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This paper provides an update on time-of-flight (TOF) PET with a focus on latest hardware developments leading
to current commercial PET/CT instruments. We describe advances in scintillator development, new photosensors
and associated electronics readout, and detector designs for utilization in complete systems. Next, we introduce
the latest commercial PET/CT scanners based on the aforementioned technologies, and discuss the detector
design choices made that are relevant to differences in the system performance. Finally, we end with a discussion
of the latest performance benchmarks for improved timing in PET detectors, challenges in scaling this perfor
mance to a complete system, and the outlook towards achieving a sub-50 ps coincidence timing resolution (CTR)
in a PET detector.

1. Introduction
The first generation of TOF PET scanners developed in the 1980 s
used CsF or BaF2 scintillators coupled to photomultiplier tubes (PMTs),
achieving TOF resolution of 400–600 ps [1–6]. The low stopping power
and low light output of these scintillators led to limited system sensi
tivity as well as poor spatial and energy resolution. The arrival of higher
light output and dense lutetium-based (Lu-based) scintillators since the
1990 s [7] subsequently led to the development of a second generation
of TOF PET scanners in the mid-2000 s with much higher system
sensitivity and improved spatial resolution, while achieving TOF reso
lution in the 450–600 ps range [8–11].
The last five years have seen significant activity related to TOF PET
hardware technology, especially in the area of photosensor develop
ment, leading to a widespread commercial introduction of silicon pho
tomultiplier (SiPM) based (digital) whole-body TOF PET systems (third
generation TOF PET systems) from all major manufacturers [12–16].
While the first SiPMs were developed in early 2000 s [17–21], it has
taken several years of extensive research by various groups around the
world, as well as new development by SiPM manufacturers, for these to
be implemented in commercial PET systems. These new scanners not
only provide much improved TOF resolution (as good as 214 ps [14]),
but also have gains in sensitivity due to longer axial lengths and in some
systems improved spatial resolution compared to the second generation

of TOF PET systems. Most of these improvements were enabled by the
development of compact SiPM photodetectors. In addition to providing
improved intrinsic timing performance relative to the traditional PMTs,
SiPMs also provide improved detector performance due to reduced or no
signal multiplexing (average number of scintillation detectors per SiPM
channel). In this aspect these designs are similar to the detectors origi
nally designed for the first generation of TOF PET systems in the 1980 s
that had no signal multiplexing (1–1 coupled), but were limited in
spatial resolution due to the relatively large size of single PMTs, TOF
resolution due to the scintillator and PMT characteristics, and sensitivity
due to the scintillator density. Hence, the latest digital TOF PET system
represent another generational step forward in the direction of
improved PET image quality leading to ever shorter imaging times (<10
min for a whole-body scan) with potentially improved diagnostic
performance.
This article provides a description of the PET hardware technology
that has enabled the current generation of TOF PET, a design and per
formance review of the latest commercial whole-body PET/CT systems,
and finally discusses future technological advancements in PET hard
ware. In particular the challenges in achieving 100 ps system TOF res
olution in commercial PET with scintillation detectors, and the potential
to go to sub-100 ps will also be discussed. Attaining sub-100 ps TOF
resolution has significant implications for PET image generation and
could open up new avenues for PET system design [22].
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2. Advances in PET hardware technology

scanners starting from 1980 s through mid-2000 s, its low light output
and slow scintillation signal were not good enough to perform TOF
imaging. However, recent work has shown evidence that TOF imaging
may be possible with BGO by detecting the prompt (almost instanta
neous to within a few ps) Cerenkov photons that are emitted by the
energetic electrons produced within the crystal due to absorption of the
511 keV photons [34–36]. The Cerenkov photon emission yield is ex
pected to be in the range of 10–30 photons for 511 keV photons, and is
generally inversely proportional to the square of the Cerenkov photon
wavelength [37]. For BGO this translates into ~ 20 Cerenkov photons
per 511 keV photon in the wavelength range of 305–750 nm [34]. After
accounting for self-absorption in the crystal and the detection efficiency
of the photosensor, the number of detected Cerenkov photons will be
much lower. However, any TOF capability achieved via the Cerenkov
mechanism in a BGO detector will provide additional advantages espe
cially due to its much lower cost (about 1/3 that of Lu-based
scintillators).

System TOF resolution is directly related to the coincidence timing
resolution (CTR) achieved in a PET scintillation detector. Detector CTR
is determined by the scintillator (light yield, rise and decay times),
photosensor (timing jitter and conversion efficiency), detector design
(jitter due to variable depth-of-interaction or DOI, and multiple re
flections in scintillator), and electronics (precision of timing measure
ment). Beyond the intrinsic timing performance of the detector (CTR),
the system TOF resolution is also determined by calibrations and vari
ability of detector performance. While Lu-based scintillators still provide
the best combination of physical properties necessary for developing
high performance TOF PET detectors, the last five years have shown that
SiPMs not only provide improved intrinsic timing performance
compared to PMTs but they also enable new detector designs that are
capable of achieving an overall improved PET detector performance.
Currently, several commercial systems using SiPMs have been devel
oped, but the design and physical properties of SiPMs continue to
improve leading to further advancements towards new and improved
detector designs.

2.2. Photo-sensors for TOF PET
The advent of SiPMs in the last 15–20 years has led to a significant
shift in the design of PET detectors due to their high performance (high
gain, low noise, and fast timing), compact design and ability to operate
within a magnetic field [17–21]. A single SiPM device consists of several
thousand reverse biased photo-diodes (or micro cells) operating near
breakdown voltage on a common substrate. Each micro-cell operates in
parallel with the other micro-cells and when scintillation photons reach
the SiPM they initiate a Geiger avalanche in several micro-cells, leading
to a current signal that is proportional to the number of micro-cells firing
at any given time. As long as the number of incident scintillation photons
is less than the number of micro-cells (otherwise, the SiPM saturates),
the energy of the event will be proportional to the number of micro cells
that fire, which is equivalent to integrating the analog signal. An inte
grated quenching mechanism using a resistor in series with each diode
helps limit the device current and enables micro cell recovery. Device
photodetection efficiency (PDE, probability for detecting an incident
photon that is a product of device quantum efficiency, probability for
triggering an avalanche, and the device fill-factor [21]) and single
photon timing resolution (SPTR) are two major factors impacting its
performance for fast timing applications. Any increase in PDE of the
SiPM or increase in scintillator light output has a similar effect on CTR
since both translate into a gain in the number of optical photons
detected.
The very early SiPM devices were a few millimeters in size, had a low
PDE of 10–15% at 420 nm, but fairly good SPTR (<160 ps fwhm) [38].
Despite a higher quantum efficiency of the individual microcells within
these SiPM devices, the overall PDE was limited by the low fill factor of
these devices. Technological developments in the last decade have led to
much higher fill factors while limiting cross-talk between microcells,
leading to the latest SiPM devices that provide PDE as high as 50–60% at
420 nm [39] that is appropriate for very fast timing performance.
Expansion of these individual SiPM devices into larger practical arrays is
another technological milestone that has led to their use in modern
commercial PET systems. SiPM arrays were originally fabricated from
discrete SiPM devices connected via bond wires on a common printed
circuit board, leading to large dead areas between individual SiPM
channels and reduced PDE for the array. Recent developments using
Through-Silicon Vias (TSV) technology to interconnect the individual
SiPM channels in a larger array have significantly reduced the dead area
due to classical wire bonding. A consequence of all these developments
is the availability of large SiPM arrays with PDEs as high as 50–60% at
420 nm [36] and SPTR of < 70 ps [40]. The fabrication of the entire
SiPM array on a common wafer (monolithic arrays) leads to minimal
dead area between individual channels. However, replacing any defec
tive channel in the array is impossible, leading to rejection of the full
array and high fabrication costs. This limitation is not present in the

2.1. Scintillators for TOF PET
As mentioned earlier, Cerium-doped Lu-based scintillators, primarily
LSO and LYSO but also LGSO [23] and LFS [24], currently provide the
best combination of physical properties necessary for use in state-of-art
commercial whole-body PET scanners. This is due to a combination of
high stopping power with μ511 = 0.78–0.88 cm− 1 (necessary for system
sensitivity), high light output of 31–34 photons/keV (~17,000 scintil
lation photons per 511 keV photon that are necessary for good energy,
spatial, and timing resolution), and short decay time (τd) of 36–43 ns
(necessary for low deadtime) [24–26]. All these characteristics make
these scintillators a very good choice for use in fully-3D TOF PET
√̅̅̅̅̅̅̅̅̅̅̅̅̅̅̅̅̅̅̅̅̅
scanners [27]. It has been shown [28,29] that CTR ∝ τr ∙τd /NPh where
τr is the signal rise time and NPh is the number of optical photons
detected by the photodetector, which in turn is a function of light
output, transmission probability through crystal, and detection effi
ciency of the photodetector. The high light output, short decay time, and
fast rise time (τr, < 1 ns) of Lu-based scintillators therefore lead to very
good CTR, and hence the application for TOF PET imaging. With new
doping methods there are potential benefits towards improved light
output and shorter decay times - for LSO co-doped with Ca light output
has been shown to increase to 39 photons/keV with a decay time of 31 ns
[30]. More recently, light output of up to 42 photons/keV and shorter
decay times (34 ns) have been reported on for LYSO crystals co-doped
with Ca and Mg, and these improvements are being made at an indus
trial production level [31]. These improvements indicate a pathway
towards improved timing performance with a new generation of Lubased scintillators as also shown with recent detector measurements
(see below).
An alternate category of Cerium-doped rare earth garnet scintillators
(Gd3Al2Ga3O12 (GAGG) [32], Gd3(Al,Ga)5O12 (GGAG) [33], and (Gd,
Lu)3(Al,Ga)5O12 (GLuGAG)) [33]) have shown potential for favorable
performance in fully-3D TOF PET scanners (μ511 = 0.61–0.64 cm− 1, light
output of 46–65 photons/keV, and decay time of 40–88 ns). Lu-based
crystals require rare metals such as Iridium to make crucibles that can
withstand > 2000◦ C temperatures for crystal growth, which adds
significantly to crystal costs. The cubic structure of the garnet scintil
lators allows the use of ceramic techniques for faster crystal growth at
much lower temperature and the ability to fabricate the scintillator in
different shapes and sizes without cutting, thereby potentially leading to
cost-effective manufacturing. However, as yet, no significant progress
has been made in terms of developing large area PET detectors or pro
totype PET systems with these scintillators.
While BGO was the scintillator of choice for use in whole-body PET
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discriminators (CFDs), and high precision TDCs [47–50]. Development
of a dedicated ASIC is a costly and time consuming effort, but there are
some commercial solutions available that are tailored for TOF PET ap
plications. Considering the complexity of this task, the relative
simplicity of the digital SiPM is apparent where all electronics are in
tegrated within the device and only Field-Programmable Gate Arrays
(FPGA) are needed to perform event processing.

discrete arrays where each channel can be individually chosen for good
performance.
An alternate SiPM design integrates a dedicated 1-bit ADC for each
micro cell on the substrate, which directly converts the micro cell state
(fires or does not fire) into a digital signal [41–43]. An on-chip counter
and timer lead to a fully-digital output of the incident photon energy and
timing information leading to such devices being called digital SiPMs as
opposed to the traditional SiPM also sometimes called analog SiPMs. A
digital SiPM design has significant advantages over the traditional SiPM
devices: it provides the ability to perform timing pickoff from the very
first photon (and hence improved timing performance), it provides the
ability to turn-off individual micro-cells, and most importantly it
removes the need for dedicated back-end electronics in reading out large
SiPM arrays. The current version of the digital SiPM technology provides
all these advantages but there are some limitations in the design. A
single time-to-digital converter (TDC) is currently used to obtain timing
information from a single chip (4 channels) that leads to a timing skew
based on which channel fires. Consequently SPTR values for this device
are in the range of 150 ps [44]. Due to the integration of dedicated
electronics on the chip, the fill factor for this device is also lower leading
to a PDE of ~ 25% at 420 nm [34]. Future technological developments
such as use of a single TDC per channel are likely to improve the SPTR
performance. However, improvements in PDE will require some major
re-design in order to improve upon the device fill-detector. Development
of 3D digital SiPMs with wafer-level integration of the SiPM and readout
electronics [45] may eventually provide the maximum benefit of this
approach. Such designs will allow utilizing all the intrinsic advantages of
the traditional SiPMs (very high PDE, low SPTR) with the benefits of
having a digital signal output. In particular, it may be possible to have a
dedicated time-to-digital converter (TDC) for each microcell within a
SiPM channel that will likely lead to a device with significantly
improved intrinsic timing performance.

3. State-of-art in TOF PET scanners
All major commercial vendors of PET/CT systems have transitioned
their high-end product to a digital (SiPM-based) system and generally
the axial field-of-view has increased to > 20 cm with one exception. The
TOF resolution of these scanners varies in the range of 214–380 ps while
the deadtime is very low compared to the traditional PMT based system
due to minimal or no multiplexing [12–16]. Hence any differences in
NEC performance, at least in the range of activities used for clinical
imaging, are primarily determined by the system sensitivity. All of these
systems also exclusively use Lu-based scintillators. In the following subsections we provide brief technical descriptions of these systems
together with TOF resolution, spatial resolution, and sensitivity. The
differences in spatial resolution and sensitivity are explained primarily
by the choices made for crystal width and thickness as well as the system
axial length. The differences in TOF resolution are dependent more on
the choice of scintillator, SiPM array, and the detector design in terms of
signal multiplexing and total light collection efficiency.
3.1. GE Healthcare
GE Healthcare has an axially scalable line of PET/CT under the GE
Discovery MI series with axial lengths of 15 (3 rings), 20 (4 rings), and
25 cm (5 rings) (Fig. 1A) [13,51]. The basic crystal element (pixel) in
these systems is a Lu-based scintillator with dimensions 3.95 (trans
verse) × 5.3 (axial) × 25 mm3. A single optical block is composed of a 4
(transverse) × 3 (axial) array of crystals. A 1 (transverse) × 3 (axial)
array of the optical blocks form a detector and 136 such detectors form a
single ring of the scanner. Each detector is coupled to a non-contiguous 1
(transverse) × 3 (axial) array of SiPM chips (3 × 2 pixel array with pixel
size of 4 × 6 mm2) and an analog ASIC is used for signal processing and
readout (Fig. 1B). Anger multiplexing is used for positioning with 2
crystals per SiPM pixel. A single scanner ring (15.0 cm axial length) is
composed of 136 such detector blocks leading to a scanner ring diameter
of 70 cm. A closed-loop water cooling system is used to keep the SiPM
arrays at a stable temperature of 19◦ C. Signal multiplexing together
with<60% coverage of the crystal area (~754 mm2) by the SiPMs
(~432 mm2) leads to a compromise in the system TOF resolution, which
is measured to be 382 ps [51]. Measured NEMA system sensitivity is
13.7 cps/kBq [13] and 20.8 cps/kBq [51] for the 4- and 5-ring systems,
respectively, indicating the impact of scanner axial length. Recon
structed NEMA spatial resolution (fwhm) is 4.15/4.48 mm at r = 1 cm
and 6.22/6.1 mm at r = 20 cm in the transverse/axial directions for the
4-ring system [13]. These numbers reflect the impact of Anger multi
plexing and the use of thicker crystals that are longer in the axial di
rection compared to other commercial scanners; slightly poorer spatial
resolution in the axial direction and also increased degradation at r = 20
due to higher parallax error. For the 5-ring system reconstructed NEMA
spatial resolution (fwhm) is 4.34/5.05 mm at r = 1 cm and 6.20/6.56
mm at r = 20 cm in the transverse/axial directions [51]. A new Dis
covery MI Gen 2 has recently been announced that is similar to the
current Discovery MI except for an axial length of 30 cm, leading to even
higher system sensitivity.

2.3. TOF PET detector design and data acquisition electronics
While the intrinsic properties of the scintillator and photosensor
define the best CTR that can be achieved in a PET detector, it is also
important to consider the need for spatial resolution and sensitivity in a
full PET system. All commercial whole-body PET scanners until fairly
recently have used Lu-based crystals that are 4–5 mm wide and 18–25
mm thick as the base detector. The crystal width has very recently been
reduced to < 4 mm in commercial digital PET/CT available from at least
two vendors [14,15]. In the past, significant signal multiplexing (num
ber of crystals per photosensor channel) was used when using large
PMTs to read out arrays of these narrow but long crystals. Detectors in
the recent digital PET systems have greatly reduced or completely
eliminated the signal multiplexing relative to the PMT-based detectors,
but they still utilize similar narrow, long crystals. Multiple reflections of
scintillation photons in a narrow, long crystal leads to a loss of some of
these photons and also introduces a transit time dispersion, effects that
degrade detector CTR [46]. Finally, the lack of depth-of-interaction
(DOI) information also introduces a dispersion in time pickoff due to
differences in speed for the scintillation and annihilation photons within
the crystal that further degrades detector CTR [28]. With current pixe
lated detector designs where long crystals are read-out on back surface,
there is no practical way to measure DOI. Hence, this leads to a degra
dation not only in the detector CTR, but it also degrades spatial reso
lution due to the well-known effect of parallax error. Despite these
limitations, large pixelated crystal arrays still represent the detector of
choice in all commercial whole-body PET systems primarily due to the
simplicity of the design.
Data acquisition for PET systems using SiPM-based detectors can be
challenging with a need to measure energy and timing from several tens
of thousands of individual SiPM channels. Typically this requires the use
of a dedicated TOF PET application specific integrated circuit (ASIC)
chips with integrated amplifiers, non-delay line constant fraction

3.2. United Imaging
United Imaging offers two traditional PET/CT with a ring diameter of
76 cm that are identical in design except for the axial length: the uMI
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Fig. 1. (A) Picture of the GE Discovery MI PET/CT. (B) Picture of a 4x3 array of optical blocks coupled to a 4 × 3 array of SiPM chips [52]. Each optical block is a 4 ×
3 array of 3.95 × 5.3 × 25 mm3 Lu-based pixels and each SiPM chip is 3 × 2 pixel array with pixel size of 4 × 6 mm2.

550 (24 cm axial length) [15] and uMI 780 (30 cm axial length)
(Fig. 2A). The shared detector design is also common to their 194 cm
total-body PET/CT – the uEXPLORER. The basic crystal element is a
2.76 × 2.76 × 18 mm3 LYSO pixel that is arranged in a 7 (transverse) × 6
(axial) array block that is read-out by four non-contiguous 6 × 6 mm2
single channel SiPMs in a light sharing block readout scheme (Fig. 2B).
The multiplexing ratio is 10.5 crystals per SiPM channel. A 5 (trans
verse) × 14 (axial) array of these blocks leads to a detector module that
is 24.4 cm long in the axial direction. A scanner ring is composed of 22 of
these modules with a ring diameter of 72.2 cm. Signal readout elec
tronics are based on traditional discrete circuits – amplification and
leading-edge triggering for obtaining timing from the fast SiPM signal,
and amplification and digitization (via analog-to-digital converter or
ADC) of the slow SiPM anode signal for calculating energy and position
in an FPGA. System TOF resolution is reported as 372 ps at low activity
levels [15], limited as in the GE systems primarily due to signal multi
plexing and only ~ 40% coverage of the crystal area (~341 mm2) by the
SiPMs (~144 mm2). Measured NEMA system sensitivity is 10.2 cps/kBq
for the uMI 550 with a reconstructed spatial resolution (fwhm) of 2.95/
2.97 mm at r = 1 cm and 4.11/3.13 mm at r = 20 cm in the transverse/
axial directions [15].

of the individual pixels is coupled to a 4 × 4 channel SiPM array with full
detector coverage to form a mini-block with multiplexing ratio of ~ 1.56
crystals per SiPM channel. A 4 (transverse) × 2 (axial) array of these
mini-blocks is packaged into a detector with signal readout performed
with two custom-designed ASICs. A 2 (transverse) × 8 (axial) array of
these detector modules form a detector electronic assembly (DEA) with
readout electronics (Fig. 3B). A scanner ring is composed of 19 such
DEAs leading to a ring diameter of 78 cm and axial length of 26.1 cm.
The system is water-cooled at room temperature. Measured system TOF
resolution is 214 ps with system NEMA sensitivity of 16.4 cps/kBq [14].
The excellent TOF resolution of this system is due to low signal multi
plexing ratio and 100% detector coverage by the SiPMs. Reconstructed
NEMA spatial resolution (fwhm) is 3.55/3.50 mm at r = 1 cm and 4.65/
4.40 mm at r = 20 cm in the transverse/axial directions [14].
3.4. Philips Healthcare
A pre-production version of the Philips Vereos (Fig. 4A) was origi
nally developed and reported on as early as 2014 [54] but it was
commercially available starting in 2017 [12]. This scanner uses the
Philips Digital Photon Counting (PDPC) SiPM array (digital) as the
photosensor. Each PDPC sensor is an 8x8 array of individual pixels 1–1
coupled to an 8x8 array of 3.86 × 3.86 × 19 mm3 LYSO pixels. The
detector design for Vereos provides full light collection and is expected
give the best timing performance for a given SiPM array. Fig. 4B shows a
picture of the PDPC sensor placed next to an array of LYSO crystals and a
complete detector. A 5x4 array of these detectors forms a detector

3.3. Siemens Healthineers
Siemens Biograph Vision (Fig. 3A) represents the latest Siemens
PET/CT using SiPM as the photosensor in the detector block [14]. The
basic crystal element here is 3.2 × 3.2 × 20 mm3 LSO pixel. A 5 × 5 array

Fig. 2. (A) Picture of the United Imaging uMI 550 PET/CT. (B) Schematic (left) of an array of crystal blocks coupled to SiPMs (courtesy of Dr. Hongdi Li, United
Imaging Healthcare America). Each crystal block is a 7 × 6 array of 2.76 × 2.76 × 18 mm3 LYSO pixels coupled to four non-contiguous 6 × 6 mm2 single channel
SiPMs in a light sharing block readout scheme. Picture of an assembled detector module (right) comprising of a 5 × 14 array of crystal blocks and associated
electronics [53].
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Fig. 3. (A) Picture of the Siemens Biograph Vision PET/CT. (B) Picture of a mini-block (5 × 5 array of 3.2 × 3.2 × 20 mm3 LSO pixels), a 2 × 2 array of mini-blocks
coupled to a 2 × 2 array of SiPMs (each a 4 × 4 array of SiPM channels), a detector block composed of a 4 × 2 array of mini-blocks, and a detector electronic assembly
(DEA) of comprising of 2 × 4 array of detectors and associated electronics. Pictures courtesy of Siemens Healthineers.

Fig. 4. (A) Picture of the Philips Vereos PET/CT. (B) Picture of an 8x8 array of 3.86 × 3.86 × 19 mm3 LYSO pixels next to an 8x8 array of the digital PDPC sensor
(top) and the complete detector (bottom). Pictures courtesy of Philips Healthcare.

module and 18 such detector modules form the complete scanner ring
with a diameter of 76.4 cm and axial length of 16.4 cm. The system is
also air-cooled and maintained at a stable temperature of 18◦ C.
Measured system TOF resolution according to NEMA NU2-2018 [55]
methods is 332 ps [12]. Measured [12] system sensitivity of the Philips
Vereos is 5.7 cps/kBq and the reconstructed spatial resolution (fwhm) is
4.01/3.96 mm at r = 1 cm and 5.39/5.81 mm at r = 20 cm in the

transverse/axial direction according to NEMA NU2-2012 standards
[56].
3.5. Canon Medical Systems
Cannon Medical Systems recently introduced their latest PET/CT
also based on SiPM technology [16]. The new system, Cartesion Prime

Fig. 5. (A) Picture of the Canon Medical Cartesion Prime PET/CT. (B) Schematic of a detector block (left) comprising a 12 × 12 array of 4.1 × 4.1 × 20 mm3 LYSO
pixels 1–1 coupled to a 12 × 12 array array of SiPMs, and a detector module (right) with a 1 × 5 array of the detector blocks with associated electronics and an aircooling system. Pictures courtesy of Drs. Jeffrey Kolthammer and Maria Iatrou, Canon Medical Systems, USA.
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(Fig. 5A), uses 4.1 × 4.1 × 20 mm3 LYSO pixels. Each detector block is
an array of 12 × 12 pixels 1–1 coupled to a 12 × 12 array of SiPMs with
complete (100%) detector coverage (Fig. 5B). A 1 (transverse) × 5
(axial) array of these blocks forms a single detector module that is aircooled to maintain stable room temperature. The scanner ring dimeter
is 78 cm with axial length of 27 cm. System TOF resolution is measured
to be 258 ps with NEMA sensitivity of 13.5 cps/kBq [16].

not yet been determined to be cost-effective for whole-body imaging
studies that are primarily 18F-FDG surveys for cancer diagnostics, and
where point spread function (PSF) modeling methods can be effective in
image reconstruction. Finally, reducing the effect of multiple reflections
of scintillation photons within a long narrow pixel may be difficult to
overcome. Hence, alternate designs such as monolithic detectors with a
wide cross-section provide a pathway where the DOI measurement is
obtained together with significantly reduced photon reflections within
the crystal.
Measurements with a 2 cm thick monolithic LYSO crystal coupled to
a digital SiPM array have demonstrated a spatial resolution of < 1.5 mm
(FWHM) and CTR of < 150 ps, together with a DOI measurement [64].
Improved PDE of such a SiPM array could potentially lead to further
gains in the CTR. Potential drawbacks of this design are the need for
significant detector calibrations and complexity of position and timing
estimation algorithms. Thin (≤10 mm thick) monolithic crystals have
been practically implemented in commercial pre-clinical [65] and breast
imaging systems [66], and efforts are also underway to extend these
methods to thicker (1.5–2 cm) monolithic LYSO detectors to achieve
very good spatial resolution and DOI measurement using arrays of
traditional analog SiPMs [67]. However, increased light spread in a
thick monolithic detector leads to a low signal-to-noise ratio (SNR) in
the electronics signal from each SiPM channel and a time-walk, both of
which degrade detector CTR [68]. The monolithic detector design using
digital SiPM has the ability to trigger on the very first photon [64],
providing an intrinsic advantage over detectors using analog SiPMs.
Alternately, a multi-layered detector can be assembled with thin slices of
large cross-section scintillator, each layer having independent read-out
and representing separate DOI [69] (see Fig. 6). The complexity of de
tector calibrations is significantly reduced and the reduced light spread
may be sufficient to achieve good CTR with analog SiPMs. Signal
readout from the multiple SiPM arrays in a complete system may,
however, be practically difficult. Hence, while achieving CTR of < 100
ps may be possible, attention needs to be paid to the practicality and
robustness of the detector design.
Finally, efforts are underway to reduce detector CTR to well below
50 ps, and approach values closer to 10 ps [22]. While development of
any new scintillator with significantly better intrinsic timing perfor
mance relative to Lu-based scintillators cannot be discounted, it is more
likely that mechanisms other than scintillation are needed to achieve the
improved CTR goal. One avenue is to use the very fast Cerenkov photons
(few ps time scale that is an order of magnitude or more faster than the
scintillation process in Lu-based scintillators) that are produced due to
the passage of charged electrons produced by the annihilation photons
within a scintillator. The number of Cerenkov photons produced per
511 keV photon can be very small (~9 in LSO) with emission wave
length in the range of 305–750 nm. Hence, achieving good timing
measurement with the Cerenkov photons that is better than the best
measurements with scintillation photons will require SiPM that have
increased PDE especially in the UV range and better SPTR than the best
devices available today (PDE of the FBK NUV HD device is 45% at 300
nm [36] while the SPTR is 68 ps [34]). The low Cerenkov photon yield
will also make the CTR even more susceptible to the effects of unknown
DOI and multiple reflections in long thick pixels. Hence, utilizing Cer
enkov photons for achieving CTR < 50 ps in a Lu-based PET detector will
require not only new SiPM technology but also new detector design.

4. Performance benchmarks for CTR in SiPM-based PET
scintillation detectors and challenges in scaling to a complete
PET system
4.1. Lu-based detectors
Measurements using single Lu-based crystals coupled to a single FBK
NUV HD SiPM (SPTR of 68 ps [40] and PDE of 60% at 410 nm [36]) have
achieved a CTR of 58–80 ps, but this is achieved with very thin (~2 mm
thick) crystals that do not provide sufficient stopping power necessary
for PET [57,58]. With thicker (~20 mm) crystals that is typical for PET
scanners, CTR values in the range of 98–122 ps have been measured
[57,58]. These bench-top measurements utilizing waveform sampling
on high-end digital oscilloscopes indicate that CTR in the range of
100–150 ps is achievable. However, expanding such a signal readout
scheme to a full PET systems can be extremely challenging technically
and also expensive. Recent work [59] with an array of 4 × 4 × 12 mm3
LYSO crystals 1–1 coupled to a KETEK SiPM array (similar PDE and
SPTR as the FBK NUV HD device) and read out via PETsys TOFPET2
ASIC showed a CTR of 216 ps, matching the TOF resolution of the
Siemens Vision scanner [14] (the current benchmark for commercial/
scalable designs), but significantly worse than the single channel
benchtop measurements with specialized electronics. While these
traditional, analog SiPM arrays have achieved very high intrinsic per
formance, a major limitation in using these devices in a system that
achieves CTR performance in the range of 100–150 ps comes from the
need to develop scalable electronics. A dedicated ASIC that takes full
advantage of the intrinsic performance of these devices is a necessary
area of development. Digital SiPMs with integrated electronics provide
fast timing capability while also showing direct scalability from benchtop measurements to a full system [12,41]. Timing pickoff can be
determined from the first photon trigger signal to achieve the best
timing performance. However, this setting is also sensitive to the dark
count rate of the device and will lead to increased deadtime. Hence, the
commercial implementation of the digital SiPM in the Philips Vereos
achieves system TOF resolution of 332 ps by performing timing pickoff
when at least two photons are detected in the device, with low deadtime
at a temperature at 18◦ C. In contrast, the same digital SiPMs are used in
the PennPET Explorer research scanner [60], which operates at 5◦ C so
that the first photon can be used for timing measurements to achieve a
system TOF resolution of 250 ps with low deadtime. Overall, however,
the low PDE of these devices (~25% at 420 nm) relative to the analog
SiPMs likely limits their current performance. Large gains in system CTR
performance can be expected if the PDE of these devices is increased to
values closer to those seen in the traditional SiPMs.
While achieving system CTR of 100–150 ps is likely achievable with
development of scalable electronics for regular SiPMs or improved PDE
for digital SiPMs, achieving CTR of < 100 ps will also require a reevaluation of the detector design. In particular, DOI measurement is
needed to reduce uncertainties in timing pickoff and the timing jitter due
to multiple photon reflections in long, narrow scintillator pixels needs to
be reduced. Over the years methods have been developed for measuring
DOI in pixelated detectors (two sided readout [61], offset crystal layers
[62], reflector design [63], etc.), but the primary focus of many for these
designs has been towards small animal or dedicated organ-specific PET
scanner development. Incorporating these methods robustly for several
thousands of crystals present in a whole-body PET scanner, and without
negatively impacting the intrinsic CTR, can be a challenge. Also, it has

4.2. BGO detectors
Compared to Lu-based scintillators, scintillation emission in BGO
does not have good timing properties necessary for TOF PET perfor
mance. However, BGO has a higher Cerenkov photon yield per 511 keV
photon (~20). For fast timing using Cerenkov photons in BGO, results
with 20 mm thick BGO show a timing distribution with full-width at
half-maximum (fwhm) of 330–560 ps [34,36] but with very long tails
(Lorentzian shape). The tails in the timing distribution arise due to the
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Fig. 6. Schematic of variations of a monolithic detector coupled to a SiPM array. At left is a thick monolithic detector and on the right are multiple layers of thin
monolithic detectors.

nature of the BGO signal: a small but very fast signal due to Cerenkov
photons together with a slower, but relatively much larger, scintillation
signal. With dual-sided crystal readout, Kwon et. al. [70] have shown
that the ambiguity in using Cerenkov or scintillation photons for timing
can be reduced by using the earliest photon for timing on either end of
the crystal. Results show that with this method the CTR fwhm for 20 mm
thick BGO is improved from 463 ps to 399 ps at the fwhm level and from
1463 ps to 936 ps at the fwtm level [70]. Using high frequency (HF)
electronics with fast oscilloscope readout, the CTR is further reduced to
331 ps (fwhm) and 923 ps (fwtm). Alternately, Kratochwil et. al. showed
that fast waveform sampling (together with HF electronics) can be used
to categorize each BGO signal into a range of fast to slow components
based on rise time differences [71]. This can then be used to correct for
time-walk effects and lead to CTR of 259 ps (fwhm) and 891 ps (fwtm)
for 20 mm thick BGO [71]. While showing feasibility and setting
benchmarks, use of two-sided readout in a full PET system with (labo
ratory) HF electronics, or using a very fast oscilloscope to categorize
different rise times, do not easily lead to scalable, cost-effective
solutions.
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