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1.1	 �Introduction

In recent years, PET/CT imaging has played an important clinical role as a molecu-
lar imaging tool for diagnosis and staging of cancer in patients [1]. Used predomi-
nantly with 18F-fluorodeoxyglucose (FDG) as the radiotracer that acts as a glucose 
analog, PET/CT has significantly influenced the management of cancer patients [2, 
3] and is reimbursed for initial and follow-up imaging of most cancer types [4]. In 
addition, PET has also been shown to play an important role in guiding cancer treat-
ment by characterizing the tumor biology as well as monitoring tumor response to 
therapy [1, 5]. A more thorough overview of the current status in clinical practice is 
given in Chap. 2. Modern time-of-flight (TOF) PET scanners provide sufficient sen-
sitivity and signal-to-noise ratio (SNR) performance so that clinical FDG scans with 
excellent diagnostic quality can be completed in 10–15 min using bed translation to 
cover a patient from “eyes to thighs.”

Beyond FDG, there are other tracers coming into more widespread use that 
have very different imaging characteristics. Some of these tracers have lower pho-
ton flux because of lower dose (68Ga-labelled) and/or low positron emission 
branching fraction (89Zr-labelled or 124I-labelled), requiring increased PET system 
sensitivity to achieve reliable quantitative images especially for dose calibration. 
In addition, the quantitative performance of images from some of these tracers 
(e.g., 89Zr-labelled or 124I-labelled) will also require corrections for coincidence 
data acquired in the presence of additional single photons. Finally, increased posi-
tron energy will require improvements in the point spread function (PSF) model 
used during image reconstruction to better account for the increased range of the 
positrons for some of these non-18F-labelled tracers. Hence, while modern PET 

http://crossmark.crossref.org/dialog/?doi=10.1007/978-3-030-43040-5_1&domain=pdf
https://doi.org/10.1007/978-3-030-43040-5_1
mailto:surti@pennmedicine.upenn.edu
mailto:joelkarp@pennmedicine.upenn.edu
https://doi.org/10.1007/978-3-030-43040-5_2


4

scanners may provide excellent quality and quantitative FDG images, moving 
PET in new areas requires continued technical improvements and capabilities.

1.2	 �Current Status of TOF PET/CT Scanners

TOF PET scanners were originally developed in the early 1980s [6–11] when the 
primary application was in brain and cardiac imaging using compounds tagged with 
short-lived radioisotopes, such as 15O-water, 11C-acetate, and 82Rb. While providing 
good timing resolution as well as reduced dead time, the primary limitations of 
these systems were lower sensitivity due to the use of interplane septa for 2D imag-
ing and poor spatial resolution arising due to the choice of scintillator and photosen-
sor. With the development of new scintillators in the late 1990s and early 2000s, a 
new generation of TOF PET scanners, now all PET/CT, was introduced in the 
mid-2000s. These scanners were optimized for the primary application of detection 
and staging of cancer using 18F-FDG. In addition to providing good system timing 
resolution and spatial resolution, these scanners overcame the limitations of low 
sensitivity by enabling fully 3D imaging (no interplane septa). All of these scanners 
use lutetium-based scintillators (LSO and LYSO) and utilize light-sharing detectors 
to achieve high spatial resolution (4–5 mm) with photomultiplier tubes (PMTs) of 
25–39 mm size. Due to the detector design, the coincidence timing resolution of 
these scanners lies within the range of 450–600 ps – very similar to the scanners 
developed in the 1980s but with superior spatial resolution and sensitivity. Recent 
years have seen an introduction of a new solid-state-based photosensor (silicon pho-
tomultiplier, or SiPM) that provides excellent intrinsic timing performance on par or 
better than the conventional PMTs while providing flexibility in detector size that is 
not available with PMTs. This has led to the commercial development of a new 
generation of “digital” PET scanners using SiPM arrays with reduced or almost no 
light sharing in the detector design. These new scanners have much improved sys-
tem coincidence timing resolution (210–390 ps) with similar or improved spatial 
resolution through the use of smaller crystals. The benefits of TOF for clinical imag-
ing were well established [12–18], and so it is expected that improved TOF resolu-
tion will increase these benefits, particularly for patients with larger body mass 
index (BMI).

1.3	 �Hardware Design

1.3.1	 �Scintillator

As mentioned earlier, lutetium-based scintillators are currently being used in all 
modern commercial whole-body TOF PET scanners. This choice is driven by the 
combination of high stopping power, high light output, and fast decay time of these 
scintillators which leads to high system sensitivity as well as very good energy and 
spatial and timing resolutions – all necessary characteristics for a modern fully 3D 
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TOF PET system [19–21]. The two scintillators used most commonly are closely 
related: cerium-doped lutetium oxy-orthosilicate (Lu2SiO5(Ce) or LSO(Ce)) and 
lutetium-yttrium oxy-orthosilicate (Lu1.8Y0.2SiO5(Ce) or LYSO(Ce)). In the early to 
mid-1990s, LSO(Ce), usually referred to as LSO, was first developed and intro-
duced as a PET scintillator [22] as a replacement for BGO. At the time BGO was 
the primary scintillator being used in commercial PET but had limitations due to its 
poor light output and long decay time – less than ideal properties for fully 3D PET 
in comparison with NaI(Tl), which was also in use commercially [19]. While LSO 
was first used in a small animal PET scanner [23] and subsequently incorporated 
into a brain [24, 25] and a whole-body PET scanner [26], it was later recognized that 
it also had very good timing resolution that could be used in the development of 
TOF PET scanners [20, 21]. Following a similar trajectory, LYSO was first utilized 
in a dedicated small animal PET scanner [27] and subsequently used in the produc-
tion of a new generation of commercial TOF PET/CT system [28]. While the cur-
rent version of the Lu-based scintillators all uses varying levels of Ce doping, there 
have been efforts to change the dopant in order to achieve improved performance. 
For instance, a co-doped version of LSO using calcium has been developed with 
increased light output and shorter decay time than the LSO(Ce) scintillator [29], 
leading to further improvements in timing resolution [30]. Similarly, calcium and 
magnesium co-doped versions of LYSO have also been reported to produce higher 
light output than cerium-doped LYSO [31], implying improved timing performance. 
Thus, there is potential for improved lutetium-based scintillators that could be a 
direct replacement for the current versions of commercially used LSO and LYSO.

While BGO is relatively inexpensive and was a preferred PET scintillator prior 
to the development of LSO, the slow time scale of the luminescence process made 
it impossible to use it for TOF PET. However, it has been noted that the passage of 
charged electrons produced within BGO by the annihilation photons leads to the 
emission of Cherenkov light that can be detected by the SiPM devices (high quan-
tum efficiency) [32]. The time scale of Cherenkov emission is very fast leading to a 
very fast signal and potential for fast timing resolution that is appropriate for TOF 
PET [33]. Several studies have been performed recently [34, 35] with best results 
indicating a coincidence timing resolution as good as 330  ps (FWHM) can be 
achieved with a 20-mm-long crystal [34]. However, the light output from Cherenkov 
emission is very low; thus, it is still necessary to utilize the (slower) scintillation 
light to determine both energy and spatial localization of the gamma interaction, 
and it remains to be seen how practical it is to use Cherenkov timing for TOF PET 
imaging with BGO.

1.3.2	 �Photosensor

Since the development of early PET scanners, PMTs have been the photosensor of 
choice for all clinical systems. The high gain and consequently high signal-to-noise 
ratio of the PMT signal lead to very good energy resolution, and plano-concave 
photocathodes combined with careful dynode design have made it possible to 
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achieve very fast timing with cost-effective PMTs in sizes suitable (25–39  mm 
diameter) to combine with multi-crystal PET detector arrays. The development of 
new super and ultra bialkali, plano-concave photocathodes with increased quantum 
efficiency (QE) and improved dynode structure to improve signal rise time has led 
to further improvements in the timing resolution achieved with PMTs. Single-
channel PMTs have been the standard in PET systems where a light-sharing method 
is used to achieve spatial resolution significantly better than the PMT size. In addi-
tion to new photocathode materials, new fabrication methods have led to the devel-
opment of fast multi-anode PMTs where a single photocathode is shared by several 
small anodes in a single PMT package. A fairly common multi-anode PMT design 
has a 5 × 5 cm2 cross section with an 8 × 8 or 16 × 16 array of anodes for readout 
(Fig. 1.1). These PMTs provide additional flexibility in developing fast PET detec-
tors with minimal light sharing to achieve high detector spatial resolution; however, 
their complex design makes them considerably more expensive than the single-
channel PMT.

The last 15–20 years has seen the introduction of a new solid-state photosensor 
(SiPM) that is compact and fast, has high gain and low noise, and is insensitive to 
magnetic fields [36–40]. Although this technology was initially expensive, the cost 
has decreased as the devices become more widely used. Details about SiPM tech-
nology are discussed later in Chaps. 3–6.

Since SiPM devices can be fabricated in small sizes, as opposed to PMTs, they 
provide great flexibility in developing high-resolution PET detectors. They also 
operate at low bias voltage (few tens of volts) as opposed to PMTs (about thousand 
volts), and being solid-state technology can be made nonmagnetic that is necessary 
for PET/MR scanners that incorporate a PET detector ring inside the magnet bore 

Fig. 1.1  From left to right, pictures of 25 mm diameter (R9800), 38 mm diameter (R9420), and 
51 mm diameter (R7724) single-channel PMTs and a 64-channel H8500 MAPMT. All PMTs are 
manufactured by Hamamatsu. The H8500 is 5 × 5 cm2 in size and the individual anodes are about 
6.25 × 6.35 mm2. (Images courtesy of Hamamatsu)
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to enable simultaneous PET and MR scanning. Additional work to further improve 
the performance of SiPMs is ongoing, ranging from increase in photon detection 
efficiency (PDE) due to increased microcell density and quantum efficiency, as well 
as the development of 3D digital SiPMs (wafer-level integration of the SiPM and 
readout electronics). While the current version of digital SiPM technology [41, 42] 
has increased the flexibility and performance to some degree, there are some limita-
tions in this design. For instance, a single time-to-digital converter (TDC) is used to 
obtain timing information for one or more SiPM channels. However, there is a tim-
ing skew attached to the signal from each microcell based on its location within the 
SiPM channel that leads to a degradation of the timing performance of the SiPM 
channel due to the use of a common TDC. One aspect of 3D digital SiPM develop-
ment work is to fabricate a dedicated TDC for each microcell within a SiPM chan-
nel that will likely lead to a device with significantly improved intrinsic timing 
performance. Early SiPM devices were a few millimeters in size, but recent fabrica-
tion techniques have led to the development of larger arrays of these devices that are 
suitable for use in modern PET scanners by coupling to comparably sized scintilla-
tor arrays. Early SiPM arrays were fabricated using discrete SiPM devices con-
nected via bond wires on a common printed circuit board that led to relatively large 
dead areas between each SiPM channel and hence a lower device PDE. More recent 
developments have led to the production of SiPM arrays using through-silicon vias 
(TSV) technology to interconnect the individual SiPM channels and significantly 
reduce the dead area due to classical wire bonding. An ideal solution will be to fab-
ricate the entire SiPM array on common wafer to produce what are called mono-
lithic arrays. However, a disadvantage of this method is that fabrication errors could 
lead to large variations in performance of individual channels on the device leading 
to suboptimal performance – a limitation that is not present in the discrete arrays 
where each channel can be chosen to provide a uniform performance.

1.3.3	 �Detector Design

The properties of the chosen scintillator and photosensor define the best intrinsic 
performance that can be achieved by the PET detector. In particular, the crystal size 
determines the detector spatial resolution (cross section) and sensitivity (thickness) 
as well as light output that in turn affects the detector energy and timing resolution. 
Standard commercial PET detectors have used Lu-based crystals that are 4–5 mm 
wide and 18–25 mm thick. Until the recent advent of SiPM, PET detectors were 
comprised of rectangular crystal arrays coupled to large PMTs (25–39 mm in diam-
eter) via a light-sharing technique such as that utilized in block detectors [43], quad-
rant sharing block detectors [44], or the pixelated Anger-logic detectors [45] (see 
examples in Fig. 1.2). These types of detector designs are still in use in modern 
PET/CT systems from all major manufacturers [46–49]. While all of these systems 
provide very good overall performance, their TOF performance (coincidence timing 
resolution in the range of 400–550 ps) is limited due to the practical choices made 
in the detector design: light loss and transit time dispersion of scintillation photons 
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as they undergo multiple reflections within a long, narrow crystal [20] and the 
degrading effects due to the light-sharing mechanism of these PMT-based detectors 
[50]. Some of these limitations can be mitigated with the use of multi-anode PMTs 
(MAPMT) that require minimal or no light sharing due to small size of the indi-
vidual anodes (Fig.  1.3) [51]. As shown in Fig.  1.3, one can also appreciate the 

Fig. 1.2  Picture of a single detector module from a Philips Gemini TF scanner using a pixelated 
Anger-logic detector design (left) and a Siemens Biograph mCT scanner using a block detector. 
The Gemini TF (and newer Ingenuity TF) detector consists of a 23 × 44 array of 4 × 4 × 22 mm3 
LYSO crystals coupled to a hexagonal array of 39-mm-diameter single-channel PMTs. The open 
crystal area visible along the lower edge of the detector module would be read out with another row 
of PMTs that are not shown here which will straddle this and the neighboring module to form a 
continuous detector ring in the scanner. The mCT detector consists of a 13  ×  13 array of 
4 × 4 × 20 mm3 LSO crystals coupled to a 2 × 2 square array of 25-mm-diameter single-channel 
PMTs. Compared to the Gemini TF detector, each mCT detector is completely independent of 
neighboring detector modules. (Pictures courtesy of Philips Healthcare and Siemens Healthineers)

Amplifiers

Position encoding

H10966A-100
(8 × 8 ancode)

Gain compensation

L0.95GSO array
(15 × 15, 3 × 3 × 20 mm3)

Fig. 1.3  Pictures of two multi-anode PMT-based PET detectors used in a dedicated breast imag-
ing PET/tomosynthesis system under development at the University of Pennsylvania and a research 
whole-body PET scanner. The detector on the left uses a 32 × 32 array of 1.5 × 1.5 × 15 mm3 LYSO 
crystals, while the one on the right uses a 15 × 15 array of 3 × 3 × 20 mm3 LGSO crystals. (The 
figures are reprinted with permission from [51] (left) and [52] (right))
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significant overhead of associated electronics per detector, although a commercial 
implementation would reduce the size of this prototype design. Nevertheless, a 
complete prototype TOF PET system has been recently developed with these elec-
tronics incorporated and with coincidence timing resolution of 340 ps [52]. A bigger 
drawback of MAPMT-based detectors is that the cost of the MAPMTs is signifi-
cantly high compared to single-channel PMTs. The advent of SiPM arrays with cost 
approaching that of single-channel PMTs per unit detector area has therefore made 
the use of MAPMTs in TOF PET scanners less likely since they are not cost-
effective with the existing technology. Compared to the multi-anode PMTs, SiPM 
arrays also present a more flexible and practical alternative to achieving excellent 
detector performance. For SiPM arrays, all the electronics as shown in Fig. 1.3 can 
be replaced by developing a dedicated ASIC where all the electronics are placed on 
a chip. While this can be a very costly development, it is easy to make copies for use 
with multiple detectors. Alternately, for the digital SiPM array from Philips (Philips 
Digital Photon Counter, or PDPC), most of the event processing is done in a field-
programmable gate arrays (FPGA). While the ideal detector design will match each 
SiPM channel to a single crystal (Fig. 1.4), commercial detectors using some light 
sharing have already shown excellent overall performance. Commercial, digital 
PET/CT using SiPM devices is already available from the major manufacturer pro-
viding coincidence timing resolution of the PET system in the range of 210–390 ps.

In the future, new detectors with improved scintillators or photosensors promise 
additional improvements. For instance, 22-mm-thick LYSO scintillators 1-1 cou-
pled to a new generation of SiPMs with improved PDE have shown benchtop mea-
surements of <150  ps coincidence timing resolution [53]. A commercial PET 
scanner comprises tens of thousands of individual crystals, and a similar number of 

Fig. 1.4  (Left) Picture of PDPC digital SiPM array (8 × 8 array, 3.6 cm × 3.6 cm) placed next to 
an 8 × 8 array of LYSO crystals. The LYSO crystal cross section is matched to individual channels 
of the PDPC array, and 360 of such detector arrays are used in the complete Philips Vereos PET/
CT scanner. (Right) A 4 × 2 array (6.4 cm × 3.2 cm) of mini-blocks configured as a detector in the 
Siemens Biograph Vision PET/CT scanner (a total of 304 detectors are present in the scanner). 
Each mini-block consists of a 4 × 4 channel (1.6 cm × 1.6 cm) SiPM array coupled to a 5 × 5 array 
of LSO crystals. A dedicated ASIC array is coupled to the top (back of SiPM array) in the Siemens 
detector. (Pictures courtesy of Philips Healthcare and Siemens Healthineers)
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electronic channels (including TDCs) will be needed in a 1-1 coupled detector 
design. Even if some signal multiplexing is utilized, the number of electronic chan-
nels is still very large, requiring careful calibrations in order to maintain the bench-
top performance. An intriguing option is the use of a single monolithic scintillation 
detector instead of an array of long, narrow crystals coupled to a SiPM array. These 
detectors reduce or remove the degrading effect of multiple reflections of scintilla-
tion photons within a long, narrow crystal while also simplifying the need for 
assembling large crystal arrays and show great promise in achieving both good spa-
tial resolution with depth-of-interaction (DOI) measurement and timing resolution 
[54, 55]. Recent work has shown that spatial resolution of <1.5 mm (FWHM) and 
coincidence timing resolution of <150 ps can be achieved in such a detector design 
with crystals similar in thickness to those used commercially (~2 cm) [56]. While 
the spatial resolution at the FWHM level is the best reported value for detectors of 
this thickness, the spatial response is non-Gaussian with long tails suggesting that 
imaging performance will be somewhat compromised relative to a detector achiev-
ing similar FWHM with a Gaussian response function. A potential drawback is the 
need for significant detector calibrations and the complexity of position and timing 
estimation algorithm. Despite these limitations, these measurements demonstrate 
potential for further improvement in performance of full systems. It is notable that 
a PET scanner based on 8-mm-thick monolithic detectors is commercially available 
for small animal imaging [50]. This system provides very high spatial resolution 
with DOI correction that allows a PET scanner with a small diameter detector ring 
to achieve uniform spatial resolution of ~ 1  mm throughout the imaging field 
of view.

1.4	 �Software Algorithms

In the last two decades, significant progress has been made in the implementation of 
statistical ordered subset expectation maximization (OS-EM) algorithms for routine 
use in clinical PET. Compared to analytical algorithms, these provide better noise 
characteristics in the image, which is especially relevant for the lower sensitivity 
of clinical PET scanners. The advent of new TOF PET scanners in the mid- to 
late 2000s led to an extension of these algorithms to TOF-assisted OS-EM algo-
rithms where each collected event along an LOR is back-projected over a limited 
LOR length (determined by the TOF difference of the coincident photons and the 
system timing resolution) instead of its entire extent within the patient or imag-
ing object leading to reduced noise propagation during image reconstruction [57, 
58]. Regularization techniques can lead to a further reduction in reconstructed 
image noise [59] and have been implemented commercially. While noise reduc-
tion is an important component of optimizing image quality, it is also important to 
maintain quantitative accuracy with these techniques. Spatial resolution modeling 
(also referred to as PSF modeling) within the reconstruction algorithm can also 
improve image quality since it corrects for degrading effects, such as detector reso-
lution, positron range, and parallax error, and effectively leads to improved spatial 
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resolution in the reconstructed images [60, 61]. Finally, joint estimation of emis-
sion and attenuation images has been investigated for many years [62], with an eye 
toward avoiding the use of the CT images for attenuation correction. For non-TOF 
PET data, this approach does not provide robust results, since the cross talk between 
the two reconstructions makes it impossible to uniquely determine both attenua-
tion and emission distributions independently. With TOF information, simultaneous 
attenuation-emission reconstruction approaches have been revisited [63] with great 
promise [62, 64, 65]. Although there is still a need for a relative scaling of the emis-
sion and transmission reconstructions, the cross talk between them is significantly 
reduced by incorporating the TOF information into the joint estimation. While it is 
unlikely that PET will be used routinely without CT for clinical purposes, there are 
situations that would benefit from being able to provide quantitative images without 
the radiation dose from the CT, such as pediatric imaging.

1.5	 �Conclusion

The last 20 years has seen significant improvements in PET instrumentation lead-
ing to greatly enhanced imaging performance. These improvements have been 
driven by technological hardware advancements beginning with improved scintil-
lator characteristics and new photosensors leading to new digital detector designs 
using primarily SiPMs. A consequence of these advancements has been an 
improvement in intrinsic system sensitivity while acquiring data exclusively in 
fully 3D mode and a commercial implementation of TOF imaging with both PET/
CT and PET/MR systems. In parallel, software developments utilizing the advan-
tages of improved or expanded information present in PET data have led to image 
reconstruction methods that lead to greatly improved signal-to-noise ratio in the 
images. Consequently, routine clinical exams can be performed in <10 min while 
also opening new avenues for PET imaging utilizing either new radiotracers or 
using new imaging protocols.
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