [sec
shaping, impedance matched to the NIM shaping and discrim-
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inating electronics. The resultant signals are then digitized in
list mode with CAMAC BiRa ADCs and further processed to
form an image with the standard Anger ratio equations, similar
to the beta imaging probe. The shaping time of 2 {lsec gave
the best energy resolution for both the CsI(T1) and CsI(Na)
scintillators. Data acquisition control with LabVIEW™, and
image processing and display was on a Macintosh IIfx com-
puter. All data were collected in list mode to allow retrospec-
tive definition of data collection parameters and data analysis.

The charge division network for the hexagonal arrangement
has independent gain balancing for each channel [9]. This is
necessary to ensure uniform amplitude of the shared light
signals for a given energy deposition. This is similar in
principle to the PMT gain balancing necessary on standard
Nuclear Medicine gamma cameras [22]. The charge division
network for the square grid arranged fibers is a different net-
work with no gain balancing of the independent signals. The
optical signals from the discrete one-to-one coupled scintitlator
and fiber optic are not shared. Hence, the optical signal in any
fiber is independent of signals in other fibers, and it is not
necessary to normalize the signals to get the correct position.
The event positions are completely determined by the values
from the charge division circuit [23].

IV. DETECTOR PERFORMANCE
A. Flood Field Responses

All of the detector arrays and configurations were urradiated
with 37Co gammas (1), = 217d; 122 keV 88%, 136 keV
12%). These gamma ray energies are near 140 keV, which is
the energy of gamma rays emitted from %™Tc (1, = 6.01h)
labeled radiopharmaceuticals anticipated for use with the
imaging probe.

For the one-to-one crystal-to-fiber coupling scheme, the
flood field histograms of the various detector sizes were simi-
lar (Fig. 3, top). While up to 8x8 scintillator array elements
have been read out with this charge division technique [23],
the number of detectable elements is limited by the number of
photodetectors. The primary advantage of this technique,
however, is that there is minimal cross-talk between detector
elements, for even very low light levels. In addition, gain
balancing is not necessary because the positioning uniformity
is not dependent on a shared optical signal. The distributions
are somewhat distorted, however, because of the positioning
errors with charge division due to low photon statistics, and
also the series and parallel noise contribution in the circuit
from the resistive charge division itself. Capacitative divi-
sion has demonstrated lower noise characteristics [24] and may
be even better for charge division networks with MC-PMTs.

The flood field responses of 3 detector arrays employing
light sharing positioning are shown to completely resolve
even the smallest, 1x1 mm? crystal elements (Fig. 5). The
1.9 mm thick light diffuser was used in all three cases.
Because the 4x4 element arrays of 2x2 mm? detectors were too
large to be completely viewed by the optical fiber bundle, the
arrays were masked off to 3x3 elements. Imaging with these
discrete light shared arrays requires that the optical fiber chan-
nels and associated photodetectors are gain balanced so that the
resultant image histogram of the scintillation detectors is
undistorted and uniform in detector location and count density.
Images of the type seen in Fig. 5 are basically a mapping of
the X and Y signal from the imaging systems and can be used
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FIGURE 5. Flood field responses with °7Co irradiation of the
(A) 4x4 element 1x1x4 mm3 CsI(TL), (B) 4x4 element 1.5x1.5x6
mm? CsI(Na) and (C) 4x4 element (masked to 3x3 to fit onto the
fiber optic FOV) 2x2x4 mm3 CsI(T1) arrays coupled with light
sharing to the hexagonal optical fiber bundle. Each image is a
subset of a 64x64 pixel image positioning histogram.

to define the region that corresponds to each crystal. This is
used to create a corresponding look-up matrix that uses the X
and Y values as an address and returns the crystal number upon
being accessed [10].

The continuous crystals were similarly flood irradiated
(Fig. 3, bottom). This detector configuration is the most like
standard gamma camera systems. The energy and pulse height
responses of this configuration depend on having good unifor-
mity for the detectors (optical fiber and photodetectors) and
thus gain balancing for each optical fiber channel is necessary.

B. Energy Resolution and Pulse Height

A summary of the results of flood irradiation of the
imaging detector arrays is presented in Table 2. Because of its
better spectral match to the bialkali MC-PMT photocathode,
the signal from CsI(Na) was significantly higher in amplitude
than CsI(T1) (Table 2 and Fig. 6). One reason for the rela-
tively modest energy resolution improvement of CsI(Na) over
Csl(T1) is the depth dependence of the number of photons
reaching the photocathode in a narrow scintillator. Although
the average number of scintillation photons has increased by a
factor of about two, those gammas that interact at the face of
the crystal will produce fewer photoelectrons than those
interacting near the PMT. Another reason is the limitation
imposed by the optical fibers. This effect causes an intrinsic
broadening of the photopeak.

The FWHM energy resolutions at 122 keV for the CsI(TI)
and CsI(Na) continuous crystals were 25.8% and 24.1%,
respectively, with the detectors directly coupled to the single
channel PMT. The pulse heights were attenuated a factor of
~6 with the addition of the fibers between the crystals and
PMT, which corresponded to the observed loss in resolution.

With the single channel PMT configuration, the resolu-
tions of an element in the Nal(Tl) array, 2x2x4 mm?> element
CsI(TD) array, and CsI(Na) array were 18.2%, 19.5%, and
19.8%, respectively. There was only a factor of ~3 attenua-
tion with the addition of the fiber optics and light diffusers
between the scintillators and PMT, which corresponded to the
observed loss in resolution. When a 3 mm PMMA light
diffuser, analogous to the hermetic glass seal on the Nal(T1)
array, was placed directly between the 2x2x4 mm? element
CsI(Tl) array and PMT, the pulse height was attenuated by
71%, along with an energy resolution degradation to 29.7%
FWHM. Note however, that for the results with the imaging
detector with discrete, light sharing (Table 2), the Nal(T1) array
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TABLE 2. Summary of various detector array elements' charac-
teristics with 37Co irradiation measured through the optical fibers.

COUPLING/ % FWHM*  REL.PULSE EFF.
DETECTOR (mm?) (at 122 keV)  HEIGHT* 0 (%)!
One-10-One Coupling
Nal(Tl) 2x2x6 61.7 £ 7.3% 59+ 18% 9.7
- CsI(TD)  1x1x2.5 633+ 7.5% 49 + 16% 5.8
CsI(TI) 1xix4 67.4 + 8.3% 38+ 16% 6.8
CsI(TI) 2x2x4 57.8 £ 6.6% 49+17% . 4.0
Discrere, Light Sharing Coupling
Nal(T1) 2x2x6 604 +4.3% 72+ 21% 4.7
CsI{TD 1x1x2.5 57.6 £ 3.0% 56+ 8% 11.7
CsI(Tl) 1x1x4 574 +3.9% 47+ 8% 13.4
CsI(T1). 2x2x4 55.8 £5.3% 53 +12% 2.1
CsI(Na) 1.5x1.5x6 518 %+51% 100x14% 12.7
Conrinuous, Light Sharing Coupling
CsK(TL) 12.5 ¢x 3.5 - 18 19.1
CsI(Na) 12.5 6% 3.5 70.6 67 19.0

*Errors are the % standard deviations (SD)of the measured values for all
the elements in the various detector arrays.

TDefined as the + SD of the integrated photopeak counts for each detector
element. For the continuous crystals, defined in 75% of the image FOV.

measurements did not use any additional light diffuser, in
contrast to all the CsI array measurements.

In another set of experiments, >’Co and 137Cs irradiated the
CsI(Na) array and continuous crystal, either directly on the
PMT or through the optical fibers. The relative statistical
improvements at the different energies were identical (2%) for
pulse height and energy resolution when the detectors were in
direct contact with the PMT. However, for both scintillators
through the fibers, the relative energy resolution improve-
ments corresponded to only ~65% of the improvements
observed in pulse height. These preceding single channel
PMT measurements corroborate the assertion of an intrinsic
rather than statistical broadening of the photopeak most likely
due to the effects of the optical fibers and various light guiding
components.

Measured with the single channel PMT, the pulse height of
the directly coupled 12.5 mm ¢ CsI(Na) crystal was 28%
higher than the directly coupled 1.5 x 1.5 mm? CsI(Na)
crystal. However, loss of light when the crystals were coupled
with optical fibers caused the pulse height of the continuous
crystal to be 33% less than the discrete crystal. These losses
in the optical fiber are consistent with the measured imaging
detector results in Table 2 and with previous reports [16,18].

An unexpected result was that the pulse heights from the
light shared configurations were essentially equal to the
directly coupled configurations (Table 2). The poor pulse
height for the Nal(Tl) array can be attributed to the 3 mm
thick glass plate providing a hermetic seal for the crystal, but
also causing excess diffusion of the scintillation photons for
non-optimal light transfer and collection. The light sharing
coupled continuous detectors had the poorest overall perfor-
mance. The scintillation light generated within the detectors
is distributed among all the optical fiber elements, thus each
optical fiber collects a relatively small fraction of the total
light generated. Additional losses due to the optically-absorp-
tive sides also affect the pulse height and energy resolution of
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pulse height responses at 122 keV from the (A) 1x1x4 mm?

CsI(Th) and (B) 1.5x1.5x6 mm? CsI(Na) arrays. Legends indicate

Row and Column for elements in Fig, 3.

the continuous detectors.

The position of crystals within the array also affects the
spectral characteristics of the signal in the light shared
configurations (Figs. 7 and 8). The energy resolution was
better for elements towards the center of the detector arrays. A
similar effect has been observed in pseudo-discretized PET
block detectors [25]. The effect is most likely due to the fact
that the central crystals can share light among the fibers that
surround its position, and edge crystals have no fibers to one
side. For continuous imaging detectors, this effect is mani-
fested as a non-linearity at the edge of the photodetector array

due to the lack of elements beyond the edge photodetectors
[26].

C. Efficiency Variations

Energy windows were retrospectively set on photopeaks on
list mode data to determine the efficiency of each crystal. The
integrated counts in these windows represent the relative
efficiencies of each crystal. Variation in efficiency was small
(right col., Table 2) but improvements to minimize the
variations are warranted to match NEMA acceptance criteria for
standard gamma cameras. Efficiency variations were less posi-
tion dependent than pulse height and energy resolution (cf.
Figs. 7 and 8). Efficiency maps for discrete crystal arrays,
after electronic windowing and conversion to the look-up
tables, are used as correction maps for spatial resolution and
imaging measurements. Continuous crystal measurements
used high statistics flood field images as the correction maps.

D. Line Spread Function Responses

The spatial resolution was measured for a number of the
light sharing imaging arrays by stepping a 0.3 mm Pb slit
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FIGURE 7. Comparison of the % FWHM energy resolution
variations at 122 keV for the (A) 2x2x6 mm?® element Nal(Tl)
array, (B) 1.5x1.5x6 mm? element CsI(Na) array, (C) 2x2x4 mm>
element CsI(TD) array, and (D) 1x1x4 mm?® element CsI(TD array.

FIGURE 8. Comparison of the 122 keV photopeak pulse height
variations for the (A) 2x2x6 mm3 element Nal(T1) array, (B)
1.5x1.5%6 mm? element CsI(Na) array, (C) 2x2x4 mm? element
CsI(TI) array, and (D) 1x1x4 mm? element CsI(T1) array.

collimator and 57Co source in 0.2 mm increments across the
faces of the arrays. The FWHM of the resultant line spread
function (LSF) profiles was then determined from the data
plotted in Figs. 9A and 9B. The slit source was stepped in

1.0 mm increments for the continuous crystals and the LSFs

fit with Gaussians (Figs. 9C and 9D). With a low energy
threshold and efficiency normalized data, the mean LSFs were
0.92 £ 0.03 mm, and 1.21 £ 0.07 mm FWHM for the 1x1x4
mm?3 CsI(T1) and 1.5x1.5x6 mm? CsI(Na) arrays, respectively.
For the crystal arrays, the spatial resolution roughly corres-
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FIGURE 9.

ponded to the crystal size.

The resolutions of the continuous crystals varied as a func-
tion of light output of the scintillator. The 12.5 ¢ x 3.5 mm?
continuous CsI(T1) crystal had a 1.59 + 0.18 mm and 1.86 +
0.47 mm FWHM resolution in the X and Y dimensions,
respectively, The 12.5 ¢ x 3.5 mm3 continuous CsI(Na)
crystal had a 1.28 £ 0.11 mm and 1.390 + 0.10 mm FWHM
resolution in the X and Y dimensions, respectively. The
discrepancy in the X and Y resolutions is most likely due to
the hexagonal pattern of the optical fibers, which has a differ-
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INTERPOLATION
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FIGURE 10. Imaging results with various detector arrays of the “stickman” transmission phantom. (Top row) Measured detector
results for various sampling schemes and detector arrays. (Bottom row) Digital interpolation of the measured data acts to smooth the
resultant image. The simulation (lower, far right) was made with the digital transmission phantom on the upper left.

ent sampling pattern in the X and Y directions. A similar
effect was observed with the beta imaging intra-operative
probe [9]. The spatial resolution did not improve by the factor
of 1.9 that might be expected from the greater pulse height
from CsI(Na) crystal (Table 2). This indicates that other
factors, such spacing of the fibers and their numerical aperture,
may have a dominant effect on the resolution.

V. PRELIMINARY IMAGING MEASUREMENTS

Images were acquired with the 3.5 mm continuous Csl
crystals and the 1x1x4 mm?® CsI(T]) and 1.5x1.5x6 mm3
CsI(Na) crystal arrays utilizing light sharing (Fig. 10, top
row). The transmission phantom consisted of a “stickman”
figure, with 1 mm ¢ holes drilled at ~1.2 mm spacing in an 8§
mm thick Pb plate. Multiple images were acquired for each
detector array and digitally spliced because the phantom did not
fit entirely into the detector FOV.

Due to the discrete nature of the two small crystal arrays,
the phantom was subsampled by half-pitch offset measure-

ments to minimize pixellation artifacts in the resultant
images. The images collected with the discrete arrays were

also smoothed by linear interpolation to minimize pixellation
in the resultant images (Fig. 10, lower row). For the
relatively coarse sampling of these detector arrays, both
techniques smooth the final image to make objects appear less
pixellated, i.e. smooth the image without increasing spatial
sampling. The subsampling also demonstrates the detector
integrity and reproducibility for multiple measurements.

The simulated data set (Fig. 10, lower right) was made by
2D Gaussian filtering the digital phantom (Fig. 10, upper left)

with the measured intrinsic resolution of the CsI(Na) contin-
uous detector (o= 0.57 mm).

VI. CONCLUSIONS

We have presented encouraging test data on a prototype
small area, gamma sensitive detector for intra-operative
imaging of residual radiolabeled tumor. The goal of these
imaging devices is to guide the surgeon towards high
concentrations of activity near the inner surface of the
resection cavity. The imaging device utilizes parallel-piped
and/or continuous scintillation crystals of high stopping
power (CsI(Na), CsI(Tl) and Nal(T1)) for clinical radioisotopes
(e.g. P°mTc¢ with 140 keV gamma-rays). The best resulis were
obtained with the CsI(Na) crystals. This was due to their good
spectral match to the photocathode, high light output, and
good stopping power relative to other detector candidates. Of
the three optical coupling implementations, the configuration
employing light sharing with crystal arrays was the most
versatile and adaptable to existing beta imaging probes.

The poor measured energy resolutions in these devices will
preclude effective scatter rejection, especially from deeper
sources. However, the gamma imaging probe is intended to
be near-sighted, similar to the non-imaging probe in [27], and
potentially employ a short collimator. Thus, by viewing
proximally located sources, which will contribute fewer
scattered events.than deeper seated sources, only modest scaiter
rejection with a lower level threshold is anticipated. One
study with non-imaging probes investigated the effects of
energy threshold, and determined that higher thresholds,
especially for those systems with poor energy resolution,
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improved detectability [28]. Probes with very high energy
resolution are also under investigation [12] as the trade-offs
between near-sighted imaging and poor energy resolution are
still unclear. ‘

Ultimately these gamma-ray sensitive imaging detectors
will be limited by the collimator. It is not clear how spatial
resolution and sensitivity, which are affected by the collimator
characteristics, will affect the detection sensitivity of the
imaging device. Further measurements and simulations will
determine the trade-offs between short, high efficiency
collimators and longer, less efficient ones. The gamma
sensitive imaging probe may need a larger overall surface area
than the beta probe, partly because of the relatively coarse
sampling possible with discrete crystals.

This work on fiber-optically coupled imaging probes for in
situ use has shown its potential as a high resolution imaging
device. These devices are capable of imaging beta and gamma
distributions in tissue. Now they must be tested in a clinical
environment to validate their usefulness in practice.
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