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DISCLAIMER 

This document was prepared as an account of W<?rk sponsored by the United States 
Government. While this document is believed to contain correct information, neither the 
United States Government nor any agency thereof, nor the Regents of the University of 
California, nor any of their employees, makes ·any warranty, express or implied, or 
assumes any legal responsibility for the accuracy, completeness, or usefulness of any 
information, apparatus, product, or process disclosed, or represents that its use would not 
infringe privately owned rights. Reference herein to any specific commercial product, 
process, or service by its trade name, trademark, manufacturer, or otherwise, does not 
necessarily constitute or imply its endorsement, recommendation, or favoring by the 
United States Government or any agency thereof, or the Regents of the University of 
California. The views and opinions of authors expressed herein do not necessarily state or 
reflect those of the United States Government or any agency thereof or the Regents of the 
University of California. 
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PET Detector Modules Based on Novel Detector Technologiest 
William W, Moses, Stephen E. Derenzo, and Thomas F. Budinger 

Lawrence Berkeley Laboratory, University of California, Berkeley, CA 94720 

ABSTRACT 

A successful PET detector module must identify 511 ke V photons with: high efficiency 
·• (>85%), high spatial resolution (<5 mm fwhm), low cost (<$600 I in2), low dead time (<4 J..LS 

in2), good timing resolution (<5 ns fwhm for conventional PET, <200 ps fwhm for time of 
flight), and good energy resolution (<100 keV fwhm), where these requirements are listed in 
decreasing order of importance. The "high efficiency" requirement also implies that the detector 
modules must pack together without inactive gaps. Several novel and emerging radiation detector 
technologies could improve the performance of PET detectors. Avalanche photodiodes, PIN 
photodiodes, metal channel dynode photomultiplier tubes, and new scintillators all have the poten
tial to improve PET detectors significantly. 
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INTRODUCTION 

Positron emission tomography (PET) is a nuclear medical imaging technique whereby the 
patient is injected with (or inhales) a biologically active tracer compound (i.e. a drug) that is labeled 
with a positron emitting isotope. The tracer accumulates in the patient, carrying the radioisotope 
with it. When the radioisotope decays, the emitted positron annihilates with an electron to form 
back-to-hack 511 keV photons, which penetrate the patient and enter the PET detector ring. 
Individual positron annihilations are identified by simultaneous detection of these photons, and the 
parent radioisotope known to lie along the line connecting the two detected photons (known as a 
chord). The mathematical technique of computed tomography then uses these detected chords to 
reconstruct the spatial distribution of the radioisotope, and therefore the drug concentration in the 
patient. The time dependence of the drug uptake also contains metabolic information. This tech
nique has been successfully applied to neurological, cardiovascular, and oncological medicine [1]. 

An individual PET detector module must identify the 511 ke V photons exiting the patient, 
and for each photon detected, provide a timing pulse and a spatial location to the tomograph coinci
dence electronics, which then pairs detected photons based on their arrival time and assigns them to 
a chord based on the two interaction positions. The requirements for the detector module are, in 
approximate order of decreasing importance, are as follows. (1) High detection efficiency (>85% 
per 511 ke V photon), as the chord efficiency is the square of this individual photon efficiency and 
PET scans are generally "starved" for statistics. This requirement also implies that the detector 
modules must pack together without inactive gaps. (2) High spatial resolution ( <5 mm fwhm), as 
the detector spatial resolution is the main factor influencing the spatial resolution in the recon
structed image. (3) Low cost (parts cost <$600 I in2 of "front" surface area), as virtually all PET 
cameras are commercially manufactured. ( 4) Low dead time ( <4 J.LS in2), for the high counting 
rates found during transmission scans and with short half-lived radioisotopes. The figure of merit 
given for dead time is the product of the detector dead time and the front surface area of the portion 
of the detector that is dead. (5) Good timing resolution ( <5 ns fwhm), in order to reduce the acci
dental coincidence rate, which is proportional to the square of the single photon rate. If very good 
timing resolution is achieved ( <200 ps fwhm), the arrival time difference can be used to localize 
the radioisotope position along the length of the chord. (6) Good energy resolution (<100 keV 
fwhm), in order to reject photons that have Compton scattered in the patient. 

When evaluating different materials for stopping the 511 ke V photons, one must consider 

tThis work was supported in part by the U.S. Department of Energy under contract No. DE-AC03-76SF00098, and 
in part by Public Health Service Grant Nos. POl HL25840, ROl CA48002, and ROl NS29655. 
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both the attenuation length and the type of interactions the 511 ke V photons have in the material. 
Photoelectric interactions are greatly preferred over Compton scatter, as a 511 keV photon that 
interacts via Compton scatter deposits energy in two (or more) locations in the detector ring, 
frequently separated by 1 em or greater, and thus reduces the spatial resolution of the detector 
module. A convenient figure of merit for evaluating materials is the photoelectric attenuation 
length, which is the attenuation length divided by the photoelectric fraction (i.e. crp I (crp+crc), 
where crp and crc are the cross sections for photoelectric effect interactions and Compton scatter 
interactions at 511 keV) [2]. Low values of this length are desired, as this implies both short 
attenuation length and high photoelectric fraction. 

EXISTING DETECTOR MODULES 

Current commercial PET cameras generally use detector modules similar to that shown in 
Figure 1 [3]. The 511 keV photons interact in the BGO (bismuth germanate, or Bi4Ge3012) 
scintillator crystal, and the resulting scintillation light observed by four photomultiplier tubes 
(PMTs). BGO is usually the scintillator of choice, as its 2.6 em photoelectric attenuation length 
(1.1 em attenuation length, 43% photoelectric fraction) is lower than any other commonly avail
able scintillator. The 30 mm depth of the BGO crystal is nearly 3 attenuation lengths, ensuring 
high detection efficiency. Saw cuts in the BGO define "individual" crystal elements by controlling 
the light distribution among the four PMTs, and Anger logic (i.e. analog ratios among the four 
PMT signals) is used to determine which of the "individual" crystals the interaction occurred in. 
The sum of the four PMT signals is used to form a timing pulse (with 3 ns fwhm accuracy) and a 
measurement of the photon energy (with 100 keV accuracy). The size of the "individual" crystal 
elements determines the position resolution of the detector module, but a limited number of crystals 
(typically ~64) can be accurately decoded due to the limited light output of BGO. The entire 
module is "dead" for approximately 1 J.LS after a 511 ke V photon interaction while the BGO emits 
its scintillation light (its decay time is 300 ns), as interaction in any other portion of the module 
during this time would confuse the Anger logic. Assuming a price for BGO of $20 per cc and a 
price of $200 per PMT (independent of size), the parts cost for this detector module is $600/in2. 

Four 1" Square 
Photomultiplier Tubes 

.............. 

- BGO Crystal Block, 
sawed into 64 segments, 

each 6 mm square 

Fig. 1: "Conventional" PET Detector 
Module. 
The "conventional" block detector module consists 
of a 2" x 2" x 30 mm BGO crystal that is sawed 
into 64 segments, each 6 mm x 6 mm x 30 mm 
deep. When a 511 keV photon interacts in any of 
the segments, the scintillation light is distributed 
across the back face of the BGO crystal, where it is 
simultaneously measured by four 1" square PMTs. 
The sum of the four output signals is used to derive 
both a timing signal and a signal proportional to 
the energy deposit. Anger logic (i.e. the ratio of the 
light observed in each of the four PMTs) is then 
used to determine the segment of interaction. 

/"\ 
' 

.. 

To evaluate competitive designs, we set the performance goals of improving the spatial reso- 11 

lution by a factor of two (i.e. reducing the crystal size from 6 mm square to 3 mm square) and 
decreasing the dead time figure of merit by a factor of four. Another important goal, albeit difficult 
to achieve, is to make the spatial resolution uniform over the field of view by eliminating an artifact 
known as radial elongation. Figure 2 shows the origin of this artifact, which is due to 511 ke V 
photons impinging on the detector crystals at an oblique angle. Because of the 1.1 em attenuation 
length of BGO, these photons can penetrate into adjacent crystals before they interact and are 
detected, which causes mis-positioning errors (i.e. events are assigned to chords that do not pass 
through the source). This spatial resolution degradation increases for objects placed further away . 
from the center of the tomograph ring. If the detector module were able to measure the position (in 
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the radial direction) of the 511 ke V photon interaction in the BGO with sufficient accuracy (5 mm 
fwhm), then the interactions would be assigned to the proper chord and this artifact could be elimi
nated [4]. No tomograph, commercial or research, yet has the ability to make this measurement, 
which is commonly known as depth of interaction measurement. 

~~------------~~-=~-==== 
Positron 
Source 

Tangential 
Projection 

Fig. 2: Radial Elongation in PET. 
511 ke V photons impinging on the detector ring at 
an oblique angle can penetrate into adjacent crystals 
before they interact and are detected. This leads to 
mis-positioning errors that increase in severity as 
the source moves further away from the center of 
the tomograph ring. Due to the detector geometry, 
the radial projection (relative to the tomograph ring) 
is affected while the tangential projection is not 
affected, hence it is known as radial elongation. If 
the position of interaction (within the crystal) is 
measured with sufficient accuracy (5 mm fwhm), 
event pairs can be assigned to the proper chord and 
this artifact removed. 

These design goals could be accomplished (without depth of interaction measurement) using. 
a conventional detector module with the linear dimensions on the front surface reduced by a factor. 
of two (i.e. having a 1" square by 30 mm deep BGO crystal cut into 64 3 mm square "individmi.l" 
elements, read out by four 0.5'' square PMTs). However, the parts cost for this detector module is 
$1200/in2 due to the increased number ofPMTs needed to cover a square inch. ·· · 

NOVEL PHOTODETECTORS 

Numerous novel and emerging photodetector technologies could be incorporated into PET 
detectors in ways that could also meet these goals. One promising category of photodetector is 
devices that are small (the size of an individual 3 mm square crystal) but have sufficiently high 
gain bandwidth product to provide an accurate timing signal and energy measurement. Examples of 
such devices are multi-anode PMTs [5], metal channel dynode PMTs [6], avalanche photodiode 
(APD) arrays [7], segmented vacuum avalanche phototubes [8], and VLPCs (visible light photon 
counters) [9]. These devices would be incorporated into a PET detector module as shown in 
Figure 3. The individual crystals are now decoupled, both optically and electronically, and so the 
position of the crystal of interaction is determined merely by identifying the photodetector that 
fires. The depth of interaction is measured by coating the crystals with a "lossy" reflector, so the 
ratio of the light observed in the "front" photodetector (i.e. the one closest to the patient) and the 
"back" photodetector depends on the position of the 511 ke V photon interaction. 

BGO Crystals 
3 mm square 

Fig. 3: High Gain-Bandwidth 
Photodetector Module. 
With high gain-bandwidth photodetectors, a module 
would consist of 64 optically isolated BGO 
crystals, each 3 mm x 3 mm x 30 mm deep and 
coated with a "lossy" reflector. When a 511 keY 
photon interacts in any of the. elements, the scintil
lation light is detected by photodetectors at either 
end of the crystal. The sum of the two output 
signals is used to derive a timing signal and a 
signal proportional to the energy deposit, and the 
ratio used to determine the depth of interaction. 

While 'this type of detector module has the desired spatial resolution improvement due to the 
smaller (3 mm square) crystals, its main advantage is that the crystals are completely decoupled, 
and so a much smaller area is inactivated for the 1 JlS that the BGO is emitting light. This 

3 



Presented at the 1994 Symposium on Radiation Measurements and Applications LBL-35695 

decreases the dead time figure of merit by the ratio of the conventional block detector front surface 
area to the individual crystal front surface area, a factor of 256 in our proposed geometry. 

However, many of the novel photodetectors mentioned as possibilities have severe draw
backs. Some, such as multi-anode PMTs, segmented vacuum avalanche phototubes and possibly 
metal channel dyQode PMTs, have a large dead area surrounding the photosensitive area, which 
would make them difficult to incorporate into PET detector modules that can be packed together 
without gaps. The VLPC must operate at cryogenic temperatures (6-8 K), which makes coupling 
the scintillator to the photodetector difficult. While light guides or fiber optics might solve either of 
these problems, they significantly reduce the amount of light at the photodetector, impairing the 
timing and energy resolution. Finally, cost is a major consideration, as the cost per unit area of 
these photodetectors must be about $100/in2 (half that of a conventional PMT) or about $200/in2 if 
the ability to measure depth of interaction is eliminated. Thus, we feel that metal channel dynode 
PMTs (if they can be manufactured with low dead area around their periphery) and avalanche 
photodiode arrays are the most promising photodetectors in this category, largely due to their 
potential to be inexpensive. 

There is another class of new and emerging photodetectors that do not have sufficient gain 
bandwidth product to generate an accurate timing signal. Examples of these are PIN photodiode 
arrays, silicon drift photodiode arrays [10], and high band-gap photodetectors (such as Hgl2 [11], 
TlBr(I) [12], and Inl [13]). These devices could be incorporated into a PET detector module that 
meets the design goals by assembling a module as shown in Figure 4. The PMT provides an accu
rate timing pulse whenever a 511 ke V photon interacts in any of the individual crystals, and the 
photodetector array determines which crystal the interaction occurred in. If the photodetectors have 
sufficient signal to noise ratio, the reflector around the crystals can be "lossy" and the ratio of the 
PMT and photodetector pulse heights used to measure the depth of interaction [14]. 

1" Square Photomultiplier Tube 

.~ 
Array of 64 

Photodetectors 

k 
Fig. 4: Low Gain-Bandwidth 
Pbotodetector Module. 
With low gain-bandwidth photodetectors, a module 
would again consist of 64 optically isolated BGO 
crystals, each 3 mm x 3 mm x 30 mm deep and 
coated with a "lossy" reflector. When a 511 keV 
photon interacts in any of the elements, the scintil
lation light is detected by a PMT at one end of the 
crystal and the photodetector array at either end of 
the crystal. The PMT output is used to derive a 
timing signal and a signal proportional to the 
energy deposit, and the PMT I photodetector ratio 
used to determine the depth of interaction. 

A PET detector module of this design has the desired improvement in spatial resolution due 
to the 3 mm square crystals, and also improves the dead time figure of merit. This improvement is 
a factor of four over the conventional module (rather than the factor of 256 gained with the previ
ous module) because all crystals connected to the PMT are dead for lJ!s when a 511 keV photon 
interacts in any of them. In order for this design to be practical, the photodetector array must be 
extremely inexpensive- significantly less than the $200 price of the PMT. Signal to noise ratio is 
particularly important too, as these are unity gain devices reading out very small (<1000 electron) 
signals. Of the technologies mentioned, the silicon based photodetectors appear to be the most 
promising, as they are farther developed and the equipment for fabricating them (i.e. silicon 
foundries) is more readily available. 

A common misconception is that photodetectors with low timing jitter, such as microchannel 
plate PMTs and vacuum avalanche phototubes, would improve the timing resolution of a PET 
detector module. The timing resolution is actually determined by the rate at which scintillation light 
exits the BGO crystal. If the photodetector has a 20% quantum efficiency for the 480 nm scintilla-
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tion light from BGO (a typical quantum efficiency for a PMT), it will produce approximately 250 
photoelectrons per 511 ke V energy deposit in the scintillator crystal. These are emitted with a 
300 ns decay time, so the instantaneous photoelectron rate immediately following an interaction is 
0.8 photoelectrons per nanosecond. Thus, the random fluctuations in photoelectron arrival time 
are significantly larger than the time jitter associated with many conventional PMTs, so no 
improvement in timing accuracy is expected even with a photodetector with no timing jitter. 

WIRE CHAMBERS 

PET detector modules can also be built from gamma converters read out by multi-wire 
proportional chambers, as shown in Figure 5. Examples of such gamma converters are BaF2 I 
TMAE [15] and heavy metal (Pb or W) foils [16]. These detectors offer a significant reduction in 
cost, as wire chambers are significantly less expensive per unit area than PMTs. However, these 
gamma converters have significantly lower efficiency for detecting individual 511 ke V gammas 
than BGO based systems (1 0%-30% as opposed to 90% ), so the coincident event detection 
efficiency (the square of the single gamma efficiency) is severely reduced. They also produce a low 
number of photoelectrons per 511 keV interaction (1-5), so their energy resolution is very poor. 
Finally, they each are deficient in at least one other performance category- the BaF2 I TMAE 
system has limited spatial resolution (5-11 mm fwhm) while the foil converters have poor timing 
resolution (88 ns). 

20 Wire Chamber Readout 

/ 
2" 

Gamma to Electron 
· 1 1' / Converter 
/ Ba~ I TMAE or 

Metal (Pb or W) Foils 

~8-16mm 

ACTIVE GAMMA DETECTORS 

Fig. 5: Gamma Converter I Wire 
Chamber Readout Module. 
The 511 keY photon is converted into a small 
number of photoelectrons either by a heavy metal 
foil (Pb or W) or by a BaF2 scintillator I TMAE 
gas combination. These electrons are collected by a 
multi-wire proportional chamber, which generates a 
timing pulse and identifies the interaction position. 

Advances have also been made in "active" gamma detectors (i.e. devices that directly convert 
the incident gamma into an electrical signal), both solid state detectors (such as CdTe [17], CdZnTe 
[18], Pbh [19], Hgl2 [11], high purity germanium, and silicon) and liquid proportional chambers 
(such as liquid xenon [20]), and PET detector modules (such as in Figure 6) could be made with 
these elements in place of the BGO scintillator. While their main advantage is their energy resolu
tion, which is as good as 2 ke V fwhm, they tend to encounter problems due to the low drift 
velocities ( 103-1 os rn/s) of the electrons and holes. The detectors must be approximately 3 radia
tion lengths thick in order to have sufficient efficiency for detecting 511 ke V photons, which 
translates to detector thicknesses of at least 10 em and charge collection times of hundreds of 
microseconds. This makes coincidence timing unacceptably long (except for liquid xenon, in 

( 
., which prompt scintillation light can be used to create a timing pulse) and causes event pileup in the 

detector volume at comparatively low rates (single event rates in PET approach 106 eventslseclin2, 
and higher rate capability is desired). These problems could be reduced, but not eliminated, by 

~~ using more complicated collection electrode schemes than the simple one described here. 

These devices also suffer a performance drawback in that their low atomic number gives 
them a long photoelectric attenuation length compared to BGO (3.6 em for Pbl2, 3.7 em for 
Hgl2, 11 em for CdTe and CdZnTe, 16 em for liquid xenon, 55 em for germanium, and 
2400 em for silicon, as opposed to 2.6 em for BGO), so their spatial resolution is also degraded. 
Finally, both solid state and liquid proportional chambers have additional practical disadvantages. 
Very few solid state detectors can currently be grown in the large sizes required for PET, and it is 
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not clear that the required volumes could ever be produced inexpensively. Liquid proportional 
chambers require refrigeration to approximately -1 oo· C, and geometrical constraints are imposed 
if proportional mode (with gain, as opposed to unity gain ion chamber mode) of wire chamber 
operation is desired, as proportional gain can only be achieved in the gas phase and so a gas I 
liquid interface must be maintained. 

NOVEL SCINTILLATORS 

Fig. 6: Active Gamma Detector Module. 
The 511 keV photon is converted in the "active" 
detector into a large number of electron hole pairs. 
These electrons drift with relatively slow velocity 
to the end of the detector, where they are collected 
to identify the position of interaction and generate a 
timing pulse. If the active detector is liquid xenon, 
a timing pulse can be generated from the prompt 
flash of scintillation light. 

Finally, advances have also been made in scintillator technology. Using the BGO as a stan
dard, the requirements for a scintillator for PET (all quantities assume 511 keY photon energy), 
listed in approximate order of importance, are as follows. (1) Short attenuation length ( <1.1 em). 
This affects the ability of the scintillator to stop the annihilation photons, and thus the spatial 
resolution. (2) High photoelectric fraction (>43% ). This affects the fraction of events that yield a 
single, well positioned energy deposit in the detector module, and thus the spatial resolution. (3) 
Low photoelectric attenuation length ( <2.6 em). This is just the attenuation length divided by the 
photoelectric fraction, and so is a convenient single metric for evaluating the capability of the 
scintillator for high spatial resolution. (4) Short scintillation decay time (<300 ns). This reduces 
the dead time and improves the coincidence timing accuracy. This is probably the largest deficiency 
ofBGO for PET. (5) Cost (<$20/cc). (6) High light output. This affects the energy resolution, the 
spatial resolution (more light means that a conventional detector module using Anger logic can 
decode more, and thus smaller, "individual" crystals), and the coincidence timing resolution (even 
with the same decay time, the instantaneous photon rate is increased). 

While no readily available scintillator has superior properties to BGO for PET, there has been 
a resurgence of work in scintillator development in the past few years and some very promising 
compounds developed. Since it is very unusual for a new scintillator to be different from previous 
scintillators in only one of the aforementioned six criteria, evaluating a new material generally 
entails a complex set of tradeoffs, which are best measured by how they affect the module perfor
mance requirements listed in the Introduction. The most promising new scintillator currently is 
LSO (lutetium orthosilicate or Lu2SiOs), which boasts an attenuation length of 1.2 em, a photo
electric fraction of 34%, a decay time of 40 ns, and a light output of 25,000 photons per MeV 
[21]. The raw material and crystal growth costs of this material are currently quite high, but should 
these costs come down, the great improvement in decay time and light output will probably 
compensate for the reduced photoelectric fraction. 

CONCLUSION 

I 

"' 

Recent advances in detector technology allow a large number of potential designs for PET \. 
detector modules. While many of these potential designs have disadvantages that discourage their 

. use for PET, several high gain-bandwidth photodetector technologies (avalanche photodiode arrays 
and metal channel dynode PMTs) and low gain-bandwidth photodetector technologies (PIN and 
silicon drift photodiode arrays) show great potential for improving the performance of PET detec
tors. Improvements in scintillator materials seem very feasible and also have tremendous potential 
for improving PET detector performance, but it is difficult to predict in what way the improve-
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ments will manifest themselves. However, the cost of any of these advanced technologies must be 
carefully considered, as any improvement in performance must be substantial in order to warrant 
an increase in cost. - · 
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