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Abstract
We implement virtual clinical integration of next-generation perovskite detectors into common x-ray
imaging devices. This was achieved by performingMonte Carlo (MC) optimisation of the design and
benchmarking of low cost, high spatial resolution, direct conversion perovskite crystal x-ray flat panel
imagers for a next generation of breast-,MV-, and kV-cone beamCTdetectors. Semiconductor
methylammonium lead bromide perovskite crystals energy deposition efficiencies calculated in
TOPASwere benchmarked against four commondetectormaterials for twelve detector crystal
thicknesses between 40 to 15mmand ten beam energies ranging from20 keV to 6MeV. Based on
these simulations, Koningʼs dedicated breast CT, andVarianʼs TruebeamkV- andMV-cone beamCT
systemswere designated as suitable applications for perovskite detectors. System specific Fastcat
hybridMCcone beamCT image simulationwas subsequently used to optimise the perovskite detector
design and conduct virtual clinical trials. Device-specific optimal perovskite crystal thicknesses were
calculated to be 0.30, 0.86, and 1.99mm for Koning breast CT andTruebeamkV- andMV-cone beam
CT systems, respectively. Replacing the current detectors on thesemachineswith low cost perovskite
crystal detectors could be advantageous as it would simultaneously yield 12.1%, 9.5% and 86.1%
improvements in detective quantumefficiency aswell as increases in contrast to noise ratio in brain,
lung, and bone tissues.

1. Introduction

Recent developments in perovskite crystalmaterial chemistry have for the first time introduced a detector
material that is simultaneously low-cost, high atomic number, and direct conversion, a combinationwhich
could power a next generation of high performing x-ray detectors. These detectors have been demonstrated to
have superior spatial resolution to existing detectors, especially at large detector crystal thicknesses (Datta et al
2021): even though spatial resolution tends to decrease with thickness, a 1200 μmperovskite crystal detector
showed highermodulation transfer function (MTF) than amorphous selenium (a-Se) of any thickness (Datta
et al 2021).

Additionally, perovskite crystals such asmethylammonium lead bromide (MAPbBr3) have excellent
material chemistrywhen it comes to x-ray detection: the combination of perovskite’s high charge carrier
mobility (μ) and long carrier lifetimes (τ), as defined by theμτ product,makes themvery sensitive to incident
x-ray photons (Yakunin et al 2015,Wei et al 2016, Kim et al 2017, Safa Kasap 2017, Shrestha et al 2017,Huang
et al 2019, Ye et al 2019,Dennis et al 2021). Theμτ product of some perovskite crystals is equivalent to that of
cadmium zinc telluride (CZT) a promisingmaterial that is already being used in cutting edgemedical imaging
applications (Yakunin et al 2015,Wei et al 2016, Kim et al 2017, Safa Kasap 2017, Shrestha et al 2017,Huang et al
2019, Ye et al 2019,Dunning et al 2020), while perovskite is simultaneously cheaper and easier tomanufacture
thanCZT (Yakunin et al 2015). Thus, it is anticipated that this technology could bring in a new generation offlat-
panel x-ray detectors.
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Analogously, with the introduction of the first generation of direct conversion digital amorphous selenium
(a-Se) detectors in the 1990s, a large theoretical and experimental body of workwas created to characterise these
detectors and their applications (Papin andHuang 1987, Rowlands et al 1991,Neitzel et al 1994,Que and
Rowlands 1995). Que et al concluded that geometric distortion fromphoton incidence at an angle and focal spot
were themajor contributors to detectorMTF. Therefore, as perovskite crystals are producedwith large
thicknesses it is important to consider the effect of geometricMTFdegradationwhich dominates the spatial
resolution offlat panel detectors, especially for CT andMVcone beamCT (CBCT)where the higher energy
x-rays penetrate deeper in the detector. Additionally, thefinite focal spot size for CTmodalities limits achievable
detective quantum efficiency inflat panels detectors, which is an engineering constraint on the system and
cannot be reduced arbitrarily due to heat dissipation requirements inCT. Thus, it is important to discuss the
benefit of perovskite detectors while considering these constraints. As a thick high spatial resolution perovskite
detectormay provide limited benefit over a traditional detector if the system spatial resolution is limited by
geometric effects and focal spot blur rather than actual detector spatial resolution.

So, although the high sensitivity and superior spatial resolution of perovskite detectors has been
demonstrated in the literature, no quantification has been done onwhether these improvements translate to
improvements inmedical imaging. In this work first we optimise detector thickness based on a combination of
theoreticalmodels andMonte Carlo (MC) simulations taking into account degradation of spatial resolution due
to geometric factors and device focal spot sizes. Further we perform virtual clinical trials (VCTs) on
anthropomorphic phantoms using device specifications from three commonCBCTdevices to demonstrate the
improvement associatedwith next generation perovskite detectors.

2.Materials andmethods

2.1. Energy deposition efficiency (EDE)
Todetermine the domains ofmedical imaging forwhich perovskite crystals aremost suited, the EDEof
perovskite crystals was compared to other commonmedical imagingmaterials for awide range of photon
energies used inmedical imaging. EDE, ηe, is ameasure of the fraction of the energy absorbed in the detector
relative to the energy incident on the detector and is a robustmeasure of the potential efficiency of a detector. At
an energy e, ηe, is defined in terms of ratio of the incident energyEe,i on the detector to the energy absorbed in the
detector crystal Ee,abs from amono-energetic pencil beam at energy e impinging normally to the detector

h = ( )E

E
. 1e

e

e i

,abs

,

Simulations of detector EDEwere performed in TOPAS (Perl et al 2012)with 107 initial particles per energy
per crystal thickness. Themono-energetic pencil beam energies usedwere 10 to 90 keV in 10 keV increments,
100 to 900 keV in 100 keV increments, and 1, 2, 4, and 6MeV. A greater emphasis of energies in the low energy
rangewas used to help resolve photo-electric behaviour near theK-edges of the detector constituent elements.
Detector thicknesses of 0.029, 0.1, 0.2, 0.3, 0.5, 1, 2, 5, 10, and 15 mmwere considered. A global particle range
cutoff of 0.001 mmwas used to remainmuch smaller than theminimum studied crystal thickness of 0.029 mm.
Simulationswere run on a linux desktop computer on eight 4.0 GHz Intel Skylake cores with compute times on
the order of 30min. This aforementioned desktop environment and particle cutoff were used in all simulations
in this work if not specified.

2.2.Detectormaterials
Energy deposition efficiencywas calculated for three commondetectormaterials; amorphous selenium (a-Se),
caesium iodide (CsI), and gadoliniumoxysulphide (GOS). a-Se is a commonmaterial used formammography
and lower energy imaging application, columnarCsI is standard detectormaterial for kVCT imaging, andGOS
is a low costmaterial commonly used in kV andMV imaging systems. Additionally, cadmium zinc-telluride
(CZT) detector wasmodelled, although not as commonly used, CZT is a promising high atomic number direct
conversionmaterial that has properties similar to perovskite halides and is used for photon-counting CT
imaging.

The detectors used in the EDE comparisonweremodelled based onmaterial specifications of existing
detectors. As such, the density of theCu-GOS detector is the density of the phosphor and binder glue of aVarian
aS1200 detector, while the CsI detector’s density is the average density of a PaxScan 4030CBwith a 70% fill ratio.
TheCZTdetector is based onmaterial compositions fromRedlen (Redlen Technologies, Saanichton, BC,
Canada) (Dunning et al 2020, Richtsmeier et al 2020). Additionalmaterial information is shown in table 1. All
detectors weremodelledwith a pixel pitch of 100 μm.
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2.3. Virtual clinical trials
ThreeVCTswere conducted in this work to demonstrate perovskite’s application in different imaging areas: (1)
the Koning dedicated breast CT (BCT) (KBCT1000, KoningCorporation,WestHenrietta, NY,USA), (2) the
Varian Truebeam Stx (VarianMedical Systems, Palo Alto, CA) kV on board imager (OBI), and (3) the Truebeam
electronic portal imager (EPID) forMVCBCT. Adescription of the device specifications used in the simulations
can be found in table 2 and a schematic of the setup infigure 1.

Figure 1. (a)An image of a thick perovskite crystal grown in our laboratory (b) Schematic of the Fastcat simulation setups for the three
VCTs. (c) Images of the three phantoms used in the VCTs (d) Schematic showing an oblique incidence x-ray hitting a detector of
thickness l at an angle θwith a gaussian curve representing the resultant point spread function (PSF).

Table 1.Detector parameters.

Material Chemical Density Direct Columnar K-edges μ μ μ

Formula [g cm−3] Conversion [keV] 40 keV 100 keV 1 MeV

[cm−1] [cm−1] [cm−1]

Perovskite MAPbBr3 3.83 Yes/No No 13.5 (Br) 29.9 9.87 0.29

88.0 (Pb)
Cu-GOS Gd2O2S:Tb 4.59 No No 50.2 (Gd) 16.2 7.30 0.25

52.0 (Tb)
CsI CsI:Tl 3.16 No Yes 36.0 (Cs) 72.5 6.42 0.18

85.5 (Tl)
aSe Se 4.26 Yes No 12.7 (Se) 32.3 2.80 0.25

CZT CdZnTe 5.8 Yes No 26.7 (Cd) 104 9.05 0.33

31.8 (Te)

Table 2.VCTparameters.

Imaging SAD–SID Incidence Detector – Beam Beam Focal

Machine [mm] Angle [◦] Crystal thickness kVp Filtration Spot

[kV] Nominal [mm]

Koning 422–778 7.24 PaxScan 4030CB 49 0.8 mmBe, 0.3

BCT (CsI:Tl)–0.6 mm 1.58 mmAl

Varian 1000–1500 6 PaxScan 4030CB 100 3 mmAl, 1.0

kVCBCT (CsI:Tl)–0.6 mm 0.89 mmTi

Varian 1000–1500 6 aS1200 (Cu-GOS)– 6000 N/A 1.5 (López-Sánchez et al 2019)
MVCBCT 0.29 mm
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2.4.Modulation transfer function
TheMTFs in this studywere first calculated using Fastcat and degraded based on the extensive theoretical work
ofQue andRowlands (1995)who developed a rigorous framework forMTF degradation. Fastcat weightsmono-
energetic point spread functions calculated using TopasMC to analytically calculateMTFs for polyenergetic
beams. Fastcatʼs fullMTFmethodology and experimental validation of theMTF calculations can be found in
our previous work (O’Connell et al 2021). According toQue andRowlands, geometrical distortion is often the
largest contributor toMTFdegradation. This is especially true for thick detectors and higher energies where the
photons and secondary electronsmay travel to large depths in the detector crystals. GeometricMTF distortion
can be described using the following equation:

n
pn q

pn q m
=

- +
- +

( ) {[ ] ( ))}
[ ][ ( ) ]

( )L L l

L
MTF

1 4 sin tan

1 1 2 sin
, 2g

2 2 1 2

2 1 2

where

m q= -( ) ( )L lexp cos 3

andμ is the attenuation coefficient of the detectormaterial at a given energy. In the case of a polyenergetic beam
the attenuationwasweighted by the fluence, detector EDE, and energy. Theweighting by the detector EDE and
energywas necessary as these factors influence the readout intensity of an energy integrating detector. l is the
thickness of the detector while θ is the angle of the incidence of the photons. Finally, ν is the spatial frequency of
theMTF. A schematic of geometric distortion can be seen infigure 1(d).

For theflat panel detectors discussed, the photon incidence angle, θ, was approximated to be themean angle
of incidence for a typical acquisition. A value of 7.24°was calculated as themean angle of incidence for the BCT.
In kV- andMV-CBCT the average angle of incidence was estimated to be 6°, corresponding to half the angle of
the detector collimation of 12°.

The second contributor toMTFdegradation discussed is the focal spot of the x-ray tube. It is defined as the
full width at halfmaximum (FWHM) of the source intensity on the x-ray tube target surface. The focal spots of
themachineswere approximated asGaussian point spread functions (PSF). Taking the Fourier transformof a
Gaussianwe obtain the focal spotMTF (MTFfs)which is also aGaussian of the form:

n p n= -( ) ( ) ( )sMTF exp , 4fs
2 2 2

where s is the inverse of the standard deviation of the point spread function and ν is the spatial frequency.
Nominal focal spots as defined by the IEC 60336:2005 standard are stated in table 3. According to the

standard, the full width 15%max is used as themeasure of the focal spot. The nominal focal spot sizes are not
exact and have associated permissible dimensions according to the IEC standard. The average of thewidth and
length of the focal spot is averaged and approximated by a gaussian of that dimension. Based on this gaussian,
one can calculate a value for the standard deviation s. For theKoning BCT0.3 nominal focal spot value the
permissible dimensions are awidth of 0.45 mmand a length of 0.65 mmand for the TruebeamkV-OBI the 1.0
nominal focal spot value the permissible dimensions are awidth of 1.4 mmand a length of 2.0 mm. For the
Truebeam theMVbeam the dimensions relate directly to the FWHM (López-Sánchez et al 2019). Using a
gaussian distribution thesemeasurements are related to the standard deviation s: a full width at 15%max is
3.894s and the FWHMis 2.355s. These values are thenmultiplied by the scaling factor, which is the ratio of the
source-imager distance (SID)minus the source-axis distance (SAD) divided by the SAD.

The partialMTFs, which are Fourier transforms of spatial convolutions, are thenmultiplied in the frequency
domain to generate a finalMTF resultant from the originalMTFs degraded by focal spot and geometric
distortions.

2.5. Noise power spectrum (NPS)
TheNPS for each of the detector crystal thicknesses was calculated usingMC techniques with the Fastcat hybrid
MCcode (O’Connell et al 2021,O’Connell andBazalova-Carter 2021). For each photon beamand detector
thickness, aflat-field imagewas simulated in compliancewith the IEC-defined normal exposure. The detector
was irradiatedwith an approximate exposure of 1× 10−7 C kg−1 and a 128× 128 pixel area of the detector was

Table 3. Focal spot parameters.

Machine IECnominal IEC focal spot FWHM [mm] Scaling s [mm]
Focal spot Dimensions [mm]

Koning BCT 0.3mm 0.450.6 0.3321 0.81 0.114

Varian kVCBCT 1mm 1.42.0 1.027 0.5 0.218

VarianMVCBCT N/A N/A 1.5 0.5 0.340
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used for calculation of theNPS. TheNPS analysis component was the IECRQA5method as described by
Dobbins et al (2006). TheNPS is defined as the Fourier amplitude of a two dimensional imagewith intensity I as

m n =
¥

D D -( ) ( )∣ [ ( ) ]∣ ( )
N N

N N x y I x y INPS , lim
,

, . 5n k
x y

x y n k,
2

Where I(x, y) is the image intensity at the pixel location (x, y), n k, is the two dimensional Fourier transform
where n and k are indices for the specific spatial frequency being sampled, Ī is themean intensity of the image, ν
andμ are the spatial frequencies conjugate to x and y, whileΔx andΔy are the pixel pitch of the detector andNx,
Ny are the number of pixels in the x and y direction, respectively. Two dimensionalNPSwas calculated using the
IEC 62220-1method; a 640×640 pixel area of the detector was evaluatedwith 256× 256 overlapping regions of
interest (ROIs). Second order detrendingwas used as a background subtractionmethod and seven central rows
of the two dimensional NPS above and below the x-axis were combined to produce a one dimensionalNPS.

2.6.Detective quantumefficiency
The detective quantum efficiency (DQE) of a detector is ametric thatmeasures the degradation of the
information contained in an output signal relative to the original input signal. Since detectors have physical
limitations determined by Poisson statistics andfinite pixel size, theDQE ismeasured relative to the ideal
detector which is only limited by these factors. Thework of Ranger et alwas followed to calculate theDQE
(Ranger et al 2007). FormallyDQE is calculated as:

n
n

n
n

n
=

´ ´
=

´ ´
( ) ( )

( )
( )

( )
( )S

q E q E
DQE

MTF

NPS

MTF

NNPS
. 62

2 2

WhereMTF(ν) is the frequency-dependentMTF,NPS(ν) is the frequency-dependent NPS, S is the square of
the large-area signal intensity. This equation can be simplified by using theNNPSwhich is theNPS divided by
the large-are signal intensity squared.Meanwhile, the q value is an estimate of the number of incident x-ray
photons per unit area per unit of exposure incident on the detector generally estimated through computer
modelling. Finally,E is the IEC-defined normal exposure. q values and normal exposures were not calculated in
this work since theywere constant as a function of detector crystal thicknesses,making themunimportant in the
context of a detector thickness optimization. Thus asmeasure denoted the relative DQE (DQEr)was used

n
n
n

=( ) ( )
( )

( )DQE
MTF

NNPS
. 7r

2

2.7. Imaging beams
Each imaging taskwas simulatedwith an appropriate x-ray beam. The BCT spectrawasmodelled after 40 kVp
beamwith 0.8 mmof berylliumfiltration and 2 mmaluminum filtration. The kVCBCT100 kVp beamwas
modelledwith 3 mm inherent aluminum filtration and a 0.89mm thick titaniumbeamhardening filter. The
x-ray beam spectra were simulated in Fastcat bymeans of xpecgen (Hernández and Fernández 2016). In
addition, a 6MVphoton energy spectrawas calculated from the TruebeamMVphasespace file provided by
Varian and available online through the IAEANDS (Capote 2023).

2.8. Phantoms
VCTs for each of the three imaging systemswere conducted using appropriate phantoms depicted infigure 1(c).
BCT images of an anthropomorphic breast phantomwithmicrocalcifications (Jeon et al 2017)were simulated
for theKoning BCT setup. The breast phantomwas composed of adipose tissue, skin, and glandular tissue, with
themicrocalcification composed of cortical bone.Material elemental compositions were defined using the
values defined in theGeant4 defaultmaterials (Bert et al 2013) and ICRU44 (Woodard andWhite 1986). The kV
andMVCBCTVCTs featured anXCAT (Segars 2010) head phantom. The kV image demonstrated the image
quality in the brainwhile theMV image focused on a region in the skull with silver amalgam fillings that would
generate streaking artifacts in kV images.

2.9. Image generation and reconstruction
Virtual clinical trial CBCTswere simulated using the Fastcat hybridMCcode. Fastcat uses an angularly
independent scatter approximation to speed up theCBCT image simulations in rotationally symmetric objects.
Fastcat simulations consider the physics processes described by the Topas Penelope physicsmodule aswell as the
Topas opticalmodule for simulating light transport in scintillators. Fastcat simulations closely agreewith
experimentalMTF andNPSmeasurements on aTruebeam linac for both theCu-GOS electronic portal imager
(EPID) andCsI on-board imager (OBI) (O’Connell et al 2021). Fastcatʼs fullMTFmethodology and
experimental validation of theMTF calculations can be found inO’Connell and Bazalovaʼs previous work
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(O’Connell et al 2021,O’Connell and Bazalova-Carter 2021).MTF values for the PaxscanCB4030 and aS1200
detectors agreedwithin 4.2% and 2.5%of experimentalmeasurements, respectively. All phantomparameters as
specified in Fastcat are summarized in tables 2 and 4. To generate CBCT images, viewswere acquired at 300, 887,
and 493 equally spaced angles between 0° and 360° for the BCT, kV- andMV-CBCT acquisitions, respectively.
Imageswere reconstructed using the FDK algorithm (Feldkamp et al 1984)with a Ram-Lakfilter. All scanswere
simulated to have noise consistent with a 7mGymean dose to the phantom.Doseswere calculated in Fastcat.
CBCT image simulations took, on average, 64 to 87 s on aNvidia GeForce RTX 2070GPU (Nvidia Corp., Santa
Clara, CA).

CBCT image contrast to noise ratio (CNR)was compared between perovskite and the default detector using
the sameROIs in each image. Contrast wasmeasured against adipose tissue in reconstructions of the breast
phantomandmuscle in reconstructions of the head phantom.Wedenote the averageHUvalue from this region
μbody and the value from the insertμROI. CNRwasmeasured relative to the same region using the standard
deviationsσROI andσbody as

m m

s s
=

-

+
( )CNR . 8

ROI body

body
2

ROI
2

CNRwas bootstrapped to generate a 99%confidence interval.

3. Results

3.1. Energy deposition efficiency
The EDE as a function of beam energy and detector thickness for both the perovskiteMAPbBr3material and a
variety of othermaterials is presented infigure 2. The perovskite EDE is also compared individually to current
detectormaterials. The perovskitematerial’s high atomic number lead allows for greater EDE than a-Se at all
energies and thicknesses, with a greater than 60% increase generally above theK-edge of lead and a 20%–30%
efficiency increase for low thickness detectors at low energies. As compared toCsI, perovskite EDE is increased
formammography energies below theK-edges of caesium at 36 keV and iodine at 33 keVwhile CsI has 20%–

30%better EDE in the 30–80 keV range, with 10%–20%better efficiency above theK-edges of thallium and lead
at 85 and 88 keV, respectively. CZThas generally higher EDE than perovskite save in themammography range
below theK-edge of cadmium at 27 keV. GOS is aworse energy absorber than perovskite for energies below the
K-edge of gadolinium at 50 keV. Additionally, perovskite is a better energy absorber in the range above the lead
K-edge of 88 keV to approximately 1 MeV,which corresponds to the highfluence of anMVx-ray spectrum.

3.2.Detective quantumefficiency
TheDQE as a function of crystal thickness and beam angle of incidence are shown infigure 3(a). As expected
according to thework ofQue et al theDQE as a function of thickness wasmuchmore affected by angle at higher
energies due to geometricMTF degradation (Que andRowlands 1995). For the 40 kVpbeamused for the BCT
the detector, DQEdecreased by less than 5%after the peakDQEbut decreased by a factor of 5 for theMVCBCT
at 15mm thicknesses and an 18 degree angle of incidence. For the specificmachine setups studied (figure 3(b)),
the optimalDQE thickness for theKoning BCT, andTruebeamMVand kVCBCTwere 0.30, 0.86, and
1.99 mm, respectively. Figure 4 shows a comparison between the currentDQEr of the three devices discussed
and theDQEr simulated using a perovskite detector of optimal thickness. The substitution of the optimal
perovskite detectors inKoning BCT andTruebeamkV- andMV-CBCT increasedDQEr by 12.1%, 9.5% and
86.1%over current values, respectively.

DQErwas calculated for each of the three imaging systems using the parameters described in tables 1 and 2
for detector thicknesses of 0.029, 0.1, 0.2, 0.3, 0.5, 1, 2, 5, 10, and 15 mm.DQErwas then interpolated using
radial basis function interpolation tofind the crystal thickness corresponding to themaximumDQEr.

Table 4.Phantomparameters.

Phantom # of pixels Dimensions

[x, y, z] [x, y, z] [mm3]

BCT 512, 512, 156 205, 205, 125

kVCBCT 1024, 1024, 256 512, 512, 31.25

(XCAT)
MVCBCT 1024, 1024, 256 512, 512, 31.25

(XCAT)

6
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3.3. Virtual clinical trial
3.3.1. Koning breast CT
Infigure 5MC-simulated BCT images of the anthropomorphic breast phantomacquiredwith the default CsI
detector (0.30 mm thick, 0.194 mmpixel pitch) and a perovskite detector (0.8 mm thick 0.194 mmpixel pitch)
are shown. The perovskite detector resulted in a 87% increase in contrast in themicrocalcification of the breast
phantom. TheCNR in inserts of glandular tissue and bone based showed a 28%decrease and 9.8% increase in
CNR, respectively, demonstrating an improvement inmicrocalcification detection andDQEusing the novel
perovskite detector which can bemanufactured at lower cost thanCsI.

Figure 2.Plots of the EDE as a function of crystal thickness and photon energy for each detectormaterial are shown, logarithmic
interpolationwas used to generate the surfaces shown in thisfigure from the discrete energies and thicknesses listed in section 2.1. In
the right column the EDEof perovskite is compared to the other detectors, blue regions indicating superior EDE for perovskite while
red regions indicate regions where perovskite performs poorer as compared to the existing detector.

Figure 3.The relativeDQE results. (a)RelativeDQE averaged over frequencies up to theNyquist frequency of 5 lpmm−1 for a
detector pixel pitch of 100μmwas simulated for the different experimental setups at a variety of photon incidence angles as a function
of detector thickness. (b)TheDQE for each of the experimental setups using the average angle of incidence is shown, the thickness of
themaximumrelative DQE is shown in red.
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3.3.2. Truebeam kV- andMV-CBCT
VCTs of Varian TruebeamkV- (6) andMV-CBCT (7) images for 0.336 mmpixel pitch, 0.6 mm thickCsI and
0.29 mm thickCu-GOSdetectors and 0.86 mmand 1.99 mm thick 0.336 mmpixel pitch perovskite detectors,
respectively, showdramatic image quality improvement for the perovskite detector in the XCAThead phantom.
As shown infigures 6(a)–(b), kV-CBCT spatial resolution infine bone features and tissue contrast was improved
dramatically using the perovskite direct conversion detector. At the same time, perovskite detector CNR in brain
and skull was increased by 8% and 13%, respectively, as compared to the default CsI detector. Infigure 7 the high
efficiency of the perovskite detector as compared to theCu-GOSMV-CBCT resulted in dramatic improvement
of CNR in theXCAThead phantomwith silver fillings in twomolars. CNR in lung andC4-vertebra tissues
which are commonly imagedwhen positioning a patient were improved from0.8 and 1.1 to 10.3 and 12.0,
respectively.

4.Discussion

In theVCTs, perovskite detectors showed great potential to ameliorate existing CBCTdevices.We show
improvements toCNR in a number of tissues. Infigure 5, a breast calcified lesion that is poorly defined using a
CsI detector, while the increased spatial resolution andCNRof the perovskite detector led to differentiation of
the lesion from the surrounding tissue. This differentiation could lead tomore accurate identification of such
anatomical structures in breast cancer screening. Additionally, therewas a 9.8% improvement in boneCNR for
the perovskite detector, however, therewas also a decrease in theCNR in glandular tissue. This was likely due to a
combination of the higher spatial resolution and the thinner detector increasing the spatial resolution at the cost
of increased noise as is the general trade-off. To increase theCNR in glandular tissuewe recommend that the
detector bemade thicker than the 0.3 mmwhich results in the optimalDQE, for example up to a 1.1 mm
detector would greatly increase CNR and reduceDQEby less than 2%. Likewise, the improved contrast in the
MV-CBCTwhen perovskite detector is used shows ametal artifact free image of a human jawwith dental
amalgam, an imaging case inwhich kV-CBCT generally produces large streaking artifacts covering clinically
relevant anatomical features. Additionally, theMV-CBCT contrast increase for the perovskite detector relative
to the default GOS detector could lead to possible imaging of patients onmachines lacking a kV-OBIwhich is the
case formostmachines in low- andmiddle-income countries.

The EDE results yielded better performance for perovskite than all other detectors tested in the
mammography range of energies (10–40 keV) and only CZThad superior EDE in theMV imaging energy range
(0.5–1.5MeV). In this workwe estimate EDE to be a proxy forDQE(0) or the base absorption of the detector,
assuming that the detectors have similar conversion efficiency between energy absorbed and readout signal
intensity.We assume this equivalence for simplicity as the electron hole transport inside direct conversion

Figure 4.TheDQEof the optimal perovskite thickness relative to the default detector for the three experimental setups.
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detectors cannot be simulated easily inMCparticle transport software. The presence of lead in the perovskite
material resulted in the highest energy absorption in themammography energy range. In the kV energy range,
perovskite generally did not perform aswell as other detectormaterials due to lowEDEbelow the leadK-edge at
88 keV and poorer Compton absorption due to its relatively lowdensity compared to the other detector
materials. In the 0.5–1.5 MeV rangewhich contains themajority of photons forMV imaging, the photo-electric
attenuation of lead, due to its high atomic number led to greater EDE than all detectors saveCZT.

One disadvantage ofMAPbBr3 perovskite crystals is the lower density as compared toCZT,GOS, and a-Se,
as can be seen in table 1.When considering the degradation to spatial resolution incurred due to the detector

Figure 5.The results of theKoning BCTVCT are shown. (a)–(b) Images of the anthropomorphic breast phantomusingCsI and
Perovskite detectors with amicrocalcification in the inlay. (c)The difference betweenCsI and Perovskite CBCTs, blue areas indicating
regions where Perovskite has higherHUvalues. (d)CNRof key breast tissues for both detectors is plotted.

Figure 6.The results of the TruebeamkV-CBCTVCT are shown. (a)–(b) Images of theXCATphantomʼs brain region usingCsI and
perovskite detectors, respectively, with fine bone features in the inlay. (c)The difference betweenCsI and perovskite CBCTs, blue areas
indicating regions where perovskite has higherHUvalues. (d)CNRof key head tissues for bothCBCTs are plotted.

Figure 7.The results of theVarianMV-CBCTVCT are shown. (a)–(b) Images of theXCATphantomʼsmandible region usingGOS
and Perovskite detectors, respectively, with silver amalgam fillings in the inlay. (c)The difference betweenGOS andPerovskite CBCTs,
blue areas indicating regions where Perovskite has higherHUvalues. (d)CNRof key head tissues for bothCBCTs are plotted.
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thickness, a higher density detector is advantageous as photons are attenuatedmore quickly in high density
materials. The effect of the lower density would not be seen formammography and breast CT applications as the
x-rays do not travel far in the crystal due to the high photo-electric attenuation.However, for higher energy kV
andMVbeams, themore penetrating beams create geometricMTFdegradation. For these cases higher density
MAPbI3 crystals would be advantageous andwe estimate these crystals would be equivalent toCZT in terms of
EDE in kV andMVapplications, however it is yet to be seen if these crystals can be grown to the same thicknesses
asMAPbBr3whichwe can grow to thicknesses of 15 mm in our lab. Another problem encountered with
perovskites is that the lead containing crystals provide risk of toxicity if not encapsulated properly.

Carewas taken tomodel detector physics in this work, however, there remain certain relevant detector
parameters that were not feasible tomodel in this study.Without a pixelated perovskite detector wewere unable
to characterise the electronic noise and conversion efficiency in the detector and compare it to that of currently
available detectors. Additionally, we did not include optimization of the current GOS andCsI detectors in this
manuscript. This was partially based on the assumption that the crystal thickness was already optimised for their
applications by the devicemanufacturer. Our goal was to compare this novel perovskite technology to existing
detectors used in a clinical setting rather than to hypothetical devices. This does leave the possibility that there
exist optimizations possible for CsI andGOSdetectors to achieve similar DQEr values given additional
optimization.

Replacing the traditional GOSEPIDwith a novel-perovskite detector resulted in an improvement inDQEr
of 86.11%. This large improvement is due to a number of factors: GOS absorbs its own photon emissions, a
property that limits the thickness of theGOS crystal. Likewise, GOS is a turbid phosphor, necessitating thin
crystals to produce sharp images. The optimal GOS crystal thickness for the TrueBeamEPID scintillator is
therefore a relatively thin 0.29 mm.Conversely, GOS is a convenient EPIDmaterial due to its radiation hardness
that canwithstand the therapeutic doses delivered routinely during linac quality assurance. It remains to be seen
whether perovskitematerials can provide sufficient radiation hardness for this application.

To allow for efficient optimization of crystal thickness, DQErwas used as an optimizationmetric.While the
use of a summary statistic such asDQEr does not take into account the spatial information of theDQE,DQEr is
less noisy and containsmore information than commonmetrics such asDQE10 orDQE50. An obvious
limitation of theDQEr is thatDQE at some spatial frequenciesmay bemore important than others in some
applications. For example, in breastmicrocalcification detection, high frequencyDQE could be prioritised over
low frequencyDQE.

While detectors with pixel sizes less than 100 μmare used inmedical imaging applications, the pixel size of
the detectors discussed in this workwas limited to 100 μm, as pixel pitch of less than 100 μm is uncommon in
theCBCT applications discussed. In the case of the TrueBeamOBI, even the 194 μmpixels are regularly 2× 2
binned to 388 μmduringCBCT acquisition to decrease detector noise and speed up image reconstruction
algorithms. From amanufacturing point of view, direct conversion detectors like perovskitematerials can be
manufacturedwith smaller pixel pitches than indirect conversion detectors and their application in fields like
mammographywill be a topic of future work.

A constraint on perovskite crystal thickness due geometricMTF degradationwas introduced in this work.
Specifically, in kV imaging, wefind optimal detector thickness for perovskite to be 0.86 mmwhich is only
slightly thicker than the 0.6 mm thickness often seen inCsI detectors. Perovskite detector’s ability to produces
high spatial resolution at large crystal thicknesses has a substantial 12.1%benefits toDQEover conventional
detectors inKoning BCT and a 9.5%benefit toDQE inTruebeamkV-CBCT. Perovskite also provides greatly
increasedDQE inMV-CBCT imagingwith a 87% increase over aGOS detector on aTruebeammachine. This
could enableMV-CBCT to be usedmore routinely in clinical settings. Additionally, to trulymaximise the
benefit of thick perovskite detectors, applications such as PET imaging andCT imaging could be targeted; as the
detector elements form a focused arc around the source reducing the distortion fromgeometricMTF
degradation. Likewise, variable thickness in the detector or piece-wise focusing of the detector elements as in the
work of Star-Lack et al (2015) could result in optimisedDQE especially inMV imaging. Since the focal spotMTF
degradation also effects the achievableDQE for these detectors, we also see potential for smaller focal spot x-ray
tubes to be effective in increasingDQE evenmore than demonstrated herewhen used in combinationwith
perovskite detectors especially for BCT.

5. Conclusion

Overall, perovskite-based x-ray detectors have high absorption efficiency and great spatial resolution at low
production costs. Herewe demonstrate device-specific systematic detector optimisation combinedwith a state-
of-the-art VCT to present the impact of this technology in commonmedical x-ray imaging devices.We
conclude that perovskite detectors performbetter than current detectors in breast-CT and kV-CBCT
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applications, and are far superior to currentMV-CBCTdetectors in terms of CNR andDQE. Futurework aims
implemented a prototype perovskiteflat-panel detector on these specific devices for experimental verification of
these VCT.
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