Chapter 5
High-Resolution PET/CT Development

Wai-Hoi Wong and Yuxuan Zhang

Abstract The main clinical application of positron emission tomography (PET) is
in oncology, where it is used to diagnose malignant tumors, cancer staging, treat-
ment response, follow-ups, and recurrence of diseases. The PET camera can detect
therapeutic changes earlier than anatomical imaging modalities, because the struc-
ture being studied must significantly change in size and shape before it is detectable
by the latter devices. Such important features of PET in oncology are, however,
reduced by the image resolution and quality (noise) of clinical PET/CT systems,
thereby limiting its effectiveness to diagnose lesions under a centimeter in size.
Improving the PET image resolution and quality would enhance the oncologic effi-
cacy of PET/CT by detecting smaller lesions with more accuracy of tracer uptake.
It would also lead to earlier cancer detection, more accurate cancer staging, and
more sensitive monitoring of treatment responses.

5.1 Introduction

The main clinical application of positron emission tomography (PET) is in oncol-
ogy, where it is used to diagnose malignant tumors, cancer staging, treatment
response, follow-ups, and recurrence of diseases. The PET camera can detect thera-
peutic changes earlier than anatomical imaging modalities, because the structure
being studied must significantly change in size and shape before it is detectable by
the latter devices. Such important features of PET in oncology are, however, reduced
by the image resolution and quality (noise) of clinical PET/CT systems, thereby
limiting its effectiveness to diagnose lesions under a centimeter in size. Improving
the PET image resolution and quality would enhance the oncologic efficacy of PET/
CT by detecting smaller lesions with more accuracy of tracer uptake. It would also
lead to earlier cancer detection, more accurate cancer staging, and more sensitive
monitoring of treatment responses.
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The intrinsic spatial resolution of clinical PET or PET/CT systems has been lim-
ited to 4.5-6.5 mm in the last three decades. But recently, a 3 mm or better PET
intrinsic spatial resolution has been achieved, with the advent of:

(a) L(Y)SO scintillation crystal that has higher light output and faster scintillation

(b) Small silicon photomultipliers (SiPM)

(c) Higher-resolution detector design, such as the PMT-quadrant-sharing (PQS)
design

(d) Time-of-flight data acquisition and reconstruction

(e) Point-spread-function (PSF) iterative image reconstruction

(f) Larger axial field-of-view PET camera

(g) Localization of the depth of interaction of the gamma ray in the PET detectors

The new generation of clinical PET/CT incorporates some, but not all, of above
advancements, which provides substantive PET/CT resolution to improve the
application of PET for personalized oncology with more accurate tracer uptake
quantification and diagnosis of smaller lesions. The ultimate incorporation of all the
available advancements in future PET/CT systems can drive the molecular imaging
capability of PET/CT to significantly higher levels for a better grasp and manage-
ment of cancer. The technological tools to achieve higher levels of performance are
discussed below.

5.2 Scintillation Crystals for High-Resolution PET/CT

The detector materials and how each material is used (detector design) fundamen-
tally determine the intrinsic imaging resolution of PET. PET detectors require high
effective atomic number (Z;) and high density (p) to effectively capture the ener-
getic 511 KeV gamma rays for PET imaging. While the ability to stop the 511 KeV
gamma rays in the detector is necessary for high-resolution PET imaging with nar-
row detector pixels, it is an insufficient condition should a gamma ray be absorbed
in the detectors by multiple Compton scatterings. In such scenario, the energy signal
would be distributed randomly over multiple neighboring crystals, thereby misre-
porting the first-entry location of the gamma ray. Thus for high-resolution PET
imaging, the first detector interaction must have a high probability of photoelectric
interactions (photofraction), which absorbs all the gamma energy at once. The pho-
toelectric interaction probability is proportional to (Zg)*. The characteristics of
some usable detector materials for the 511 KeV gamma detection [1-3] are listed in
Table 5.1.

High Z. and photofraction (P) also provide high coincidence-detection sensitiv-
ity, as a function of P? because only photopeak events are accepted for the annihila-
tion gamma rays to minimize the high scattered event noise in clinical PET images.
Furthermore, high Z.; and high stopping power materials have the lowest-resolution
degradation caused by the uncertain depth of interaction (DOI), as thick detectors are
needed to stop the 511 KeV gamma rays. From the above fundamental considerations
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Table 5.1 Characteristics of PET detector materials for 511 KeV gamma rays

BGO L(Y)SO Nal(T1) LaBr CZT
Zesr 75 66 51 50 50
Photofraction (P) of 1st interaction 43% 32% 19% 18% 18%
Light output (relative to Nal) 18 75 100 175 NA
Energy resolution 11% 12% 8% 3% 2%
Decay time (ns) 300 40 230 20 NA
Depth of Interaction blurring Lowest Moderate | High High High

of photofraction, sensitivity and DOI resolution degradation, for high resolution and
high sensitivity, BGO is a good detector material, especially considering its low
cost. Among the currently available detector materials, BGO can conceptually yield
the highest resolution PET/CT if the scintillation light from each BGO pixel is
detected by its own dedicated photosensor (1:1 coupling).

However, the current photosensor technology is limited to either the large size
(18-50 mm) photomultiplier tubes (PMT) or the small (1-6 mm) but relatively
costly silicon photomultipliers (SiPM). Notably, both hinder a 1:1 coupling between
crystal pixels and photosensors. Coupling many crystals to a single photosensor
would need the Anger positioning method for which the imaging resolution also
depends on the light output of the scintillation crystal. The L(Y)SO crystal has four
times the light output of the BGO and would provide higher spatial resolution when
the Anger positioning is used for the detector design, despite its worse DOI blurring
effect outside the field-of-view (FOV) center. In addition, the fast timing and high
light output of LYSO can provide much more accurate timing of arrival for the
gamma ray to 300-600 ps (Ax = 4.5-9 cm), which provides enough time-of-flight
(TOF) information to improve the image signal-to-noise ratio by more than two
times, especially for large patients. Hence, L(Y)SO is a good choice for high-
resolution clinical PET/CT systems, despite its lower Z.; and four times higher cost
than BGO. However, for small FOV PET, such as brain, breast, and small-patient
systems, where TOF is less beneficial and ultrahigh resolution and low cost are
highly desirable, BGO crystals with 1:1 photosensor SiPM coupling would provide
the highest-resolution imaging.

The fast scintillating LaBr crystal potentially has two times better TOF resolu-
tion than L(Y)SO and much better energy resolution for reducing scattered event
noise [4, 5]. However, these two potential gains may not make up for its low coinci-
dence photofraction-detection sensitivity that is 1/6 of BGO and 1/3 of that of L(Y)
SO, for the same detector system geometry and axial FOV. CZT has the same coin-
cidence photofraction-detection sensitivity disadvantage as LaBr and compounded
by its poor timing that is inadequate to provide TOF information to enhance the
image quality. Certainly, the LaBr and CZT system detection sensitivities can be
increased by having a much larger axial FOV than BGO/LSO systems, but would
increase the production cost. Both LaBr and CZT are expensive materials to grow,
which limits the axial FOV of PET systems. The low 18% photofraction of the LaBr
and CZT (low Z.;) means that 82% of the gamma rays detected would be scattered
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multiple times in the detectors, which would degrade the imaging resolution. In
addition, the low stopping power also worsens the DOI image blurring effect.
Hence, the LaBr and CZT are not ideal detector materials to make ultrahigh-
resolution PET systems.

5.3 Solid-State Silicon Photomultiplier (SiPM) Photosensors

Traditionally, the scintillation light produced by the crystals is detected by photo-
multiplier tubes (PMT) and converted into electronic signals for the front-end elec-
tronics to process. The arrival of the silicon photomultipliers (SiPM) has provided a
potentially exciting alternative to PMT in the design of high-resolution PET/CT
systems because SiPM are small (1-3 mm square), thin, lightweight, resistant to
high magnetic field, and much lower operating voltage. The disadvantages are
higher noise, more temperature sensitive, and more costly to cover the same crystal
footprint, at least for the time being. It needs 81-144 SiPM (3—4 mm in size) to
replace a single 38-mm PMT. Due to lower gain and higher noise, each SiPM chan-
nel needs its own amplifier and supporting electronics. Replacing a PMT with a 100
SiPM increases the processing electronics by a 100-fold, which further increases the
production cost and substantially increases the heat generation that requires much
better cooling.

One advantage of SiPM is the small size that enables an ultrahigh-resolution
PET system of 1-3 mm to be achieved without using analogy decoding schemes
(Anger decoding) used by PMT systems. On the other hand, the best analog-
decoding scheme using PMT can also achieve 1-3 mm resolution in animal and
clinical systems [6, 7]. The second advantage of SiPM is its immunity to strong
magnetic fields, thus making the PET/MR hybrid system a reality [8—10]. However,
for PET/CT systems, PMT remains a viable low-cost choice while able to achieve
very high resolution, approaching the fundamental PET resolution limit with the
latest detector design presented in the next section.

5.4 The Fundamental PET Resolution Limits

Assuming the ideal detector system, the fundamental limit of PET image resolution
is imposed by (a) the non-colinearity (0.5-0.54°) of the pair of 511 KeV gammas
emitted, which is about 2 mm for the large clinical systems with 85 cm detector ring
diameter and (b) the positron range of the tracer isotopes in water and the lung, as
shown in Table 5.2 [11-12]. The non-colinearity effect originates from the Doppler
effect of center-of-mass energy (E,) of the short-lived positronium atom before the
positron-electron annihilations; the FWHM of E, is about 2.4 KeV [13]. The posi-
tron range is inversely proportional to the density of the surrounding tissues, which
for the normal lung tissue is four times larger than soft tissues.
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Table 5.2 Mean energy, maximum energy, and mean range of positron emitted

Isotopes Eean (KeV) E..« (KeV) R o (Mm) water R0 (mm) lung
I8Sp 252 635 0.6 24

nc 390 970 1.1 4.2

BN 488 1190 1.5 5.8

50 730 1720 2.5 9.6

%Ga 844 1899 2.9 11

2Cu 1280 2926 6.1 23

82Rb 1551 3378 5.9 23

Table 5.3 Fundamental resolution limits in water and lung for a whole-body PET

]8F 1 ]C 13N 150 68Ga 62Cu SZRb
PET resolution limit in water (mm) 2.1 2.3 2.5 3.2 3.5 6.4 6.2
PET resolution limit in lung (mm) 3.1 4.7 6.1 9.8 11.2 |23.1 |23.1

Table 5.4 Fundamental PET resolution limits of a dedicated brain PET (40-cm)
ISF llC 13N 150 GSGa 62Cu 82Rb
PET resolution limit in water (mm) 1.1 14 1.8 |27 |30 6.2 6.0

The fundamental intrinsic PET resolution limits can be derived from Eq. 5.1. The
fundamental resolution limit (FWHM) does not include the detector resolution:

Fundamental resolution limit (FWHM) = (R__ 2 +(0.0022 detector ring diameter)*)™ (5.1)

The fundamental intrinsic PET resolution limits in water-equivalent tissue and
the lung is shown in Table 5.3 for different tracer isotopes.

For a large whole-body PET with F-18 tracers, such as FDG, FDOPA, F-Choline,
FMISO, FLT, FAZA, and fluoride, the fundamental PET resolution is 2 mm in
water-equivalent tissues and 3 mm in the lung. With the generator produced isotopes
%Ga, “Cu, and %Rb, the fundamental PET resolution limits are in the range of
3.5-6 mm in water-equivalent tissues and 11-23 mm in the lung.

The fundamental PET resolution for a dedicated brain PET with a smaller 40-cm
detection ring, assuming the ideal detector system, is shown in Table 5.4.

With F-18, the fundamental PET resolution is about 1 mm for a small dedicated
brain PET system. With the generator produced Ga-68, the resolution limit is
3.0 mm. Hence, the small brain PET geometry can potentially improve PET resolu-
tion from 2 mm to 1 mm for F-18 tracers, but would not improve the resolution limit
for the generator produced isotopes.

Current clinical PET/CT systems are whole-body systems with a detector ring
diameter of 80-87 cm and use analog-decoding block detector designs. The typical
image resolutions of these typical clinical PET systems are in the range of 4.5-6 mm,
which is substantially worse than the fundamental PET resolution limits (2—-3 mm),
shown above for the cyclotron-generated isotopes, especially for the F-18 tracers.



90 W.-H. Wong and Y. Zhang

Thus substantially higher-resolution PET imaging, with the resolution size reduced
by two times or more, can be realized if (a) cost-effective higher-resolution PET
detector designs are achievable and (b) the count collected is proportionally
increased by 2° times or more. The increase in collected counts is necessary because,
unlike CT, PET imaging is a count-deficient imaging modality with the image
quality fundamentally determined by the statistical noise (photon statistical varia-
tions) in the signals obtained by the detector system. To maintain image quality in a
higher-resolution image, the number of counts collected in each voxel must be
maintained. With the number of resolution pixels increased by two times in all three
dimensions or by an eight-time increment in the number of voxels, the counts
recorded by the detector system should be increasing by eight times. This can be
accomplished by increasing the axial field of view (AFOV) by about 8" times or
more, assuming the accidental and scatter fractions are constant. Hence, to effec-
tively achieve a two times improvement in PET resolution to approach the funda-
mental limit of PET imaging without increasing image noise, it is necessary to have
higher-resolution detector designs, with half the detector crystal size and a 2.8 times
increase in AFOV, from the current 20 to 56 cm.

5.5 Higher Spatial Resolution Detector Designs

(a) PMT-based PET detector design. For high-resolution PET/CT, PMT is a cost-
effective photodetector to assess the light from the scintillation crystals because
of its large surface area in comparison to the SiPM. PMT is still being utilized
in the current clinical whole-body PET/CT systems. As shown in Fig. 5.1, the
common detector design for clinical PET systems is the block detector design,
which consists of an array or a block of small scintillation crystal elements
coupling to four PMT units. When a detector block senses a gamma ray, the
location of the scintillating crystal element where the interaction occurs is
determined, by the Anger analog-decoding scheme [14]. This block detector
design can decode detector crystal size of 6 x 6 mm? with the low light output

Fig. 5.1 Traditional block
detector design in clinical
PET/CT systems
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BGO crystals and 4 x 4 mm? with L(Y)SO crystals which has four times more
scintillation light output than BGO. These crystal sizes give rise to the 4-6 mm
image resolution in current clinical PET and PET/CT systems. As discussed in
the last section, the fundamental PET resolution limit for soft tissue is 2—3 mm
for the large whole-body PET and 1-2 mm for a small brain PET system.
However, it is possible to further improve the clinical PET imaging resolution
from the current 4 to 6 mm.

Figure 5.2 shows that a new ultrahigh-resolution whole-body PET/CT has been
developed, using the photomultiplier-quadrant-sharing (PQS) detector design [15—
17]. This PQS detector design successfully decoded detector crystal blocks with 16
x 16 L(Y)SO crystals of 2.35 x 2.35 mm? (15.2 mm deep), using a very large PMT
with 39 mm diameter [7]. This PQS detector-based whole-body PET/CT has
achieved an image resolution of 2.8 mm, using the 3D filtered back-projection
reconstruction and 1.4 mm resolution with the OSEM-PSF reconstruction [7]. The
time-of-flight (TOF) resolution was 473 ps [18]. With a small detector diameter ring
to reduce the non-colinearity effect, image resolution of 1 mm has also been
achieved with the PQS detector design [17, 19], which would be useful for building
dedicated brain PET systems. Hence, the PQS detector-based PET/CT systems can
provide PET image resolution approaching the fundamental limit of PET imaging.
The clinical images of the ultrahigh-resolution PET/CT system will be presented
later in this chapter.

(b) Silicon photomultiplier (SiPM)-based PET detector designs. Unlike the 2040 mm
diameter PMT, the small SiPM photosensors allow each scintillation crystal
element as small as | mm to be coupled to an individual SiPM, without using
analog-position decoding as in the PMT-based PET detector designs. As a
result, ultrahigh-resolution PET detectors approaching the fundamental PET
resolution can be conceptually achieved with SiPM as photosensors. As
discussed earlier, one of the disadvantages of SiPM is the higher cost of the
numerous SiPMs and their individual processing electronics to cover the same

Fig. 5.2 Upper: traditional
PET block detector design
using four PMT to decode
the crystal location. Lower:
the PMT-quadrant-sharing
detector design using four
one-quadrant of four PMT
to decode the crystal
location while reducing the
crystal and block size by
half to improve imaging
spatial resolution by two
times in each dimension of
the imaging space
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Fig. 5.3 One PMT and 16
SiPM units in a 4 x 4 array

crystal footprint of one PMT (Fig. 5.3). Namely, 81-144 SiPM (3—4 mm in size)
are needed to replace a single 38-mm PMT used in clinical PET systems. Due
to lower gain and higher noise, each SiPM channel requires its own amplifier
and supporting electronics. Replacing a PMT with a 100 SiPM increases the
processing electronics by a 100-fold, which further increases the production
cost and substantially enhances the heat generation, thus requiring much better
cooling. For building affordable and practical whole-body PET systems, the
number of SiPM used needs to be reduced, which leads to the need of some
form of analog decoding. Currently, SiPM-based PET/CT technology is still
evolving to make it more affordable and practical, cost competitive, and perfor-
mance competitive with PMT-based PET/CT systems. For PET/MR systems,
SiPM with its magnetic field immunity is the only option, which ultimately
contributes to the high cost of PET/MR systems.

In comparison to the PMT-based clinical PET/CT systems, with an image resolu-
tion of 2.8—6 mm [7, 20-22], commercial clinical PET/MR systems have PET reso-
lution in the range of 3—4 mm [8—10]. The resolution of the PET in PET/MR systems
using small SiPM is still short of the fundamental PET resolution limit of (1-2 mm).
With future development of more cost-effective SiPM-based PET detector designs,
ultrahigh-resolution PET/MR, and PET/CT approaching the fundamental limit can
be achieved.

5.6 Improving PET Resolution with Depth-of-Interaction
Positioning

Even with the high stopping power, scintillation crystals such as BGO and L(Y)SO,
PET detectors need to be deep or thick (15-30 mm) to efficiently detect the ener-
getic 511 KeV gamma rays. The deep detectors coupled with the coincidence detec-
tion of PET and the PET’s detector ring geometry radially broaden the point spread
function (resolution) (Fig. 5.4). The radial resolution worsens with deeper detectors
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and a smaller detection ring, despite the fact that PET detection sensitivity can be
improved with deeper detectors and smaller detection rings (Fig. 5.5). As depicted
in Fig. 5.6, such depth-of-interaction (DOI) resolution degradation also affects the
axial resolution with a large axial field of view (AFOV), despite the fact that a large
AFOV significantly increases PET’s true count sensitivity to (AFOV)2. If the DOI
of a detected gamma ray can be measured, both the transaxial and the axial resolu-
tion of PET can be improved. Furthermore, in ultrahigh-resolution PET systems
that have very narrow detectors of 1-2 mm?, the DOI resolution degradation effect
of deep crystals of 15-30 mm becomes more significant. Hence, it is essential to
measure the DOI in ultrahigh-resolution and high sensitivity PET systems.

The classic DOI PET detector design is the dual-end DOI that has one solid-state
photosensor such as SiPM, coupled to each end of the deep scintillation detector
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Fig. 5.6 The coincidence
PSF worsens with large
AFOV that can increase
sensitivity significantly

L o

pixel [23, 24], and the depth of interaction is derived from the difference in scintil-
lation signals received by the two photosensors. This design can achieve DOI reso-
Iution of 2 mm, but it is costly to be implemented into a large clinical PET system,
as it doubles the already large number of photosensors and supporting electronics.

Notably, there is no clinical whole-body PET system with DOI sensing at the
present time. However, DOI sensing is important for providing the highest possible
resolution in PET imaging. There are ongoing developments to engineer more prac-
tical DOI PET detectors, using fewer SiPMs by means of decoding schemes [25,
26] and a monolithic crystal block design [27]. Another direction of resolving the
DOI degradation is using iterative image reconstruction that incorporates the system
DOI degradation model and the detection point spread function to deconvolute the
DOI effect in the estimated image [28, 29], which is also known as the high-
definition (HD) image reconstruction. However, the HD iterative reconstructions
may produce image edge artifacts [30].

Because of the importance of DOI sensing to improve PET resolution and facili-
tate large axial FOV PET that significantly improve PET sensitivity, DOI sensing
PET will be a reality in the future.

5.7 Time-of-Flight Data Acquisition

By measuring the difference in the time of arrival of the two coincidence gamma
rays, the location of the positron annihilation site can be estimated, which would
improve the image quality (noise), which is equivalent to an increase in the effective
detection sensitivity of PET. The timing uncertainty of this measurement is called
the time-of-flight (TOF) resolution. In current clinical PET/CT that uses L(Y)SO
crystals, the TOF resolution is about 390-525 ps in clinical PET/CT and PET/MR
systems [8—10], depending on the speed of the photosensors, the efficiency of
capturing scintillation light in the detector, and the accuracy of the electronic time-
digital converter. The TOF positron localization uncertainty is 7.5 cm with a TOF
resolution of 500 ps, which has been estimated to improve the effective PET
detection sensitivity by 1.5-3 times [7, 21, 22]. Such sensitivity improvement
depends on the patient size, the body cross section, and the metric of measuring this
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Fig. 5.7 Measured SNR gain factor vs. BMI, for small lesions (<2 cm) in different parts of the
body for a group of 100 patients: (a) 144 lesions located in the abdomen, (b) 67 lesions located in
the lung, and (c¢) 30 lesions located in the head and neck (This research was originally published in
JNM by C. Lois et al. [34])

effective gain. Using LaBr scintillation crystals, the TOF resolution can be improved
to below 400 ns translating to a positron localization uncertainty < 6 cm [31].
However due to the low photofraction of LaBr, the three times reduction in
coincidence-detection sensitivity relative to L(Y)SO crystals (see Sect. 5.2), the loss
in detection sensitivity of LaBr may exceed the higher TOF resolution gain relative
to L(Y)SO, as a result of the low atomic number (Z). Relative to the low-cost BGO,
LaBr suffers a 5.7 times reduction in first interaction photoelectric coincidence-
detection sensitivity.

The advantage of TOF PET systems has been well demonstrated and quantified
in phantom studies [32, 33]. For general clinical use, the TOF advantage is real but
has more variability [34]; Fig. 5.7 shows that the average TOF gain in signal-to-
noise ratio (SNR) was 1.1-1.3 times for the head, which corresponds to 1.2—1.7
times in sensitivity (Fig. 5.7). For the lung, the average SNR gain was 1.4 times,
corresponding to a sensitivity gain of two times. The largest TOF gain was found in
the abdomen, with SNR gain of 1.2-1.6 times depending on the body mass index
(BMI), which is equivalent to 1.4-2.6 times increase in detection sensitivity. For the
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predominant clinical PET of whole-body cancer staging application, the overall
average effective TOF sensitivity gain that equals (SNR gain)? is approximately two
times, which corresponds to a reduction in scan time by 50%.

5.8 Large Axial Field-of-View PET Camera

Increasing the AFOV is an effective means to significantly improve the count starva-
tion characteristics of PET imaging because PET detection sensitivity is proportional
to (AFOV)?. The same effective sensitivity gain of two times from the current TOF
PET/CT may be accomplished by increasing the axial field of view (AFOV) by 1.4
times. The current mainstream clinical PET/CT systems have AFOV of 20 cm. If this
AFOQV is increased from the current 20-25 c¢cm to 1-1.2 m, it would cover the head
and torso of more than 95% of the US male population [35], and detection sensitivity
would be increased by 25 times from current commercial clinical PET/CT systems
[36, 37]. The order of magnitude increase in sensitivity can be deployed in the fol-
lowing ways: (a) it can reduce the whole-body imaging time to 1-2 minutes with the
current whole-body cancer staging clinical protocol of imaging one time at 30—45 min
postinjection of FDG. This would significantly increase the clinical patient through-
put to lower PET/CT imaging cost. Furthermore, a short one-minute imaging would
significantly reduce patient movement comparing to a 30 min scan time, thereby
substantially reducing artifacts from patient movements. (b) It would significantly
reduce the image noise to provide much more accurate quantitation of molecular
activities and significantly lower the molecular concentration levels that can be
detected, which is important for imaging receptors and small lesions; and (c) current
20-cm AFOV PET/CT systems prevent dynamic imaging of the whole body, as the
system has to step through 5-7 body sections at different times to image the whole
body. The long AFOV PET/CT will enable whole-body dynamic tracer uptake imag-
ing, assessing the entire body at exactly the same time. Studies have shown that a
long AFOV PET will increase the effective detection sensitivity (EDS)* by 20—40
times [36, 37] depending on the AFOV size and crystal type, thus enabling the cap-
ture of changing time activity of tracers for the entire body.

Dynamic imaging is the only way to obtain quantitative physiology parametric
(QPP) images for the entire body [38—44]. QPP images are more consistent among
different clinical sites, which may reduce the barriers of multicenter studies and
cross-center references. Hence, an affordable long AFOV PET may unleash the full
potential of PET to study human physiology and quantitative molecular functions.
It is particularly useful for studying the systemic whole-body therapy effects of
drugs and their whole-body toxicity for normal tissues. Other advantages of a long
AFOV PET that cover the whole torso and head are:

(1) The whole-body PET cancer staging imaging takes 20 min (3 min for 67 bed
positions) with a 10 mCi of FDG injection, in which time and dosage can be
respectively reduced to 1-2 min and 5 mCi. Since accidental coincidence noise
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is proportional to (radioactivity)?, reducing dose by 1/2 would reduce accidental
noise by four times [45]. Hence, the system would improve image quality, lower
the patient exposure to radiation by half, and shorten imaging time by ten times.

(2) High patient throughput: Assuming that the 1-m PET takes 2-min imaging plus
8 min for patient preparation (10 min total), compared to the current protocol of
20 min + 8 min + bed movement time for seven positions (30 min), patient
throughput can be increased by more than three times.

(3) With 10 min/patient throughput and a 5 mCi dose per patient, the current “unit
dose” of 10 mCi used for one patient can be used for two patients, since there is
little radio decay for FDG after 10 min. Coupling this two times reduction in
FDG cost to the two times higher patient throughput, the cost of cancer staging
by PET would be substantially reduced.

(4) A 20 times increase in detection sensitivity will proportionally increase the
counts per image pixel and facilitate the imaging of low-level receptor studies
and other reaction studies, which are not currently achievable. For FDG dynamic
studies, a 20 times increase in counts/pixel would produce whole-body meta-
bolic rate images. Such images will have much higher accuracy when the counts
in each pixel can be processed by the Patlak method or the 3-compartment
model curve fitting process to yield whole-body images of the metabolism rate
constants [41, 43, 44], without relying on the tedious and less revealing ROI
drawings in each region to get enough count statistics.

5.9 Current State-Of-The-Art High-Resolution Clinical
PET/CT Imaging

The recently developed high-resolution clinical PET/CT can provide image resolu-
tion of 2.9 mm with 3D filtered back-projection reconstruction (NEMA standard)
and 1.4 mm when PSF iterative reconstruction is used [7]. The high-resolution brain
images from 8-min to 20-min patient studies are shown in Figs. 5.8 and 5.9, respec-
tively. Figure 5.8 shows brain images in transaxial, coronal, and sagittal directions,
whereas Fig. 5.9 depicts nine contiguous slices of the transaxial image set with a
fine axial sampling of 1.2 mm and 2.4 mm slice thickness from the high-resolution
PQS PET detector system, which reveals small structural changes from slice to
slice. Figure 5.10 compares the high-resolution PET image with the MR T1-weighted
brain images of the same patient. The high-resolution PET images from this clinical
PET/CT closely resemble that of the T1-weighted MR images from a 1.5 T MRI
system, demonstrating that the recently developed high-resolution clinical PET
system is capable of imaging the molecular features of small anatomic structures in
the body.

In conclusion, while clinical PET technology has advanced a long way in the last
30 years, the full potential of PET imaging remains to be completely grasped.
Current PET detector technology can achieve PET resolution approaching 1 mm or
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Fig. 5.8 Transverse,
coronal, and sagittal views
of a human brain imaged
for 8 minutes with an
ultrahigh-resolution PET/
CT system with 2.8 mm
resolution

Fig. 5.9 Nine contiguous
transverse images of a
human brain with 20-min
imaging. The slice-
sampling spacing was

1.2 mm. Subtle changes in
the brain structures
between slices can be
observed with the
high-resolution axial
sampling

W.-H. Wong and Y. Zhang
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Fig. 5.10 The brain PET
image from an 8-min PET
acquisition (left)
comparing with the
T1-weighted MRI image
froma 1.5 T MRI system
(right) on the same human
subject and the same brain
slice

even smaller, using either the traditional PMT or the new SiPM photosensors. The
bottleneck hindering the realization of the full potential of high-resolution PET
imaging is the deficiency in detection sensitivities that the current time-of-flight tech-
nology alone cannot adequately overcome. This would require the axial field of
view of PET to be economically extended multiple times to cover the preferable
whole torso or more.
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