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Abstract

A Geiger-mode avalanche photodiode (Si-PM) is a promising photodetector
for PET, especially for use in a magnetic resonance imaging (MRI) system,
because it has high gain and is less sensitive to a static magnetic field. We
developed a Si-PM-based depth-of-interaction (DOI) PET system for small
animals. Hamamatsu 4 x 4 Si-PM arrays (S11065-025P) were used for its
detector blocks. Two types of LGSO scintillator of 0.75 mol% Ce (decay time:
~45ns; 1.1 mm x 1.2 mm x 5 mm) and 0.025 mol% Ce (decay time: ~31 ns;
1.1 mm x 1.2 mm x 6 mm) were optically coupled in the DOI direction to form
a DOl detector, arranged in a 11 x 9 matrix, and optically coupled to the Si-PM
array. Pulse shape analysis was used for the DOI detection of these two types
of LGSOs. Sixteen detector blocks were arranged in a 68 mm diameter ring to
form the PET system. Spatial resolution was 1.6 mm FWHM and sensitivity
was 0.6% at the center of the field of view. High-resolution mouse and rat
images were successfully obtained using the PET system. We confirmed that
the developed Si-PM-based PET system is promising for molecular imaging
research.

(Some figures in this article are in colour only in the electronic version)

1. Introduction

Simultaneous measurement of PET and MRI is a promising strategy for the molecular imaging
field. The advantage of PET is its ability to image the radionuclide with high detection
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sensitivity. MRI can provide high-resolution anatomical images with a large variety of tissue
contrast. Such functional information as diffusion, magnetic resonance spectroscopy (MRS),
or functional MRI (fMRI) can also be obtained with a high magnetic field MRI. In addition, a
PET/MRI combined system can simultaneously measure a subject. It minimizes registration
errors and reduces the imaging time for PET and MRI.

For a long time, photomultiplier tubes (PMTs) have been used for major photodetectors
for PET systems because of their high gain, low noise, high speed response, excellent stability
and relatively low cost. Position-sensitive PMTs (PSPMTs) are also used for small animal
PET systems. However, PMTs and PSPMTs are sensitive to magnetic fields complicating
their use near or inside magnetic resonance imaging (MRI) systems. The height of a PMT is
relatively large, and the diameter of the PET detector ring also becomes large, which makes
it difficult to be used in narrow MRI tunnels. Consequently, PMTs or PSPMTs are basically
not good candidates for PET/MRI combined systems. To solve these problems, using optical
fibers between scintillators and PSPMTs was proposed for PET/MRI combined systems and
several MR-compatible PET inserts and PET/MRI systems were developed (Shao et al 1997a,
1997b, Garlick et al 1997, Raylman et al 2006, Slate et al 1999, Yamamoto and Murayama
2005, Yamamoto et al 2009, 2010). In these systems, only the scintillators were positioned
inside the MRI, and the scintillation photons were transferred outside the magnet where the
magnetic field was low enough to use PSPMTs. In these systems, although no interference
between PET and MRI was observed, the light loss due to the fibers was more than 70%, and
the cost of fibers was also significant. In other approaches, avalanche photodiode (APD) and
position-sensitive APD-based PET detectors have been used for PET inserts for PET/MRI
combined systems (Pichler et al 2006, Judenhofer et al 2008, Catana et al 2006, 2008).
However, these photosensors need high-cost application-specific integrated circuits (ASIC)
because of their relatively low gain.

The Geiger-mode avalanche photodiode is a newly developed silicon-based photodetector
that is also called a silicon photomultiplier (Si-PM) (Ottea et al 2005, Finocchiaro et al 2009).
It is a photon-counting device consists of multiple APD pixels operating in Geiger mode.
Since Si-PM is less sensitive to static magnetic fields (Hong e al 2008) and its height is small
similar to APD, it is a promising candidate for the photodetector for PET/MRI combined
systems. Compared to APD, the gain of Si-PM is much higher, and thus it is easy to use, and
its timing property combined with a fast scintillator is excellent (Schaart et al 2010). However,
a Si-PM-based PET system has not been yet reported although some block detector designs
have been reported (Schaart et al 2009, Kolb et al 2010, Lloséa et al 2009a, Llosa et al 2009b,
2009c, Cuddy et al 2010, Henseler et al 2009). We developed a Si-PM-based PET system
that is compact, and no electronics circuit was positioned near the detector ring for future tests

in MRL In this paper, we describe the system and the basic performance of the developed
Si-PM-based PET system measured outside MRI.

2. Materials and methods

2.1. Si-PM-based block detector

Figure 1(A) shows a photograph of the Si-PM array used for the block detector for the PET
system. Hamamatsu 4 x 4 Si-PM arrays (S11064-025P) were used because they have good
uniformity and temporal response, so they can also be used for a DOI detector based on pulse
shape analysis. The Si-PM array has 4 x 4 channels whose size is 3 mm x 3 mm. The number
of pixels per channel is 14400. The specifications of the Si-PM are summarized in table 1.
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(A) (B)

Figure 1. Photograph of the Si-PM array (A) and Si-PM array-based LGSO dual-layer DOI block
detector (B).

Table 1. Specification of Si-PM used for the detector block for PET.

Number of channels 16 (4 x 4)
Effective active area/channel 3 mm x 3 mm
Number of pixels/channel 14400

Pixel size 25 pm x 25 um

Fill factor (ratio of the active area of  30.8
pixel to the entire area of pixel)

Spectral response range 320-900 nm
Operating voltage range 70+ 10V
Gain 2.75 x 10°

The total size of the Si-PM array is 18.2 mm x 16.0 mm. Its thickness is 3.3 mm without its
pin height.

To realize a DOI block detector, we selected two types of Ce-doped LGSO scintillators
with different decay times (Hitachi Chemical Co., Ibaragi, Japan). LGSO has high light
output similar to LSO or LYSO, and the decay time can be controlled by changing its Ce
concentration (Shimizu et al 2006). Two types of LGSO scintillator of 0.75 mol% Ce (decay
time: ~45 ns; 1.1 mm x 1.2 mm x 5 mm) and 0.025 mol% Ce (decay time: ~31 ns;
1.1 mm x 1.2 mm x 6 mm) were selected and optically coupled in the depth direction to form
a DOI detector, arranged in an 11 x 9 matrix and optically coupled to the Si-PM array with a
1 mm thick light guide. The size of the LGSO block was 13.2 mm (transaxial direction) x
11.7 mm (axial direction) x 11 mm (depth). The light guide was made of acrylic resin
and was used to distribute the light photon among Si-PM channels to obtain a uniform two-
dimensional histogram for the block detector. For the reflector between the LGSO scintillators,
0.1 mm thick BaSO, was used (Yanagida et al 2009). The fabrication for the LGSO blocks
with the reflectors was performed by the manufacturer (Furukawa Machines and Metals Co.,
Ibaragi, Japan). The fabricated Si-PM-based DOI detector without a top reflector is shown in
figure 1(B).

The Si-PM array was mounted on a printed board, and the signal from each channel of the
Si-PM was transferred to front-end electronics (weighted summing board). No electronics part
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Figure 2. Block diagram of the front-end electronics used for the Si-PM PET system (A), pulse
shape of one input signals from one Si-PM array (B) and one weighted sum signal at the output
of the weighted sum board (B). Scales of the horizontal axis for both (A) and (B) are 100 ns per
division.

is close to the block detector except a small coaxial cable connector and a capacitor to reduce
the size of the detector ring of the PET system and for future tests of its MR compatibility.

A block diagram of one channel of the front-end electronics is shown in figure 2(A). The current
signals from each block detector are transferred to a weighted summing board by 1.2 m long
small diameter coaxial cables, terminated by 25 €2 registers and converted to voltage signals.
The voltage signals are individually amplified by voltage feedback high-speed (bandwidth:
300 MHz; slew rate: 1400 V us™') operational amplifiers (AD 8056, Analog Devices)
and summed for rows and columns using summing amplifiers. These signals are weighted
summed with position-dependent linear gains for each row and column to produce weighted
sum signals. The weighted sum signals are transferred to the data acquisition system through
variable gain amplifiers, which are prepared for the future use for the temperature-dependent
gain compensation of the Si-PM arrays. The pulse shape of one input signal from the Si-PM
array is shown in figure 2(B), and one weighted sum signal at the output of the weighted sum
board is shown in figure 2(C). The typical rise time of the input signals for weighted summing
board is 20 ns and that for the weighted summed signals is approximately 50 ns.

— 388 —



A Si-PM-based high-resolution PET system 5821

. dutazhen sspuda
peeriium ot gerfrmees
fatem Abe w SeTEsirets e o

(A) (B)

Figure 3. Photograph of the PET detector ring using Si-PM-based block detectors without (A)
and with a light shield (B).

Table 2. Design parameter of Si-PM PET.

Number of block detectors 16

Ring diameter 68 mm
Axial field of view 11.7 mm
Number of slices 17

2.2. Si-PM-based PET system

2.2.1. Detector ring. We developed 16 Si-PM-based block detectors and arranged them in
a 68 mm inner diameter plastic ring to form the PET system. Table 2 summarizes the design
parameters of the developed PET system, and figure 3 shows photographs of the developed
detector ring without a light shield (A) and with a light shield (B). Although the LGSO block
size of the transaxial direction (13.2 mm) is smaller than the Si-PM array size (18.2 mm), there
is no gap between the top of the block detectors because they are arranged in a small diameter
(68 mm). However, this will be a problem if we use the block detector for a PET system with
larger diameter. The light shield was made using a black tape. The outside dimensions of the
detector ring were 11 cm diameter and 2 cm thickness, and it weighs 200 g without 4 mm
thick tungsten contained rubber-based end-shields and 600 g with them.

2.2.2. Data acquisition system. The weighed sum signals are fed to 100 MHz analog-
to-digital (A-D) converters of the data acquisition system and integrated with two different
integration times (120 ns and 320 ns) (Yamamoto 2008), and the position is calculated using
the Anger principle and pulse shape discrimination by FPGA. Coincidence was also measured
digitally among the eight groups (two block detectors for one group).
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Figure 4. Photograph of the whole of the Si-PM-based PET (A) and magnified photograph of the
detector ring and bed part (B).

Coincidence was measured based on the digital coincidence method, and the time window
was set to 16 ns because the timing resolution of the system was around 7-8 ns, which is
mainly determined by the timing property of the data acquisition system (Yamamoto et al 2009,
2010). Delayed coincidence was also digitally measured for the correction of the accidental
events, which were subtracted in the sorting process. Coincidence events are transferred
to the personal computer in the list mode. The acquired data are sorted into sinogram and
reconstructed using the filtered backprojection algorithm.

2.2.3. Whole PET system. A photograph of the whole view of a Si-PM-based PET is shown
in figure 4(A). The system consists of a detector ring, a bed, a front-end electronics, a computer
terminal and an aluminum box in which the bias voltage supply, the data acquisition system
and the personal computer were contained. A magnified photograph of the detector ring and
the bed part is shown in figure 4(B). The Si-PM-based PET detector ring is supported by a
plastic ring that is connected to a flexible arm that can move freely when the stopper of the
flexible arm is off. The animal bed, which is made of a 2 mm thick plastic plate, is also
supported by a flexible arm positioned on an X-Y-Z table. With these two flexible arms with
the X-Y-Z table, we can position an animal quite freely and precisely.

2.3. Performance measurements

All performance measurements were carried out in an air-conditioned room outside of the
MRI system.

2.3.1. Two-dimensional position histogram. Two-dimensional distribution was measured by
uniformly irradiating 661 keV gamma photons of Cs-137 approximately 5 cm from the Si-PM
block detector surface. Two-dimensional distribution was evaluated by setting the profiles
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for the horizontal and vertical directions, and the peak-to-valley ratio was calculated for each
direction.

2.3.2. Energy resolution and pulse shape spectra. The energy resolution was measured by
setting the position boundaries on the two-dimensional distribution measure for the Cs-137
gamma source and plotting the energy spectra for 11 x 9 LGSO dual layer scintillators. We
calculated the energy resolution for all these energy spectra; the average energy resolution
was also calculated. The pulse shape spectra were derived from the same data and plotted for
11 x 9 LGSO dual layer scintillators. We calculated all peak-to-valley ratio as well as average
peak-to-valley ratio.

2.3.3. Spatial resolution. The transaxial and axial resolutions of the PET system were
measured using a Na-22 point source contained in a plastic container whose diameter was
1 mm. Measurements were made at the center and moved off-center with 5 mm steps.
Images were reconstructed using filtered backprojection with a sharp filter. Reconstruction
was performed with and without DOI correction. The DOI correction was performed by
acquiring all four combinations of coincidence lines between two DOI layers and images
were reconstructed using the depth information. The images without DOI correction were
reconstructed after summing all combinations of DOI layers without any processing.

2.3.4. Sensitivity. The sensitivity profile was measured using a calibrated Na-22 point source
by moving in an axial direction in 1 mm steps.

2.3.5. Count rate characteristics. The count rate performance was measured following the
decay of the F-18 solution with activity of ~37 MBq (1 mCi) using a 30 mm diameter, 50 mm
long cylindrical phantom.

2.3.6. Temperature-dependent sensitivity change of system. The temperature-dependent
sensitivity change of the system was evaluated using a Na-22 point source positioned at the
center of the field of view (FOV) of the detector ring. The count rate of the PET system and
the room temperature were measured for 8 h. Temperature was measured by a thermometer
(TZ-1CA-K22, Asahi Keiki Co., Tokyo).

2.3.7. Small animal imaging. Using the developed Si-PM PET, F-18-NaF rat brain imaging,
F-18-FDG rat brain imaging and F-18-FDG mouse heart imaging were carried out. For the
F-18-NaF rat brain imaging, approximately 37 MBq (1 mCi) F-18-NaF was injected, and
the measurement was made for 20 min, from 2 h after the injection. For the F-18-FDG rat
brain imaging, approximately 37 MBq (I mCi) F-18-FDG was injected, and measurement
was made for 20 min, from 4 h after the injection. For the F-18-FDG mouse heart imaging,
approximately 37 MBq (1 mCi) F-18-FDG was injected, and the measurement was made
for 30 min, from 4 h after the injection. All these data were reconstructed using filtered
backprojection with moderate smoothing to reduce the image noise. In the mouse heart study,
images were magnified by a factor of 2 in the reconstruction process because the size of the
mouse heart was so small.
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Figure 5. Two-dimensional distribution of the Si-PM-based block detector for 661 keV gamma
photons.

3. Results

3.1. Two-dimensional position histogram

Two-dimensional distribution for the Si-PM block detector is shown in figure 5. All 11 x 9
LGSO scintillators are clearly resolved. The average peak-to-valley ratios for the horizontal
and vertical lines were 9.7 and 11.7, respectively.

3.2. Energy resolution and pulse shape spectra

The energy spectrum for the LGSO scintillator with a single peak is shown in figure 6(A).
Energy resolution ranged from 14% to 55%, and the average energy resolution was 27%
FWHM. The pulse shape spectrum for one LGSO scintillator is shown in figure 6(B). The
peak-to-valley ratio ranged from 1.1 to 1.9, and the average peak to valley ratio was 1.4.

3.3. Spatial resolution

We show the radial and tangential resolution as a function of distance from the center in
figures 7(A) and (B), respectively. The spatial resolution at the center of the FOV was
approximately 1.6 mm FWHM. Radial resolution using the DOI information (DOI) at 15 mm
off-center was better than that without DOI information (nonDOI). The axial resolution at the
center of the FOV was 1.3 mm FWHM.
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Figure 6. Energy spectrum (A) and pulse shape spectrum (B) of the Si-PM-based block detector
for 661 keV gamma photons.

3.4. Sensitivity

The sensitivity profile as a function of the axial position is shown in figure 8. Sensitivity for
the point source was 0.6% at the center of the axial FOV.

3.5. Count rate characteristics

The count rate characteristic is shown in figure 9. The maximum prompt minus delayed count
rate was around 20 kcps. The small fluctuations of the count rates (approximately four cycles
per 10000 s) are due to the temperature-dependent sensitivity changes of the PET system.

3.6. Temperature-dependent sensitivity change of system

The temperature and the prompt minus delayed count rate measured over 8 h are shown
in figure 10. The count rate was calculated by its running averages for 60 s to reduce the
statistical variations. Due to the automatic on-and-off function of the air conditioner, the room
temperature fluctuated between ~22 °C and ~23.5 °C, which is approximately three cycles
per 7200 s. The count rate changed 9%, which is almost inversely proportional to the room
temperature.
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Figure 7. Radial (A) and tangential (B) resolution as a function of distance from the center. DOI
is with depth-of-interaction correction by the software in reconstruction processing, and non-DOI
is without depth-of-interaction information.
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Figure 9. Count rate curve of the Si-PM PET system.

3.7. Small animal images

Images of an F-18-NaF study of a rat brain are shown in figure 11(A) in which the skull
structure is clearly observed. Images of an F-18-FDG study of a rat brain are shown in
figure 11(B) in which the cortex and thalamus structures are distinguished. Images of an

F-18-FDG study of a mouse heart are shown in figure 11(C) in which the myocardial structure
is observed.
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Figure 11. Images of the F-18-NaF study of the rat brain (A), the F-18-FDG study of the rat brain
(B), and the F-18-FDG study of the mouse heart (C).

— 396 —



A Si-PM-based high-resolution PET system 5829

4. Discussion

We successfully developed a Si-PM-based PET system for small animals. One advantage
of Si-PM-based systems over the conventional PMT or PSPMT-based PET systems is their
compactness. The outside diameter of the detector ring of the Si-PM PET system is only
I'l em, which is much smaller than the PMT or PSPMT-based PET systems, because the
electronics circuit was positioned outside the detector ring. Compared with the APD-based
PET systems, the size of the detector ring is also small because an APD-based PET system
needs to position an ASIC near the detector ring except for the APD-based PET detectors
developed for PET/MRI systems that have a small diameter by positioning the ASIC side of
the APD (Pichler et al 2006, Judenhofer er al 2008, Catana et al 2006, 2008). The small
diameter of the developed Si-PM-based PET system will simplify its use in a narrow place
such as inside the MRI tunnel.

Another advantage of the Si-PM-based PET system is its insensitivity to the static magnetic
field. which makes it easy to use in a high magnetic field in MRIL. In the developed Si-PM
PET system, no electronics part (except a connector and a capacitor) was contained near
the Si-PM-based block detectors. In addition, the analog signals from the Si-PM arrays
are transferred to the front-end electronics using 1.2 m long small diameter coaxial cables.
Because the developed Si-PM detector ring can be easily replaced from the plastic ring support,
the detector ring can be set in the MRI tunnel quite easily. However more investigation on
the interference between PET and MRI and such modifications as electrostatic shields may be
needed for the use in MRI.

Compared with other small animal PET systems, the spatial resolution of the developed
PET system (1.6 mm FWHM) was slightly worse than those with similar scintillator sizes
(Tai er al 2003, 2005). For example, the spatial resolution of a small animal PET system that
employed 1.5 mm LSO scintillators (Tai et a/ 2005) had 1.3 mm FWHM resolution at the
center of the FOV. One reason for the inferior spatial resolution of the developed system is the
relatively large size of the Na-22 point source used for the spatial resolution measurements
(1 mm). Other reason is that such system parameters as lower energy threshold level were not
optimized to obtain the best spatial resolution. The sensitivity of the developed system (0.6%
at center) was much smaller than the other small animal systems (Tai et @/ 2003, 2005, Surti
et al 2005) because of the small axial FOV. The explanation for the small axial FOV
(11.7 mm) of the developed system is simply its cost consideration.

In the developed PET system, conventional filtered backprojection was used for the image
reconstruction. Thus, the reconstructed small animal images measured by the developed PET
system contained streaking noises in the low activity level especially at the edges of the axial
from FOV. It may be possible to use model-based iterative reconstruction (Tohme and Qi
2009) to improve the quality of the reconstructed images as well as the performance of the
developed PET system.

The energy resolution of the Si-PM-based block detector was not very good because the
detector used a dual-layer LGSO configuration. More than 10% of the LGSO scintillators
had double peaks in the energy spectra worsening the average energy resolution.  The
double peak may be caused by the photocoupling between the two types of LGSO blocks.
However, by setting individual energy windows for each layer, the double peak problem can be
solved.

The peak-to-valley ratio of the pulse shape spectra of the Si-PM-based block detector was
not very good; the average peak-to-valley ratio was 1.4. One reason is the relatively slow fall
time of the weighted sum signals probably due to the capacitance of the Si-PM arrays and the
small diameter coaxial cables as well as the insufficient bandwidth of the weighted summing
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amplifiers. Another reason may be a multiple interaction in the block detector; i.e., when
Compton scattered gamma photons are detected in another layer, these events are positioned
between peaks in the pulse shape spectra, degrading the peak-to-valley ratio.

The two-dimensional histogram showed good separation and wide margins between the
spots of the scintillators. This indicates that much smaller scintillators can be used for the
Si-PM-based block detectors, and a PET system with much higher spatial resolution can be
realized by using the Si-PM array and LGSO or LYSO scintillators.

The Si-PM used for the block detector has high temperature-dependent gain. 1.5 °C
temperature change produced 9% sensitivity change of the developed PET system. During
the experiments presented in this paper, we did not observe any significant artifacts on
the reconstructed images. However if used under more severe temperature conditions, a
temperature-dependent gain control system may solve some of the temperature-related gain
variation problems because circuits for the temperature-dependent gain control system are
included in the developed front-end system. By calculating the correction factor for the
temperature-dependent gain for the Si-PM arrays and compensating for the temperature-
dependent gain, the Si-PM PET system will be more stable for a wide range of environmental
conditions.

5. Conclusion

We developed a Si-PM-based PET system. The spatial resolution was 1.6 mm FWHM,
and sensitivity was 0.6% at the center of the FOV. High-resolution mouse and rat images
were successfully obtained. We confirmed that the developed Si-PM-based PET system is
promising for small animal imaging. Using the developed Si-PM PET system, measurements
inside MRI will be carried out in the near future, and an integrated PET/MRI system will be
realized.
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Abstract

For quantitative measurements of small animals such as mice or rats, a compact
and high sensitivity continuous blood sampling detector is required because
their blood sampling volume is limited. For this purpose we have developed
and tested a new positron detector. The positron detector uses a pair of dual-
layer thin gadolinium orthosilicate (GSO) scintillators with different decay
times. The front layer detects the positron and the background gamma photons,
and the back layer detects the background gamma photons. By subtracting the
count rate of the latter from that of the former, the count rate of the positrons can
be estimated. The GSO for the front layer has a Ce concentration of 1.5 mol%
(decay time of 35 ns), and that for the back layer has a Ce concentration
of 0.5 mol% (decay time of 60 ns). By using the pulse shape analysis, the
count rate of these two GSOs can be discriminated. The thickness is 0.5 mm,
which is thick enough to detect positrons while minimizing the detection of
the background gamma photons. These two types of thin GSOs were optically
coupled to each other and connected to a metal photomultiplier tube (PMT)
through triangular light guides. The signal from the PMT was digitized by
100 MHz free-running A-D converters in the data acquisition system and
digitally integrated at two different integration times for the pulse shape
analysis. We obtained good separation of the pulse shape distributions of these
two GSOs. The energy threshold level was decreased to 80 keV, increasing
the sensitivity of the detector. The sensitivity of a small diameter plastic
tube was 8.6% and 24% for the F-18 and C-11 positrons, respectively. The

5 Author to whom any correspondence should be addressed

0031-9155/10/133813+14$30.00 © 2010 Institute of Physics and Engineering in Medicine Printed in the UK 3813

— 400 —



3814 S Yamamoto et al

count rate performance was linear up to ~50 kcps. The background counts
from the gamma photons could be precisely corrected. The time-activity
curve (TAC) of the rat artery blood was successfully obtained and showed a
good correlation with that measured using a well counter. With these results,
we confirmed that the developed blood sampling detector is promising for
quantitative measurement for an animal positron emission tomography system.

1. Introduction

Continuous blood sampling for quantitative measurement of animal positron emission
tomography (PET) studies from such small animals as mice or rats is difficult because their
blood sampling volume is limited (McGuill and Rowan 1989, Morton 1993). To minimize the
amount of blood, a small diameter tube must be used for detecting the positrons or annihilation
gamma photons from the animal blood in the tube. However, when a small diameter tube is
used, the count rate decreases and statistical deviation increases since the count rate of the
blood sampling detector is proportional to the amount of blood in the tube.

To solve these problems, several approaches were reported to measure the input function
without blood sampling. One is dynamic imaging of blood pool of the heart of a mouse or a rat
using an animal PET scanner to obtain the image-based input function (Kim ez al 2006, Ferl
et al 2007, Su et al 2007). However, these image-based techniques are not easy to implement
due to the small size of the heart of these small animals and the limited spatial resolution of
most small animal PET systems. The other approach is using an intra-blood-vessels probe
for the measurement of an input function (Pain er al 2004). Although these approaches have
their advantages, the reliability of the input function must be validated by comparing with the
blood sampling data.

To measure the continuous blood sampling curve in good statistics, a high sensitivity
blood sampling detector is needed. In addition, the distance from the animal to the blood
sampling detector must be small to shorten the blood sampling tube to minimize the amount
of blood.

A positron emitter can be detected by two methods for blood sampling detectors. One
is the detection of positrons (beta particles) from the blood in the tube (Hutchins et al 1986,
Convert et al 2007). The drawback of this method is that its sensitivity is relatively low
because a high energy threshold level must be set to minimize the detection of the 511 keV
gamma photons from outside the tube such as the syringe or the animal’s body. The energy
threshold is usually set above 511 keV to minimize the detection efficiency of these background
annihilation gamma photons. A suitable radionuclide for this positron detector is O-15 because
of its high positron energy. To overcome these limitations, a phoswich positron detector for
a blood sampling system was developed (Yamamoto et al 2001). The positron detector,
which consists of a plastic scintillator and a bismuth germanate (BGO) scintillator, measures
beta-gamma coincidence between these two scintillators to detect only positrons. By using the
beta-gamma coincidence, the energy threshold was lowered and sensitivity could be increased.
However, the detector remained too big because the BGO scintillator was relatively large, and
a thick gamma shield was needed to reduce the gamma photons from outside the tube.

The other method for continuous blood sampling detectors is the coincidence measurement
of annihilation gamma photons (Eriksson et al 1988, Votaw and Shulman 1998, Kudomi
et al 2003). The detectors employed two BGO or GSO detectors and measured the coincidence
between the annihilation photons from the blood in the tube. The advantage of this method
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Figure 1. Schematic drawings of the developed positron detector (A) and the schematic pulse
shape of 1.5 mol% Ce: GSO and that of 0.5 mol% Ce: GSO (B).

is that the sensitivity does not depend on the positron energy, and a low energy positron
radionuclide such as F-18 can be measured. However, to achieve high sensitivity, large
scintillators must be used. In addition, a thick gamma shield is needed to reduce the gamma
photons from outside the tube to minimize accidental coincidence events. Consequently,
developing a compact and high-sensitivity blood sampling detector is difficult using this
coincidence method. To overcome these limitations, we developed a blood sampling detector
based on a new concept. Our developed blood sampling detector has high sensitivity, small
size and is suitable for animal PET studies.

2. Materials and methods

2.1. Principle of detector operation

The blood sampling detector is based on a positron detector with gamma photon rejection
capability. A schematic drawing of the developed detector is shown in figure 1(A). The
detector consists of a pair of thin GSO scintillators whose Ce concentrations are 1.5 mol%
and 0.5 mol%, a pair of triangular light guides and a photomultiplier tube (PMT). The GSO
scintillator usually dopes the Ce to increase its light output, and the decay times can be
controlled by the concentration of the Ce (Ishibashi ez al 1989, Yamamoto and Ishibashi 1998,
Yamamoto 2008a). The GSO scintillators are optically coupled to the inner sides of the light
guides, which are optically coupled to the PMT through a 5 mm thick light guide. We used
GSO scintillators for separately detecting positrons (beta particles) from a tube and 511 keV
gamma photons from outside the detector (background gamma photons). The front layer GSO
scintillators detect the positrons and the background gamma photons, and the back layer GSO
scintillators detect only the background gamma photons because the front layer GSO is thick
enough to absorb all the positrons from the tube. For the separation of the count rate of the
first- and second layer events, pulse shape analysis is used because the decay times of the GSO
scintillators of 1.5 mol% Ce and 0.5 mol% Ce are different (figure 1(B)). By subtracting the
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Figure 2. Photograph of the positron detector without the shield.

count rate of the back layer from that of the front layer, the count rate of the positrons can be
estimated.

The scintillation photons produced in the GSO scintillators are fed to the triangular light
guides that transfer the scintillation light to the PMT, which converts the scintillation light to
an electric signal to be fed to the data acquisition system. In the data acquisition system, the
pulse height and pulse shape discrimination are processed, and the count rates for the front
and back layers are displayed and stored in the memory.

2.2. Developed blood sampling detector

Figure 2 shows the developed blood sampling detector without light or gamma shields. The
GSO for the front layer has a Ce concentration of 1.5 mol% (decay time of 35 ns) and
0.5 mol% (decay time of 60 ns) for the back layer. The thickness of these GSOs is 0.5 mm,
which is enough to detect the positrons and minimize the detection of the background photons
(Knoll 1997). The GSO scintillators are 10 mm high and 20 mm wide. These two types of thin
GSOs were optically coupled to each other using silicon rubber (Shin-etsu Silicone, KE-420,
Tokyo, Japan) and connected to a 1 inch square metal photomultiplier tube (PMT: Hamamatsu
Photonix, R-7600-U, Hamamatsu, Japan) through triangular light guides and a 5 mm thick
light guide made of acrylic resin. The metal PMT was selected because the height of the tube is
small and the size of the detector can be reduced. The 5 mm thick light guide was used to reduce
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Figure 3. Detector part (A) and blood sampling detector system composed of detector (left-hand
side), electronics (middle lower), high voltage supply (right-hand side) and personal computer
(middle upper) (B).

the non-uniformity of the photo-cathode sensitivity of the PMT. The gap between two pairs
of these GSO scintillators was 3 mm. The signal from the PMT was digitized by 100 MHz
free-running A-D converters in the data acquisition system and digitally integrated in two
different integration times (120 ns for partial integration and 320 ns for full integration) for
the pulse shape analysis. The pulse shape spectrum was digitally calculated from the ratio of
these two integrated signals (Yamamoto 2008b). The energy spectrum was derived from the
full integration signals (320 ns).

Figure 3(A) shows the blood sampling detector contained in a gamma shield. The detector
in figure 2 was light shielded by black tape except for the surfaces of the GSO scintillators.
The GSO scintillator surfaces were covered with three layers of aluminized Mylar film of
whose aluminum thickness was ~1 pum for the light shield to minimize the absorption of the
beta particles (positrons). In the upper side of the gamma shield, a 2.5 mm wide slit was cut
where a small diameter polystyrene tube (PE-10: inner diameter: 0.28 mm, outer diameter:
0.61 mm, Hagitec, Ciba, Japan) was positioned. The slit was cut so that the tube could be
positioned at the center of the GSO scintillators to obtain the highest sensitivity. The tube
was suspended between the GSO scintillators by taping the tube at the slits of the gamma
shield. The gamma shield was made of a 4 mm thick tungsten alloy. The thickness of the
gamma shield was selected to reduce the annihilation gamma photons ~50% while minimizing
the size of the blood sampling detector. The dimensions of the detector with the shield are
4 cm (width) x 4 cm (depth) x 8 cm (height) and it weighs 1.2 kg. After the tube was set, a
T-shaped tungsten cap was placed in the slit of the gamma shield.

A photograph of the entire system of the blood sampling detector with a 30 cm long ruler
is shown in figure 3(B). The system consists of the detector, data acquisition electronics, high
voltage power supply and a notebook personal computer (PC). The signal from the detector is
fed to the data acquisition electronics and the PC. The count rates for the front layer (positron +
gamma), the back layer (gamma) and the front layer minus back layer (positron) are displayed
on the monitor of the PC. Also these count rate curves are displayed on the monitor. The
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