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Single photon emission computed tomography (SPECT) and positron emission
tomography (PET) are established medical imaging modalities that have been
implemented for decades, but improvements in detector design and camera
electronics are needed for advancement of both imaging technologies. Detectors
are arguably the most important aspect of the systems. Similar to SPECT, PET
typically relies on indirect conversion of gamma radiation via scintillators coupled
with photosensors used to convert optical photons produced by the scintillator
into an electrical signal. PET detectors are defined by their energy resolution,
timing resolution, and spatial resolution, all of which affect and determine the
image quality. Improvements in energy resolution have been shown by increasing
the brightness of the scintillator utilizing materials like cerium bromide (CeBr3) or
switching to a direct conversion detector, such as cadmium zinc telluride (CZT) or
thallium bromide (TlBr). Timing resolution for PET is a focal point of the current
research. Improving the timing resolution improves the signal-to-noise of the PET
system and is integral to the implementation of time-of-flight PET. By utilizing
novel configurations, such as side readouts on scintillators, timing resolution has
been improved dramatically. Similarly, metascintillators, which use complex
combinations for the scintillator material, have also shown improvements to
the timing resolution. Additional research has focused on using Cherenkov
light emission in scintillators to further improve the timing resolution. Other
research is focused on using convolutional neural networks and other signal
processing to enhance timing resolution. Lastly, aside from acollinearity and
positron range, spatial resolution is impacted by the PET detector, therefore
improving the intrinsic spatial resolution of the detector will allow for smaller
features to be imaged. One method for improving the spatial resolution is to use
unique configurations with layered scintillators. Additionally, monolithic
scintillators have also been shown to have reduced spatial resolution. The
future for both SPECT and PET image system advancement will depend on
continued development of the detectors via many different pathways including
materials, signal processing, physics, and novel configurations. In this review
article, we will discuss challenges and emerging technologies for state-of-the-
art radiation detectors utilized in PET and SPECT.
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1 Introduction

Single photon emission computed tomography (SPECT) and
positron emission tomography (PET) are important nuclear
imaging modalities that have become integral parts of patient
diagnosis and care in the past several decades. SPECT detects a
single high-energy photon from an injected radio-tracer. SPECT
systems have a wide range of uses in the clinical setting, including
skeletal imaging, cardiac perfusion assessment, thyroid imaging, and
dosimetry in radionuclide therapy [1–3]. Typically, SPECT systems
are based on the Anger camera which consists of a collimator,
scintillator, photosensor, and readout electronics; Figure 1 shows the
basic set-up of a SPECT detector. The scintillator of choice for
SPECT is typically sodium iodide, NaI. Some modern SPECT
systems have begun to move away from the indirect photo-
conversion mechanism of scintillator crystals towards the direct
gamma conversion in semiconductors such as cadmium zinc
telluride (CZT). Most SPECT systems have a dual-head detector
that can be moved around the patient. A limiting factor in SPECT
detector design is the absorptive collimator which only allows a
fraction of the incident radiation to pass through it [5–8].

For PET, the injected radio-tracer emits a positron that
annihilates with an electron, releasing two simultaneous 511 keV
photons. These annihilation photons are measured in the PET
detector and with enough coincident events, an image is
constructed. PET imaging systems typically consist of a
scintillator, photosensor, and readout electronics. Figure 1 shows
the basic PET system set-up with a scintillator and photosensor
labeled. Many commercial PET systems have successfully
transitioned from photomultiplier tubes (PMTs) to silicon
photomultiplier (SiPMs). Converting from PMTs to SiPMs allows
for much faster timing for the PET scanners, improving timing
resolutions from nanoseconds to the range of 214–380 ps[9]. The
industry standard currently uses lutetium (Lu)-based scintillators
such as lutetium oxyorthosilicate (LSO) and lutetium-yttrium
oxyorthosilicate (LYSO) [7, 8, 10, 11].

The signal-to-noise ratio (SNR) in PET is dependent on the
dose, scan time, and system sensitivity. It is desirable to keep the
dose and scan time as small as possible, so improving the sensitivity
of the PET system is a major driving factor for PET research and
development [4]. SNR in PET systems is proportional to the square
root of the number of events detected, n. The number of detected
events can be approximated using Eq. 1:

n � kAGε2T (1)
where A is the activity in the field of view (FOV) of the scanner, G is
the geometric coverage of the scanner, T is the acquisition time, ε is
the efficiency of the detector for detecting 511 keV photons, and k
incorporates patient-specific parameters such as attenuation and
scattering [10].

Sensitivity is defined as the smallest concentration of the
radiotracer that can be detected. Sensitivity of the PET system is
affected by the scintillation crystal thickness, axial FOV, gaps
between modules, and ring diameter [12]. Reducing the ring
diameter can be used as a solution to improve sensitivity, but a
smaller scanner diameter will limit the patient population. Organ
dedicated and preclinical systems have shown promise in reducing
the aperture size to improve sensitivity. Preclinical systems are

focused on small animal imaging for research, so the ring
diameter can be reduced considerably compared to clinical PET
[13–15]. Spatial resolutions of 0.4 mm–0.6 mm have been shown in
preclinical systems using pixelated scintillators [14]. Research is also
being conducted on organ specific PET systems that will allow for a
reduction in ring diameter. Specialized systems for head and breast
are utilized to improve the spatial resolution while increasing the
SNR [10, 16]. Increasing the scintillation crystal length has proved to
be an effective method to increase sensitivity, but this often will
reduce the spatial resolution due to parallax errors [10]. Total body
PET systems use a long axial FOV to improve sensitivity
dramatically [17]. These systems will be discussed later.

Another key characteristic of PET systems is spatial resolution.
Spatial resolution is fundamentally limited by several factors but
when focusing on the detector characteristics it is important to
consider the geometry of the detector, depth of interaction (DOI),
and the detector sensitivity to 511 keV photons. Detector materials
must have a high density and atomic number such that a high
density of electrons can interact with the annihilation photons.
Energy and timing resolutions must be acceptably good so that the
coincidence events can be distinguished from the scattered events
and random coincidences [10, 18, 19].

Scattered events occur when one or both annihilation photons
scatter within the tissue of the subject. This scattering causes the
photons to no longer be collinear with the emission point and can
cause an incorrect line of response (LOR) which results in
degradation of the image quality. Figure 1 also shows the
scattering, random events, and true events that are common for
PET, and the scattering events that occur in SPECT. If the energy
resolution is sufficiently high, the scattered events can be eliminated
as the energy is lower than the expected photopeak energy. Random
events occur when two non-coincident photons are detected in a
small time window. If the timing resolution is very high, the random
events will be reduced [7, 8, 20].

There are two primary types of detectors used in PET and
SPECT: indirect and direct. Indirect detectors use scintillators to
convert incident gamma radiation to down converted photons,
generally in the ultra violet-visible-near infrared spectrum. Direct
detectors use semiconductors to convert incident radiation into
electrons and holes.

2 Light readout

Scintillators convert the high energy photons from radio-tracers
in the subject into optical photons. These optical photons need to be
converted into an electrical signal to extract the energy and time data
for image reconstruction, so a photosensor is typically used to couple
to the scintillator. It is important that these photosensors have high
photon detection efficiency (PDE) and charge amplification in order
to generate a measurable electronic signal. Both PET and SPECT
depend on good energy resolution of their detectors, and the
photosensor can play a pivotal role in improving energy
resolution. For PET systems, timing is an important
consideration, so the photosensors should have sub-nano second
rise times [21–23]. Additional considerations for photosensors are
the refractive index matching and the reduction of dead space [20,
24, 25].
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PMTs have been the standard photosensor for PET and SPECT
scintillators since the beginning. The PMT signal can be amplified
up to 106 to 108 [24, 25]. The PDE of PMTs typically ranges from
25% to 43%. PMTs have a low dark count rate and also a short signal
rise time. TOF-PET systems using PMTs and LYSO scintillators
typically have a timing resolution ranging from 400 to 700 ps for the
system [24].

Solid state photosensors have begun to replace the PMT for the
photosensor for SPECT and PET detectors. Some advantages of
these photosensors are functionality in magnetic fields, compact
design and fabrication, and rugged design. There are two primary
types of solid state photosensors used in PET and SPECT: avalanche
photodiodes (APDs) and SiPMs. APDs have a large reverse bias
applied to the diode, which causes the electrons produced by the
photons to be accelerated. This fast moving electron collides with the
lattice to create an electron-hole pair. The reverse bias continues to
accelerate these electrons, causing more electron-hole pairs to be
generated creating an avalanche effect. This results in signal
amplification, but the gain of this system is only around 100 to
1,000, significantly lower than the PMT gains [20, 24]. APDs have
PDEs that can be above 90%, but the rise time is 10 ns due to the
diode capacitance [24].

SiPMs have emerged as a promising new photosensor for TOF-
PET. In addition to the previously mentioned benefits of solid state
photosensors, SiPMs have a high PDE, fast response, and high gain
[24, 25]. There are two main types of SiPMs: analog and digital.
SiPMs are constructed of an array of parallel APDs operated above
the breakdown voltage. These APDs operated in this way are called
single photon avalanche diodes (SPADs). The gain of an SPAD
ranges from 105 to 107, which is comparable to PMTs and
considerably higher than APDs [24, 25]. To construct a SiPM,
the number of SPADs must be larger than the number of
photons to detect. This will make the SiPM signal proportional
to the number of photons. If there are more photons than SPADs, as
is the case of a bright scintillator, proportionality will be lost, and a

non-linear correction will need to be implemented. Analog SiPMs
output this signal from the scintillator light as an analog signal that
will later need to be digitized to get the energy and timing
information. Digital SiPMs utilize counting electronics, so the
output is the number of SPADs that measured a photon [25].

3 Energy resolution improvement

Accurate measurement of the energy of the photons emitted
from the subject is important for SPECT and PET due to the high
likelihood of scattering in human tissue. The energy resolution of a
detector defines the ability of the detector to discriminate between
different deposited energies. Improving the energy resolution allows
better rejection of scattered photons, which enhances image contrast
while still allowing for high counts of the photopeak energy. Energy
resolution is mathematically defined as the full-width half maximum
(FWHM) of the energy peak divided by the energy of the unscattered
photon [26]. Energy resolution limitations for detector material can
be approximated using the Poisson limited resolution from Eq.
2 [27]:

Rlimit � 2.35 p

��
F

N

√
(2)

where N is the number of carriers, and F is the Fano factor for the
material, which is an intrinsic material constant that reflects the
detector resolution. The Fano factor is typically less than one for
semiconductors, with CZT having a Fano factor of 0.089 ± 0.005 [28,
29]. The Fano factor for scintillators depends on the free electron
and hole statistics, conversion efficiency to optical photons, and
non-proportionality [30]. Given these dependencies, the Fano factor
for scintillators can have a large range depending on their properties,
but typically scintillators are consistent with Poisson statistics and
will have Fano factors close to one [29]. The number of carriers
produced by gamma-ray absorption is also a material property [27].

FIGURE 1
SPECT basic set-up comprising of photosensors, scintillators, and collimators in a dual head system both primary and scattered gamma radiation is
allowed through the collimator and produces scintillator light in the scintillator crystal (left). PET basic set-up comprising of photosensors and scintillators
surrounding the subject (right). Reproduced under CC-BY 4.0 license from [4].
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It is apparent from this equation that improving the energy
resolution can be achieved by informed detector material selection.

3.1 Scintillator detectors

Many materials have been researched as potential scintillators
for SPECT and PET. Table 1 gives some of the important material
properties of various scintillators. High effective atomic number and
density are important for scintillator materials to ensure the
scintillators have a high enough stopping power to convert high-
energy photons to scintillation photons.

Beyond the limitation of the detector material shown in Eq. 2,
there are also other constraints on the energy resolution that need to
be considered for scintillators [27],

ΔE
E

( )2

� R2
nPr + R2

inh + R2
P + R2

M (3)

where RnPr is the effect of the detector non-proportionality, Rinh is
the effect of inhomogeneous defects which could cause issues with
light output, RP is the transfer resolution, and RM is the energy
resolution from the photosensor and Poisson statistics. In cases with
homogeneous crystals, the values for Rinh and RP are considered to
be less than 1% [27, 41]. The effect of RM can be improved by using
high photon PDE SiPMs to improve the energy resolution issues
caused by poor conversion of PMTs. Bismuth germanate (BGO) was
the scintillator material of choice for several years prior to the 1990s
due to the high stopping power, but the poor light output of
9,000 ph/MeV leads to energy resolutions of 10% at 662 keV
[31, 42].

From Eq. 2, it is clear that increasing the light output of the
scintillator will improve the energy resolution of the detector.
Current PET detectors use Lu-based scintillators which generate
approximately 30,000 photons/MeV resulting in an energy
resolution of 7.6% at 662 keV [26]. These Lu-based scintillators
have an increase in background radiation caused by the 176Lu decay
that occurs within the scintillator [43]. Lutetium fine silicate (LFS)
scintillators have a light output of 38,000 photons/MeV with a
resulting energy resolution of 13% at 511 keV [44, 45]. SPECT
systems typically use NaI(Tl) which generates 41,000 photons/MeV
in the 325–550 nm spectrum. Halide scintillators, such as cerium
bromide (CeBr3), have exhibited light output of 66,000 photons/
MeV which is two times more than the light output compared to

Lu-based scintillators, which improves the energy resolution from
8% for LYSO to 4% for CeBr3 at 662 keV [32]. In addition to halide
scintillators, gadolinium aluminum gallium garnet scintillators
(GAGG) have also shown promise in improving energy
resolution by increasing the light output to 58,000 photons/
MeV, resulting in an energy resolution of 5% at 662 keV [33].
Thallium strontium iodide (TlSr2I5) is a new scintillator detector
material that has shown promise with an energy resolution of less
than 3% at 662 keV due to the high light yield of 54,000 photons/
MeV [34]. Lanthanum bromide (LaBr3) scintillators have a high
light output of 61,000 ph/MeV resulting in an energy resolution of
2.8% at 662 keV, but have found limited use in PET and SPECT due
to stability issues in ambient conditions [35, 36].

Non-proportionality can cause light output to fluctuate based on
the excitation energy. Halide scintillators have increasing light
output with decreasing excitation energy, but oxides have a
tendency to have decreasing light output with decreasing
excitation energy [42]. Because of this trend in oxides, LSO and
other similar scintillators have much worse energy resolutions at
lower energies. Scintillators such as lutetium perovskites (LuAP) and
lutetium aluminum perovskite (LuYAP) have shown lower light
outputs than LSO, but due to the better non-proportionality these
scintillators have energy resolutions comparable to LSO [42]. Other
important properties of scintillator crystals for radiation detection
are: mature production processes, chemical durability, stability in
ambient conditions, and long lifetime in high radiation
environments.

3.2 Semiconductor detectors

Semiconductor detectors directly convert radiation photons into
an electrical signal by absorbing the photons and generating
electron-hole pairs. By applying a voltage bias across the
semiconductor, the electrons and holes are attracted to the
different electrodes, inducing a current on the electrodes. The
charge carriers have less spatial dispersion than typically isotropic
light distribution in scintillators and the reduced size of the
electrodes leads to improved spatial resolution. The energy of the
photon is directly proportional to the total induced charge on each
electrode. Semiconductor detectors have higher energy resolution
due to this direct conversion when compared to scintillation
detectors [46, 47].

TABLE 1 Material properties for various scintillator materials. Data taken from Refs. [4, 31–40].

Material NaI(Tl) LaBr3 CeBr3 TlSr2I5 GAGG LYSO BGO LSO

Density (g/cm3) 3.7 5.06 5.2 5.3 6.5 7.1 7.13 7.4

Atomic Number 33 45 46 61 53 65 73 66

Light Output (ph/MeV) 41000 61000 66000 54000 58000 32000 9,000 29000

Refractive Index 1.85 1.9 2.10 - 1.91 1.82 2.15 1.81

Decay Time (ns) 230 16 17 525 200 41 300 40

Energy Resolution
at 662 keV (%) 6.7 2.8 4 3 5 8 10 8
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The mobility-lifetime products for electrons and holes, µτe and
µτh, of the semiconductor are very important, as they dictate the
mean drift length which is the average distance a charge carrier can
travel before being captured by traps or recombination centers. The
energy required to create an electron-hole pair in the material is
another important parameter and is proportional to the bandgap
[37]. Both of these characteristics affect the number of carriers
generated in the detector which is directly related to improving the
energy resolution of the detector per Eq. 2.

The semiconductor material must have a large bandgap so that
the detector can be operated at room temperature with low leakage
current. The semiconductor must also have a high effective atomic
number and density to have sufficient stopping power for the high-
energy photons, similar to scintillator detectors. The probability that
a high-energy photon will interact with a material via photoelectric
absorption is directly proportional to Zn, where n is between 4 and
5 over an energy range of 0.1 MeV–3 MeV [29, 46, 48]. The
probability of Compton scattering is directly proportional to Z
[29, 46, 48].

Semiconductor detectors have shown sub-millimeter spatial
resolutions and improved energy resolutions. Anode and cathode
configurations can allow for position sensing of individual photon
interactions, thus giving DOI information. This improved position
sensing combined with the energy resolution can lead to improved
sensitivity. Development of semiconductor detectors for high-
energy photons has been ongoing for many years, and some
commercial SPECT systems have implemented this technology
successfully. However, there are still no clinical PET systems that
use direct conversion detectors because of the poor timing resolution
of the semiconductor detectors. Table 2 shows material properties
for some of the standout semiconductor materials for both PET and
SPECT.

CZT has been the popular and standout semiconductor for
radiation detection for more than 3 decades. The effective atomic
number, density, and bandgap have allowed for room temperature
detection while the resistivity is high enough to limit leakage current.
Energy resolutions for CZT detectors have been measured to be 1% at
511 keV for different CZT systems [49]. A 40 mm by 40mm large scale
CZT detector has achieved an energy resolution of 1% at 662 keVwith a
single pixel energy resolution of 0.7% at 662 keV [56].

While the process for fabricating CZT has been improved over
the last 3 decades, there are still major issues with defects. Sub-grain

boundary networks and Te inclusions are two defects that can limit
the performance of CZT. In addition to lowering performance, these
fabrication issues also increase the cost of CZT due to poor yields of
high-quality crystals for detectors [57]. One possible solution to
limit the occurrence of these defects is including selenium (Se) in the
CZT detector to make cadmium zinc telluride selenium (CZTS). By
adding Se, the compositional homogeneity of the semiconductor
was increased, sub-grain boundaries were eliminated, and Te
inclusions were reduced by an order of magnitude [58, 59]. The
overall growth yield for CZTS has been shown to increase to 90%
compared to 33% for CZT [60, 61]. In addition to increasing the
production yield, reducing defects also improves the energy
resolution of the detector. An energy resolution of 0.9% at
662 keV has been shown on crystals grown via a traveling heater
method with Frisch collar [61, 62].

Other semiconductors that have been of interest for radiation
detection are the thallium halides, namely, thallium bromide (TlBr).
These materials have impressive stopping power due to their high
atomic numbers and densities, but poor mobility-lifetime products
has resulted in limited use in radiation detection. In the past decade,
new fabrication methods for TlBr have improved the charge
transport characteristics. It has been shown that there is a strong
relationship between purity and mobility-lifetime product with
increases up to 2 orders of magnitude measured [50, 51], and
recently electron mobility-lifetime products have been increased
to 3 × 10−3 cm2/V. Hole mobility-lifetime products have also been
increased to 4.3 × 10−5 cm2/V, which makes the charge transport
characteristics of TlBr comparable to CZT. Energy resolutions for
TlBr detectors have also been reported as 6.4% at 511 keV on less
than 1 mm thick detectors [52]. Additionally, 5 mm thick TlBr
detectors have been shown to have 2.85% ± 0.88% at 662 keV [63].

An emerging class of materials for radiation detection is metal
halide perovskites such as cesium lead bromide (CsPbBr3),
methylammonium lead bromide chloride (MAPbBrxCl(1-x)), and
methylammonium lead iodide (MAPbI3). These optoelectronic
materials have garnered much interest in the area of
photovoltaics and light-emitting diodes, but have also shown
promise in the direct conversion of gamma radiation. Perovskites
have low formation energies which allow for cost-effective crystal
growth. Themobility-lifetime products of CsPbBr3 have been shown
to be comparable to CZT. Energy resolutions of 3.8% at 662 keV
have been demonstrated [53, 54].

TABLE 2 Material properties for various semiconductor materials for radiation detection [37, 49–55].

Material CZT CZTS TlBr CsPbBr3

Bandgap [eV] 1.57 1.54 2.68 2.25

Atomic Number 48, 30, 52 48, 30, 52, 34 81, 35 55, 82, 35

Density [g/cm3] 5.78 - 7.56 4.86

Resistivity [Ω-cm] 109–1010 1010 1010 109–1010

μτe [cm2/V] 7.5 × 10−3, 1 × 10−2 6.6 × 10−3 3 × 10−3 1.7 × 10−3

μτh [cm2/V] 9 × 10−5, 1.2 × 10−4 1.4 × 10−4 4.3 × 10−5 1.34 × 10−3

E-h pair creation Energy [eV] 4.64 - 6.5 6.69

Energy Resolution [%, (keV)] 1 (511) 0.9 (662) 6.4 (511) 3.8 (662)

Frontiers in Physics frontiersin.org05

Enlow and Abbaszadeh 10.3389/fphy.2023.1106546

https://www.frontiersin.org/journals/physics
https://www.frontiersin.org
https://doi.org/10.3389/fphy.2023.1106546


A known limitation for direct detectors is poor timing
resolution. This is caused by the electrical signal being produced
by the charge carriers moving through the semiconductor material
and is limited by how quickly the carrier moves through the
material. These carriers are slower and have a larger fluctuation
when compared to photons moving through a medium.

4 Time resolution improvement for
time-of-flight measurements

The time resolution for PET detectors is a critical feature. When
the positron annihilates with an electron, two coincident 511 keV
photons are emitted from the positron decay. The scanner must
measure the arrival time of these annihilation photons at two
different detectors with enough accuracy that the coincidence can
be confirmed. This creates a LOR between the two detectors. After a
large number of LORs have been established, an image can be
reconstructed. The positioning of the positron annihilation has
some uncertainty Δx that is dependent on the timing resolution,
Δt, using Eq. 4:

Δx � cΔt
2

(4)

where c is the speed of light in vacuum [7]. If Δt is small enough, on
the scale of picoseconds, the location of the annihilation can be
reduced along the LOR to a weighted Gaussian as shown in Figure 2.
This is considered time-of-flight (TOF) PET. If the timing resolution
can be reduced to 10 ps, image reconstruction may no longer be
needed, since the probability function of the LOR will be reduced to
a single voxel [64]. Eq. 5 demonstrates the improvement in SNR
when TOF PET is used rather than traditional PET:

SNRTOF

SNRPET
�

���
2D
cΔt

√
(5)

were D is the diameter of the scanner ring, c is the speed of light in
vacuum, and Δt is the timing resolution [7, 19]. As the timing
resolution gets smaller, the SNR ratio of TOF will improve. Current

commercial systems on the market have achieved TOF with timing
resolutions down to 214 ps by using Lu-based scintillators and
SiPMs for photosensors, but there is still much research pushing
toward the 10 ps resolution to reduce the amount of image
reconstruction needed [9, 64, 65].

4.1 Detector configuration

Commercial PET scintillators are made up of long, narrow
crystals that are coupled to photosensors at the end of the
scintillator. For fast timing, the photosensors of choice are
SiPMs, which allows for faster response than photomultiplier
tubes (PMTs) [7, 26]. The scintillator crystals in these detectors
need to be sufficiently long to ensure 511 keV photon interaction
occurs, but the extended length increases the transit time of the
photons which worsens the timing resolution of the detector [66].
There are a few different detector configurations that can be used
beyond the traditional single-ended photosensor coupled to the end
of the scintillator crystal. Figure 3A shows an example of a typical
single-ended detector configuration with a photosensor attached to
the bottom of the scintillator.

Dual-ended readouts have photosensors on the top and bottom
of the scintillator as shown in Figure 3B and have also been
employed for timing resolution improvement. The effects of
surface condition, enhance specular reflector material, and dual-
ended readout have been investigated by many groups [67–71]. In
studies by Kang et al, the optimum configuration was found to be a
saw-cut LYSO surface condition with air as the specular reflector
material. The specular reflector material helps with limiting light
loss in the scintillator and increasing light collection. The single-
ended configuration had a timing resolution of 349 ± 22 ps The
dual-ended configuration showed a DOI resolution of 2.9 ± 0.2 mm
while also improving the timing resolution significantly to 188 ±
32 ps[67]. Dual-ended readouts have also been used with an axial
orientation where the radiation is incident on the longer side of the
scintillator rather than the smaller end. This design has been used by
various groups [72–75].

A method for improving timing resolution with these
scintillators is to employ a side readout function shown in
Figure 3C where the photosensor is coupled to the long side of
the scintillator crystal instead of the bottom. This configuration
offers more accurate position of one or more annihilation photon
interactions, estimates the incident angle of the annihilation
photon to increase sensitivity, and gives ultra-precise
positioning to determine the end points of the LOR. It has
been shown that employing a side readout allows for almost
complete light collection while also reducing the transit time for
the photons to the photosensors [66]. A 2.9 × 2.9 × 20 cm3

lutetium-gadolinium oxyorthosilicate doped with cerium
(LGSO:Ce) scintillators with SiPMs for both bottom readout
and side readout were constructed to compare the timing
response based on readout location. The timing response for
the bottom readout scintillator was 137 ± 3 ps and the side
readout showed an improved timing resolution of 102 ± 2 ps[66].
A downside of these novel detector configurations is the increase
in the number of photosensors and an increase in complexity of
the readout electronics [25].

FIGURE 2
LOR for traditional (non-TOF) PET and TOF-PET. The probability
of the annihilation location without TOF is uniform across the LOR.
Using TOF, the probability can now be adjusted to find the most likely
location of the annihilation. Reproduced under CC-BY
4.0 license from [4].
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4.2 Cherenkov radiation

Cherenkov radiation occurs when subatomic particles travel
faster than the phase velocity in a medium. Upon material
relaxation, photons are emitted at an angle depending on the
speed of the particles and the refractive index. This happens
instantaneously, on the timescale of a few ps. The threshold for
Cherenkov radiation to occur is the phase velocity of the medium
which will decrease with increasing refractive index. Using these
prompt photons for timing has become an increasingly popular area
of research to improve the timing for PET detectors [76–83].

A challenge for using Cherenkov for timing of detectors is the
limited number of photons emitted. Typically this is on the scale of
10–30 photons per 511 keV photon for a good detector material. In
addition to a limited number of Cherenkov photons available,
collecting the photons can also be difficult as the photons can be
absorbed by the material or lost to surface conditions. It is also of
utmost importance that the photosensor has a high conversion
efficiency and a very good single photon time response (SPTR), so
that the small number of photons are collected instead of lost due to
poor photosensor efficiency [79]. SiPMs with enhanced UV
detection efficiency are also important for measuring the
Cherenkov photons as the wavelengths of these photons can be
in the UV range, and the limited number of Cherenkov photons
produced means the SiPM detection efficiency is vital [78, 79].

The desired properties of a Cherenkov detector are high
transparency over a wide range of wavelengths, high refractive
index, and high stopping power for high-energy photon
detection. There are two types of Cherenkov materials for
detectors: scintillators and semiconductors. Both of these
detectors act on the fast photon response of Cherenkov radiation
to determine the timing of the photon absorption. After the
Cherenkov response, the scintillators have a slower photon
absorption signal which can be used to find the energy of the
gamma photon. Semiconductor detectors convert the high energy
photon into electrons and holes, the timing response of

semiconductor detectors is typically much slower than the timing
response of scintillators due to the mobility of electrons and holes in
the semiconductor material.

By utilizing Cherenkov radiation, improved timing resolutions
are realized because the emission of Cherenkov photons is on the
timescale of 10 ps[64]. By combining Cherenkov photons with
scintillation or direct conversion semiconductors, timing can be
improved while maintaining energy resolution [64, 76]. An
additional advantage of Cherenkov materials is they are typically
less expensive and have less expensive manufacturing costs. There
are several challenges with using Cherenkov radiation which include
the need for very sensitive photosensors with fast readout electronics
so the fast, but few Cherenkov photons can be measured. Data
processing methods also need to be developed to improve the timing
response further [77].

There are a wide variety of materials that exhibit Cherenkov
radiation, and many of these materials have been used in previous
radiation detector designs, but with the advances in photosensor
collection, Cherenkov photons can now be measured before
scintillation photons for improved timing for established
scintillators, such as BGO. BGO had been the primary scintillator
for PET systems, but due to the poor timing resolutions, they were
eventually phased out to make way for faster scintillators.
Advantages of BGO are the reduced cost and better stopping
power. BGO costs one-third less than LYSO, so using BGO could
reduce instrumentation costs significantly [84]. The stopping power
of BGO results in better detection efficiency which improves the
sensitivity [78]. BGO has an index of refraction of 2.15, and this high
index of refraction correlates to the number of Cherenkov photons
that will be produced in the material [78]. The Cherenkov yield for
BGO is expected to be 17 ± 3 photons [80]. For a 3 × 3 × 15 mm3

BGO crystal, timing resolution was improved to 189 ± 8 ps
compared to a conventional BGO scintillator timing of 800 ±
9 ps[77].

Thallium halide semiconductors have been shown to exhibit
Cherenkov radiation and also have high densities, high atomic

FIGURE 3
Different configurations for PET detector photosensor coupling. (A) Single-ended readout, (B) Dual-ended readout, (C) Side readout.
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numbers, and wide bandgaps which relates to effective stopping
power for radiation detectors. TlBr semiconductor detectors have
shown impressive energy resolutions, but the timing resolution is
typically on the scale of nanoseconds which is far too slow for TOF
PET. Since these semiconductors exhibit Cherenkov emission, the
hope is that the timing resolution can be improved by measuring
these prompt photons before the electrons and holes move through
the material. TlBr has a high refractive index of 2.48 which is larger
than BGO, so the number of Cherenkov photons is expected to be
increased. The timing resolution for a 3 × 3 × 20 mm3 crystal was
found to be 289 ± 9 ps[81]. A comparison between TlBr and
thallium chloride (TlCl) has also been conducted and it was
discovered the TlCl had a higher emission and detection of
Cherenkov photons. Figure 4 shows how the timing resolution
will decrease from over 400 ps and 500 ps for TlBr and TlCl,
respectively, to around 300 ps for both semiconductors with
increasing Cherenkov photon detection [85]. In order to
maintain the high energy resolution with the use of Cherenkov
photons, these detectors will need to use two different readout
methods to measure the induced charge and the Cherenkov
photons. This increases the complexity of the detector
significantly [76].

4.3 Metascintillators and polymer
scintillators

For scintillator materials, there is an inherent trade-off between
efficient radiation detection and photon kinetics. To overcome this
trade-off, composite scintillators, called metascintillators or
heteroscintillators, have been explored to increase the radiation
detection efficiency while maintaining desired photon kinetics
within the scintillator [86].

Inorganic scintillator materials, such as BGO and LYSO, have
high densities and atomic numbers which means they have good
stopping power for high-energy photons. These scintillators need to
be approximately 20 mm long to ensure conversion of high-energy
photons to scintillator photons. BGO has worse timing

characteristics than LYSO which is a reason commercial products
have stepped away from BGO scintillators, replacing them with Lu-
based scintillators, which can cost up to three times as much [84].
There has been a recent push to find methods to improve the timing
resolution of BGO for the development of a cost effective TOF PET
detector. Polymer scintillators, like EJ232, have prompt photon
emission but poor stopping power. Several configurations of
BGO, LYSO, EJ232, and barium fluoride (BaF2) have been
considered for TOF improvement [86–88]. BaF2 is a scintillator
material that exhibits a fast and slow scintillator emission, which has
been shown to be comparable to organic scintillators [89]. The
proposed scintillators, shown in Figure 5 are layered inorganic
composite structures, incorporating the slow materials of BGO or
LYSO (dense host material) with faster EJ323 and BaF2 (fast
emitter). The pixel size for these metascintillators was 3 × 3 ×
15 mm3. The bulk BGO 3 × 3 × 15 mm3 crystal had a timing
resolution of 400 ps, the EJ232 had an estimated timing
resolution of 100 ps, and a 3 × 3 × 15 mm3 crystal of BaF2 had a
timing resolution of 100 ps? By combining BGO with EJ232 or BaF2
in a layered scintillator, it was found that the timing resolution was
205 ps for EJ232 and 241 ps for BaF2 [87]. More work in this area
needs to be done to confirm the appropriate length of the
scintillators, as the polymer layers have a lower stopping power
than the inorganic materials.

Another development with polymer scintillators is the
Jagiellonian-PET (J-PET) system. This system uses BC-420
plastic scintillators with dimensions of 5 × 19 × 300 mm3. The
scintillator is coupled to PMTs on both ends of the longest
dimension. The length of the scintillator dictates the axial FOV,
so the J-PET can be scaled up to a total body PET system with only
the increased length of the scintillator, so the cost is significantly
lower than typical systems discussed later [91]. Since the density of
the plastic is so low, the probability of photoelectric effect is low, and

FIGURE 4
Comparison of the time resolution for TlBr (pink) and TlCl (blue)
as a function of detected Cherenkov photons. Ⓒ[2020] IEEE.
Reprinted, with permission, from [85].

FIGURE 5
Layered composite scintillator consisting of a dense hostmaterial
(purple) such as BGO or LYSO alternated with a fast emitter (green)
such as EJ232 or BaF2. Reproduced under CC-BY 4.0 license
from [90].
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the detection probability is much lower than inorganic scintillators.
For these scintillators, the detection of 511 keV photons is done via
Compton scattering, which means the deposited energy will change
from event to event [92]. BC-420 has fast timing with a 0.5 ns rise
time and a 1.8 ns day time which is considerably better than the LSO
scintillator decay time of 40 ns[93]. Because of the timing
characteristics of the plastic scintillator, a time over threshold
measurement is used rather than a charge measurement for
electronic signal processing. Signals are probed at different
thresholds at the rising and falling edge. This sampling improves
the ability to determine the time and place of the event. To achieve
the best timing resolution, the PMTs were replaced by an array of
SiPMs. For the 30 cm long scintillators, the timing resolution was
266 ps When the scintillator length was increased to 100 cm, the
timing resolution was found to be 365 ns[94].

4.4 Optical property modulation

There is an intrinsic limitation of about 10 ps time resolution for
scintillation due to the statistical fluctuations in the generation of
scintillation photons [95, 96]. One proposed method to improve the
time resolution of PET systems is via optical property modulation.
This method utilizes the Pockels effect to modulate the refractive
index of the detector, or Pockels cell, when an interaction between
the crystal and ionizing radiation photons occurs. The experimental
set up for utilizing the Pockels effect involves a polarized probe laser
pumped through a crystal with an applied bias to another polarizer.
The light is then focused onto a photodiode via a lens [96, 97]. The
refractive index of a Pockels cell is found from Eq. 6:

n E( ) ≈ n0 − 1
2
γn30E (6)

where n(E) is the refractive index of the Pockels cell, E is the applied
electric field, n0 is the refractive index without applying an electric
field, and γ is the Pockels effect coefficient [96, 97]. In addition to the
modification of the refractive index, the transmitted light intensity is
also dependent on the applied electric field. This relationship is
shown in Eq. 7:

I � I0 cos
2 πn E( )γdE

λ
( ) (7)

where I is the intensity of the light transmitted, I0 is the maximum
intensity of light transmitted, d is the path length of light, or
approximately the thickness of the detector crystal, λ is the
wavelength of the probe laser, and n(E), γ, and E are as
described above. Charge carriers are generated within the
detector crystal when high energy photons are absorbed. By
applying a bias to the detector crystal, the charges drift to the
different electrodes, which causes a small electric field in opposition
to the applied field. This change in electric field affects the refractive
index using Eq. 6, and the transmitted light changes using Eq. 7. The
photodiode can then measure the change in transmitted light to
measure the modulation of the optical properties of the detector
crystal [95–97].

This method has been completed with various materials, such as
cadmium telluride (CdTe) [96–98], bismuth silicate [98], yttrium
aluminum garnet (YAG) [99], lead bismuth gallium (PbBiGa) [98],

and lithium niobate (LiNbO3) [96]. Empirical analysis has predicted
improvement in the timing resolution on the order of 1 ps [99].
Improving the sensitivity of the detectors using the Pockels effect is
needed before experimental data can be measured [97].

4.5 Advanced signal processing

While much work has gone into the material and electronics
aspect of the detector for improving the timing resolution, signal
processing, which also plays a vital role, has received attention
through several advancements. Signal processing has primarily used
either leading edge discrimination or constant fraction
discrimination for timing pick-off. These methods were selected
due to the analog electronics used for processing. With more
modern, fast waveform digitizers, more advanced signal
processing can be implemented [100–102].

Maximum likelihood interaction time estimation is a method
designed to extract the time of interaction using several time stamps
from the scintillation event. For application of this method, LSO
monolithic scintillators of varying size with digital SiPM arrays were
used to investigate the effect on timing resolution. For scintillators
with a length of 20 mm, the timing resolution was found to be 185 ps
which is an improvement from 290 ps for a similarly sized
scintillator without using maximum likelihood interaction time
estimation [103].

Multiple groups have shown improved timing resolution by
implementing convolutional neural networks (CNN) in place of the
traditional leading edge signal processing [104–106]. CNN uses
convolutional layers in stacks to learn features from a known
input. For the PET system, the input to the CNN is the time-
varying waveforms from two detectors after a coincident event is
detected. The output is the time-of-flight for the event. CNN offers a
unique solution to utilizing the rising edge information to
understand patterns in the timing and physical factors with little
modeling required. By applying a 6-layer tapered CNN the timing
resolution was reported at 185 ± 2 ps demonstrating an
improvement over leading edge discrimination (231 ± 3 ps) and
constant fraction discrimination (242 ± 4 ps) [100].

4.6 Gas detectors

Resistive plate chambers (RPCs) are a type of gas detector made
of two layers of resistive plates with a gas gap between the plates.
Electrons and ions are generated when radiation passes into the gas
gap. These generated electrons and ions create the output signal
[107]. Gas detectors for high energy detection have good timing and
spatial resolution with lower manufacturing costs compared to
traditional scintillators. The main reason they are not more
prevalent in industry and research is low detection efficiency
[108]. A method to improve the efficiency is to increase the
layers of the gas detector, so that more high energy photons are
absorbed by the detector [109]. TOF-PET systems have been
proposed using gas detectors [108–110].

Utilizing liquid Xenon in a gas detector has also been
implemented for use in TOF-PET and Compton camera systems.
Positron Emission TOFApparatus with Liquid XenOn (PETALO) is
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a PET scanner that uses liquid Xenon as a scintillation material
coupled to SiPMs for readout. One advantage of using a liquid as a
scintillator is the possibility of using a continuous scintillator rather
than using many smaller crystals [111]. Additionally, liquid Xenon
has been used in a monolithic Compton camera with the ability to
simultaneously detect three γ rays emitted from Scandium-44 [112].

5 Spatial resolution

In PET, spatial resolution is predominately limited by the
detector size and intrinsic detector resolution, while positron
range and acollinearity also play a limiting factor in the
resolution [13]. Positron range is defined by the distance the
positron travels before annihilating with an electron to emit two
coincident 511 keV photons. The type of radio-tracer can affect this
positron range. Blurring occurs due to this positron range because
the positron emission occurs some distance from the radio-tracer.
Acollinearity causes blurring of the image due to the annihilation
photons emission not being 180o. The system resolution is defined in
Eq. 8:

Rsys �
����������������
R2
det + R2

range + R2
180o

√
(8)

where Rsys is the system resolution, Rdet is the detector resolution,
Rrange is the mean positron range which is dependent on the radio-
tracer, and R180

o is the acollinearity dependence which is
approximately 0.0044 times the radius of the system [18, 20].
Beyond these physical limitations for the spatial resolution, data
analysis and the reconstruction process will also have an effect on
the spatial resolution of these systems [7].

5.1 Semiconductor detectors for spatial
resolution

Beyond improving the energy resolution of the detector as
discussed above, semiconductor detectors have also shown
improvements to spatial resolution. The intrinsic spatial
resolution of semiconductor detectors is directly related to the
electrode pattern. Typical electrode patterns range from pixelated
to cross-strip configurations [46]. Cross-strip electrodes allow for
high spatial resolution with lower number of readout channels [46,
113, 114]. A small animal PET system utilizing a cross-strip
electrode configuration with CZT detectors has shown a spatial
resolution of 0.76 ± 0.1 mm FWHM with an energy resolution of
7.43% ± 1.02% FWHM [115].

5.2 Monolithic and pixelated scintillators

Pixelated and monolithic scintillators are two primary forms for
crystals in detectors. Figure 6 is a schematic drawing of the
differences between these two forms. The spatial resolution of a
typical scanner can be directly related to the size of the scintillator.
Most current systems use pixelated scintillators where the intrinsic
spatial resolution is estimated to be approximately half the pixel size.
Commercial scintillator pixelated arrays can range in size from 2.6 to

5 mm [116]. For use in clinical settings, the scintillator needs to be
sufficiently long to increase the conversion efficiency of the high-
energy photons, but the area of the scintillator is also reduced to
improve the spatial resolution. These long, narrow crystals have
increased reflections within them and cause a varied light collection
efficiency and longer transit times based on the length of the
scintillator. DOI measurement will help fix these issues, but
measuring the DOI in pixelated scintillators can require
additional components and increases detector complexity. Timing
resolutions in state-of-the-art pixelated scintillators are around
214 ps for 3.2 × 3.2 × 20 mm3 crystals [116].

Monolithic scintillators are large crystals that are coupled to
photosensors. DOI is available to monolithic scintillators by using
the light distribution of the scintillation photons on the
photosensors, no additional equipment is required. To use
monolithic scintillators, algorithms and calibration procedures
need to be developed [117, 118]. The spatial resolution of a
monolithic scintillator is dependent on the crystal thickness, and
for clinical uses the scintillators need to be 15–30 mm long to
maintain sensitivity. It has been shown that high spatial
resolution for thick monolithic scintillators is possible. The
spatial resolutions ranged from 1.1 mm resolutions for 10 mm
long scintillator crystals to 1.7 mm for 22 mm long scintillator
crystals while maintaining TOF level timing resolution of 214 ps
[119, 120]. Neural networks have also been implemented using
monolithic scintillators to reduce the spatial resolution to 1.02 mm
for a 16 mm long scintillator [116].

Laser induced optical barriers (LIOB) have also been introduced
to monolithic scintillators with the goal of improving spatial
resolution. These LIOBs modify the light distribution within the
scintillator so that thick monolithic scintillators can be used without
excessive light spread. Grids are etched into the crystal using a high-
powered laser which modifies the crystal refractive index
permanently and helps guide the scintillation light to the
photosensors in thick crystals. An example of these LIOBs can be
seen in Figure 7. Panetta et al were able to show a spatial resolution
of 3 mm for a 25 mm long LYSO crystal with LIOBs in a fine grid
pattern [121].

5.3 Novel detector configurations

A common method for improving the sensitivity of the PET
scanner is to use longer scintillator crystals to capture more high-
energy photons. However, this increases the parallax error which
degrades the spatial resolution. In addition, to improve the spatial
resolution, scintillators with smaller area (pixel size) are commonly
used, but the long aspect ratio reduces the light collection efficiency
and worsens energy and timing resolution. To maintain a high level
of sensitivity, energy resolution, timing resolution, and spatial
resolution, novel detector configurations must be designed.

One proposed solution was to utilize LYSO scintillators in a
layered structure with side readouts using SiPMs. The layered
structure was made up of four 13.34 × 13.34 × 2.76 mm3

scintillators of LYSO with enhanced specular reflector films
between each crystal. A stack of four layers was used in these
studies, but the system is easily scalable [122–124]. Four 4 ×
4 arrays of SiPMs were connected to each side face of the layered

Frontiers in Physics frontiersin.org10

Enlow and Abbaszadeh 10.3389/fphy.2023.1106546

https://www.frontiersin.org/journals/physics
https://www.frontiersin.org
https://doi.org/10.3389/fphy.2023.1106546


scintillator. Figure 8A shows an illustration of this set-up and
Figure 8B shows the actual set up from the top with LYSO
scintillator and SensL SiPM arrays coupled to the side faces. This
configuration has built in depth-encoding, and the DOI resolution
of this configuration is 3.3 mm whichimproves spatial resolution
[124]. Another possible improvement to the image quality is using
Compton scattering for reconstruction. Typically, Compton
scattering events are rejected for reconstruction, but if these
events could be recovered, the SNR and sensitivity would be
increased, and image quality would be improved [74]. A possible
caveat of utilizing Compton scattering is the need for additional
processing algorithms [125, 126]. A Compton scattering event can
be identified because it will cause energy to be collected in more than
one layer of the stack. The first interaction location could then be
estimated [123]. Using this configuration, the energy resolution was
found to be 10.3% while also having a timing resolution of 348 ps

The spatial resolution was found to be 1.1 mm, which shows a proof
of concept for high spatial resolution while maintaining or
improving energy and timing resolutions [122, 123].

Utilizing DOI in PET can achieve high spatial resolution by
reducing the parallax error. Prism-PET system is a depth-encoded
TOF-PET system that uses an array of LYSO scintillators coupled to
a prismatoid light guide. Opposite the light guide a pixelated readout
array of SiPMs is coupled to the scintillator array. The prismatoid
light guide works to confine light sharing to scintillators sharing the
same prismatoid. This maximizes the signal-to-background of the
SiPMs, improves energy resolution, and DOI information. A 16 ×
16 array of 0.96 × 0.96 × 20 mm3 LYSO scintillators were coupled in
a 9-to-1 ratio with an 8 × 8 SiPM array. The prismatoid light guide,
scintillators, and SiPMs were aligned so each scintillator was coupled
to other scintillators connected to different SiPMs. When compared
to the DOI resolution of 5 mm FWHM for PET detector with a

FIGURE 6
Monolithic scintillators are a continuous slab of scintillator material. The photosensor array on the bottom is segmented (Left). Pixelated scintillators
are scintillator crystals cut to much smaller dimensions, then combined in a grid to make a complete detector. The photosensors in this figure are 1-to-
1 coupled with the pixelated scintillators (Right).

FIGURE 7
Example of single and double set LIOBs on LYSO scintillators of various thicknesses on 50 mm2 cross-section crystals. Top images are etched
crystals, bottom images are schematics of the LIOB, etch patterns. A scintillator 14 mm thick with a single layer of LIOB 5 mm long (Left). A scintillator
25 mm thick with a single layer of LIOB 8 mm long (Center). A scintillator 25 mm thick with a double layer of LIOB 8 mm long (Right). The LIOBs act as a
light guide in the monolithic scintillators improving spatial resolution. Ⓒ[2018] IEEE. Reprinted, with permission, from [121].
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uniform light guide, the DOI resolution for Prism-PET was
improved to 2.5 mm FWHM which was one the best DOI
localization reported for single-ended readout detectors [127].

5.4 Collimator design

Spatial resolution in SPECT is typically limited by the collimator
design. Collimators in SPECT are a plate of dense material, usually
lead, with several holes in the plate. For parallel collimators, these
holes only allow photons that are perpendicular to the hole opening

through to the SPECT detector. The dense material acts as a
blocking layer for a large number of the high-energy photons.
Parallel collimators are the standard collimator used in clinical
practice. System resolution is defined by Eqs 9, 10, 11:

Rsys h( ) �
��������������
R2
i + Rpaho h( )[ ]2√

(9)

Rpaho h( ) � d
a + h

aeff
(10)

aeff � a
−2
μ

(11)

where Ri is the intrinsic resolution of the detector, Rpaho the
resolution of the parallel hole collimator, h is the distance from
the source, d is the hole diameter, t is the septal thickness, a is the
collimator thickness, aeff is the adjusted thickness caused by
penetration of the photon, and µ is the attenuation coefficient
depending on the collimator material and radio-tracer [128].
Parallel hole collimators tend to leave a lot of the detector
unused which will reduce the spatial resolution of the system. To
improve the spatial resolution, the holes in the collimator can be
tilted toward a focal point; this is called a fan beam collimator. This
allows for more photons to go through the collimator, and also
magnifies the object on the detector. The system resolution for a fan
beam collimator is shown in Eqs 12, 13, 14:

Rsys h, θ( ) �

�����������������������
Ri

mconv h( )( )2

+ Rconv h, θ( )[ ]2
√√ ⎤⎥⎥⎥⎥⎥⎥⎥⎥⎥⎥⎥⎥⎦ (12)

mconv h( ) � f + a

f − h
(13)

Rconv h, θ( ) � d
a + h

aeff

1
cos(θ)

f + a
2

f + a
(14)

where mconv(h) is the collimator magnification, f is the focal length,
Rconv (h, θ) is the geometric resolution, θis the angle between the
detected gamma ray and normal to the detector, a is the collimator
thickness, aeff is the adjusted thickness caused by penetration of the
photon, and h is the distance from the source. The intrinsic spatial
resolution of the detector is essentially improved by the
magnification of mconv [128]. These collimators are useful for
brain imaging because the scanned area is smaller than the
detector [129, 130].

Pin-hole collimators are also a way to improve the spatial
resolution of SPECT. The spatial resolution of these collimators is
directly related to the size of the pinhole. A smaller pinhole will
result in a better spatial resolution. These collimators can achieve
sub-millimeter spatial resolutions and have been implemented in
many SPECT systems for small animal imaging. Unfortunately,
the sensitivity of the SPECT system is negatively affected by these
pin-hole collimators, since the number of photons allowed
through the pin-hole is significantly decreased. Multiple pin-
hole collimators have been a method to increase sensitivity while
maintaining high spatial resolution. There is a trade-off between
sensitivity and spatial resolution when comparing multiple pin-
hole collimators to single pin-hole collimators due to possible
overlap of the projections on to the detector when using a
multiple pin-hole collimator. This degradation is worsened
with increasing pin-hole size [130].

FIGURE 8
(A) Drawing of 13.34 × 13.34 × 2.76 mm3 LYSO scintillators
layered in a stack of four with side readouts using four 4 × 4 arrays of
SiPMs on each side face of the scintillators. The scintillators are
separated by enhanced specular reflector (ESR) films between
each crystal. (B) Image of the system from the top with SensL SiPM
arrays coupled to the side of the LYSO scintillator. Reproduced with
permission from [122] ⒸInstitute of Physics and Engineering in
Medicine. Reproduced by permission of IOP Publishing Ltd. All rights
reserved.
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A recent study used multiple pinhole collimators with
75 pinholes with 0.25, 0.60, and 1.00 mm sized pinholes for
improved spatial resolution. The ultra-high sensitivity system
with a single 0.25 mm pinhole was capable of distinguishing
0.35 mm rods. The general purpose system with 75 pinholes
sized 0.60 mm had a spatial resolution of 0.50 mm [131].

Collimator pinhole shape will also play a pivotal role in the
spatial resolution and sensitivity of a SPECT system. A
comparison study of hexagonal, square, and round hole
collimators measured at 2.5 cm from the collimator surface has
shown simulated spatial resolutions of 2.68, 2.96, and 3.06 mm,
respectively [132].

6 Emerging technologies

While PET and SPECT have been integrated into clinical work
and have found success for various imaging needs, there is always a
need for innovation and the development of new technologies and
techniques. The above discussion was focused on continuing the
improvement of the systems that are already in use in industry, but
there are some areas where there are novel uses for PET and SPECT
that should be addressed for the future.

6.1 Novel collimators for SPECT

Organ specific SPECT is an increasingly growing area. Typical
organ specific SPECT systems use pinhole collimators for
improvement to spatial resolution. The system sensitivity, S, is
directly proportional to the pinhole size given by Eq. 15:

S � D2

16d2
o

(15)

where D is the pinhole diameter and do is the distance from the
object to the pinhole plane [133]. The resolution of related to the
pinhole is dependent on the pinhole dimension shown by Eq. 16:

Rg � di + do( )D
di

(16)

where di is the distance between the pinhole and the image [133].
The sensitivity and resolution are inversely tied together. An
increase in sensitivity will result in a larger, less desirable
resolution [134]. Another challenge for these collimators is the
acceptance angle is not adjustable for different regions of interest
due to fixed pinhole shape and size. The magnifying factor of a
SPECT system is proportional to the distance between the pinhole
and the detector and the diameter FOV. Minimizing the FOV will
result in a high resolution, but typical collimators have a fixed FOV.
A novel solution to this issue has been proposed by creating a
variable pinhole collimator with flexible parameters. This collimator
is constructed by stacking tungsten plates with different sized
apertures and the detector and collimator are set up on actuators
to move the collimator as close to the subject as possible for
maximum sensitivity. The actuators then adjust the distance from
the pinhole from the scintillator and the acceptance angle. This
optimizes both the system sensitivity and spatial resolution. Rods of
0.6 mm were able to be distinguished using this adjustable system
while 1.2 mm rods were barely discernible for the fixed pinhole
collimator [135].

By changing the geometry of the aperture of the collimator, the
resolution of SPECT can be increased, so it is advantageous to have a
system that allows for changes to the collimator. Typically,
collimator design and fabrication is a difficult and costly process
using traditional mechanical techniques. To improve the fabrication
and cost of the collimator, novel manufacturing techniques are being
explored: 3-D printing, cold casting, and investment casting. 3-D
printing is an additive manufacturing method which uses resin that
can be used to create custom molds for collimators. After these
molds are printed, either cold casting or investment casting can be
used to fabricate the collimators out of a tungsten composite or
platinum. These techniques can be used to create novel apertures
with lower cost and faster turnaround time compared to traditional
machining methods [136].

6.2 Multi-tracer PET

Different radio-tracers can be used to characterize tumors more
effectively, but unlike SPECT, PET systems measure coincident
photons that always measure 511 keV. Due to this lack of energy
difference in the measured photons, PET typically relies on one
radio-tracer at a time, and sometimes multiple PET scans must be

FIGURE 9
Compton-PET Hybrid camera. Both PET and SPECT tracers can
be imaged with this camera. The thick yellow boxes represent
absorbers. The thin yellow boxes represent scatterers. Coincident
detection of annihilation photons (green star and black arrows) is
done via the absorbers, similar to traditional PET systems. SPECT
tracers (blue star) are visualized by using coincident detection of a
scattered gamma ray in a scatterer, and an absorbed gamma ray in an
absorber. The solid black arrows represent gamma rays scattering in
different scatterers, then being absorbed by different absorbers.
Dashed lines are the axes of the Compton cones. Blue ovals are the
base of the Compton cones. Reproduced under CC-BY license
4.0 from [140].
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run on the patient over the course of a few hours or sometimes days.
Multi-tracer PET is amethod of PET that uses different radio-tracers
during one scan to give insight into different processes within the
tumor. There is a need to be able to separate out the signals between
the radio-tracers, and this cannot be done via energy resolution.
There are a few ways researchers have found to differentiate the
signals: different radio-active half-life, compartment modeling,
staggered dose injections, and prompt gamma [137–139]. Using
this method can give more insight into tumor physiology, and in the
future could help oncology research.

6.3 Compton imaging and PET

PET and SPECT are complimentary nuclear medicine imaging
modalities where PET has shown great sensitivity when compared to
SPECT, but SPECT radio-tracers are helpful in diagnosis and
treatment since these tracers can be tumor-specific.
Unfortunately, it is difficult to combine SPECT and PET
modalities due to the collimator in the SPECT design. A
proposed solution is to use Compton imaging with PET.
Coincidence detection of the annihilation photons is still used for
imaging, but additionally, SPECT nuclides are detected using

Compton imaging [140]. Compton cameras have recently
transitioned from astrophysical applications to medical imaging
[141]. Figure 9 is a schematic of the Compton-PET hybrid
camera for PET and SPECT tracer imaging. Absorbers, such as
scintillator or semiconductor detectors, surround the subject similar
to PET. Additionally, there are scatterers that surround the subject
inside the absorber ring. PET imaging is similar in this camera as
typical PET systems, Compton imaging works by detecting
coincident between a scattered gamma ray and an absorbed
gamma ray. Using this information, the location of the source
can be found within the conical surface shown in Figure 9 as the
dashed black line and the blue oval [140, 141].

A study was completed using high resolution GAGG 2.5 × 2.5 ×
9 mm3 scintillators in an 8 × 8 array coupled to an 8 × 8 array of
SiPMs for the absorbers. The scattering layers were high resolution
GAGG 2.5 × 2.5 × 1.5 mm3 in an 8 × 8 array also coupled to an 8 ×
8 array of SiPMs. The Compton imaging for this study is optimized
for 150 keV–400 keV. The energy resolution of the scatterers at
59.54 keV was 18.2% FWHM. Above 100 keV the energy resolution
improved to 11%–15% FWHM. Spatial resolution for PET imaging
was 3.3 mm FWHM for both horizontal and vertical axes. The
Compton imaging at 511 keVwas 4.2 mmFWHM for the horizontal
axis and 3.8 mm FWHM for the vertical axis [140].

FIGURE 10
Top: Typical PET system with multiple scans to reconstruct a whole body image. Bottom: Total body PET system with a single scan to reconstruct a
whole body image. Reproduced under CC-BY license 4.0 from [152].
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Another group has completed similar work using scatterer
and absorber rings for PET and Compton imaging. The PET
detector is made of 2.8 × 2.8 × 7.5 mm3 Zr-doped gadolinium
oxyorthosilicate (GSOZ) scintillators coupled to PMTs. The
scatterer ring was made of 0.9 × 0.9 × 6.0 mm3 GAGG
scintillators coupled with a multi-pixel photon counter array.
The energy resolution at 511 keV for the scatterer and absorber
were 17% and 14%, respectively [142].

Another method uses β+-gamma coincidences in a PET
system called gamma-PET where an additional gamma photon
is emitted with the positron for PET. There are many radio-
tracers which are possible for gamma-PET with Scandium-44
being the most utilized [143, 144]. True events can be separated
from the random events by measuring the event in three
dimensions. The position of the radio-tracer is found to be the
intersection of the LOR for the annihilation photon and the
gamma ray cone. An advantage of this system is the reduction of
image blurring caused by the positron range. Simulations showed
a spatial resolution of 0.4 mm in a small animal system
[143–146].

6.4 Quantum entanglement and PET

It is well understood that random coincidences and scatter
events degrade the PET image. To reduce the effect of these
events, better correlation between the annihilation photons needs
to be made so that only true events are used for image
reconstruction. When the annihilation photons are generated,
there is a common entangled wave function that connects these
two photons even after separation. This quantum entanglement
presents as the annihilation photons being linearly polarized so the
vectors are orthogonal to each other. By using this quantum
entanglement, the true events can be identified by measuring
their polarization [147, 148].

Compton PET systems, mentioned above, are possible
candidates for quantum entanglement in PET. The Compton
cameras have shown capabilities of sorting coincidences based on
the polarization correlation of the annihilation photons in
simulation [149]. Polarization correlation degrades with each
scattering, so it is important to optimize the system for single
Compton interaction of 511 keV. A simulation study of a
Compton-PET system found a 22% image quality improvement
to SNR ratio when discriminating scattered coincidence events
based on their angular correlation [150].

6.5 Total body PET

As mentioned previously, sensitivity is an important defining
factor for PET imaging. Typical PET systems surround the desired
area with detectors but do not have complete coverage of the entire
subject. These systems have poor sensitivity of less than 1% due to
two primary factors: most of the subject is outside the FOV of the
scanner so no signal is collected from these body parts and only 3%–
5% of the available signal from body parts within the scanner is
collected due to the isotopically emitted radiation not being incident
on the detectors [151]. The top section of Figure 10 shows an
example of a typical PET system where the subject is moved through
the system to reconstruct a total body scan. A recent breakthrough in
the sensitivity of PET systems is the introduction of total body
scanners. These systems comprise of a ring of detectors surrounding
the subject, similar to a typical system, but they have an increased
axial length so that the entire subject lies within the rings. The
bottom section of Figure 10 shows an example of a total body PET
system with a long axial FOV. The entire body scan can be
reconstructed using a single scan instead of many which results
in a decrease in acquisition time. An increase in axial FOV to cover
the entire body increases the sensitivity by a factor of 40 for total
body scanning [151, 153] and when looking at single organs the

TABLE 3 Summary of total body PET systems. The Biograph Vision Quadra reconstructions can be performed at amaximum ring distance of 322 crystals (MRD 322)
or 85 crystals (MRD 85) [152, 155, 156].

System uExplorer PennPET explorer Biograph vision quadra

Axial FOV [cm] 194 142 106

Scintillator type LYSO LYSO LSO

Scintillator size [mm3] 2.76 × 2.76 × 18.1 3.86 × 3.86 × 19 3.2 × 3.2 × 20

Scintillator:SiPM 10.5:1 1:1 5:1

Ring diameter [cm] 78.6 76.4 78.0

Axial acceptance angle ±57o ±62o
±18o (MRD 85)/

±52o (MRD 322)

TOF resolution [ps] 505 240
225 (MRD 85)/

230 (MRD 322)

Axial
spatial resolution [mm]

2.8 4.0 3.8 (MRD 85)

Transverse
spatial resolution [mm]

3.0 4.0 3.3
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increase in sensitivity is increased by a factor of 3–4 [152]. These
scanners have an axial FOV from 1 to 2 m which increases the signal
collection efficiency and sensitivity [154–157].

There are three primary groups working on total body PET
systems: United uExplorer at the University of California-Davis,
PennPET Explorer at the University of Pennsylvania, and the
Siemens Biograph Vision Quadra. The uExplorer and Biograph
Vision Quadra have been used in clinical studies while the
PennPET Explorer is used mostly for research studies [151, 155,
156, 158, 159]. Table 3 summarizes the characteristics of these three
systems. All three systems use pixelated Lu-based scintillators, either
LYSO or LSO, with SiPMs, but the scintillator to SiPM coupling is
slightly different with the uExplorer having 10.5 scintillators per
SiPM, the PennPET Explorer has one scintillator per SiPM, and the
Biograph Vision Quadra has five scintillators per SiPM. Each has a
similar ring diameter ranging from 76.4 cm for the PennPET
Explorer to 78.6 cm for the uExplorer. The uExplorer has the
longest axial FOV at 194 cm whereas the PennPET Explorer has
an axial FOV 142 cm, and the Biograph Vision Quadra has an axial
FOV of 106 cm [151, 155, 156, 158]. These systems have a wide
range of proposed applications. The detection of cancer and other
systemic conditions is a focal point of work with total body PET.
Total body PET will offer the ability to image all the organs in a body
in a single scan, which could help with diagnosis and research of
multi-organ diseases, such as Parkinson disease. Total body PET can
also aid in the development and study of drugs [151]. With the
increased sensitivity of total body PET, the dose of the radiotracer
could be reduced for ultra-low dose PET scans which could be
beneficial for cancer screening or testing on different subjects, such
as pediatric or maternal patients [160].

7 Conclusion

While PET and SPECT are already established clinical
modalities, there is still room for improvement to both systems.
For PET, improving the sensitivity and timing resolution have been
major driving factors of recent research. Total-body PET systems
have shown dramatic improvements to the sensitivity. Novel
detector designs utilizing both new materials and creative
readouts have pushed TOF-PET systems to the forefront of

clinical imaging and research. Improvements to spatial resolution
are also being explored through depth-encoded detectors to give
more accurate location information. Multi-tracer PET will allow for
better understanding of tumors, while using the quantum
entanglement of annihilation photons could improve scatter and
random event rejection, thus improving image quality.

For SPECT, improving collimator design has been shown to
improve the spatial resolution. Detector material selection for
improved energy resolution is also a driving factor of SPECT
research where semiconductor detectors have found
implementation in high quality SPECT systems due to their
desirable energy resolutions. By continuing work on detector
development, it is possible that the physical limits of PET and
SPECT can be reached, leading to the highest quality images for
each application while minimizing the time and dose for
each scan.
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