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During the last 3 decades, PET has become a standard-of-care imag-
ing technique used in the management of cancer and in the character-
ization of neurologic disorders and cardiovascular disease. It has also
emerged as a prominent molecular imaging method to study the basic
biologic pathways of disease in rodent models. This review describes
the basics of PET detectors, including a detailed description of indirect
and direct 511-keV photon detection methods. We will also cover key
detector performance parameters and describe detector instrumenta-
tion advances during the last decade.
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PET imaging uses radioactive contrast agents for diagnosis and
therapy monitoring of various medical conditions. PET imaging pro-
vides unique information on the cellular and molecular pathways of
disease within the human body, complementary to that provided by
g-cameras and SPECT. PET is also quite often used for small-animal
molecular imaging studies (1).
A PET study begins with the administration of a radioactive

tracer. PET data acquisition is based on the coincident detection of
millions of pairs of oppositely directed 511-keV photons, each of
which results from the annihilation of a positron (a decay product
of the tracer’s radionuclide label) with its antiparticle (the electron
present in all atoms of the molecules comprising patient tissues).
The resulting annihilation photons are detected using high-atomic-

number, high-density, and thick radiation detectors typically arranged
in a cylindric geometry (e.g., Fig. 1).

BASICS OF PET DETECTORS

The detection method for characterizing the incoming annihilation
photons can be generally divided into 2 different categories: indirect
and direct. In indirect (scintillation) detection, each incoming annihi-
lation photon interacts within the scintillation crystal through photo-
electric or Compton scatter interactions. The deposited energy is first
converted into a cascade of visible (lower-energy) light photons and
then into an electrical current using one or more photodetectors. This
is the detection method used in all current commercially available
PET systems (2). In direct detection, each incoming photon interac-
tion is directly converted into electrical signals using semiconductor
crystals. To date, this approach has been explored only in research
(3,4). Each of these methods has its own advantages and limitations.

Indirect Detection Method (Scintillation Detection)
Scintillation detectors for PET use an inorganic crystal, which each

incoming 511-keV annihilation photon interacts with (via Compton
scatter or the photoelectric effect), producing a quickly ejected recoil
electron. Each ejected electron travels through the material and ionizes
it through coulombic interactions, creating a track of secondary elec-
trons (5) that are liberated from the crystal’s intrinsic electronic
valence band into the conduction band. Through a subsequent deexci-
tation process in which those excited electrons drop into available
energy states of the host crystal, or those of an impurity introduced
into the crystal, the resulting ionization charge is converted to a flash
of isotropically emitted visible light (6). The crystal is coupled to a
photodetector element that collects the light and converts it into an
electrical signal, followed by readout electronics (7).
Inorganic Scintillation Crystals Used in PET. Ideal inorganic

scintillation materials should have a high effective atomic number
(Zeff) and density, and the resulting signals should have a fast rise
and decay time, which are crucial for good coincidence timing resolu-
tion. To promote the generation of visible-light photons (i.e., optical
photons), except for a few intrinsic scintillators such as bismuth ger-
manium oxide (BGO), a small concentration of an impurity, called
an activator, is introduced into the inorganic scintillation crystal (8).
A scintillator suitable for PET should have the following prop-

erties: high light yield, which is the number of optical photons
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generated per unit of deposited energy from the interaction; good
linearity, to ensure that the number of generated optical photons is
proportional to the energy deposited by the incident radiation;
transparency to the wavelength of its own emission spectra, to facil-
itate the transport of generated scintillation light to the photodetec-
tor; a high Zeff, a high density and a relatively wide thickness (e.g.,
2 cm), for favorable 511-keV interaction probability; a fast rise time
and short decay time for the induced luminescence, to facilitate
excellent temporal resolution and count rate performance; and a
high refraction index, to promote total internal reflection off the
crystal element sides and to increase the efficiency of light collec-
tion into the photodetector. Different inorganic scintillator materials
have been used in PET detectors; Supplemental Table 1 (supple-
mental materials are available at http://jnm.snmjournals.org) sum-
marizes the most commonly used inorganic scintillators and their
properties for the purpose of indirect radiation detection. To pro-
mote good spatial resolution, energy resolution, and coincidence
time resolution (CTR) performance, important aspects to consider
in addition to high light yield, Zeff, and density, and short rise and
decay times, are the reflector applied to the scintillator crystal surfa-
ces (to constrain the generated light photons within the crystal), the
crystal surface condition (e.g., polished or rough), and the scintilla-
tor–photodetector coupling medium (9).
Although most modern PET systems are built using lutetium-

based scintillation crystals (e.g., lutetium–yttrium oxyorthosilicate
[LYSO]) because of their high light yield and excellent timing prop-
erties, there has been a recent resurgence of
studies that explore BGO, especially its
achievable timing properties using prompt
luminescence emissions (10). As the field is
moving toward scanners with a long axial
field of view, BGO is especially attractive
because of its significantly decreased produc-
tion cost and increased Zeff compared with
lutetium-based crystals.
Regarding crystal configuration, there are

2 main geometries used in PET detectors,
namely discrete array and monolithic, as
depicted in Supplemental Figures 1A and

1B, respectively. Discrete crystal arrays are
most commonly used in commercial PET
scanners and comprise a matrix (i.e., array)
of individual small rod-shaped scintillation
elements, whereas the monolithic scintillator
design (currently in only one commercial
scanner design) consists of a large single
piece of scintillation material, and therefore,
there are no interelement gaps. Advantages
and disadvantages of each configuration can
be found in a previous publication (11).
Photodetectors Used in PET Scintilla-

tion Detectors. For the detection and con-
version of the generated scintillation photons
into measurable electrical signals, the scintil-
lator is coupled to one or more photodetector
elements. Generally, the photodetectors used
in PET can be divided into 2 groups: photo-
multiplier tubes (PMTs) and silicon photo-
multipliers (SiPMs). PMTs are economically
advantageous, have high gain and low noise,
and are sensitive for light in the visible

region of the electromagnetic spectra. However, they are relatively
large, bulky, and affected by magnetic fields, making it impossi-
ble to use them in PET/MRI hybrid systems. Figure 2A shows the
operation principle of PMTs (6). SiPMs are semiconductor (solid-
state) light detectors with a very high gain, a low-temperature drift,
a low operating voltage, an excellent temporal response, and an
insensitivity to magnetic fields (6). They are much more compact
than PMTs, with a pixel size on the order of the size of typical dis-
crete crystal elements used in PET and with minimal dead area.
Figure 2B depicts an SiPM array, zoomed in on the pixel internal
circuit structure. The SiPM pixel comprises a 2-dimensional array
of thousands of single-photon avalanche photodiodes operating in
Geiger mode, known as microcells. When a single scintillation pho-
ton strikes a single microcell, a charge carrier (electron or hole,
depending on the configuration) is generated with a certain probabil-
ity and then accelerated through a strong electric field, triggering an
avalanche in the gain region. The charge carriers from all microcells
in each SiPM pixel are collected and summed in parallel, producing
an output signal proportional to the number of impinging scintilla-
tion photons hitting that SiPM pixel that can be measured in real
time. Depending on whether readout electronics are external to the
devices or integrated within the sensor technology, SiPMs can be
classified as either analog or digital, respectively (12).
Most newer-generation PET systems use SiPMs instead of

PMTs (13). To provide accurate information on the incoming pho-
ton interaction location, energy, and arrival time, the factors
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FIGURE 1. Illustration of PET imaging process: from left to right, radiolabeled tracer is injected into
patient body, then PET scan is performed, and finally acquired annihilation photon data are proc-
essed to reconstruct images. ADC 5 analog-to-digital converter; FPGA 5 field programmable gate
array; TDC5 time-to-digital converter.

FIGURE 2. Schematic of PMT (A) and SiPM array (B), zooming on circuitry of one SiPM comprising
2-dimensional array of thousands of microcells. SPAD5 single photon avalanche diode.
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contributing to the SiPM noise and timing jitter, such as dark
count rates, optical crosstalk, afterpulsing, and dead time, must be
considered when designing SiPM-based systems (14).
For the crystal–photodetector coupling, it is better to use cou-

pling media with refractive indices between those of the photode-
tector and the scintillator crystal to reduce light transmission losses.
Regarding crystal–photodetector arrangement, for the discrete crystal
design, photodetectors are commonly coupled to the small end of the
crystal (end readout, Figs. 3A–3C). Nevertheless, designs attaching
the photodetector to the entrance surface (Fig. 3D) (9), at the side
surfaces (Fig. 3E) (9), or to both top and bottom surfaces (for 511-
keV photon depth of interaction [DOI] positioning) (Fig. 3F) (14), or
even covering the 4 lateral edges of a monolithic crystal (Fig. 3G)
(the more common arrangement was depicted in Supplemental
Fig. 1B, with the photodetector coupled to a large face of the crystal
(11)), have also been studied, reporting good overall performance
but, for some of the designs, at the cost of increasing the number of
photodetectors or gaps between adjacent crystal elements (14).
There are 2 basic configurations to couple discrete scintillation

crystals to photodetectors, namely light sharing and one-to-one cou-
pling. In the light-sharing configuration, optical photons generated in
one crystal element are collected in more than one photodetector, or a
single photodetector collects the optical photons from more than one
crystal element. The monolithic design (e.g., Supplemental Figs. 1B
and 3F) involves substantial light sharing: for an interaction occurring
in the center of the crystal, almost all SiPMs in the matrix receive sig-
nal. In the one-to-one crystal–photodetector coupling approach, each
crystal element is optically isolated from its neighbors and coupled to
its own photodetector pixel. In this configuration, the spatial resolu-
tion of such a detector is limited mainly by the width of the discrete
crystal elements (5). The photodetector output signals may be read
independently or multiplexed for fewer readout channels (15), as
described in the following section. In the case of the monolithic crys-
tal, the spread of scintillation light within the crystal leads to signifi-
cant detector dead time at high count rates and spatial resolution
degradation near the edges (16), which have a negative effect on tim-
ing performance throughout the crystal since there is an increased
variance in the photon arrival time determination (17).
Front-End Readout Electronics for PET Scintillation Detectors.

The front-end readout and data acquisition electronics are respon-
sible for processing and digitizing the photodetector output signals
and transmitting those digitized signals to a workstation (personal
computer) for further processing and image reconstruction. Analog
SiPMs provide analog electrical signals. High-speed analog-to-digital

converters are used to accurately digitize these analog signals (e.g.,
Fig. 1C), from which one can extract the crystal location, energy, and
arrival time of the photon interaction. Because of their flexibility, reli-
ability, and cost effectiveness, field-programmable gate arrays (e.g.,
Fig. 1C) are the digital signal hardware units most often applied to
control, receive, and process the digitized data from the analog-to-
digital converters before transmitting to the personal computer for
further software analysis and image reconstruction.
In terms of signal-to-noise ratio (SNR), the best approach to

extracting 511-keV photon interaction position and temporal reso-
lution is to read every single element in the photodetector matrix
individually. However, this typically implies digitizing a huge
number of signals, which is challenging, costly, and requires com-
plex readout and data acquisition schemes. To address this chal-
lenge, multiplexing schemes that merge two or more photodetector
output signals have been implemented (18). Multiplexing reduces
the overall readout channel count but at the cost of signal integrity
and postprocessing computational burden. For a readout design
that combines several output channels, the exact interaction posi-
tion of the 511-keV photon within the detector element that gener-
ated the electronic signal is unknown at the output of a multiplexed
readout chain and therefore requires the application of algorithms
or techniques (19) at the postprocessing stage to extract informa-
tion such as photon interaction position, energy, and timing.
The most popular multiplexing methodology is Anger logic (the

widely used in NaI-based g-cameras), in which all photodetector
signals are combined, such as through a resistive network (20).
However, such multiplexing of output signals may require signifi-
cant light sharing between the photodetectors, requiring a high light-
output scintillator to obtain good spatial resolution. Thus, there is a
tradeoff between the degree of multiplexing and the overall detector
performance (20). Nevertheless, this multiplexing scheme provides
the advantage of reducing the number of output channels and the
overall complexity of a system but typically affects key performance
parameters such as spatial, timing, and energy resolutions and
count-rate performance. An alternative approach is to use capacitive
multiplexing schemes or a hybrid multiplexing scheme in which
resistive and capacitive networks are used in parallel (21). These dif-
ferent types of multiplexing schemes have a goal of improving one
or more key parameters and can be adopted accordingly depending
on the application.
Although some examples have been given, photodetector signal

multiplexing in PET system design is generally an open area in
which continued research is required to come up with optimized

solutions for given detector configurations.
For the readout schemes described, system
designers often use application-specific inte-
grated circuit (ASIC) chips—the so-called
system on a chip (22)—which are custom-
ized for a particular use. ASIC readouts pos-
sess a small footprint and can be used to
read, preprocess, and digitize each SiPM
photodetector element independently or the
resulting channels after multiplexing.
Because of the customized design of ASICs
for a specific type of detector and require-
ment, they often can yield performance
parameters superior to those from readout
circuits built using discrete components (23).
More recently, approaches based on arti-

ficial intelligence have been proposed for
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FIGURE 3. Schematic of different scintillation crystal–photodetector coupling approaches. End
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with SiPMs on entrance face (D), side readout (E), dual-ended readout (F), and lateral readout (G) (a
more common configuration is depicted in Supplemental Fig. 1B).
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3-dimensional photon interaction positioning and time stamp estima-
tion in PET for highly multiplexed readout schemes (24). Prelimi-
nary experiments have shown promising results (25).

Direct Detection Method
Semiconductor detectors are commonly used in the field of radi-

ation detection for direct conversion of the incoming radiation into
electrical signals (without the intermediate process of creation,
transport, and collection of light) and are currently under research
for use in PET (3,4,26). In semiconductor photon detectors, the
511-keV photon interaction physics are exactly the same as in the
indirect detection (scintillation) case, in which the ionizing interac-
tions create a track of electron–hole pairs. However, what differs
is the signal formation and collection process. In a semiconductor
detector, under the influence of an applied bias voltage on electro-
des deposited on opposing sides of the crystal, the mobile charge
carriers drift toward and induce a current on either electrode (elec-
trons drift toward the anode whereas holes drift toward the cath-
ode) as depicted in Supplemental Figure 2 (4). The integral of
induced current over time provides the total induced charge on
each electrode, which, aside from charge-attenuating effects, is
directly proportional to the energy of the 511-keV photon interac-
tion. The resulting current signal is read through highly sensitive
and low-noise electronic circuitry. Typically, the first component
of the front-end readout circuitry chain is a charge-sensitive ampli-
fier. The basic function of the charge-sensitive amplifier is to inte-
grate the current signal and convert it into a voltage signal, as well
as to match electrical impedance between the detector and subse-
quent electronics (4). The charge-sensitive amplifier is typically
followed by a shaping amplifier, which amplifies the signal and fil-
ters out the noise contents from the output signal of the charge-
sensitive amplifier to improve SNR. The shaping amplifier also
plays the important role of quickly decaying the signal down to
baseline to avoid pile-up issues and make the data acquisition sys-
tem ready for processing of subsequent signals without compromis-
ing the precision of extraction of time and energy information from
the signal. The output of the shaping amplifier can be fed to an ana-
log-to-digital converter for signal digitization and postprocessing.
Because of a single-step 511-keV photon-induced ionization-to-cur-

rent conversion, semiconductor detectors exhibit a greatly decreased
(compared with scintillation-based radiation detectors) statistical
variation in signal amplitude as a function of the photon energy,
thus yielding more precise energy measurements (i.e., higher
energy resolution), which are highly desirable in imaging applica-
tions. However, one of the major limitations of semiconductor pho-
ton detectors is poor CTR, which limits the use of semiconductor
detectors in the design of time-of-flight (TOF) PET scanners (27).
The poorer temporal precision of semiconductor radiation detectors
than of scintillation detectors results from the fact that the output
signal is produced by the drift of charge, which is much slower and
has larger temporal variation than the propagation and collection of
light. Despite these drawbacks, there is still the possibility of using
semiconductor radiation detectors for the design of high-resolution
PET scanners (3,28) or in other applications in which timing per-
formance is not of the utmost importance. So far, there are no clini-
cal PET systems using semiconductor-based detectors.
To be used as an effective radiation detector for PET, a semi-

conductor material must have high Zeff and density and be at least
a few centimeters thick for highly efficient detection of 511-keV
photons; it also should have high resistivity and low leakage cur-
rent and should yield a high number of electron–hole pairs per

interaction for the best detector SNR. The semiconductor radiation
crystals that have been most often studied for PET detectors are
cadmium zinc telluride (4,29) and cadmium telluride. Addition-
ally, thallium bromide has also been recently studied (30). The
basic properties of these 3 semiconductor detectors are summa-
rized in Supplemental Table 2.

PET DETECTOR PERFORMANCE PARAMETERS

Intrinsic Spatial Resolution
The intrinsic spatial resolution of a PET detector is defined by

the spatial spread of detected annihilation photon counts measured
by stepping a positron point source across the surface of PET
detectors that are operated in electronic coincidence (to collect the
resulting oppositely directed annihilation photons), also known as
the coincidence point-spread function (CPSF). The resolution is
defined as the full width at half maximum (FWHM) of a gaussian
fit to the CPSF and is usually characterized in 3 dimensions: 2 pla-
nar coordinates (x,y) in combination with the DOI coordinate (z)
within the crystal.
At the system level, the intrinsic spatial resolution of the PET

detector is an important parameter affecting PET image quality
and, in the discrete crystal design, is affected mainly by the crystal
element dimensions and the positioning algorithm used to retrieve
the coordinates. Positron range and annihilation photon acollinear-
ity variations also contribute to the measured (x,y) CPSF (5). In
detector designs without signal multiplexing, the contribution from
the detector is roughly half the width of the crystal element; in
light-sharing and signal-multiplexing designs, an additional decod-
ing term should be applied (7). For the overall (x,y) PET system
spatial resolution, one would multiply intrinsic spatial resolution by
an additional blurring factor because of the imperfect image recon-
struction process, as shown in Equation 1. The reconstructed image
voxel size is usually chosen to be roughly one third to one half the
intrinsic resolution (31). Annihilation photon acollinearity depends
on scanner diameter. Positron range depends on the positron-emit-
ting radionuclide and the tissue traversed by the positron. The con-
tribution from the detector depends on the detector element width.

Rint5

ffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffi
Rdet

2

� �2

1 R2
pos 1 b2 10:0044 � R2

acol

s
, Eq. 1

where Rint is intrinsic spatial resolution, Rdet is the contribution
from the detector, Rpos is the positron range, b is the blurring fac-
tor, and Racol is annihilation photon acollinearity. Submillimeter
(x,y) intrinsic resolution has been achieved for both indirect and
direct detection methods. Supplemental Figure 3 shows examples
of PET systems with intrinsic resolution of less than 1mm (3,32).
Supplemental Figure 3A depicts an example of indirect detection
of the measured PSF across 2 opposing detector modules, each
consisting of 8 3 8 arrays of 0.9 3 0.9 3 1mm3 LYSO scintilla-
tion crystals coupled to a position-sensitive avalanche photodiode.
An average CPSF of 0.84 6 0.02mm was measured; the figure
was extracted from a previous publication (33). Supplemental Fig-
ure 3C shows an example of the direct detection method using a
monolithic CZT crystal arranged edge-on with respect to incoming
photons, with intrinsic resolution determined by the 1-mm pitch of
the anode electrode, which was segmented into strips; the reported
CPSF averaged over 3 anode strips was 0.78 6 0.1 mm FWHM,
including the 250-mm diameter of the point source. This figure
was extracted from a previous publication (34).
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Regarding the monolithic crystal-based detector design, an addi-
tional challenge is the truncation of scintillation light at the edges,
which degrades the spatial, timing, and energy resolutions in these
regions (7). Several approaches to mitigating this effect have been
tested, such as different crystal surface treatments (e.g., covering
the edges with an optical absorber) or novel photodetector arrange-
ments (9,11). Moreover, monolithic detectors require 2-dimen-
sional calibration procedures to estimate the 511-keV photon
interaction position within the scintillator. These calibration proce-
dures are usually based on hardware collimation methods in which
a physically collimated beam source is moved across the front
face of the scintillator to generate look-up tables that are used to
decode the measured positions into metric units (5). Supplemental
Figure 3B shows an example of a calibration pattern acquired
using a 15-mm-thick LYSO monolithic crystal and a collimated
array of 22Na sources with 1.5-mm pitch. The collimator had 30-
mm thickness and drilled holes 1.2 mm in diameter. The bottom
panel of Supplemental Figure 3B shows the count histogram along
the columns in the image of the data inside the red band, achieving
an average (x,y) spatial resolution of 0.82 6 0.02 mm after taking
into account the hole diameter, with significant degradations
observed within a few millimeters from all 4 edges (33).
A high-sensitivity PET system design is desirable for realizing

both high spatial resolution and reconstructed image SNR. This can
be achieved by using scintillation crystals at least 2 cm long (thick)
for high-efficiency detection of 511-keV photons. However, nearly
all commercially available PET detectors do not measure the DOI of
the photon interaction. This lack of DOI information can produce
significant limitations in positioning annihilation photon interactions
due to a parallax error that occurs when incoming annihilation pho-
tons enter the detectors at oblique angles and interact at varying
depths within the crystals. This leads to increased spatial-resolution
blurring as the source moves outward from the center, radially.
However, retrieving DOI information is not straightforward

and usually requires additional scintillator layers (e.g., phoswich
approaches (35,36)) or photodetector elements (dual-end readout
methods)—or special crystal surface treatments and reflectors
(9,36)—and additional readout channels, thus increasing manufactur-
ing cost and system complexity (8). The drawbacks of most of these
DOI methods is that they can determine only one DOI, representing a
problem when the photon interacts more than once in the detector
crystals (intercrystal scatter) before depositing all its energy (i.e., a
Compton scatter followed by a photoelectric absorption), which is
roughly 2- to 3-fold more likely to occur than a single photoelectric
interaction for small (,4 mm in width) crystals. To address this prob-
lem, some advanced detector designs enable determination of x, y,
and z coordinates when there is more than one 511-keV photon inter-
action (3,32), enabling an accurate estimate of the first interaction for
improved reconstructed image quality and accuracy (37).

Energy Resolution
The energy resolution is a measure of the detector’s ability to

distinguish between photon interactions at different energies and
represents the precision with which a PET detector can measure
the deposited energy of the photon interaction. It is quantified by
the FWHM of a gaussian fit to the photopeak observed in the mea-
sured spectrum of detected photon energies. Good energy resolu-
tion helps to filter out 511-keV photons that have undergone
Compton scatter in the patient tissues before being detected, since
it allows the application of a narrow energy window for rejection
of these scattered coincidences, thus improving image contrast and

accuracy while still being able to collect high count statistics in
the measured photopeak. Semiconductor detectors provide better
energy resolution because of low statistical variation in signal
amplitude as a function of photon energy. For the sake of compari-
son of direct and indirect detection, the energy spectrum of a
22Na radiation source acquired using a 3 3 3 3 10 mm3 lutetium–

gadolinium orthosilicate scintillator crystal element coupled to an
SiPM (9), and a 39 3 39 3 5 mm3 cadmium zinc telluride semi-
conductor detector crystal arranged edge-on with respect to incom-
ing photons (38), are shown in Supplemental Figures 4A and 4B,
respectively. In discrete and monolithic crystal array–based detec-
tors, the energy resolution depends on the scintillator light yield,
light collection efficiency variations as a function of annihilation
photon DOI, the dimensions of the crystal element and its optical
coupling to the photodetector, properties of the latter such as pho-
ton detection efficiency, and the noise level of the electronic
readout.

CTR
The CTR of a PET system defines the uncertainty in measuring

the arrival time difference between photons for each annihilation
photon pair of a coincidence event, over many events. The CTR is
determined by several factors, including the intrinsic properties of
the scintillation crystal (light yield, rise and decay times), reflec-
tive materials applied to the crystal, the geometry of the crystal,
the number of scintillation photons collected by the photodetector,
crystal-to-photodetector coupling configurations, photodetector
detection efficiency and noise properties, and the readout electron-
ics chain (39). Achieving precise CTR allows one to constrain the
location of each annihilation event along the system lines of
response using the technique known as TOF (2). Using TOF infor-
mation, each event is placed closer to its true origin along the line
of response connecting 2 coincidence detector elements in a PET
system during the image reconstruction process, thus improving
the reconstructed image SNR (Eq. 2) (9).

SNR5
D

DX

� �1=2

5
2 � D
c � DT

� �1=2

, Eq. 2

where DX5ðc �DT=2Þ is the annihilation coordinate uncertainty
along each line of response, c is the speed of the light, DT is CTR,
and D is the imaging subject diameter, assuming it is circular. As
an example, if the CTR improves from 400 to 100 ps, then from
Equation 1, a gain in reconstructed image SNR of a factor of �4
(52) is expected.
The image SNR boost using TOF can be exploited to improve

lesion visualization and the accuracy of uptake measurements or
reduce the required dose or the scan time. The design of TOF PET
scanners requires careful consideration of the scanner photon sen-
sitivity and the CTR performance (39,40). Supplemental Figure
4C shows an example of the measured time difference (i.e., coinci-
dence time) spectrum, which is again typically quantified by the
FWHM, using a detector design based on a 3 3 3 3 10 mm3 lute-
tium–gadolinium orthosilicate scintillator crystal element side-cou-
pled to a 3 3 3 mm3 SiPM (9).

Count-Rate Performance
Count rate is defined as the number of events recorded by a

detector per unit of time. The count-rate capability of PET systems
is constrained because a large number of incoming photon events
has to be detected and processed by a finite number of detector
channels, each channel requiring a certain processing time
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depending on the detector and readout electronics design. Thus, the
total number of counts that can be collected within a reasonable
time frame is limited (40). In an ideal PET system, the net count
rate would increase linearly with increasing activity in the field of
view. However, real systems experience count losses due primarily
to dead time caused by event pile-up effects. These effects must be
estimated accurately and corrected in order for quantitative PET
studies to be performed; in this regard, several methods have been
proposed to alleviate count-rate losses (41). With the introduction of
SiPM-based detectors, the pile-up and resulting dead time and loss
in quantitative accuracy observed at high count rates is reduced
when compared with previous PMT-based scanners (42).
Count-rate measurements do not directly indicate image SNR in

the presence of random and Compton scatter coincidence back-
grounds. Instead, the noise-equivalent count rate figure of merit is
used, providing a standard measure of the SNR of a PET system (40).

DISCUSSION

Currently, PET imaging is a valuable molecular imaging technique
and is used clinically to yield tailored diagnostic and prognostic infor-
mation. Advances in PET detector design and instrumentation in the
last decade have led to significant improvements in PET image qual-
ity and accuracy. Supplemental Table 3 summarizes the main perfor-
mance parameters of commercial TOF PET scanners (2). However,
there are potentially a few directions for improvement: commercially
available clinical PET scanners are still not efficient in detecting
511-keV photon pair coincidences (i.e., photon sensitivity) relative to
theoretic scanner designs (43) and offer limited spatial resolution
(�4mm at the system center, which degrades away from the center).
One direct (but costly) approach to improving PET system sen-

sitivity is that of the Explorer collaboration (44)—as well as other
designs (45)—to improve the system geometric efficiency by
greatly increasing its axial length. The axial length of most com-
mercially available PET systems ranges between 15 and 26 cm,
exhibiting sensitivities of 0.6%–2% for the 70-cm-long National
Electrical Manufacturers Association line source measurement.
For reducing the cost of PET systems with a long axis, there has
been recent significant interest in BGO (10).
Another indirect option to enhance PET system sensitivity is to

improve CTR and, thus, the precision of photon TOF information
during the reconstruction process, which provides an effective sensi-
tivity boost by enhancing reconstructed image SNR. The best state-
of-the-art scanner achieves an approximately 214-ps CTR (46).
However, with progress in the development of SiPMs (12,13), high-
end PMTs, and scintillators, a CTR at or below a 100-ps FWHM
may be achievable in future-generation TOF PET systems (4,9).
PET system spatial resolution and sensitivity improvements

have been proven useful to better characterize and quantify lesions
or to reduce the radiation dose or scanning time. To improve the
spatial resolution of PET scanners, one may use smaller crystal
elements along with sensitivity improvements to realize the
desired higher resolution with good image SNR. Recently, artifi-
cial-intelligence algorithms are being explored for use with PET
instrumentation (24). For example, they have been used to achieve
homogeneous submillimetric resolution in the entire field of view
using a monolithic-crystal–based design (11).

CONCLUSION

PET constitutes the molecular imaging technique of excellence in
nuclear medicine. However, to further extend the use of PET, some

instrumentation improvements need to be accomplished. These
advancements include reaching high 3D spatial resolution (in the
range of �122 mm); achieving CTR values below 100 ps to enable
the inclusion of precise TOF information during the reconstruction
process; and maximizing photon detection sensitivity. The present
review covers these points by describing the basics of PET detector
technology, the most relevant instrumentation milestones completed
during the last decade, and the future of PET detector technology.
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