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Positron Ring System using Anger-Type Detectors: 
Progress Report (1999-2002) 

 
Abstract 
 
During the past 3 years our work has shifted its focus from development of scanners and imaging 
techniques based upon continuous Curve-Plate detectors to pixelated detectors.  Similar to Curve-Plate 
detectors, the pixelated detectors rely on Anger-logic positioning since they utilize a continuous light-guide 
for optical coupling between the crystals and photo-multiplier tubes (PMTs).   Compared to Anger-logic 
detectors based on continuous detectors, the advantage of the pixelated detectors is improved spatial 
resolution and count-rate capability, since the light-guide design optimizes the light response function 
(LRF) independently from the crystal thickness. Compared to block detectors (including the quadrant 
sharing design) the advantage of the pixelated detectors with continuous optical coupling is that the light 
output is uniform and the energy resolution is improved.  In this report we will summarize progress of 
systems based on Curve-Plate detectors, including the whole-body clinical C-PET scanner and the proto-
type dedicated breast scanner B-PET, and describe the pixelated detector development and the resulting 
systems, included a proto-type NaI(Tl) scanner and 3 different GSO scanners, a brain scanner G-PET, a 
whole-body clinical scanner Allegro, and small animal scanner A-PET.   
 
Germane to the development of new scanners mentioned above, there are 3 specific accomplishments 
during this funding period that are highlighted; i) development of pixelated detectors with continuous 
optical coupling, ii) demonstration of GSO as an excellent scintillator for 3-D PET, and iii) advancing fully 
3-D iterative reconstruction for clinical studies, with reasonable computer processing time.  With the 
development of pixelated detectors, we have achieved better spatial resolution and a factor of 2 
improvement in count-rate capability in the comparison of the pixelated NaI(Tl) proto-type scanner to the 
current C-PET scanner. A more significant improvement in performance has been achieved using GSO 
detectors, which offer an excellent combination of properties for 3-D imaging; fast decay, good stopping 
power, and good energy resolution.  3-D imaging demands fast scintillators to reduce dead-time and good 
energy resolution to reduce scattered radiation and randoms, particularly in the situation of whole-body 
studies with out-of-field activity. The application of 3-D RAMLA with ‘blob’ basis functions has been 
shown to offer excellent image quality for both brain and whole-body 18F-FDG studies, as there is no loss 
of spatial resolution that results from approximate rebinning of the data and there is an effective 
suppression of the noise. Total reconstruction time (including system-modeled attenuation correction) on a 
standard SUN workstation (Blade 1000) is about 50 minutes for a complete whole-body study, thus the data 
processing and image reconstruction efficiently fits into the schedule between subsequent patient studies. 
 
1.  Curve-Plate NaI(Tl) Detectors  
 
1.A.  Whole Body Scanner C-PET 
 
The technology for making Curve-Plate detectors was developed by Bicron (now Saint-Gobain Crystals 
and Detectors) in 1996, at which time we began a collaborative project with them to evaluate their 
performance [Wear 97] and to develop detectors for PET.  The first detectors were 3/8”-thick, with initial 
consideration given to hybrid SPECT-PET systems.  But, dedicated PET demands thicker detectors, and 
Bicron was eventually able to achieve similar success with 1”-thick detectors.  These detectors were 
designed specifically for the system that became known as C-PET, which replaced the Quest that was then 
being produced by UGM Medical Systems.  The Quest continued to use the original Penn-PET 
configuration of 6 flat detectors in a hexagonal arrangement [Karp 90].  The major benefit of using curved 
detectors in a cylindrical configuration was to improve spatial resolution throughout the field-of-view 
because of a reduction of parallax errors and a decrease in the discontinuities across the gaps between 
detectors.  Also, with its larger axial FOV, the C-PET has higher sensitivity and count-rates than the Penn-
PET 240H described in [Karp 90].  The C-PET integrated the special hardware and software techniques 
that were developed for the Penn-PET scanners to maximize count-rate capability (e.g. pulse clipping, 
multiple triggers, and local centroid position).  We also took advantage of the 3D data acquisition and 
rebinning software that was developed for the cylindrical (rather than hexagonal geometry) HEAD Penn-
PET scanner [Karp 97] and applied it to the C-PET scanner.   
 
The first C-PET scanner was installed in June 1998 in our PET Center at U. Penn, and since then has been 
used for  >5000 studies.  As of March 2002, UGM Medical Systems (now Philips Medical Systems) has 
sold over 100 C-PET scanners.  Like its predecessors, this scanner was intended to be cost-effective, yet 
high-performance for clinical applications.  It achieves its performance by combining high spatial 
resolution, good energy resolution, and high sensitivity that results from septa-less, 3D data acquisition.   
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Refinements in the singles transmission technique [Smith 98, Benard 99] and iterative reconstruction 
[Daube-Witherspoon 01a] led to improvements in image quality and shorter scan times.  With transmission 
scans interleaved between sequential emission scans, a whole-body study is completed in under 1 hour. 
 
Preliminary results of the C-PET design and performance were presented at the 1998 and 1999 annual 
meetings of the Society of Nuclear Medicine [Karp 98a, Adam 99a, Smith 99a] and at the 1999 and 2000 
IEEE Medical Imaging Conferences [Smith 99b, Adam 00a].  A complete description of the work was 
published in the Journal of Nuclear Medicine at the end of 2001 in [Adam 01].  This paper won the 
‘Outstanding Basic Science Investigation Award’ from the Journal of Nuclear Medicine, which will be 
presented at this year’s annual meeting of the Society of Nuclear Medicine in Los Angeles in June. This 
paper highlights performance of the C-PET using the new NEMA NU2-2001 standard [Daube-
Witherspoon 02].  The previous performance standards, NEMA NU2-1994 and IEC, are based on 
measurements that characterize the best performance for PET imaging, whereas the NEMA NU2-2001 
standard better characterizes the performance under clinical conditions and are better suited to characterize 
3D whole-body scanning.  It is also worth mentioning that dozens of clinical research papers based on PET 
studies using the C-PET scanner have been presented at the Society of Nuclear Medicine over the last 4 
years just from the group at U. Penn. Our interactions with the clinical staff at U. Penn and our accessibility 
to clinical data affords us the opportunity to evaluate the clinical relevance of our work, and to get valuable 
feedback.   
 
Progress on projects related to the C-PET scanner is briefly outlined here.  Although these techniques were 
first tested and evaluated with the C-PET, they have broad application to other PET systems, as well. 
 
Energy-based Scatter Correction: 
 
Scatter correction techniques based upon using multiple energy windows are advantageous in that they 
have potential to be fast, with low noise propagation, and take into account scatter from outside the imaging 
FOV [Grootoonk 91, Grootoonk 96, Shao 94, Bentourkia 95, Turkington 97].  However, earlier 
investigations with the dual-energy window technique (DEW) with BGO scanners did not provide the 
desired accuracy [Harrison 91, Harrison 92].  We believe that this is mainly because of the relatively poor 
energy resolution of BGO scanners.  Our motivation for this investigation was the belief that energy-based 
scatter correction with NaI(Tl), having better energy resolution, should lead to better results. 
 
In this funding period we developed two methods to estimate scatter, based on energy window information; 
a LEW method which uses a low-energy window (below the photo-peak) to measure object scatter, and a 
HEW method which uses a high-energy window (including the upper portion of the photo-peak) to measure 
unscattered events, thus allowing us to estimate the scatter component within the photo-peak.  Both 
methods require scaling and filtering to limit noise propagation, however these were shown to be 
independent of activity distribution.  The HEW method followed an idea from Bendriem which was 
initially proposed for a BGO PET camera [Bendriem 93].  Our work was first presented at the 1998 IEEE 
Medical Imaging Conference, but more thoroughly evaluated and described in publication [Adam 00b].  
Our results demonstrate that the LEW method has intrinsic limitations, even with the good energy 
resolution of NaI(Tl) (about 10% with C-PET), since it cannot accurately predict the radial response of 
scatter in the photo-peak.  However, LEW does produce good results for homogeneous distributions.  In 
contrast, the HEW method is more accurate for a more realistic range of distributions. Although both 
techniques are fundamentally simple to implement with a system capable of on-line dual-window 
acquisition, the HEW is particularly susceptible to instabilities of the energy peak.  The energy peak on the 
C-PET has an accurate energy correction calibration procedure, and the daily QC alerts us when the peak 
drifts by more than ±2%.  Even with this accuracy, a robust algorithm demands a conservative choice of 
energy threshold with this technique; a higher threshold provides a better estimate of scattered events, but 
decreases the sensitivity and the stability of the estimate. Although we tested the technique with phantom 
studies, application to patient studies could not proceed without dual-window acquisition.  This upgrade 
was delayed by the manufacturer of C-PET for a variety of reasons, and has just been partially completed.  
The hardware aspect of the dual-window acquisition is now possible, but there are still software changes to 
be made. Recently, though, we have focused on a single-scatter simulation (SSS) method of scatter 
estimation [Adam 02], which may have some advantages over the energy-based correction. This work will 
be described in the Renewal Application. 
 
Singles Transmission Scanning for Attenuation Correction: 
 
Attenuation correction for clinical C-PET studies is performed using a transmission scan using 137Cs [Smith 
97, Smith 98].  The advantages of using 137Cs are a higher photon flux, an improved ability to scan post-
injection transmission scans due to the different energy (662 keV transmission vs. 511 keV emission), and 
the 30-year long half-life reducing the cost of the device. The source holder provides little collimation 
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between the 6 mCi source and patient, but shields the back detectors.  The source is located in the center of 
the axial FOV and with each rotation, which takes 42 sec, we sort and store transmission data over an axial 
dimension of 112-mm.  Therefore, a full scan of the body requires a set of interleaved emission and 
transmission scans, with a bed increment of 112-mm between frames. Single-slice rebinning and OSEM 
reconstruction has been implemented with the C-PET scanner, and evaluation of image quality and 
quantitative accuracy has been investigated during this funding period. 
 
Several factors must be considered with singles transmission.  First, attenuation coefficients must be 
converted from 662 keV to 511 keV, which can be done by a linear scaling.  Also, despite using narrow 
energy window gates, some emission contamination (511 keV) is measured in the transmission energy 
window (662 keV).  To compensate for this, we perform a ‘mock scan’ with the transmission source 
retracted, in which we measure (and subsequently subtract) the emission contamination (EC) in the 
transmission (TX) energy window.  This scan requires an additional 24 sec per bed position following the 
TX scan.  For a typical 18F-FDG study, the EC fraction, relative to TX is about 6-12%.   
 
During this funding period we have investigated methods to improve the transmission signal itself, in 
contrast to improving the correction for EC [Bilger 01a].  The ratio of transmission counts (TX) to the 
emission contamination counts (EC) can be increased by increasing the source strength.  Since we are 
already near the limit of the detector count-rate capability, we investigated the use of a shaped collimator in 
the transverse direction, to suppress gamma rays which travel outside the body and which do not provide 
useful information about attenuation.  We also investigated collimation in the axial direction, which also 
has the advantage of suppressing scatter.  These studies were performed on the HEAD Penn-PET and G-
PET brain scanners, but the results apply to whole-body scanners, as well.  Our experimental results, and 
corresponding simulation studies, showed that transaxial collimation achieved the desired effect of 
allowing us to increase source strength to increase the Tx/EC ratio, but it also introduced an undesirable 
artifact in the transmission image.  We believe that this may be related to scatter from the collimator itself, 
but have not reached a definitive conclusion.  We hope to re-visit this project, since there is potential 
benefit from using a shaped collimator to shape the beam intensity of transmission source gamma rays 
towards the center of the object where there are needed most.  The axial collimation also achieved the 
desired effect, to reduce scatter and increase the accuracy of the measured attenuation coefficient.  
However, using axial collimation reduces the axial range of each transmission scan, thus we would need to 
increase the speed of rotation (currently 40 seconds) and the number of bed positions acquired during the 
transmission scan acquisition.  Alternatively, we have considered modifying the bed motion to 
accommodate a continuous data acquisition, thus making the transmission scan analogous to a spiral CT.  
This option would require a different method of data sorting, as well.   
 
A second technique that we have investigated is the application of segmentation to the transmission image. 
During this past funding period, we investigated a histogram-based algorithm that is inherently capable of 
compensating for bias in the attenuation values [Bilger 01b]. The key feature of this segmentation 
algorithm is a histogram fit, which assumes that the soft tissue peak in the histogram can be automatically 
determined.  This algorithm can therefore compensate for two effects; i) scatter which is present in fully 3D 
transmission scan acquisition using an uncollimated single photon source, and ii) the emission 
contamination (EC) that is a consequence of acquiring the transmission data post-injection. The 
segmentation algorithm described in [Bilger 01b] has undergone initial testing with both phantom studies 
and patient studies, but a more thorough evaluation of this technique, for both clinical and research studies, 
is planned for the Renewal period. 
 
Inside-FOV Shielding to reduce low-energy gamma rays ( 99mTc-sestimibi): 
 
Occasionally at our institution cardiac SPECT studies with 99mTc-setamibi are followed by PET studies on 
the same day.   Typically, the patient would receive the PET scan within 4 hours of injection of 25 mCi of 
99mTc-setamibi.  Although the low-energy gamma rays do not explicitly contribute to the coincidence rate 
during a PET scan, degraded PET camera performance results from the relatively high flux of the low-
energy gamma rays.  The use of thin lead shields had been proposed and evaluated in the past for scanners 
with both NaI(Tl) detectors [Muehllehner 74, Muehllehner 75] and BGO detectors [Spinks 93] to reject 
low-energy gamma rays from Compton scatter in an attempt to improve count-rate capability of the system.  
Our work in this funding period focused on the use of thin lead shields (0.8 mm) in front of the C-PET 
detectors to reject low-energy gamma rays resulting from the 99mTc-setamibi study.  We have found that the 
lead shielding leads to studies of comparable quality to those performed without the 99mTc-setamibi activity 
[Smith 99c].  Although the coincidence sensitivity is reduced by about 20%, the sensitivity for 140 keV is 
reduced by 90%.  Particularly for continuous NaI(Tl) detectors without septa, the use of thin lead shield 
effectively filters the 140 keV gamma rays, and provides a simple remedy for this contamination. 
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Outside-FOV Shielding to reduce effect of out-of-FOV activity: 
 
Random coincidences, dead-time, and scatter from activity outside the scanner are potential sources of bias 
and noise in 3D PET scanners. Additional scanner shielding has been shown to reduce the effects of out-of-
field activity in brain and whole-body imaging [Thompson 01, Spinks 98]. External shielding comprising 
thin (<10-mm thick) lead sheet wrapped around a subject has also been demonstrated to reduce the effects 
of out-of-field activity [Daube-Witherspoon 98, Laforest 99, Cutler 01]. These prior studies were 
performed on BGO-based systems with poor energy resolution and/or scanners with a limited (~15 cm) 
axial field-of-view (FOV). Our goal was to determine the extent of the effects of out-of-field activity on our 
NaI(Tl)-based whole-body C-PET scanner with an axial FOV of 25.6 cm and to assess the effectiveness of 
external patient shielding on this scanner.  
 
We first performed Monte Carlo simulations studies using the EGS4 package [Ljungberg 94, Adam 96] 
that we adapted for our purposes [Adam 99b]. This code was used to run simulations of a point source 
positioned at different axial locations outside the scanner FOV.  We showed that the good energy resolution 
of NaI(Tl) (and high energy threshold of 450 keV) reduces the effects of scatter from out-of-field activity to 
negligible levels for source positions >5 cm from the edge of the axial FOV. However, out-of-field activity 
increases the singles rate; even for source positions 20 cm beyond the end of the FOV, thus contributing to 
random coincidences. Uniform cylinders of varying diameters (20-50 cm) were then simulated to represent 
more closely patient distributions during whole-body FDG studies. The singles rate increased when activity 
was placed just outside the FOV, however with lead shielding around the phantom (6.4-mm thick) the extra 
singles were reduced by 60% for a 20-cm diameter phantom and 45% for a 45-cm diameter cylinder, 
indicating that external patient shielding will be less effective for larger patients. We also considered using 
short, thin septa placed inside the scanner. Simulation studies indicated that as few as five 1-mm thick lead 
septa (6-cm in length) would be as effective as 10-mm thick patient shielding for all patient torso sizes, but 
at the price of a reduction in the scanner’s sensitivity.  For this reason, we did not further consider the use 
of septa to reject out-of-FOV activity. It should be noted, however, that several recent investigations using 
hybrid SPECT/PET scanners, which have a very large axial FOV, have come to the conclusion that short 
septa (or slat collimators) in front of the detectors do, in fact increase the noise-equivalent count-rate of the 
system for patient studies [Kadrmas 01, Zeng 01]. 
 
An experimental phantom study using the image quality phantom with hot spheres (representing lesions) 
was performed with and without activity outside the FOV [Smith 00]. With out-of-field activity in a 27-cm 
diameter cylinder, the singles rate increased by 70%, and the noise equivalent count (NEC) rate decreased 
by 45% at activity levels typical of those seen in clinical patient FDG studies. With 6.4-mm lead shielding 
around the cylinder, the increase in singles (compared to having no out-of-field activity) was only 40% (a 
60% improvement), and the reduction in the NEC rate was only 10% (a 40% improvement). 
 
While external patient shielding can be effective, it is also somewhat cumbersome to consider using in 
clinical whole-body studies, where the patient is moved through the scanner. Thus, we have not yet 
followed the phantom studies with patient studies using shielding.  A more practical design with a variable 
gantry end-shield aperture may help, as we could ‘fine-tune’ the aperture to the patient size. We will 
continue to investigate techniques and practical solutions to reduce the effects of out-of-FOV radioactivity 
on the C-PET scanner.  For future scanner designs reduction of out-of-FOV activity is particularly 
important since many new PET/CT designs are considering larger patient bore diameters in order to match 
the bore size of the CT.  Although a larger bore (less end shielding) facilitates the patient handling through 
both scanners, and allows the patient to keep arms down, both of these choices tend to decrease PET 
performance since the effect of out-of-FOV activity increases.  For this reason, further investigation into 
this problem is worthwhile. 
 
RAMLA Iterative Image Reconstruction: 
 
RAMLA was developed as a faster alternative to the maximum likelihood expectation maximization 
algorithm [De Piero 89, Browne 96]. RAMLA has been shown by Samuel Matej and colleagues at U. Penn 
[Matej 94] to outperform other reconstruction algorithms in terms of a number of figures of merit related to 
resolution and noise. In particular, the implementation of spherically-shaped basis functions (blobs) [Lewitt 
90] have been shown to be superior to voxel-based reconstruction, in terms of better preserving the 
resolution of the data while suppressing the noise in the data [Matej 96].  These studies, however, were 
primarily of simulated or simple phantom distributions. In this funding period, we sought to assess the 
clinical performance of RAMLA and to compare these algorithms with the standard reconstruction 
techniques (Fourier Rebinning with OSEM) that were supplied by the manufacturer and used clinically in 
our PET scanners. We were particularly interested if the image quality seen with simulated data and simple 
physical phantoms translated into superior images of actual clinical data or clinically realistic distributions, 
in comparison with the commonly used and commercially available reconstruction techniques.  
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Both 3D RAMLA and its 2.5D version (applied after Fourier rebinning to stacked 2D sinograms but using 
a 3D basis function that couples the individual slice reconstructions) were applied to patient data, as well as 
phantom distributions.  This work is described in [Daube-Witherspoon 01b]. The image quality phantom 
developed for the NEMA NU2-2001 standard [Daube-Witherspoon 02] was used to quantitate the contrast 
and background variability, a measure of image noise, with filtered backprojection (FBP), OSEM, and 2.5D 
RAMLA. We found improved hot spot contrast at comparable noise levels with 2.5D RAMLA over both 
FBP and OSEM, both performed after Fourier rebinning (FORE). The 2.5D RAMLA images from C-PET 
visually showed more uniform background and sharper edges than the other two algorithms, especially for 
images with lower statistics.  Also, with 18F-FDG studies, hot lesions and edges were more clearly 
delineated with 2.5D RAMLA than OSEM.  The improvement in resolution is apparent in all 18F-bone 
studies, while the image quality improvements are more subtle for the FDG studies.  In addition, the 
Hoffman brain phantom from the HEAD Penn-PET was reconstructed with 3D RAMLA, OSEM, and the 
non-iterative 3D reprojection (3D-RP) algorithm. 3D RAMLA and 3D-RP gave comparable images for 
slices with good statistics, but 3D RAMLA showed superior resolution and background variability in slices 
with poorer statistics; OSEM resulted in poorer images for all slices. These visual results were confirmed 
quantitatively by a calculation of the gray:white ratio.  
 
Incidentally, for whole-body FDG studies, severe streak artifacts have been reported when data are pre-
corrected for physical effects such as attenuation prior to reconstruction using an iterative algorithm. These 
artifacts disappear when attenuation correction is incorporated into the reconstruction process by modeling 
the effects of attenuation directly in the system model. This is largely believed to be due to the fact that an 
iterative algorithm assumes that the data are Poisson-distributed, and pre-correcting the data makes the data 
non-Poisson. The clinical software from the manufacturer only allowed the data to be pre-corrected, and so 
as part of the RAMLA reconstruction algorithm evaluation project, it became necessary to incorporate the 
ability to perform system attenuation correction.  
 
Another important consideration for reconstruction of fully 3D PET data is the computational demands.  
One major reason why 3D iterative algorithms have not been applied to clinical data until recently is the 
reconstruction time required, at least with standard workstation computers.  To enhance the utility of 3D 
RAMLA we developed and evaluated a technique to decrease the time required for 3D RAMLA by a factor 
of 5-10, by utilizing a more advantageous spatial grid - a body centered grid (BCC), as opposed to a voxel 
grid, where an image element is centered on each voxel. This technique takes advantage of the tremendous 
degree of overlap between the blobs that does not exist with voxels. 
 
We first assessed the impact of using the BCC grid, with many fewer image elements, with the IEC image 
quality phantom, which contains both hot and cold spheres within a torso-sized vessel. For a wide range of 
blob sizes and spacing, the contrast/noise performance was comparable to that obtained with the more 
highly sampled voxel grid – but with a 5-10 reduction in reconstruction time.  Next we evaluated FDG 
patient studies from C-PET and compared 3D RAMLA with the BCC grid, and with system-modeled 
attenuation, to 2.5D RAMLA (performed after Fourier rebinning). Significantly improved image quality 
was observed with 3D RAMLA for both the phantom and patient studies.  The phantom studies were 
assessed using the contrast/noise relationship of the hot and cold spheres compared to the background.  The 
image quality of patient studies were assessed by having a trained PET clinician read 50 pairs of 
reconstructed images, but blinding the clinician to the reconstruction method used for each image.  The 
clinician consistently rated the 3D RAMLA reconstruction superior in overall quality, based on resolution 
and contrast of the tumors, improved background uniformity, decreased noise, and suppression of the 
bladder streak artifact present in many studies.  The results of these studies were presented at the 2001 
meeting on Fully Three-Dimensional Image Reconstruction in Radiology and Nuclear Medicine, October, 
2001 in Asilomar, CA [Matej 01] and at the 2001 IEEE Medical Imaging Conference, November, 2001 in 
San Diego, CA [Daube-Witherspoon 01b]. 
 
1.B.  Breast Scanner B-PET 
 
We have continued the development of a dedicated, breast-only PET imager using NaI(Tl) Curve-Plate 
detectors.  Our goals in this project have been to demonstrate the utility of Curve-Plate detectors in an 
application other than C-PET, and to advocate the advantages of a partial-ring, dedicated breast scanner for 
PET.  We have raised the interest of the breast-imaging group at U. Penn, led by Dr. Mitch Schnall, who 
has included our scanner in his NIH Program Project grant to assess breast cancer using multi-modality 
imaging, including MRI, CT, ultrasound, and PET. For the first year of the project, the PET studies will be 
performed on the C-PET.  As soon as the dedicated breast scanner (B-PET) is completed, a comparison of 
PET imaging protocols will be performed. 
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The B-PET design uses 19-mm thick NaI(Tl) Curve-Plate detectors in a split-ring design which surrounds 
the breast as the woman lies prone and the breast hangs down from the body.  The detectors were made 
thinner than those used for C-PET in an attempt to improve spatial resolution.  Because the detectors are 
close to the breast and the photons do not need to pass through the body, system sensitivity and spatial 
resolution are both optimized.  The split ring design provides for flexibility for needle aspirations of masses 
or alternate viewing orientations.  However, since a complete data-set is not collected, a limited angle 
reconstruction algorithm is required. 
 
During this funding period we have completed the basic instrumentation of the proto-type breast scanner. 
Each detector has been instrumented with 45 39-mm diameter PMTs.  We have completed the adjustments 
of the front-end electronics, which include summing amplifier DC baseline adjustment, CFD threshold 
adjustments, and PMT gain matching.  Position dependent corrections to the energy signals have been 
performed for both detectors and we have measured an energy resolution of 10% FWHM.  We have 
mounted the two detector heads on a gantry plate that allows the separation distance between the detectors 
to be continuously varied from about 10 to 50 cm. We have also mounted a bearing that enables the 
position distortion calibration procedure to be performed. 
 
The scanner was calibrated (PMT gains, energy correction, distortion removal) and experiments performed, 
using hot spheres in a breast-like phantom.  With a 20-cm detector separation, a 1-cc lesion could be easily 
detected with an 8:1 contrast and imaging time of 1 minute.  Due to the nature of the split-ring geometry, 
only about 50% of the in-plane angles are measured, therefore an iterative algorithm (RAMLA) was 
applied to reconstruct the incomplete data without artifacts. The results of these studies were presented at 
the 2001 IEEE Medical Imaging Conference, November, 2001 in San Diego, CA [Freifelder 01]. These 
initial results are promising and will be complimented by a more complete set of performance 
measurements. 
 
2.  Pixelated Detectors 
 
2.A. NaI(Tl) Detectors 
 
For PET, we have used 1"-thick NaI(Tl) crystals to obtain good sensitivity for stopping 511 keV γ- rays 
(43% efficiency in singles mode). However, as the crystal thickness increases the scintillation light spread 
within the detector also increases, which degrades spatial resolution. For example, a spatial resolution of ≈ 
3 mm can be achieved with a 3/8"-thick crystal compared to ≈ 5 mm with a 1"-thick crystal.  In addition, 
increased light spread also degrades count-rate capability, since at high count-rates it is more likely to 
experience pulse pile-up, and therefore dead-time increases.  Recently we investigated cutting slots in the 
crystal entrance surface to restrict the spreading of scintillation light arising from 511 keV photons. Those 
studies, described in [Surti 01a] resulted in the design of a slotted NaI(Tl) detector with less light spread to 
reduce detector dead-time, but spatial resolution similar to that obtained with the unslotted detector.  The 
results from the slotted NaI(Tl) detector, together with those from a discrete GSO Anger-logic detector 
(which will be discussed in detail in the next section and in [Surti 00a]), have now led us to investigate a 
pixelated NaI(Tl) detector for use in PET. Our initial experiments in the laboratory involved developing 
cutting techniques to produce small and uniform NaI(Tl) crystals. This process was hastened with the 
simultaneous interest and development of the pixelated NaI(Tl) detectors by Saint-Gobain Crystals and 
Detectors. During this period we developed pixelated NaI(Tl) detectors that are similar in concept to the 
discrete GSO detectors; pixelated crystals on a continuous light-guide coupled to a close-packed array of 
PMTs. Although NaI(Tl) has a lower stopping power, lower photo-fraction, and a longer decay time than 
GSO, its higher light output is an advantage which leads to better energy resolution and crystal 
discrimination. Unlike the continuous NaI(Tl) detector, the pixelated design affords us the flexibility to 
increase the crystal thickness to achieve higher sensitivity without affecting the spatial resolution or the 
light spread, which in turn affects the count-rate capability of the detector. 
 
Working in collaboration with Saint-Gobain, we developed a detector consisting of NaI(Tl) pixels of 4 x  4 
x  30 mm3 in size with a 5-mm thick window, needed to seal the housing hermetically.  The crystal length 
of 30 mm was chosen to attain a higher sensitivity than that of the C-PET whole-body scanner which uses a 
25-mm thick continuous, curve-plate NaI(Tl) detectors. We based the light-guide design choice and PMT 
size on our Monte Carlo detector simulations (MonteCrystal). A light-guide thickness of 14-mm and 
hexagonal array of 39-mm diameter PMTs leads to excellent crystal separation (high peak-to-valley ratio) 
and very good energy resolution.   In fact, good crystal separation and energy resolution is maintained even 
at very short integration time.  The energy resolution varies from 8.6% at 220 ns integration to 10.7% at 60 
ns integration. These experiments were presented at the 2001 IEEE Medical Imaging Conference [Surti 
01b] and are described in detail in [Surti 02a]. 
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We then performed Monte Carlo simulations to evaluate the performance of a whole-body scanner that 
would be based on pixelated NaI(Tl) detectors instead of Curve-Plate NaI(Tl) detectors. For these 
simulations the axial field-of-view (25.0 cm) and diameter (90.0 cm) were based on the current C-PET 
scanner. The number of PMTs is, however, doubled relative to that used in the C-PET in order to match the 
narrow LRF of the pixelated detector. The new scanner design would therefore require 576, 39-mm 
diameter PMTs in a 72 x 8 hexagonal grid. The CPET, on the other hand consists of a total of 288, 63.5-
mm diameter PMTs. Count-rate simulations were performed for a uniform activity filled 20 cm diameter by 
70 cm long cylinder placed in the scanner. This phantom is similar in performance to the phantom 
prescribed in the NEMA NU2-2001 standards, which is of the same size but with a line source in the 
middle. 
 
An EGS4 based simulation [Adam 99b] modified for our scanner geometry was used to evaluate scatter 
within the cylinder and the deposited energy spectrum of the 511 keV γ's in the scanner. Obtaining the 
deposited energy spectra involves an accurate modeling of the detector properties as determined by the 
detector simulation (MonteCrystal). For this work we used this simulation to calculate the Scatter Fraction 
of the Pix-NaI scanner as a function of the lower energy threshold (ELLD). We then ran a second set of 
simulations, HCRSim [Wear 98, Surti 00b], which model pulse pileup and dead-time within our scanners, 
to evaluate the dead-time behavior of the pixelated NaI scanner. This simulation program specifically takes 
into account the LRF of the detector, as well as the signal width, to obtain the scanner dead-time as a 
function of activity concentration within the cylindrical phantom. 
 
These simulations predict that a whole-body scanner based upon the pixelated NaI(Tl) detector is capable 
of achieving a peak NEC rate of 36-40 kcps and trues sensitivity of 16.6 kcps/kBq/ml (615 kcps/µCi/cc). 
Use of longer (30 mm) crystals results in a 40% increase in the trues sensitivity over that of our current C-
PET scanner.  The reduced dead-time due to a narrow LRF in the pixilated detector leads to more than a 
doubling of the peak NEC rate compared to the C-PET. For routine clinical imaging at activity 
concentrations of 3.7 kBq/ml (0.10 µCi/cc) the NEC rate is ~ 30 kcps and the trues rate ~ 55 kcps.  In 
comparison, for C-PET we limit our dose to 6 mCi which translates to an average activity concentration of 
2.2 kBq/ml (0.06 µCi/cc)  at which point the NEC rate ~ 12 kcps and the trues rate ~ 20 kcps.  These results 
indicate that a whole-body scanner with pixelated NaI(Tl) detectors instead of Curve-Plate detectors would 
lead to improved image quality and/or shorter scan times.  In addition, it was interesting to find that the 
count-rate simulations of the pixelated-NaI(Tl) scanner predict and additional 11% gain in the peak NEC 
for signal width and integration time set to only 60 ns, compared to the usual 220 ns.  Although the scanner 
dead-time decreases as the signal width and integration time decrease, the activity concentration for the 
NEC peak is determined primarily by the randoms fraction in the pixelated-NaI(Tl) scanner, quite unlike 
the case in C-PET where scanner dead-time dominates. 
 
The experimental results with detector modules and simulations of system performance led to the 
development of a proto-type scanner based upon the pixelated NaI(Tl) detector design using 4x4x30mm3 
crystals.  In collaboration with ADAC UGM, Saint-Gobain enlarged the detector module so that total of 28 
modules would form a ring, with an axial extent of 25 cm. The complete scanner would thereby be 
composed of 36,540 NaI(Tl) pixels which are coupled to an optically continuous light-guide and a 
hexagonal closed packed array of 39-mm diameter PMTs.  The scanner has a diameter of 92cm and an 
axial field of view (AFOV) of 25cm.  For these initial tests, readily available electronics from ADAC UGM 
were used which limited the AFOV to 16cm.  The results have been extrapolated to the full scanner with 
the intended 25cm AFOV.  The main goals of this feasibility study were (1) to try to overcome the count-
rate limitation of the continuous NaI(Tl) scanner (C-PET) to allow an injection of 10mCi (per 70 kg), and 
(2) to improve the spatial resolution and image contrast by using small pixels. The sensitivity (NEMA 
NU2-2001) at the center of the scanner was measured and the result was extrapolated to 3.53cps/kBq 
(130.6cps/µCi) for a 25cm AFOV scanner, compared to the C-PET scanner, which has a sensitivity of 
3.0cps/kBq.  Note that the pixelated detectors are 30-mm thick, thus they have intrinsically higher 
sensitivity, but the space between crystals (0.3mm) leads to some loss in sensitivity compared to the 
continuous Curve-Plate detector.  
 
The pixelated NaI(Tl) scanner demonstrated good energy spectrum stability at high activity concentrations, 
overcoming a problem associated with the continuous NaI(Tl) C-PET scanner.  Specifically, the energy 
resolution of both the pixilated NaI(Tl) and continuous C-PET scanners is 11% (FWHM) at low activity 
concentration.  However, at the highest activity concentration (~ 0.2 µCi/cc) the photo-peak centroid shifted 
only 1% and the width of the peak widened to 14.6% (FWHM) for the pixilated NaI(Tl) scanner, whereas 
for C-PET the photo-peak centroid shifts by 14% and the width of the peak widened to 19.2% (FWHM).  
Since we acquire data with a fixed energy window (both lower and upper thresholds) this improvement for 
the pixelated NaI(Tl) scanner resulted in higher trues count-rates and a noise equivalent count-rate (NEC) 
of 28kcps at an activity concentration of 5.2kBq/cc (0.14µCi/cc).  In comparison, the continuous NaI(Tl) C-
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PET scanner had a peak NEC of 15kcps at 3.7kBq/cc (0.10µCi/cc).  Images from the pixelated NaI(Tl) 
scanner are visibly superior and show greater detail than the continuous NaI(Tl) C-PET scanner.  Another 
reason for the improvement in image quality is that the pixelated NaI(Tl) scanner, which consists of 28 
modules, eliminates the larger gaps between the six detectors used with C-PET. These results have been 
submitted to the 2002 IEEE Medical Imaging Conference. 
 
2.B. GSO Detectors 
 
A major accomplishment during this last 3-year period was the development of Anger-logic GSO detectors 
and the completion of a GSO-based brain scanner built around these detectors.  The brain scanner G-PET 
was installed at the PET Center at U. Penn in June 2001 and has since been used for hundreds of clinical 
18F-FDG studies, and a smaller number of animal research studies.  A large motivation for the project, and 
the reason we secured additional funding from the Office of National Drug Control Policy (ONDCP) was 
to improve the performance of brain imaging for shorter-lived isotopes such as 11C, which can be tagged to 
neuro-receptor ligands that are useful in the study of drug addiction.  Recently, though, the University of 
Pennsylvania, like other academic institutions, is under increased scrutiny and regulatory control by the 
FDA for research investigations, and so we are currently on hold with regard to human use studies for 
research using new ligands.  It is hoped that we will be able to proceed within the next month or so.  For 
that reason, we have only been able to perform FDG scans and animal research studies in the past year with 
the G-PET scanner. 
 
The development of the GSO detectors and G-PET scanner has been presented at the last several IEEE 
Medical Imaging Conferences [Surti 99, Karp 00, Surti 01c].  The design and performance of the GSO 
detector was published in [Surti 01a] and a more complete description of the G-PET scanner and system 
performance measurements is almost ready to be submitted for publication. In addition, the basic detector 
technology has also been adopted by ADAC UGM (now Philips Medical Systems) for the whole-body 
Allegro scanner.  The first Allegro scanner was installed at U. Penn in fall 2001 and is currently used (along 
with C-PET) for clinical oncology studies.  Performance measurements of the Allegro scanner will be 
presented at the Society of Nuclear Medicine in June [Surti 02b], and a clinical evaluation will be presented 
by Dr. Alavi from our department [Alavi 02]. In parallel, we have modified the GSO detector for use in a 
small animal PET scanner with very high spatial resolution.  Our department has secured NIH funding for a 
Small Animal Imaging Research Program (SAIRP) which will include multi-modality imaging (MRI, CT, 
ultrasound, optical, and PET), and our contribution will be the PET scanner.  Initial results of the PET 
scanner design were presented at last year’s High Resolution Small Animal Meeting [Surti 01d], and we 
hope to present results of the completed ring at the 2002 IEEE Medical Imaging Conference. 
 
A brief summary of the basic GSO Anger-logic detector is given here, and the subsequent sections illustrate 
the work accomplished in integrating these ideas into a brain scanner (G-PET), whole-body scanner 
(Allegro) and small animal scanner (A-PET). 
 
GSO was developed in 1983 [Takagi 83] and was shown to have favorable properties for PET in terms of 
stopping power and decay time.  The attenuation length at 511 keV is 0.67/cm (compared to 0.34/cm for 
NaI(Tl) and 0.8/cm for BGO), and the decay time is 65 ns (compared to 230 ns for NaI(Tl) and 300 ns for 
BGO).  GSO has a very favorable combination of these properties for 3-D imaging.  It is particularly 
important to recognize that energy resolution depends on statistical and non-statistical effects [Moszynski 
98]. The statistical effects depend on the light output, but the non-statistical effects depend on intrinsic 
scintillator properties of energy conversion.  In fact, GSO has better energy resolution than LSO at 511 
keV, 9% fwhm compared to 12% fwhm [Moszynski 98], even though its light output is approximately one-
half that of LSO.  We did a series of measurements comparing GSO to LGSO (Hitachi’s close analog to 
LSO). We acquired from Hitachi samples of LGSO with 90/10 percentage split between Leutitium and 
Gadolinium, and with a 50/50 percentage split.  Although pure GSO had the lowest light output it had the 
best energy resolution.  The 90/10 LGSO had the highest light output and worst energy resolution.  Perhaps 
most importantly, the uniformity of light output of GSO is excellent, which determines the overall system 
performance. We have measured the light output of over 20,000 crystals that were manufactured and 
polished by Hitachi [see Ishibashi 89] before constructing the brain scanner, and found less than a 7% 
variation (s.d.) in light output.  In contrast, variations in light output for LSO are reported to be as much as 
300% [Saoudi 99, Melcher 00].  Other practical advantages with GSO are that it is not very sensitive to 
temperature variations [Melcher 91] and it is not radioactive like LSO.   
 
We worked closely with Hitachi to optimize the performance of GSO for our purposes.  We studied various 
surface treatments and Cerium content.  As the Cerium content increases from 0.5% to 1.5% the decay time 
decreases, but the light output decreases, as well.  We chose to use a Cerium content of 0.5% since we 
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decided that the highest light output would optimize both spatial resolution and energy resolution, with 
relatively little impact on the timing resolution.   
 
A detector was configured with 4x4x10mm3 GSO crystals optically coupled to a slotted light-guide of 19-
mm thickness.  The light response function (LRF) was tuned through the design of the light-guide to 
restrict the light spread to the local cluster of seven 39-mm diameter PMTs.  The detector design was 
guided by our MonteCrystal simulation program, and several iterations of experiments [Surti 00a]. The 
GSO detector was developed prior to the pixelated NaI(Tl) detector described in the previous section, and 
helped influence its design.  Both detectors restrict the LRF through the light-guide design, but GSO has, in 
addition, the advantage of short decay time and higher stopping power.  On the other hand, GSO is 
considerably more expensive than NaI(Tl).  While we advocate using pixelated NaI(Tl) detectors for a low-
cost PET scanner, essentially a replacement for C-PET, the GSO detectors lead to a higher performance 
scanner.   
 
There are 2 unique aspects about our pixelated detector design, compared to other detectors that use 
discrete crystals.  First, our light-guide provides continuous optical coupling between the crystals and the 
PMTs, thus there are no optical barriers as with the conventional block detector [Casey 86] and the 
quadrant sharing block design [Wong 95].  The continuous optical coupling leads to more uniform light 
collection and better energy resolution.  Second, our design uses a square array of crystals but a close-
packed hexagonal array of PMTs, with no particular alignment of crystals and PMTs.  Again, this design 
optimizes light collection and energy resolution. 

2.B.1  Brain Scanner G-PET 
 
The G-PET design was driven by the goal to achieve high system sensitivity and high  (isotropic) spatial 
resolution for brain imaging applications that often demand high count-rate capability, as well. Dedicated 
brain PET scanners with a small detector ring diameter provide a large solid-angle coverage of the human 
head, thus higher sensitivity per unit detector volume when compared to a multi-purpose whole-body PET 
scanner. The increased sensitivity achieved by such scanners comes with improved spatial resolution, due 
to less significant deterioration from annihilation photon non-collinearity effects. In addition, the reduced 
cost and complexity of a small ring design, together with high sensitivity and spatial resolution, make 
dedicated brain scanners desirable for use especially in many imaging procedures, both clinical and 
research.  However, there is a potential drawback of such a small ring design, namely increased scatter and 
random fractions.  In order to minimize the increase in scatter and randoms, particularly in 3D imaging, it is 
necessary to use a scintillation detector with both good energy and timing resolution, in addition to good 
stopping power.  Based on our experiments described in the previous section, we decided that Gadolinium 
Orthosilicate  (GSO) is such a scintillator. The choice of a GSO-based Anger-logic detector and the relative 
benefits of our design considerations are listed below: 
 
To achieve high sensitivity we designed a small diameter (42-cm) and large axial FOV (25-cm) with full-
time 3D imaging (no septa) to maximize the solid angle coverage by the scanner.  This geometry also 
results in a high scatter fraction, however, the good energy resolution of GSO helps to reduce scatter, 
thereby improving image contrast.  To achieve high spatial resolution we chose 4 x 4 x 10 mm3 crystals.  
The relatively short crystals reduce depth of interaction (DOI) effects (or parallax error) in the image, thus 
more uniform image resolution.  The very large solid angle of acceptance and relatively high stopping 
power of GSO allows us to make this trade-off.  In addition, the small scanner diameter minimizes the 
effects of non-collinearity of the coincident γ-rays, which leads to better image resolution.   
 
A total of 18,560 crystals (320 columns by 58 rows) and 288 PMTs (36 columns by 8 rows in a hexagonal 
lattice) coupled to a single curved light-guide are used. The crystals are 4 x 4 x 10 mm3 and the PMTs 
(Hamamatsu R1450) are 39-mm diameter.  The light-guide thickness is 1.9 cm with 5-mm deep slots cut in 
both the transverse and axial dimensions.  Although the diameter of the light-guide is 42 cm, the patient 
port of the scanner is restricted to 30 with a 2.5-cm thick lead side shield used to reject events from activity 
outside the field-of-view (FOV).  The electronics for the G-PET scanner were built by ADAC UGM and 
are based on the design of the Penn-PET electronics developed during the 1980's as part of the DOE project 
[Muehllehner 80, Karp 86, Mankoff 88, Mankoff 90].  In fact, the overall set-up is close to that of the 
HEAD Penn-PET scanner [Karp 97] except that G-PET uses 288 PMTs and preamplifier/digitizer channels 
compared to the HEAD Penn-PET which used 180 PMTs.  In addition several modifications were made to 
account for the different pulse shape of GSO. Pulse shaping for the GSO signal is performed to make the 
pulse more symmetric, so that sampling by the flash (asynchronous) analog-to-digital converters (ADCs) is 
adequate to produce good energy resolution for the scanner. Pulse shaping is also needed to reduce the tail 
of the GSO signal that results from a decay time of 60 ns. The shaping circuit lies directly on the digitizer 
board where the flash ADCs sample the shaped PMT signals. Also, the clock speed for the G-PET 
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electronics has been doubled from the 25 MHz (40 ns sampling interval) used with the NaI(Tl) scanners to 
50 MHz (20 ns sampling interval). 
 
Three types of calibrations are performed before the data are binned into a sinogram format. These are: 
PMT gain matching, energy correction, and crystal boundary detection.  The PMT gain correction is very 
similar to the technique used for our NaI(Tl) scanners, and is very important to achieve good system energy 
resolution.  With pixilated, rather than continuous detectors, it is very obvious that accurate gain matching 
is required to achieve optimum crystal separation, as well. Once the position and deposited energy of an 
interaction have been calculated, a position-dependent energy correction is performed via a lookup table. 
Energy correction compensates mainly for systematic variations in the light collection from crystals near a 
PMT center compared to those crystals near the PMT edge, where some light is lost in the open space 
between PMTs. In principle, this correction can be used to account for variations in the light output of 
individual crystals.  However, we do not match the size of the energy correction bin to the size of the 
crystal since our measurements have shown that the standard deviation of the light output of the crystals 
used in G-PET is small (less than 7%), and during assembly, care was taken to place crystals of similar 
light outputs next to each other. The final data correction involves removal of spatial distortion in the 
calculated position, which is a characteristic of all Anger-logic detectors. For this purpose, we developed an 
automated search algorithm that detects the minima (between crystals) within a high-count flood histogram, 
defines the crystal boundaries around each crystal, and assigns a real position to all events that occur within 
each boundary region.   
 
In contrast to continuous detectors where the detector spatial sampling can be defined to be arbitrarily 
small, with individual detectors the spatial sampling is defined by the crystal pitch, which, in turn, 
determines the sinogram radial and angular sampling. The acquired data from the scanner are binned into a 
sinogram with 320 angles, 62 (or 63) rays, up to 15 out-of-plane tilt angles, and 115 axial slices. The radial 
samples are 4.4 mm apart in the center of the scanner and closer together towards the edge. The axial pitch 
of the 58 crystal rows is also 4.4 mm; thus the axial slice separation is 2.2 mm. Transverse interleaving is 
performed to improve the radial sampling; the 320 angles x 62 (or 63) rays are resorted into 160 angles x 
125 rays. The radial bins are now 2.2 mm apart in the center of the scanner (closer together at the edge). In 
order to remove the non-uniform radial sampling and to generate a sinogram compatible with pre-existing 
software, data interpolation is performed prior to further data corrections (normalization, scatter, and 
attenuation) and reconstruction. During interpolation, the 125 radial bins (unevenly sampled) are 
interpolated into 256, 1-mm (evenly sampled) bins; 160 angles are interpolated into 192 angles and 115 
slices are interpolated into 128, 2-mm slices. This step will be eliminated in the future as an iterative 
reconstruction algorithm does not require uniform data sampling. 
 
Performance measurements were done on the G-PET scanner following the procedure outlined in the new 
NEMA NU2-2001 standard [Daube-Witherspoon 02], where appropriate.  However, as noted in the NU2-
2001 standard, which emphasizes whole-body imaging, the scatter fraction and count-rate measurements 
should be performed with the NU2-1994 phantom [Karp 91] for a dedicated brain imaging device with a 
small transverse FOV. In a brain scanner the shorter cylindrical 20-cm diameter x 19-cm long phantom 
more accurately replicates the clinical brain imaging activity distribution, in contrast to the longer 70-cm 
long phantom prescribed in the NU2-2001 standard. 
 
Our performance measurements show that this scanner has excellent spatial resolution, about 4 mm in the 
transverse direction at the center and 5 mm in the axial direction, without significant deterioration at a 
radial distance of 10 cm.  Even with fully 3D data acquisition and reconstruction, there is some loss of 
intrinsic spatial resolution due to rebinning approximations and practical data storage considerations.  The 
small detector diameter and large axial FOV leads to a large solid angle, with a maximum out-of-plane 
angular acceptance of ± 28˚.  For a point source in the center the solid angle acceptance is 27%, which, 
together with the use of 10-mm long GSO crystals, results in an absolute sensitivity of 4.6 kcps/kBq (NU2-
2001).  The scatter fraction was measured to be 34% (NU2-1994) with an energy threshold of 435 keV. 
Using this phantom we also measured a trues sensitivity of 20 kcps/kBq/ml (680 kcps/µCi/cc). However, 
since the length of this phantom (19 cm) is shorter than the axial FOV of the G-PET scanner (25.6 cm), the 
measured sensitivity is lower than what would be obtained if the phantom filled the entire FOV. We can 
alternatively consider the maximum slice sensitivity (2.0-mm slices) for this phantom, which is 0.4 
kcps/kBq/ml (16 kcps/µCi/cc) near the center of the FOV. The true coincidence rate reaches 120 kcps for 
the (NU2- 1994) phantom, with an NEC rate peaking at 60 kcps at an activity concentration of about 7.40 
kBq/ml (0.20 µCi/cc). For clinical 18F-FDG imaging we currently inject about 10 mCi/70kg and wait 45 
minutes before scanning.  This protocol leads to a total coincidence collect rate of about 200-220 kcps, with 
an estimated true coincidence rate of 100–120 kcps.  A 20-30 minute scan provides very high image quality 
and excellent delineation of small structures. 
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With the G-PET we have achieved our goal of surpassing the performance of the HEAD Penn-PET scanner 
which was based on an annular, continuous NaI(Tl) detector. The HEAD Penn-PET scanner had a similar 
geometry with a very large axial acceptance angle (±28˚) which led us to develop and evaluate methods of 
3D rebinning and data processing [Karp 98b]. Techniques that were developed to handle data from the 
continuous NaI(Tl)  detector are also used in the G-PET scanner.  Although the sensitivity of the NaI(Tl) 
scanner was high, and spatial resolution very good, the HEAD Penn-PET scanner was ultimately limited by 
its count-rate capability due to the relatively slow decay of NaI(Tl) and fully continuous nature of the 
detector.  The G-PET scanner has similar spatial resolution, somewhat higher sensitivity, even with thinner 
crystals, but it has significantly higher count-rate capability.  This is due to the faster decay of GSO and the 
very narrow light response function of the pixelated detector design, both of which reduce pulse pile-up, 
thus detector dead-time.  As a comparison, using the NEMA NU2-1994 phantom, the maximum trues 
count-rate increases about a factor of four to approximately 140 kcps, while the scatter and randoms 
fractions are similar.  It is notable that with the HEAD Penn-PET scanner we were limited by dead-time 
and used only a 3 mCi 18F-FDG dose for a 70 kg patient, whereas with the G-PET scanner we have 
increased the dose to 10 mCi for a 70 kg patient.  For shorter-lived isotopes, including 11C-ligands and 15O-
water, we can inject higher doses, but will ultimately be limited by randoms, rather than dead-time. 

2.B.2  Whole-body Scanner Allegro 
 
As mentioned above the underlying technology of the GSO detectors used in the G-PET scanner was 
adopted by ADAC UGM (now Philips Medical systems) in the development of a whole-body clinical 
scanner, Allegro.  The first scanner was installed at U. Penn in the fall 2001 and since then we have 
performed several hundred whole-body oncology studies.  Our clinical results are outstanding and the 
Allegro scanner has drawn considerable interest in the field.  Approximately 50 scanners are expected to be 
delivered in 2002 by Philips Medical Systems to sites around the world.  Allegro uses a similar pixelated 
detector design, although the crystals are larger, 4 x 6 x 20 mm3, and the ring is segmented into 28 modules.   
With a diameter of 90 cm and axial FOV of 18 cm, there are a total of 17,864 crystals and 420 PMTs for 
Allegro. Like the G-PET for brain imaging, the Allegro demonstrates for whole-body imaging that high 
performance and excellent image quality can be achieved with fully 3D data acquisition and image 
reconstruction.  This result is largely due to the performance of fast scintillator GSO configured in an 
Anger-logic detector design with continuous optical coupling of crystals and PMTs, that combines high 
spatial resolution with very good energy resolution.  Fast timing and good system energy resolution is 
particularly important in a fully 3D PET scanner, in order to limit the effect of scattered radiation and 
random coincidences.  In addition, the good detector energy resolution allows the use of singles 
transmission scanning with 137Cs, which leads to accurate attenuation correction in 3D with a very fast scan. 
 
Performance measurements for Allegro will be reported on at this year’s Society of Nuclear Medicine 
meeting [Surti 02b].  In comparison to the C-PET scanner, the most notable improvement is the count-rate 
capability.  Using the 70-cm phantom (NU2-2001) the peak trues ~ 100 kcps (@0.25 µCi/ml) and the peak 
NEC ~ 50 kcps (@ 0.25 µCi/ml).  For C-PET the peak NEC ~ 15 kcps (@ 0.1 µCi/ml).  For clinical FDG 
studies, this means that we can inject a higher dose of 10 mCi (per 70 kg) compared to only 6 mCi (per 70 
kg) for C-PET.  For Allegro our (estimated) trues count-rate for typical clinical studies is 70 kcps, 
compared to 20 kcps for C-PET.  It is also striking that for many studies, the contrast with Allegro is 
noticeably better.  Since the scatter fraction is similar (about 32-34% for NU2-2001) for both scanners, and 
the spatial resolution is similar (4.8–5.1 mm FWHM in the center of FOV), the difference in contrast is 
likely due to two effects.  First, GSO is denser than NaI(Tl), and so there is less Compton scatter in the 
detector, which leads to long tails in the point-spread function.  Thus, the spatial resolution of Allegro is a 
better than C-PET at the FWTM.  Second, even at modest activity concentrations encountered in clinical 
studies, there is some pulse pile-up and degradation of the energy photo-peak in the continuous NaI(Tl) C-
PET detectors. This leads to count losses as true events get ‘bumped’ out of the photo-peak window, but it 
also means that some scattered events get ‘bumped’ into the photo-peak window.  This effect does not 
occur to the same extent with pixelated detectors such as those used in Allegro. 

2.B.3   Animal Scanner A-PET 
 
Up until this point, we have performed animal studies, both large and small, using our brain scanners.  First 
the HEAD Penn-PET and now the G-PET scanner has been used for this purpose, as both scanners have 
better spatial resolution than clinical whole-body scanners. Also the brain scanner is ideal for large animals, 
such as baboons, since it has a large field-of-view, 25 cm in both transverse and axial directions.  However, 
to be competitive in performance for very small animals such as mice it is imperative to improve the spatial 
resolution further, by designing a dedicated small animal PET scanner.   While other groups emphasize 
increasingly smaller crystals, thus better spatial resolution approaching 1-mm, we have determined that 
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high sensitivity is equally, if not more important for many types of studies.  Thus, we have chosen to use 
relatively small crystals, but to emphasize sensitivity by designing the scanner with a large axial FOV and 
fully 3-D imaging. 
 
Following the success of the G-PET scanner based on 4-mm GSO crystals, we undertook the design of a 
small animal PET scanner based on 2-mm GSO crystals in order to achieve better than 2-mm spatial 
resolution. Also, in order to image animals such as rats, as well as perform whole-body bio-distribution 
studies, a large axial field-of-view is required; ours will have a 12-cm axial FOV. The transverse field-of-
view will be variable (under software control), but large enough to accommodate the head of a cat or 
guinea pig, two animals commonly used in research. The maximum transverse FOV is limited by the 
detector diameter, 21 cm.  Basically, the animal scanner, A-PET is very similar to G-PET scaled down by a 
factor of two.  The system will rely on 3-D imaging without septa to achieve high sensitivity, which is 
needed to successfully image new ligands with low radio-chemical yield or low specific activity. Also, 
even with small animals, the contribution of scatter and random coincidences in the acquired image is 
significant therefore good system energy resolution is needed.  
 
Simulations were used in guiding the development of the Anger-logic detector using 2x2x10 mm3 GSO 
crystals coupled to a continuous, slotted light-guide, and an array of 19 mm diameter PMTs for signal 
readout. A weighted local centroid algorithm is used for position determination. Our experimental results 
show that best crystal discrimination is achieved by using a 1.2 cm thick light-guide with 0.5 cm deep slots. 
This light-guide restricts the LRF to the size of the seven-PMT cluster used for local positioning, since for 
interactions in line with the center of a PMT, less than 1% of the emitted light goes beyond this PMT and 
its six immediate neighbor PMTs. The energy resolution averaged over a large group of crystals in the 
proto-type detector module is 17% at 511 keV.  The light output of 2 x 2 x 10 mm3 crystals is a little lower 
than that of 4 x 4 x 10 mm3 crystals (used in G-PET), thus the energy resolution is a little worse, as well. 
 
The scanner design utilizes a single annular light-guide 1.2 cm thick (with 0.5 cm deep slots), coupled with 
16,680 GSO crystals and an array of 288, 19-mm diameter PMTs. The 10-mm long GSO crystals were 
chosen as a tradeoff between scanner sensitivity and parallax error in a small ring diameter. The light-guide 
size results in a scanner diameter of 21 cm (transverse field-of-view of 12.8 cm) with an axial length of 12 
cm. This scanner is fully 3-D, leading to about a 55% coverage of the total solid angle (in singles) for a 
point source at the center of the scanner field-of-view. As a result, based upon the geometry and crystal 
efficiency, we expect this scanner to have one of the highest coincidence sensitivities in its class (2.3% for 
a point source). The image resolution is expected to be less than 2 mm leading to a volume imaging 
capability of less than 8 µL. Additionally, due to its detector design that uses only 288 PMTs and 
subsequent electronic channels, the A-PET will be less complex than other animal specific PET scanners, 
leading to a cost-effective scanner design. 
 
Currently, we have performed EGS4 based scanner simulations to study the scatter fraction in this scanner 
as a function of the lower energy gate (energy lower level discriminator, or ELLD). Four different 
cylindrical phantoms were studied: a monkey head phantom (diameter = 8.9 cm, length = 6.1 cm), a cat 
head phantom (diameter = 6.4 cm, length = 3.6 cm), a rat body phantom (diameter = 5.1 cm, length = 10.9 
cm), and a mouse body phantom (diameter = 3.7 cm, length = 6.8 cm). The results were presented at the 
High Resolution Small Animal meeting last year [Surti 01d]. These results show that with good energy 
resolution (17%) a high ELLD value can be used leading to low scatter fractions. Overall, with an ELLD 
value of 400 keV, we see that scatter ranges from 17% for large phantoms (such as the monkey head) to 
10% for the mouse phantom. 
  
We also performed count-rate simulations to study the performance of the A-PET scanner in animal 
imaging situations using the previously described cylindrical phantoms. For these simulations an ELLD 
value of 400 keV was used. The true sensitivity of the A-PET scanner is 0.6 kcps/kBq/ml (22.2 
kcps/µCi/cc) for the mouse phantom and 2.6 kcps/kBq/ml (96.2 kcps/µCi/cc) for the monkey head 
phantom. A mouse typically weighs between 20-30 g and in current studies it is injected with about 4-8 
MBq (1-2 mCi) of radioactivity. Our simulation results show that in typical studies the A-PET scanner is 
capable of achieving an NEC rate of about 55 kcps which peaks at a much higher rate of about 400 kcps for 
high activity levels. In primate imaging, the typical activity concentration varies from 8-1000 kBq/ml 
(0.22-27.03 µ/Ci/cc) leading to NEC rates as high as 150 kcps assuming a 10% uptake in the brain. 
 
The A-PET scanner is currently under construction and all 16,680 crystals have been glued to the light-
guide. We hope to present initial performance results at the 2002 IEEE Medical Imaging Conference. 

2.B.4   Surgical Probe 
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An interesting project that has been partly supported by this grant, together with a small grant from the 
Society of Nuclear Medicine Education and Research Foundation, is the development of a surgical imaging 
probe.  Such a probe has potential application to tumor bed surveys, melanoma, and SLN surgery.  These 
applications can assist the staging of cancer treatment and in planning a patient’s therapy.  A collaboration 
between our group and the High-Energy Group (HEG) in the Physics Department, together with guidance 
from our breast mammographer and surgeons at the Hospital at the university of Pennsylvania (HUP) has 
resulted in a design for such a probe.  We have had an ongoing collaboration with the Physics Dept. HEG 
since 1997 when they helped us develop and evaluate multi-pole shaping pre-amplifiers for our NaI(Tl) 
detectors [Freifelder 98].   
 
Our position-sensitive surgical probe consists of a multi-anode PMT (Hamamatsu H7456) and a two-layer 
detector of plastic scintillator (Bicron BC404) and 2 x 2 x 10 mm3 GSO crystals.  The design and initial 
performance measurements of the probe has been reported on at the IEEE Medical Imaging Conference 
[Liu 00, Liu 01].  The probe uses three selection criteria to identify positrons and suppress background 
gamma rays, including annihilation 511 keV gammas and 140 keV gamma rays due to 99mTc.  The 
assumption is that 99mTc may have been injected to identify SLNs.  A second possibility is that FDG will 
have been injected for a PET study to determine the malignancy of the lymph nodes or breast lesions.  First, 
a differentiation technique is applied to the anode signals to produce an overshoot for fast plastic signals 
compared to slower GSO signals. An energy threshold on this overshoot reduces false positron signals in 
the plastic due to background gammas; a second energy threshold on the PMT sum signal differentiate 511 
keV gammas from other background gammas. Finally, a timing window realizes the coincidence between 
the annihilation 511 keV gammas and the corresponding positrons. These three selection criteria were 
individually tested and optimized, and were implemented with 9 channels of prototype electronics. The 
performance measurements based on the 9 channel system showed the probe had superior sensitivity to 
positrons, and the second layer of the detector-the GSO crystal array, gave high rejection ability to 140 keV 
gammas from 99mTc. 
 
Currently the electronics are being further optimized and miniaturized, and expanded to 64 channels (8x8 
array).  Once we have assessed the functionality of the probe with phantom studies, imaging tests will be 
planned with patients in coordination with our clinical staff at HUP. 
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