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Abstract

Background: Photon counting detectors (PCDs) for x-ray computed tomogra-
phy (CT) are the future of CT imaging. At present, semiconductor-based PCDs
such as cadmium telluride (CdTe), cadmium zinc telluride, and silicon have been
either used or investigated for clinical PCD CT. Unfortunately, all of them have
the same major challenges, namely high cost and limited spectral signal-to-
noise ratio (SNR). Recent studies showed that some high-quality scintillators,
such as lanthanum bromide doped with cerium (LaBr3:Ce), are less expensive
and almost as fast as CdTe.

Purpose: The objective of this study is to assess the performance of a LaBr;:Ce
PCD for clinical x-ray CT.

Methods: We performed Monte Carlo simulations and compared the per-
formance of 3 mm thick LaBr;:Ce and 2 mm thick CdTe for PCD CT with
x-rays at 120 kVp and 20—1000 mA. The two PCDs were operated with either
a threshold—subtract (TS) counting scheme or a direct energy binning (DB)
counting scheme. The performance was assessed in terms of the accuracy
of registered spectra, counting capability, and count-rate-dependent spectral
imaging-task performance, for conventional CT imaging, water—bone material
decomposition, and K-edge imaging with tungsten as the K-edge material. The
performance for these imaging-tasks was quantified by nCRLB, that is, the
Cramér—Rao lower bound on the variance of basis line-integral estimation,
normalized by the corresponding value of CdTe at 20 mA.

Results: The spectrum recorded by CdTe was distorted significantly due to
charge sharing, whereas the spectra recorded by LaBrj;:Ce better matched the
incident spectrum. The dead time, estimated by fitting a paralyzable detector
model to the count-rate curves, was 20.7, 15.0, 37.2, and 13.0 ns for CdTe
with TS, CdTe with DB, LaBr3:Ce with TS, and LaBr;:Ce with DB, respectively.
Conventional CT imaging showed an adverse effect of reduced geometrical effi-
ciency due to optical reflectors in LaBr;:Ce PCD. The nCRLBs (a lower value
indicates a better SNR) for CdTe with TS, CdTe with DB, LaBr;:Ce with TS,
LaBr;:Ce with DB, and the ideal PCD, were 1.00 + 0.01,1.00 + 0.01,1.18 + 0.02,
1.18 £ 0.02, and 0.79 + 0.01, respectively, at 20 mA. The nCRLBs for water—
bone material decomposition, in the same order, were 1.00 + 0.02, 1.00 + 0.02,
0.85+0.02,0.85 +0.02,and 0.24 + 0.02, respectively,at 20 mA;and 0.98 + 0.02,
0.98 +0.02,1.09 + 0.02,0.83 + 0.02,and 0.24 + 0.02, respectively,at 1000 mA.
Finally, the nCRLBs for K-edge imaging, the most demanding task among the
five, were 1.00 + 0.02, 1.00 + 0.02, 0.55 + 0.02, 0.55 + 0.02, and 0.13 + 0.02,
respectively, at 20 mA; and 2.45 + 0.02,2.29 + 0.02, 3.12 + 0.02,2.11 + 0.02,
and 0.13 £ 0.02, respectively, at 1,000 mA.
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1 | INTRODUCTION

X-ray computed tomography (CT) scanners are
presently undergoing the largest architectural change
since the introduction of multidetector-row CT (or
MDCT) 26 years ago: they are moving from energy-
integrating detectors (EIDs) to photon-counting
detectors (PCDs)."* PCDs offer three times the
spatial resolution of previous EIDs at lower noise level
or lower radiation dose, and also provide retrospective
spectral imaging.°>~’ Today, two PCD CT scanners are
approved for sale*® and three others have advanced
to human imaging experiments®'" The community
was quickly impressed with 0.2 mm high-resolution
CT images enabled by PCD CT, while high-resolution
spectral imaging has also been finding applications,
including iodine maps, virtual non-contrast images, and
accurate thrombus/lumen images with no blooming or
partial volume artifact.

The consensus in the CT community is that this is
just the beginning of the PCD CT era. It is foreseen
that its performance will further improve, and that PCD
CT will come down to mid- and low-tier market seg-
ments over the next decade. In other words, PCD CT
systems will become workhorse scanners in the health-
care system soon. The reason for this expectation is
simple: PCD CT systems will be as easy to use as older
single-energy CT systems, which fits the users’ profile in
general community hospitals and imaging centers. Artifi-
cial intelligence (Al) software on the reading workstation
or application specialists working atimaging servers will
process spectral CT data and report findings.

There are two maijor issues current PCD CT faces,
the cost and the poor signal-to-noise ratio (SNR) of
spectral images. Both types of PCD CT being developed
and studied by CT vendors, that is, face-on cadmium
telluride (CdTe) (or cadmium zinc telluride, CZT) PCD
CT' and edge-on silicon PCD CT,'? have these issues
as outlined below.

1.1 | Cost

High-purity CdTe crystals are very expensive to man-
ufacture, as the production yield is low. We expect a

Conclusion: The Monte Carlo simulations showed that, compared to CdTe with
either TS or DB, LaBr3:Ce with DB provided more accurate spectra,comparable
or better counting capability, and superior spectral imaging-task performances,
that is, water—bone material decomposition and K-edge imaging. CdTe had a
better performance than LaBr;:Ce for the conventional CT imaging task due
to its higher geometrical efficiency. LaBr;:Ce PCD with DB scheme may be an
excellent alternative option for CdTe PCD.

computed tomography, photon counting detector, scintillator

cost reduction over time, but this may be at a slow
pace. The sheer volume required and special mate-
rial processing make silicon PCDs as expensive as
CdTe PCDs. Silicon is lighter than CdTe and thus
needs to be made 30 times thicker to have compara-
ble x-ray stopping power. This 30-fold volume increase
offsets the lower price per unit volume. In addition, a
clinical silicon PCD needs high-quality silicon crystals,
which is significantly more expensive than off-the-shelf
crystals.

1.2 | Spectral SNR

Both CdTe and silicon are direct-conversion detectors,
meaning that they measure the number of photons and
their energies by converting an x-ray photon directly
into a charge cloud. The noise of the spectral signals
is determined by the following factors related to detec-
tion physics: (a) dead space (or geometrical efficiency),
(b) stopping power (or detection efficiency), (c) charge
sharing and x-ray crosstalk between PCD pixels, and
(d) pulse pileup (causing x-ray flux-dependent distor-
tion of the photon count and spectral information). Due
to these factors, the noise of current CdTe PCD CT is
significantly larger than it would be with ideal detec-
tors. Previous studies estimated that the noise standard
deviation was increased 1.6-fold for iodine imaging'®
(96 percent-points/61 percent-points = 1.6, Table II, PC
realistic/ideal, 4 bins) or 2.7-fold for K-edge imaging'*
(1/8.43/1.14 = 2.7, Table Ill, boxcar, 225 ym, 4 bins).
We will show similar results in Section 3.3. Charge shar-
ing is particularly harmful in this respect. It refers to
the effect that the charge cloud generated by the x-ray
can be split between adjacent pixels. This distorts the
spectrum and increases noise, because the noise vari-
ance of double-counted photons is four times as large
as that of the original data. [Note: Var(2X) = 22 E(X)
with X being a Poisson random variable.] Edge-on sili-
con effectively reduces pulse pileup, but silicon has poor
energy sensitivity because little spectral signal remains
after energy-insensitive Compton scattering. A Monte
Carlo (MC) simulation estimated that its frequency-
dependent detective quantum efficiency [DQE(f)] was
only 12%—41% of CdTe at 80 keV. Another study
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estimated a =zero-frequency DQE, DQE(0), to be
5%—29% worse than CdTe."®

We believe that both of these problems—the cost
and the poor spectral SNR—can be addressed by using
an old but new technology: scintillators. Scintillators
are inexpensive in general and are commonly used in
energy integrating CT detectors (EIDs), but were long
thought to be too slow to count individual photons and
resolve their energies as is done in PCDs. Recent experi-
mental studies showed that modern scintillators such as
lanthanum bromide doped with cerium (LaBr3:Ce) can
be very fast, in fact, almost as fast as CdTe.'®"” While
the basic characteristics of LaBr;:Ce have been studied
well in the past,'®2" the material has successfully been
implemented in medical imaging detectors,222° and the
cost is expected to be 10%—15% of those of CdTe or
CZT, its potential as a CT detector has not yet been
investigated thoroughly. Thus, the aim of this study is to
investigate the potential of a LaBr;:Ce PCD for clinical
PCD CT.

The structure of this article is as follows. In Section 2,
we outline MC simulation methods and performance
evaluation schemes used. We present results in Sec-
tion 3, discuss relevant issues in Section 4,and conclude
the article in Section 5.

2 | METHODS

In this section, we outline the LaBr;:Ce PCD, the MC
simulation method, and the performance evaluation
schemes.

2.1 | Scintillator-based photon counting
detector

We use LaBr3:Ce with silicon photomultiplier (SiPM)
readout to describe a scintillator-based PCD in gen-
eral. Figure 1 presents the side and top views of the
simulated LaBr;:Ce and face-on CdTe PCDs. Both the
LaBr3:Ce and the CdTe PCD had 3 x 3 pixels within
an aperture of (1 mm)? created by two-dimensional
(2-D) anti-scatter grids (ASGs), which isolated the 3
x 3 pixels from the other pixels. The LaBr;:Ce PCD
had a pixel size of (300 ym);? a thickness of 3.0 mm,
and optical reflection layers (optical septa) with a thick-
ness of 50 ym in between adjacent pixels. It is noted
that scintillator arrays with comparable or even smaller
pixel sizes and reflector thicknesses have successfully
been developed by various groups?5-2° LaBr;:Ce has
a density of 5.06 g/cm® and a scintillation decay time
constant of 16 ns3® The SiPM recharge time con-
stant was set at 7.0 ns, matching the value of the
SiPMs used in recent experiments with a prototype
single-pixel LaBr;:Ce PCD."” In first-order approxima-
tion, both the scintillation photon emission function and
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the single-photon signal of the SiPM can be described
as exponential decay functions.3° The expected pulse
shape of the LaBr;:Ce PCD then equals the convolu-
tion of these two functions, that is, a double-exponential
pulse [Equation (1)] with a duration of 26.0 ns full-
width-at-half-maximum (FWHM) and 56.0 ns full-width-
at-tenth-maximum (FWTM) (Figure 2a).

1 t
fty=—— |lexp| —
® Tdecay — Trecharge [ P < Tdecay)

—exp<—T ! )] ()
recharge

where 7gecay and Trecharge are the decay and recharge
time constants discussed above.

The CdTe PCD had a pixel size of (333 ym),? a thick-
ness of 2.0 mm (Figure 1), a density of 5.85 g/cm3,
and a 3-D Gaussian-distributed charge cloud with a
FWHM of 72 ym2" The CdTe PCD had a slightly asym-
metric monopolar pulse shape with a pulse duration
of 14.0 ns FWHM and 25.0 ns FWTM*233 which was
created by connecting two normalized Gaussian func-
tions at the peak (Figure 2a); the Gaussian parameters
(i.e., the standard deviations) were 4.8 ns for the rising
part of the pulse and 6.9 ns for the falling part. The
FWHM and FWTM of the LaBr;:Ce PCD pulses were
1.86 and 2.24 times longer, respectively, than those of
the CdTe PCD. With the chosen thicknesses, the energy-
dependent detection efficiencies of LaBr;:Ce and CdTe
were very close to each other (Figure 2b), if the detec-
tion efficiency is defined as the probability of interaction
after an x-ray photon enters into the conversion material
(i.e., not taking into account the influence of the optical
reflectors and ASGs).

We briefly outline the detection process of a
scintillator-based PCD. An x-ray photon interacts with
a LaBrj:Ce crystal via either the photoelectric effect or
Compton scattering, with the photoelectric effect being
dominant. The conditional yield of K-shell fluorescence
x-rays is substantial, and the K-fluorescence x-ray either
escapes from the PCD entirely or is absorbed by a
PCD pixel (which is either the original/primary pixel or a
neighbor/secondary pixel). With the energies of K, and
K of lanthanum (La) being 33.0—37.8 keV, the mean
travel distance of La-K-fluoroscence x-ray is 223 ym in
LaBr;:Ce. When it is detected by one of the neighbor
pixels, it results in crosstalk between the pixels, which
we will denote by x-ray crosstalk in this article. Overall,
LaBr3:Ce has more x-ray crosstalk than CdTe, as the
mean travel distances of Cd-K and Te-K-fluorescent x-
rays are 124.4 and 61.6 um, respectively.! When x-ray
energy is deposited in LaBr;:Ce, scintillation photons
are emitted isotropically from the interaction site. They
are reflected by the optical septa and finally detected by
the SiPM underneath the scintillator pixel. The number
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(a) CdTe 3x333 um ASG 3x333 um
(100 um) - 3
X-ray photon
| Chajrge cIou:d i
| T cdTe

! :1--‘. g

3 x300 um
(b) LaBr,:Ce [—+2x50um
X-ray photon

FIGURE 1
CdTe PCD and 3.0 mm for the LaBr3:Ce PCD.

(a) Pulse shape

- - -- CdTe
—— LaBr;:Ce

/ N —

0 10 20 30 40 50 60 70 80 90
Time (ns)

FIGURE 2
was 26 ns/56 ns for LaBr3:Ce and 14 ns/25 ns for CdTe.

of scintillation photons is expected to be proportional to
the deposited x-ray energy, but it is stochastic, resulting
in a relatively broad photo-peak at the deposited energy
(the FWHM-over-mean ratio commonly being referred
to as the scintillator energy resolution). During the light
reflection and detection, some light may leak into the
neighbor pixels, which is called optical crosstalk. Note
thatin contrast with a CdTe PCD, there is no charge shar-
ing during this photon detection process. Moreover, the
noise of the readout electronics can easily be kept at
a negligible level due to the internal gain of the SiPMs
(typically in the order of 10°, allowing a SiPM to detect
single optical photons).3? Thus, the output of each SiPM
is an amplified analog pulse train, which can essen-
tially be fed straight into a pulse height analysis (PHA)
circuit, similar to that used with a CdTe PCD, but with-
out need for a low-noise charge-sensitive amplifier and
pulse shaping circuitry. For completion, it is noted that

Optical reflectors
(50 pum)

A0

Side and top views of (a) the CdTe PCD and (b) the LaBr3:Ce PCD used in this study. The thicknesses were 2.0 mm for the

Anode
3x300 um + 2 x 50 um

(50 pum)

(b) Detection efficiency

- —--- CdTe
—— LaBr;:Ce

20 40 60 80 100 120 140
Energy (keV)

(a) Pulse shapes and (b) detection efficiency of 3.0 mm thick LaBr;:Ce and 2.0 mm thick CdTe. The FWHM/FWTM of the pulse

SiPMs produce so-called dark counts.2? These are ran-
domly occurring pulses, equal in shape and size to those
produced by single optical photons. SiPM dark counts
will not contribute to the registered photon count, as
they stay below the minimum energy threshold typically
used in a PCD. Moreover, since the dark count rate of a
(300 um)? SiPM is expected to be in the order of 10 kHz,
the probability for a dark count to occur during a 56 ns
FWTM LaBr;:Ce pulse is < 1073, so the influence on
the registered x-ray energies can also be considered
negligible.

2.2 | MC simulator and general settings

We modified the MC simulation program developed for
and validated by a previous study?® which cascaded
the following eight processes (1)—(8) that included three
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temporal elements for CdTe PCD. The processes were
(1) photon generation with randomized energies and
time intervals based on a Poisson distribution, (2) photon
interaction with the detector materials, (3) charge shar-
ing and x-ray crosstalk (i.e., fluorescence x-ray emission
and its re-absorption), based on a randomized inci-
dent location, interaction, and detection processes, (4)
stochastic energy conversion for the scintillation pro-
cess, (5) optical crosstalk with four neighbor pixels
for the scintillator PCD, (6) stochastic and position-
dependent signal arrival time delays, (7) pulse train
generations with electronic noise, and (8) comparator
detection signal generation with a rising pulse crossing
energy thresholds. The sampling period of the modeled
pulse trains was 1 ns. How these eight processes were
performed for each PCD is outlined in Appendix A.

Two detection schemes with PHA were employed for
(8): a threshold—subtract (TS) counting scheme’34-38
and a direct energy binning (DB) schemes® The TS
scheme is one of the most straightforward counting
schemes; when a rising pulse crosses an energy thresh-
old, it increments the corresponding counter. After a set
time period, such as 200 ps, corresponding to a sin-
gle view (projection) of the sinogram, the counters’ data
are read out and the output between adjacent energy
thresholds are subtracted to compute the total number
of pulse peaks that arrived within the two-sided energy
bin. This scheme is known to have a risk of producing
negative counts for energy bins, when the baseline is
elevated with higher count-rates. See Appendix for more
detail. The DB scheme directly counts the number of
events that correspond to each energy window. The DB
scheme is known for not having negative counts for any
bins and making PCD faster (i.e., 34% shorter effective
deadtime parameters and 59% higher maximum output
count-rates). See Appendix B for more explanation of
the DB scheme.

For the CdTe PCD, the MC program was run while
skipping (4) and (5), and with charge arrival time delays
due to interaction locations (both depth and pixel bound-
aries) and stochastic fluctuations for (6). Electronic noise
with a standard deviation of 2.5 keV was added to the
pulse train for (7).

For the LaBr3:Ce PCD, the MC program was oper-
ated with a charge cloud size of 0.1 ym for (3) (which
effectively eliminated charge sharing), deterministic and
accurate arrival time for (6), and an electronic noise
with a standard deviation of 0.1 keV for (7). Process
(4) was modeled using a Gaussian distribution with the
photopeak FWHM-to-mean ratio, FWHM(E)/E x 100(%),
where E is the deposited energy, being equal to 15%

FWHM at 60 keV and proportional to 1/\/E. The value
of 15% FWHM at 60 keV was conservatively chosen
as the average of the state-of-the-art energy resolution
of 9.4% FWHM reported for LaBr;:Ce at this energy?’
and the value of about 20% FWHM obtained by Van der

MEDICAL PHYSICS——

Sar et al. in measurements with a single-pixel LaBr3:Ce
PCD," in which the energy resolution was limited by
the low (< 25%) photodetection efficiency of the SiPM
and other experimental factors. As a first-order approx-
imation of a high-quality scintillation crystal array, the
optical crosstalk rate for (5) was set to 10% in total to
the four closest neighbor pixels, and it was assumed
that the leakage of deposited energy to these neigh-
bors was distributed equally, hence 2.5% to each pixel.
This approximation is justified if the number of scintilla-
tion photons is large, and the reflectivity of the optical
septa between the pixels is high and uniform. Under
these conditions, the scintillation photons will undergo
a large number of reflections on average before either
reaching the SiPM at the bottom of a high-aspect ratio
pixel or crossing over to a neighbor pixel, resulting in an
even distribution of optical crosstalk. We used Geant4*°
and recorded the spatial energy depositions of 5000
x-ray photons at a monoenergetic energy input, and
repeated this with a 5-keV increment from 20 to 140 keV.
The MC simulator stochastically used the 5000 sam-
ples with randomly sampled interaction locations and
energies.

The following settings, which were similar to pre-
vious studies,'*333° were used in this study unless
otherwise noted. A 120-kVp x-ray spectrum with 2 mm
aluminum and 10 cm water filter was generated by
TASMICS/spektr*42 operated at 20—1000 mA. Both
the LaBr;:Ce PCD and CdTe PCD had four thresholds
at 20, 45, 70, and 95 keV. The time window parameter
for the DB scheme was set at 10 ns. A time duration per
reading was varied to make the tube current—time prod-
uct per reading constant at 2 x 1072 mAs (e.g., 200 ps
for 100 mA). X-rays were incident onto 3 x 3 pixels, but
no x-rays were outside this area (including 2-D ASGs).
A sum of 3 x 3 pixels was computed (which we call a
super-pixel or macro-pixel in this paper) for each noise
realization. A total of 10 000 noise realizations were
performed for each mA setting.

2.3 | Performance evaluation schemes

2.3.1 | Spectra

The spectra of the LaBr;:Ce PCD and the CdTe PCD
for the central pixel of 3 x 3 pixels were assessed using
(hypothetical) 26 energy bins with thresholds set at (5,
10, 15, 20, ..., 130) keV. The tube current values were
50, 400 , and 800 mA. The recorded spectra were nor-
malized such that the area-under-the-curve above noise
level E, keV (= 17.5 keV) was set to 1. The incident
spectrum was normalized such that the area-under-the-
curve was set to 0.8, not 1, in order to take into account
that fewer photons interacted with the PCDs due to
limited detection efficiency and geometrical efficiency.
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2.3.2 | Counting capabilities

Count-rate curves were obtained by the mean total
counts per second (cps) per macro-pixel at 20 —
1000 mA. The probability of count was calculated by
dividing the mean total number of counts at each tube
current setting by that at 20 mA, assuming that the prob-
ability of count at 20 mA is very close to 1: pr (TC) =
y(TC)/y(20 mA), where y is the total counts per reading
and TC is the tube current setting. The effect of double-
counting via charge sharing, if it occurs, is included in
both of the data y.

The effective speed of the detector was derived
from the count rate curves as follows. Using a para-
lyzable detector model*>** the measured count-rate
(cps/mm?2/mA) can be predicted as

y = (kl) exp(—kiSt), ()

where 7 is the deadtime of the PCD (s), which char-
acterizes the speed of the PCD, k is the x-ray fluence
rate incident onto either a CdTe or LaBrz:Ce pixel
(cps/mm?2/mA), | is the tube current (mA), and S is the
detector pixel area (mm?). The first two parameters, ©
and k, are unique to each PCD and can be estimated
by minimizing the difference between the measured and
predicted count-rates:

t, k = argmin, y Ily — yI1?, )

where y and y are vectors of the predicted and
measured count-rates at various tube current values.

2.3.3 | Spectral imaging-task performances
Similar to our previous studies,'?'81° the performance
of the PCDs was assessed by a non-spectral and
two spectral imaging-tasks, that is, estimating the fol-
lowing basis line integrals: conventional CT imaging
with water thickness estimation, water—bone material
decomposition, and K-edge imaging with tungsten as
part of water—-bone—tungsten material decomposition.
The target material for which the Cramér—Rao lower
bound (CRLB) was computed as outlined below, was
water, water (out of water and bone), and tungsten (out
of water, bone, and tungsten) for the three imaging
tasks, respectively. Although tungsten itself has not fre-
quently been proposed as a contrast agent material for
molecular CT imaging, its K-edge at 69.5 keV is inter-
mediate between two other popular K-edge materials,
gold (80.7 keV) and gadolinium (50.2 keV), hence tung-
sten can be considered a reasonable surrogate of these
future agents.

Note that in image science, the word “task” (e.g., a
task-specific assessment) is specifically used for clini-

cal tasks that observers will perform using the obtained
images, such as lesion detection and characterization
(or classification and parameter estimation).*> In this
article, we use the term “imaging-task” to indicate the
dimensionality of the imaging problem, that is, the num-
ber of parameters required to describe the content of
a voxel accurately, thus supporting many clinical tasks.
When a detector provides unbiased parameter esti-
mates with minimum variances, an imaging system that
uses such a detector is expected to perform well (i.e.,
with high dose efficiency) for many clinical tasks on the
basis of the corresponding imaging-task (although there
always will be exceptions).

Using the same procedure as in previous studies, the
CRLB, which denotes the minimum variance achievable
with unbiased estimation, was computed for each spec-
tral imaging-task. Bootstrap resampling was performed
1000 times for each condition and the above process
was performed for each bootstrap resample, produc-
ing 1000 CRLB values. The mean and the standard
deviation of CRLB was computed over 1000 CRLB val-
ues, which were then normalized to the mean CRLB
of the CdTe PCD at 20 mA for each spectral imaging-
task to yield the normalized CRLB. In other words, all
results were normalized to those obtained for the cur-
rent state-of-the-art clinical PCD technology operating
at near-zero pile-up conditions.

3 | RESULTS

3.1 | Spectrum

The LaBr;:Ce spectra with TS and DB were iden-
tical at 50 mA and matched the incident spectrum
better than the CdTe spectrum did (Figure 3a), with
a distinct bump near 60 keV, where the character-
istic x-rays of the tungsten anode are present, and
fewer counts for energies < 35 keV. There was a
distinct peak in the 30—45 keV energy range, which
corresponded to fluorescence x-rays of lanthanum and
constituted the major cause of x-ray crosstalk. In con-
trast, the spectrum recorded by CdTe was distorted
significantly even though the pixel size was larger
(333 vs.300 um), which would be expected to decrease
charge sharing and improve the spectrum. The tungsten
characteristic x-rays near 60 keV and fluorescence x-
ray peak near 24—28 keV created only low and blurred
bumps, and overall, the incident spectrum’s shape was
lost, with counts increasing monotonically toward lower
energies.

Spectra of all of the four PCDs were distorted fur-
ther as count-rates were increased to 400 and 800 mA
(Figure 3b,c). Counts at lower energies (< 60 keV) were
decreased, the bumps and peaks blurred, and counts
at higher energies increased. These are typical effects
of pulse pileup on recorded spectra. LaBr;:Ce with
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TS showed more drastic changes (i.e., stronger effects
of pulse pileup) than LaBr;:Ce with DB did, which is
consistent with the counting capabilities and spectral
imaging-task performances that will be presented in the
following sections.

3.2 | Counting capabilities

Recorded count-rates of LaBr;:Ce with TS were lower
than those of CdTe with TS by 23%—32% for the
same tube current setting (Figure 4a), whereas those of
LaBr;:Ce DB were still lower than, but closer to, those of
CdTe, the differences being 9%—23%. We believe that
these differences can be attributed to the different sen-
sor areas, the different pulse durations (see Figure 2a
and Section 2.1), and the absence/presence of charge
sharing. The probability of count at 800 mA was 0.78,
0.86, 0.72, and 0.89 for CdTe with TS, CdTe with DB,
LaBr3:Ce with TS, and LaBr;:Ce with DB, respectively
(Figure 4b). The higher probability for LaBr;:Ce with DB
compared to LaBr;:Ce with TS demonstrates the merit
of the DB counting scheme. Note that due to the higher
geometrical efficiency, CdTe observed higher incident

photon count-rates than LaBr;:Ce did at the same tube
current. In addition, charge sharing increases pulse-
rates observed at anodes. Both of them contributed to
lower probabilities of count for CdTe. This point is further
discussed in Discussion.

The estimated deadtime parameter t was 20.7, 15.0,
37.2, and 13.0 ns for CdTe with TS, CdTe with DB,
LaBr;:Ce with TS, and LaBr;:Ce with DB, respectively.
Probably the most unexpected outcome was that the
deadtime t for LaBr;:Ce with DB was 37% shorter than
for CdTe with TS, and 13% shorter than CdTe with DB.
Notice that 7 represents the speed of detector and that
the effect of pixel size (S) has been excluded [see
Equations (1)—(2)]. The deadtime for LaBr;:Ce with TS
was 1.80(= 37.2/20.7) times longer than CdTe with TS,
which is close to the ratio of FWHM'’s of their pulses
(26.0/14.0 = 1.86). The improvement from LaBr3:Ce with
TS to LaBr;:Ce with DB was as much as 65%, sig-
nificantly more than the 28% improvement observed
between CdTe with TS and CdTe with DB in this study
(which is comparable to the 34% improvement found
in a previous study®?). We suspect that this can be
attributed to the faster rising and slower falling times
of the LaBr;:Ce pulse, which we shall study further in
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K-edge imaging.

future work. Overall, the counting capability of LaBr;:Ce
with DB was better than that of CdTe with TS and
comparable to CdTe with DB.

3.3 | Spectral imaging-task
performances

The normalized CRLB values for conventional CT imag-
ing are presented in Figure 5a. We made the following
four observations: (1) CRLB values increased for all
of the four PCDs almost monotonically with increas-
ing incident count-rate (i.e., tube current), presenting a
straightforward effect of pileup on loss of counts, which
degraded data statistics; (2) CRLBs of LaBr;:Ce with
TS were 16%—19% higher than those of CdTe with TS
at the same mA setting (see Figure 5a, bottom), possi-
bly mainly due to the difference in geometrical efficiency
(which was 19% lower [i.e., (300 pym)? / (333 pym)? x
100% = 81%] and resulted in differences in the total
number of incident photons that contributed to mea-
sured counts); (3) CRLB of LaBr;:Ce with DB was
identical to that of LaBr;:Ce with TS at 20 mA; how-
ever, (4) CRLBs of LaBr3;:Ce with DB were less affected
by count-rate than LaBr3:Ce with TS and approached
those of CdTe with increasing tube current. The dif-
ference from CdTe with TS was as small as 9% at
1000 mA.

The normalized CRLB values for the water—bone
material decomposition are presented in Figure 5b.
The observations included (5) CRLB values of both
LaBr3:Ce with TS and LaBr3:Ce with DB at 20 mA were
15% lower than CdTe; (6) but CRLB values of LaBr;:Ce
with TS increased monotonically with increasing count-
rate and crossed CdTe at ~750 mA; (7) in contrast,
CRLB values of all of PCD except LaBr;:Ce with TS
were almost unaffected by the count-rate;and (8) CRLB
values of LaBr3:Ce with DB stayed better than CdTe
by 13%—17% consistently (see Figure 5b, bottom). We
believe that (5) can be attributed to the more accurate
spectra of LaBr;:Ce (see Figure 3) and that (6) and
(8) are due to better counting capabilities, discussed in
Section 3.2. The observation (7) might be surprising to
some readers, but it is consistent with previous studies.
See, for example, data with 1-500 mA, Table 2, Ref. 33,
where probabilities of count with the TS scheme were
0.72—1.00 (Figure 6d, Ref. 33, which were comparable
to our data for 20—1000 mA (probabilities for CdTe with
TS were 0.73—1.00). The CRLB values for water—bone
material decomposition seem to be less affected (rela-
tive to conventional CT imaging or K-edge imaging) until
the probability of count goes below a certain level. In Ref.
33, the normalized CRLB increased from 1.06 to 1.24
when the probability decreased from 0.60 to 0.52.

The normalized CRLB values for K-edge imaging are
presented in Figure 5c, and we learned that (9) CRLB
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FIGURE 6 Processes (1)—(8) of the MC simulator (outlined in
Section 2.2) included for CdTe PCD and LaBr3:Ce PCD, respectively.

values of all of PCDs increased monotonically with
increasing incident count-rate due to pulse pileup; (10)
CRLBs of both LaBr;3:Ce with TS and LaBrz:Ce with
DB were 45% lower than that of CdTe at 20 mA; (11)
CRLB values of LaBrs:Ce with TS increased mono-
tonically with increasing count-rates and crossed CdTe
at ~650 mA; and (12) CRLB values of LaBr3:Ce with
DB stayed better than CdTe with TS by 14%—45%
(Figure 5c, bottom), although the advantages decreased
with increasing count-rate.

4 | DISCUSSION

We simulated a realistic LaBr;:Ce PCD with two count-
ing schemes, threshold subtraction and direct binning,
and compared it against CdTe PCDs with TS and DB
schemes. On the one hand, the LaBr;:Ce PCD had
disadvantages over CdTe in having a lower geometri-
cal efficiency (19% lower), longer pulse duration (86%
longer FWHM; 26 vs. 14 ns), worse FWHM energy res-
olution, potential occurrence of optical crosstalk, and
more x-ray crosstalk. On the other hand, the LaBr;:Ce
PCD had an important advantage in the absence of
charge sharing.

This study showed that a LaBr;:Ce PCD with DB
scheme might be an excellent alternative option to a
CdTe PCD with either TS or DB scheme. The count-
ing capability of the LaBr;:Ce PCD with DB was 37%
better than the CdTe PCD with TS and 13% better
than the CdTe PCD with DB. The effect of charge shar-
ing, or the lack thereof in the LaBr;:Ce PCD, almost
single-handedly outweighed all of the above-mentioned

MEDICAL PHYSICS——

disadvantages of the LaBr3:Ce PCD for the two spec-
tral imaging-tasks investigated. In contrast, the LaBr;:Ce
PCD had a worse performance than CdTe for the non-
spectral, conventional CT imaging-task, due to its lower
geometrical efficiency. The CRLB values of water—bone
material decomposition and K-edge imaging for the
LaBr3:Ce PCD with DB were 13%—17% and 14%—45%
better, respectively, than those for CdTe; the CRLB val-
ues of CT imaging for the LaBr3:Ce PCD with DB were
9%—17% worse than CdTe.

We believe that the superior spectral performance of
the LaBr;:Ce PCD with DB can be attributed to the
following four factors: (a) spectra were more accurate
thanks to the absence of charge sharing, (b) pulse rates
on the pulse train were lower due to the absence of
charge sharing and lower geometrical efficiency, (c) the
DB counting scheme made PCDs effectively faster and
less affected by pulse pileup, and (d) optical crosstalk
did not degrade the quality of the spectral informa-
tion because leaked energies were below the lowest
threshold energy (20 keV). Let us further discuss (b),
because the impact of charge sharing on count-rates
has rarely been discussed. Charge sharing (in CdTe)
will increase effective pulse-rates at an anode because
charge clouds produced by neighbor photons (i.e., pho-
tons incident onto neighbor pixels) will hit the anode
and generate additional pulses. This increase in pulse-
rate was significant, as much as 30%—40% in this study.
In contrast, with no charge sharing, LaBr3:Ce receives
additional pulses from neighbor pixels only via x-ray
crosstalk and optical crosstalk. LaBr3:Ce had more x-ray
crosstalk than CdTe, but the impact of x-ray crosstalk on
the measured spectra was limited and local (near the
K-fluorescence peak energy only). Optical crosstalk did
not contribute to the counts measured above the lowest
threshold energy (20 keV).

It will be of interest to study the performance of
LaBr3:Ce with smaller pixels and different optical reflec-
tion layers. It is expected that the geometrical efficiency
will be lower and the performance will be decreased
when the pixel size is made smaller. It is important to
point out that the performance of CdTe will also degrade
with smaller pixels, because there will be more charge
sharing. We anticipate that the overall trend may stay
the same as in this study: CdTe is better for non-spectral
(conventional CT) imaging-task thanks to its better geo-
metrical efficiency, but LaBr;:Ce with DB is better for
spectral imaging-tasks owing to the absence of charge
sharing. We shall leave this to a future study.

It is desirable to improve the performance of
scintillator-based PCDs in terms of a few aspects,
such as the geometrical efficiency, the uncertainty of
energy conversion via the scintillation process, and
the pulse duration. The use of thinner optical septa
would improve the geometrical efficiency. Allowing more
optical crosstalk up to, for example, 20%, may not
degrade the performance at low count-rates, as 20%
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of 100 keV divided into 4 pixels will be still as low
as 5 keV per pixel. The optical crosstalk may affect
the performance at higher count-rates, however, as it
adds uncertainty to recorded energies of succeeding
photons for neighbor pixels. We shall leave this topic to
future work as well.

There are a few other scintillators currently
being investigated for PCD CT, including cerium-
doped yttrium—gadolinium—aluminum—gallium garnet
(YGAG), a scintillator composed of gadolinium—
aluminum—gallium garnet (GAGG)/gadolinium—fine
aluminum—gallate (GFAG), and (BZA),PbBr,. Sato
et al*® developed a table-top system for pre-clinical
CT geometry using YGAG and demonstrated accurate
density maps of basis functions (i.e., simultaneous
imaging of gadolinium and iodine). Shimazoe et al?°
used GAGG/GFAG coupled to a finely pixelated SiPM
array. The detector had 10 x 10 pixels with a pixel size
of (200 ym)? and 50 pm optical reflection layer. These
works showed very encouraging results for scintillator-
based PCD CT in general. We believe that LaBr3:Ce is
more suitable for clinical CT because it is faster than
YGAG and GAGG/GFAG. Decay time constants for the
latter materials are in the range of 50—70 ns, whereas
it is 16 ns for LaBr3:Ce. (BZA),PbBr, is even faster
than LaBr;:Ce, having a decay time of 4.2 ns/*’ but
is expected to have more x-ray crosstalk, as the K,
and Kz energies are higher (72.8—-84.9 keV for Pb vs.
33.0-37.8 keV for La) and the density of (BZA),PbBry4
is lower than that of LaBr;:Ce (2.23 vs. 5.06 g/cm?).
Nonetheless, it will be of interest to study the spectral
imaging-task performance of these scintillators.

In clinical practice, spectral and non-spectral imaging
tasks will be performed jointly, and one image may be
expected to serve more than one imaging task. CT scan
protocols are determined for the main target use of
images/data; spectral tasks are more dose-demanding
than non-spectral tasks. Given the increasing impor-
tance of spectral discrimination in the utility of CT, it is
possible that clinical focus will shift from non-spectral
tasks to spectral tasks over the years. If so, then the
advantage of materials like LaBr3:Ce that excel in
spectral tasks may increase the value of CT systems in
the future.

This study has four more limitations, in addition to
those that have already been discussed above. First, it
was a computer simulation, not a physical experiment.
We plan to construct a prototype LaBr;:Ce PCD and
compare the performance against a CdTe PCD in the
future. Second, it was assumed that optical crosstalk to
neighboring pixels is distributed evenly. While this is a
reasonable assumption in a high-quality pixel array (see
Section 2.2),a more detailed model may be more appro-
priate if the crosstalk probability increases, for example,
due to the use of thinner optical septa. The trade-off
between x-ray detection efficiency (geometric fill fac-
tor) and optical crosstalk probability is an interesting

topic for future studies. Third, the simulation lacks mod-
eling of the nonlinear energy measurement with pulse
pileup. The single-photon avalanche diodes in a SiPM
will generate lower pulses when avalanches are trig-
gered during their re-charging process. This has not
been modeled in our simulation yet and will be a topic
of future research. Fourth, we have assessed the CRLBs
for one “object,” with 10 cm water and 2 mm aluminum.
Different objects, that is, different spectra and count-
rates, may change the CRLB values; however, we expect
the rank orders of different PCDs and methods to be
consistent regardless of spectra. See some results in
Roessl et al.*®

5 | CONCLUSION

We have used MC simulations to compare the per-
formance of a LaBr;:Ce PCD against a CdTe PCD.
LaBr3:Ce with direct binning performed comparable to
or better than CdTe with either threshold subtraction or
direct binning in terms of counting capabilities. CdTe had
the least noise for non-spectral, conventional CT imag-
ing; however, LaBr;:Ce with DB out-performed CdTe in
terms of both the accuracy of the recorded spectra and
the CRLB values for the spectral imaging-tasks investi-
gated. LaBr3:Ce with DB may be an excellent alternative
to CdTe for clinical PCD CT.
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APPENDIX A

Figure 6 outlines the corresponding subset of processes
(1)—(8) in the MC simulator (Section 2.2) included for the
CdTe PCD and LaBr3:Ce PCD, respectively.

APPENDIX B
Single photon counting circuitry diagrams of the TS
and DB schemes®® are shown in Figure B1a and B1c,
respectively. Note that the only difference between TS
and DB is that DB has additional NOT and AND logi-
cal operators that are used for direct energy binning. DB
does not actively detect pulse peaks. Many active pulse
peak detection schemes may be susceptible to elec-
tronic noise because they take a derivative of the pulse
train and detect its zeros. Instead, DB uses up-crossing
events as follows: Every up-crossing event starts a timer
t, for a threshold k. When f, reaches a pre-determined
time, Tpg, bin k checks the timer for a threshold (k+1),
teiq. If tq is active and non-zero, it indicates that
the pulse has exceeded threshold (k+1), which in turn,
means that the pulse does not belong to bin k. It then
simply resets t, to zero and moves on. If the t,, 1 is not
active, it means that the pulse peak belongs to bin k. It
then adds one count to bin counter By, resets timer {,
and waits for the next photon. DB thus is a very simple
modification from TS. In this study, Tpg was set at 10 ns.
When pulse pileup is severe and the pulse shape has
a finite width, the baseline may be elevated to above zero
when a new pulse arrives. This baseline elevation and
its fluctuation over time may result in unexpected mea-
surements with TS such as a negative count as shown in
Figure B1b. In contrast, DB always outputs non-negative
counts that represent the number of pulse peaks for
each energy bin (see Figure B1d). The performances of
TS and DB and their agreement with statistical models
are reported in Ref. 39
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FIGURE B1 (a) A diagram of the TS scheme for one sub-pixel. (b) An example of pulse detection outcome using TS. Sequential
up-crossings for each threshold are labeled with integers. (c) A diagram of the DB scheme for one sub-pixel. (d) An example of pulse detection
outcome using DB. Up-crossings marked with “#” are not counted. Figure is from Ref. 39.
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