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Abstract

Background—Recent advances in photon counting detection technology have led to significant 

research interest in X-ray imaging.

Objective—As a tutorial level review, this paper covers a wide range of aspects related to X-ray 

photon counting detector characterization.

Methods—The tutorial begins with a detailed description of the working principle and operating 

modes of a pixelated X-ray photon counting detector with basic architecture and detection 

mechanism. Currently available methods and techniques for charactering major aspects including 

energy response, noise floor, energy resolution, count rate performance (detector efficiency), and 

charge sharing effect of photon counting detectors are comprehensively reviewed. Other 

characterization aspects such as point spread function (PSF), line spread function (LSF), contrast 

transfer function (CTF), modulation transfer function (MTF), noise power spectrum (NPS), 

detective quantum efficiency (DQE), bias voltage, radiation damage, and polarization effect are 

also remarked.

Results—A cadmium telluride (CdTe) pixelated photon counting detector is employed for part of 

the characterization demonstration and the results are presented.

Conclusions—This review can serve as a tutorial for X-ray imaging researchers and 

investigators to understand, operate, characterize, and optimize photon counting detectors for a 

variety of applications.
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1. INTRODUCTION

Photon counting detectors capable of discriminating X-ray photon energies have been 

developed in past decades for various applications in medical imaging and material science 

[1–22]. Compared to energy-integrating X-ray detectors working in a current mode, photon 

counting detectors are operated in a pulse mode based on single event, meaning that 
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theoretically each interaction occurred within the detection material can be processed and 

registered individually [23].

Three types of photon counting detectors have been developed based on the ionization 

radiation in gases, scintillators, and semiconductors. Gas based photon counting detectors 

prove their capabilities in 2D soft X-ray imaging [24, 25]. Scintillator based photon counting 

detectors are regarded as indirect detectors because the deposited X-ray photon energy first 

converts to visible light or ultraviolet radiation, which is then detected by electronic devices 

such as photomultiplier tubes (PMTs) through converting the light into electrical charges 

[23, 26, 27]. The absorption efficiency of X-ray photons in inorganic crystalline scintillators 

is high due to the large average atomic numbers such as in sodium iodide (NaI, Z=11/53) 

and bismuth germanium oxide (BGO, Z=83/32/8) [23]. Considering the high absorption 

efficiency and the capability of being manufactured into a large scale, inorganic scintillator 

based photon counting detectors are typically applied in nuclear medicine applications such 

as positron emission tomography (PET) [23, 28]. Conventional scintillator based detectors 

are also used in computed tomography (CT) scanners but are operated in current mode 

(energy-integrating) rather than photon counting mode (pulse mode).

Similar to gas based photon counting detectors, semiconductor based photon counting 

detectors directly convert X-ray photons into electrical charges, and therefore are regarded as 

direct detectors [28, 29]. As silicon (Si, Z=14) is a well understood semiconductor and 

homogeneous large Si wafers are easily available, Si has been widely used as sensor material 

for photon counting detector. The low atomic number of Si, however, leads to low 

absorption efficiency for X-rays with energies higher than a few 10keV [22, 30]. Therefore, 

Si is typically used for experiments at low X-ray energies (e.g. 4-25keV) [31]. This is not 

acceptable in low-dose medical imaging applications or hard X-ray in material science at 

high energy range above 30keV [31]. On one hand, a specific detector configuration 

approach involving multiple stacked layers of segmented detectors with varying layer 

thicknesses and edge illumination method are developed to improve the total absorption 

efficiency of silicon-based multilayer photon counting detectors [7, 32–34]. On the other 

hand, more X-ray absorbing materials have been developed such as cadmium telluride 

(CdTe, Z=48/52) and cadmium zinc telluride (CZT, Z=48/30/52) as promising materials for 

high absorption sensors. For example, the absorption efficiency of an 0.5mm thick CdTe 

sensor is 90% and 30% for X-ray energies of 40keV and 100keV, respectively [35–37], and 

0.75mm thickness gives an absorption efficiency above 95% form X-ray energies up to 

60keV and efficiency of 23% at 140keV [37]. Regardless of the requirement of a higher bias 

voltage for adequate signal charge collection and the increase of the detector cost, thicker 

crystal naturally improve the absorption efficiency [36]. For example, a 5mm thick CdTe 

detector could reach a high absorption efficiency of 82% at 150keV energy of X-ray [9]. 

Other compound semiconductors such as gallium arsenide (GaAs, Z=31/33) and mercuric 

iodide (HgI2, Z=80/53) are also under investigations [7].

Though the limitations of photon counting detection capabilities based on semiconductors 

are obvious due to charge sharing, lack of semiconductor crystal homogeneity exhibiting 

defects, and unavailability of a large field of view [31, 38], semiconductor based photon 

counting detectors rapidly achieve widespread applications such as in macromolecular 
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crystallography, power diffraction, surface diffraction, phase contrast imaging, dark-field 

imaging, non-destructive testing (NDT) of airport luggage, and medical imaging including 

clinical CT, micro-CT, breast CT and K-edge CT, mammography and dental panoramic 

imaging [1–22, 39–46].

This paper provides a tutorial level review covering a wide range of aspects related to 

semiconductor based X-ray photon counting detector characterization including energy 

response, noise floor, energy resolution, count rate performance (detector efficiency), and 

charge sharing effect. Other important characterization aspects such as point spread function 

(PSF), line spread function (LSF), contrast transfer function (CTF), modulation transfer 

function (MTF), noise power spectrum (NPS), detective quantum efficiency (DQE), bias 

voltage, radiation damage, and polarization effect are also remarked. Part of 

characterizations is demonstrated by a CdTe pixelated photon counting detector. Though this 

tutorial is written based on pixelated X-ray photon counting detectors with basic architecture 

and detection mechanism with two or more parallel comparators, the description of working 

principle as well as operating modes, and the reviewed characterization methods and 

techniques are helpful for all the X-ray imaging researchers and investigators to understand, 

operate, characterize and optimize photon counting detectors for various applications.

2. Working principle and operating modes

The working principle and operating modes are described based on a pixelated X-ray photon 

counting detector with basic architecture and detection mechanism with two or more parallel 

channels in each pixel, other improvements and strategies regarding detecting semiconductor 

materials (e.g. small pixel effect, drift structures and multiple stacked layers) and ASIC 

readout electronics (e.g. common digital electronics, anti-charge sharing schemes, and 

simultaneously counting photons and integrating their energies) can be found in references 

[7, 47, 48].

2.1. Working principle of a pixelated photon counting detector

A typical semiconductor based photon counting detector consists of two core components: 

semiconductor material (e.g. Si, CdTe or CZT) with two electrodes, and application specific 

integrated circuits (ASICs). As seen in the schematic in Fig. 1, a single semiconductor 

crystal module shares a common monolithic electrode (cathode) to receive X-ray photons 

while pixelated electrodes are evenly distributed on the other side connecting to ASIC 

through bump bonding processing. 32 pixels (4×8 pixels: 4 rows and 8 columns) are formed 

in this crystal module and larger imaging area can be manufactured through aligning 

multiple modules. A reverse bias voltage is applied between two electrodes to create an 

external electric filed. Without loss of generality, one pixel is selected and enlarged in Fig. 1 

to illustrate the process that how an X-ray photon is detected, processed, and registered.

When an incident X-ray photon interacts within the semiconductor material, electrical 

charges (electron-hole pairs) with an amount proportional to the deposited energy of the 

incident photon are produced and drifted towards the monolithic and pixelated electrodes 

separately under the influence of the externally applied electrical field [49]. During the 

drifting process of electron-hole pairs, a transient current is generated and then processed by 
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the connected ASIC through one charge-sensitive preamplifier, one pulse shaper (shaping 

amplifier), and multiple pairs of voltage pulse height comparator and digital counter (N pairs 

in Fig. 1) [7].

Charge-sensitive preamplifier—Due to the proportionality between the deposited 

energy and the quantity of generated charges within the semiconductor, as aforementioned, 

the total electrical charge rather than the transient current is of utmost interest and therefore 

measured by a charge-sensitive preamplifier through integrating the transient current by a 

feedback capacitor [36, 50]. The typical input and output of a charge-sensitive preamplifier 

are demonstrated in Fig. 2, where the input current pulse is delivered by the charge 

generated from X-ray photon energy deposition, and the output signal is basically a voltage 

step proportional to the time integral of the input current pulse [47].

Pulse shaper—The pulse shaper is also called shaping amplifier, because it not only 

shapes the charge signals acquired from the charge-sensitive preamplifier, but also amplifies 

them to increase the signal intensities [50]. Moreover, the noise level generated in the 

preamplifier is suppressed in the pulse shaper to maximize the detection accuracy by the 

following procedure [10]. As a result, a shaped and amplified voltage pulse with peak 

amplitude proportional to the energy deposition is obtained after the pulse shaper and a 

typical output is shown in Fig. 2 as well.

Voltage pulse height comparator and digital counter—The voltage pulse generated 

by the pulse shaper is simultaneously sent to multiple voltage pulse height comparators (N 
comparators in Fig. 1). The pulse height (energy) thresholds for the comparators are globally 

programmable through digital-to-analog converter (DAC). A 3~6 bit trim-DAC (not shown 

in Fig. 1) is also provided for each comparator so that each global threshold can be further 

adjusted. The finely tuning of the global threshold for each comparator using the trim-DAC 

aims to compensate the pixel-to-pixel variations caused by variations of electronics. The 

process of compensating the pixel-to-pixel variations is called threshold equalization and 

will be discussed in Section 3.1 [29, 30, 35, 36, 49–52].

If the incoming voltage pulse height exceeds the threshold value, the corresponding digital 

counter is triggered and a count is registered. Examples for illustrating the voltage pulse 

processing mechanism are given when introducing two operating modes of a typical photon 

counting detector in Section 2.2. Note that the combination of comparator and its associated 

DCAs and digital counter is usually called one channel in the ASIC, and all the channels 

(N×4×8 channels: 4×8 pixels and N channels per pixel in Fig. 1) for the whole detector work 

in parallel and without interference.

2.2. Operating modes: imaging mode and scanning mode

A typical photon counting detector provides two operating modes, imaging mode for 

imaging purposes while scanning mode for detector characterizations. Other modes may 

also apply for certain pixel readout chip, yet not be introduced in details in this tutorial [38].

2.2.1. Imaging mode—Imaging mode is also called window mode or run mode. In this 

mode, all the thresholds (e.g. threshold 1 to N as shown in Fig. 1) for comparators are fixed 
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values when detecting X-ray photons. A sequence with 6 voltage pulses (assuming all the 

pulses are distinguishable without overlapping) is given in Fig. 3 as an example to illustrate 

the process that how each voltage pulse is compared with the threshold and then registered 

in the corresponding counter. In this example, the pulse sequence is simultaneously 

delivered to N comparators with various pulse thresholds from threshold 1 to threshold N.

Since 5 pulses in the sequence exceed the 1st threshold, 5 counts are registered in the 1st 

counter. In the meantime, 3 counts and 2 counts are registered in the 2nd and the Nth 

counters, respectively. The count numbers registered in between two thresholds (so-called 

pulse height window or energy window) can be acquired through subtracting the counts 

acquired in the higher threshold from the lower threshold [9, 35]. In this way, 2 counts are 

registered within the energy window defined by the 1st and the 2nd thresholds, 3 counts 

within 1st and Nth thresholds, and 1 count within the 2nd and the Nth thresholds. There is no 

upper bound for the Nth threshold (the highest threshold) [35]. It should be noted that the 

inputs of the comparators such as the preset threshold values and voltage pulse sequences to 

be processed are both analog signals while the outputs become digital signals in a form of 

binary pulse sequences in order to be registered in digital counters.

2.2.2. Scanning mode—Scanning mode is also called spectroscopic mode, threshold 

mode or test mode. In contrast to imaging mode with fixed threshold for a given comparator, 

the detector sweeps the whole pulse height (energy) range from high pulse height (high 

energy threshold) to low pulse height (low energy threshold) through consecutively reducing 

the threshold by a preset pulse height step in scanning mode [1, 9, 35]. In this way, the 

spectroscopic distribution (pulse height spectrum) of the incident X-ray photons can be 

determined. Most of the detector characterizations are performed in the scanning mode 

through acquiring the spectral data, as will be discussed in next section. The sweeping 

energy range, threshold moving step and frame time (duration of each threshold step) are 

adjustable for different characterization purposes. Successful spectroscopic data acquisition 

when the detector operates in the scanning mode highly relies on a continuous and constant 

exposure condition throughout the whole scanning process. In the case of utilizing a 

conventional poly-energetic X-ray source, for instance, the operational parameters of the 

source such as tube voltage, current, focal spot size and filtrations must remain constant 

during the continuous exposure.

An ideal example is analyzed in Fig. 4, where identical incident X-ray photons and 

generated voltage pulses are detected during the frame time at each threshold step. Since all 

the channels work in parallel as aforementioned, one channel is selected without preference 

to illustrate the signal processing by a specific comparator. In this example, threshold 1 

(green) is the highest threshold above which 2 voltage pulses are detected and registered. 

Then, the threshold is reduced by a step to threshold 2 with 3 counts registered. Similarly, 5, 

7, and 10 counts are registered under threshold 3, 4, and 5, respectively. Though only 5 

thresholds are used in this example, hundreds of threshold may apply in a realistic photon 

counting detector to acquire an accurate spectral distribution.

Similarly as in the imaging mode, the count numbers registered within each pulse height 

step can be acquired through subtracting the counts acquired in the higher threshold from its 
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adjacent lower threshold, as shown in Fig. 5, where the curves in (b) and (c) are called 

integrated curve (S-curve) and differential curve (pulse height spectrum), respectively [1]. 

Examples of S-curves and pulse height spectra acquired using a realistic photon counting 

detector will be demonstrated in Section 3.

2.3. Photon counting detector utilized for demonstration

For demonstration purpose, a pixelated photon counting detector (DxRay, Inc. Northridge, 

CA, USA) consists of four CdTe crystals constituting dimensions of 70.4mm in length, 

6.6mm in width, and 1mm in thickness is utilized. Each crystal has 64 equal pixels (4 rows 

and 16 columns) with an even pitch of 1.1mm × 1.65mm, and each pixel has 4 channels in 

its corresponding ASIC. In the imaging mode, the pulse height threshold values 

corresponding to 4 comparators could be set as any fixed values from 1200mV to 0mV. In 

the scanning mode, the highest pulse height can be set up to 1200 mV and the lowest pulse 

height is set within 0-400 mV. Millivolt (mV) is the unit of voltage pulse height. The 

threshold moving step can be set from 1mV to 10mV, and the frame time at each threshold 

step is adjustable from 0.1ms to 1400s.

3. Photon counting detector characterization

Currently available methods and techniques for charactering major aspects including energy 

response, noise floor, energy resolution, count rate performance (detector efficiency), and 

charge sharing effect of a photon counting detector are reviewed in this section.

3.1. Energy response calibration and pixel-to-pixel variation compensation

Photon counting detector converts each detected X-ray photon in the energy unit (keV) into 

a voltage pulse in the pulse height unit (mV) [49]. Energy response calibration between 

photon energy and pulse height in each channel is essential to characterize and compensate 

the detector’s pixel-to-pixel variation [53]. The generated voltage pulse height is generally 

proportional to the incident X-ray photon energy, but only linear up to a few tens of keV [1, 

3, 54]. This is mainly because the absorption efficiency of the sensor material is non-linearly 

decreased with increased X-ray photon energies [31]. In order to perform the energy 

response calibration, multiple pairs of photon energy and pulse height are acquired by 

utilizing either mono-energetic X-ray and gamma-ray photons from synchrotron radiation, 

radioactive isotopes, and fluorescent X-rays, or polychromatic X-ray photons from 

laboratory X-ray sources. With constant and continuous exposure, the photon counting 

detector works in the scanning mode to acquire the S-curves from which the pulse height 

spectrum could be determined. The energy response calibration process can be repeated for 

all the pixels to determine the pixel-by-pixel response variations (e.g. different gains or 

offsets of the charge-sensitive preamplifiers [36, 49]). The process of increasing the 

homogeneity across a detector through finely tuning the individual trim-DAC is called 

threshold equalization, as discussed in Section 2.1 [29, 55].

3.1.1. Mono-energetic spectrum: synchrotron radiation—Synchrotron radiation is 

an ideal candidate for energy response calibration because it emanates mono-energetic X-

rays whose photon energy can be freely adjusted by using so-called monochromators while 
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maintaining a very narrow energy bandwidth [16, 30, 31, 55]. Also, since the beam size can 

be collimated to a very small size in a micrometer level which is far less than the typical 

pixel size in a photon counting detector, it could potentially minimize the effect of charge 

sharing (will be discussed later) through hitting the center of the investigated pixel [31]. In 

this method, multiple distinct incident energies within the detector’s operational energy 

range are selected. For example, eight energies ranging from 25keV to 60keV in a step of 

5keV are employed for the energy response calibration of a detector operated up to 80keV 

[15]. Under constant flux condition for any selected energy, the detector is operated in the 

scanning mode to obtain S-curves, from which the corresponding pulse height spectra are 

derived through performing a threshold-by-threshold differentiation. The derived pulse 

height spectra are generally broadened rather than only occupying a single pulse height 

value due to incomplete charge collection caused by charge-sharing effect. Through fitting 

with a Gaussian function for each derived pulse height spectrum, multiple pairs of the pulse 

height at the photo peak in the fitted spectrum and the incident X-ray photon with known 

energy are acquired. In order to effectively avoid the spectral distortion caused by pile-up 

effect, the photon flux (incident count rate) must be limited to a certain level, such as 105 

photon pixel−1s−1 or less [15, 31, 55]. The reduction of photon flux can be achieved through 

placing aluminum/copper attenuator slabs with sufficient thickness into the synchrotron 

radiation beam [29, 55, 56].

Though synchrotron radiation provides excellent calibration results due to its mono-

energetic X-ray emission with freely adjusted energy levels and very narrow energy 

bandwidth, it has prohibitive problems of limited accessibility for most conventional 

imaging laboratories. Also, the synchrotron beam is relatively small that requires the 

detector perpendicular to the beam to be translated to cover all the pixels, in an effort to 

determine the energy response variations for all the pixels [55].

3.1.2. Mono-energetic spectrum: radioactive isotopes—Compared to synchrotron 

radiation with limited accessibility, radioactive isotopes are more readily available in 

conventional imaging laboratories. During the radioactive decay process, X-ray or gamma-

ray photons which are characteristics for different types of radioactive isotopes are 

continuously emitted in a form of mono-energetic spectrum. Thus, radioactive isotopes can 

also be used for detector energy response calibration purpose [3]. Since the emitted energies 

from radioactive isotopes can’t be freely adjusted as in a synchrotron, the radioactive 

isotopes for calibrating different detectors must be carefully selected. Popularly utilized 

radioactive isotopes include 99mTc (140keV) [3], 133Ba (80keV) [57], 57Co (122keV) [36, 

57–60], 109Cd (22.1keV and 88keV) [3, 57, 59], 241Am (59.6keV) [3, 36, 57–61], 153Gd 

(41.5keV), 55Fe (5.9keV). Under constant exposure for any selected radioactive isotope, the 

detector is operated in the same way as using synchrotron radiation to obtain S-curves, 

differentiated pulse height spectra, and photo peaks in the fitted Gaussian functions.

However, the acquired pulse height and photon energy pairs utilizing radioactive isotopes are 

generally not sufficient to perform a comprehensive energy response calibration due to a 

limited selection of isotopes. Therefore, radioactive isotopes are commonly used in 

combination with synchrotron radiation [55], laboratory X-ray sources [58] or fluorescent 

escape peaks from the semiconductor material [55] for detector calibration purposes, or 
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solely for determining the energy resolution. Another disadvantage is that it may be a time-

consuming process due to the generally low activities of common radioactive isotopes, 

especially for a detector with large imaging area. Highly active radioactive isotopes can be 

available with special permission but result in more safety and storage issues.

3.1.3. Mono-energetic spectrum: X-ray fluorescence (XRF)—XRF is the third 

option for detector energy response calibration based on mono-energetic spectrum. In order 

to produce mono-energetic fluorescent X-rays, a fluorescent target with high atomic number 

(Z) is illuminated by high energy X-rays or gamma-rays from either radioactive isotopes 

[51, 53, 62] or laboratory X-ray sources [33, 63–66]. When the energy of the incident 

photons exceeds the binding energy (e.g. K-edge) of the electron in the inner shell (K-shell), 

this electron is ejected from its original shell, leaving a vacancy which is immediately 

occupied by a second electron with a higher energy from an outer shell. During this process, 

the excess energy caused by electron transition is released by either XRF or Auger electron 

emission. The emitted fluorescent X-rays have discrete energies which are characteristics for 

different fluorescent targets due to their specific atomic structures (or different Z). In order 

to properly generate multiple energy response calibration pairs between photon energy and 

pulse height, the fluorescent targets should be purposely selected. Regularly utilized 

fluorescent targets and their K-edge binding energies, Kα and Kβ emission energies are 

listed in Table. 1, in which some elements are in powder or liquid formats and stored in 

separate containers [65].

In contrast to using synchrotron radiation or radioactive isotopes that the detector is directly 

illuminated, the excitation source (laboratory X-ray source or radioactive isotope) and the 

detector are generally placed perpendicularly to each other in the method using XRF [64], 

both facing to the fluorescent targets. This experimental setup could significantly improve 

the fluorescence-to-scatter ratio (FSR) [65]. Other experimental strategies such as excitation 

filtration selection, excitation and emission beam collimation and detection angle 

optimization may also be applied to further improve the FSR [33, 65, 67–70]. Under 

constant illumination of any selected fluorescent target, the detector is operated in the same 

way as using synchrotron radiation and radioactive isotopes to obtain S-curves, 

differentiated pulse height spectra, and photo peak in the fitted Gaussian functions.

Though the calibration method with XRF has less concerns regarding the accessibility as 

using synchrotron radiation and safety issue as using radioactive isotopes, it has the 

following limitations: 1) Regarding Kα fluorescence line in Table. 1, the Kα energy of each 

fluorescent target is determined as the average of Kα2 and Kα1 energies. When the 

fluorescent target has a Z less than around 70, typically these two sub-fluorescence lines are 

too close to be separated even with a spectrometer with high energy resolution, let alone the 

use of a photon counting detector with a relatively lower energy resolution in several keVs 

[33, 64]. For Z>70, in contrast, both of these two sub-fluorescence lines can be clearly 

distinguished with high energy resolution spectrometers, but this is not the case with a 

photon counting detector. In short, for almost all the fluorescent targets in Table. 1, only a 

single Kα fluorescent peak contributed by both Kα2 and Kα1 can be detected by the photon 

counting detector. Since the fluorescent intensity determined by radiative rates are different 

for Kα2 and Kα1 fluorescent emissions, a single Gaussian function fitting of the 
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differentiated spectrum may not locate the precise pulse height value corresponding to the 

averaged Kα energy, thus reducing the calibration accuracy. 2) Regarding Kβ fluorescent 

line in Table. 1, similarly, the Kβ energy of each fluorescent target is determined as the 

average of Kβ1 and Kβ3 energies. Due to the relatively low energy resolution in a photon 

counting detector, only a single Kβ fluorescent peak is detected, resulting in the same issue 

as using the Kα fluorescence line. Moreover, the broadened Kβ peak is subject to be 

affected by the high energy tail from the Kα peak due to high fluorescent intensity ratio of 

Kα/Kβ, thus also limiting the calibration accuracy using the Kβ fluorescence line [35]. 3) 

According to Table. 1, the possible calibration range is from 8keV (Cu) to 110keV (U) for 

stable fluorescent materials, which is not sufficient for calibrating photon counting detectors 

working up to 150keV in diagnostic imaging [65].

3.1.4. Poly-energetic spectrum: laboratory X-ray sources—The detector energy 

response can be also calibrated with a laboratory X-ray source generating X-rays in a ploy-

energetic spectrum. Several approaches utilizing different features in a ploy-energetic 

spectrum have been proposed for the calibration purpose. All the X-ray spectra utilized in 

this section are generated by an online tool for the simulation of X-ray spectra, and the tool 

itself is based on algorithms developed by John M. Boone [71] and on X-ray attenuation 

data provided by the National Institute of Standards and Technology (NIST) [72].

Characteristic peaks: In this method, the characteristic emission peaks corresponding to 

the anode target material in the output spectrum are utilized. Similarly in XRF, characteristic 

X-rays with discrete energies are produced when the kinetic energy of the accelerating 

electrons exceeds the target’s K-edge binding energy. The output spectra with characteristic 

peaks from two popularly used targets (W at 100kVp and Mo at 40kVp) are demonstrated in 

Fig. 6, where Kα and Kβ represent the combinations of their sub-fluorescence lines. Under 

ideal condition and assuming a linear detector response, two pairs of known photon energy 

and measured pulse height may be acquired [35].

This method itself, however, is not sufficient because: 1) similarly in XRF, all the 

characteristic peaks are composed by two sub-fluorescence peaks; 2) characteristic peaks 

from K-shell with strong fluorescence intensities only appear when the applied voltage 

accelerates electrons to a kinetic energy higher than the K-edge binding energy [35]; 3) 

limited photon energy and pulse height pairs may not fully characterize the detector energy 

response within the whole operating energy range. Therefore, this method is more suitable to 

verify the calibration results acquired by using other methods.

Maximum energies (endpoints in spectra): It has been known that the applied voltage 

determines the electrons’ kinetic energy, which further determines the maximum photon 

energy generated by an X-ray source, as shown in Fig. 7 [71]. Therefore, through gradually 

increasing the applied voltage (maximum photon energy) and locating the pulse height value 

at the endpoint in the acquired pulse height spectrum (or S-curve), multiple pairs of photon 

energy and pulse height can be theoretically acquired for detector energy response 

calibration [1, 35, 54, 58].
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The challenge for this method is how to accurately determine the endpoint in the acquired 

pulse height spectrum. A fraction of counts with pulse height higher than the theoretical 

maximum value are always recorded due to the pile-up effect, even with limited incident 

photon flux. One feasible scheme is first to locate the maximum counts in a specific pulse 

height spectrum, and find two pulse height values whose count numbers correspond to 20% 

and 10% of the maximum counts on the side with higher energy. Then, through linearly 

extrapolating these two count numbers to be crossed with the pulse height axis, the pulse 

height corresponding to the maximum X-ray photon energy can be determined [58]. Note 

that the maximum counts should be derived from the continuous bremsstrahlung rather than 

from characteristic peaks (e.g. the pulse height spectrum acquired from an X-ray tube with 

W tungsten and high voltage, as shown in Fig. 7). This method will be performed in Section 

3.1.6 for demonstration.

Spectral peak energy (maximum count): In this method, the spectral peak energy 

corresponding to the maximum count number, which can be easily modulated by adjusting 

the applied voltage (kVp) and adding additional filtrations with different thickness/material, 

is utilized to perform the detector energy response calibration [71, 73], as shown in Fig. 8.

This method is typically performed in four steps: 1) selecting various combinations of 

applied voltage and additional filtration, so that multiple spectra with different peak energies 

within the detector’s operational energy range can be obtained; 2) measuring the X-ray 

spectra using a high energy resolution spectrometer which is newly calibrated to determine 

the peak energy value (unit: keV) of each spectrum; 3) irradiating the photon counting 

detector in a distance that all the pixels are covered simultaneously and the incident photon 

flux is low to avoid the pile-up effect; 4) each detected S-curve is smoothed and 

differentiated to obtain the pulse height spectrum, from which the pulse height 

corresponding to the spectral peak energy is located. Similarly in using the previous method, 

the maximum energy should be acquired from the continuous bremsstrahlung under all the 

situations.

These three methods introduced above using characteristic peaks, maximum energies and 

peak energies are generally applied in combination either to calibrate or to verify the 

calibration accuracy. Energy response calibration of a photon counting detector using a 

laboratory X-ray source becomes more and more attractive since it would be more practical 

and easily accessible than using synchrotron radiation, radioactive isotopes, or fluorescent 

targets (XRF) in most conventional X-ray imaging groups.

3.1.5. Other methods using poly/mono-energetic spectrum—Other methods are 

also developed for energy response calibration and threshold equalization using either poly-

energetic or mono-energetic X-ray beams. For example, noise floor, which will be discussed 

in Section 3.2 can be used for threshold equalization [52, 74]. A method making a full use of 

the whole poly-energetic spectrum rather than using single or multiple spectral characteristic 

features is developed [49]. This method involves the adjustment of a simulated spectrum of 

deposited energies to a measured pulse height spectrum. Since the model is established 

based on a linear relationship between the detected pulse height and the actual incident 
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photon energy, necessary modification of the regression model is required for calibrating 

photon counting detectors with a nonlinear response to photon energies.

Another method uses a parameter based model for the energy calibration and concludes on 

the optimal parameters of the model by finding the best correlation between the measured 

pulse-height spectrum and multiple synthetic pulse-height spectra which are constructed 

with different sets of calibration parameters [75]. The capability of resolving the K-edges of 

certain high Z materials shows the potential to develop a convenient alternative for energy 

response calibration with a polychromatic X-ray source [35].

3.1.6. Energy response calibration demonstration—The second method (maximum 

energy) using a laboratory X-ray source is applied to demonstrate the energy response 

calibration procedure and result. In this demonstration, none additional filtrations or 

collimations applied between the X-ray tube (L8121-03, Hamamatsu photonics, 

Hamamatsu, Japan) and the photon counting detector described in Section 2.2.3, except for 

the X-ray tube exit and the detector entrance windows. The detector is placed in front of the 

X-ray tube with a distance of 1650mm from the X-ray focal spot. In order to maintain a low 

but constant incident photon flux to avoid the possible pile-up effects, the X-ray tube voltage 

and current settings are selected as below: (40kVp, 150μA), (50kVp, 100μA), (60kVp, 

85μA), (70kVp, 60μA), (80kVp, 60μA), (90kVp, 55μA), (100kVp, 50μA), (110kVp, 45μA), 

(120kVp, 40μA), (130kVp, 29μA), (140kVp, 25μA), and (150kVp, 20μA) [35]. Under each 

exposure condition, the detector works in the scanning mode through sweeping the pulse 

height threshold from 1000mV down to 200mV with a decrement of 2mV and a frame time 

of 500ms. The sweeping process can be repeated several times for each X-ray tube setting to 

acquire the average. For this specific photon counting detector with 256 pixels and 4 

channels per pixel, 1024 S-curves are synthesized from the count data acquired by 1024 

comparators.

Without loss of generality, the acquired S-curves from one channel in a certain pixel under 

different X-ray tube voltages from 40kVp to 150kVp are shown in Fig. 9 (a). Sudden 

increases of the photon counts registered at low pulse height, especially with lower voltages, 

can be observed due to the presence of electrical noise [1]. The determination of noise floor 

to eliminate the noise will be specifically introduced in Section 3.2. Assuming that the noise 

floor is determined as 270mV, data from 270mV to 1000mV in each S-curve are then fitted 

by a sum of three Gaussian functions. A fitting example of the S-curve acquired under 

100kVp and 50μA is shown in Fig. 9 (b). The fitted curve is then differentiated to derive the 

pulse height spectrum, as indicated in Fig. 9 (b) as well.

In the derived pulse height spectrum, the maximum photon counts and its 20% and 10% 

values on the higher energy side are located to determine the pulse height value 

corresponding to 100keV. With all determined photon energy and pulse height pairs, the 

detector energy response can be calibrated through least square fitting these pairs with a sum 

of two exponential functions, as indicated in Fig. 10, where the detector responses to X-ray 

photon energies are linearly up to around 80keV.
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Other functions used to characterize the energy response are given in Eq. (1) and (2), where 

E is the photon energy, H is the measured pulse height, and c1, c2, c3, d1, d2, d3, d4, and d5 

are parameters determined by the calibration pairs [1, 3, 58]:

H = c1 − c2e
−c3E

(1)

H = d1 + d2 1 − e
−d3E

+ d4 1 − e
−d5E

(2)

3.2. Noise floor determination

Unlike energy-integrating detector, photon counting detector can effectively separate 

electrical noise from useful X-ray signals since the noise generally affects X-ray signals with 

lower energies in a detected pulse height spectrum (or an S-curve) [35]. Therefore, it is 

necessary to determine a proper pulse height threshold at the upper bound of noise level, so-

called noise floor, above which only X-ray signals are recorded. Subjective and objective 

methods have been proposed to determine the noise floor.

3.2.1. Subjective observation—In this method, the noise floor is determined through 

observing the sudden increase of the photon counts in a detected S-curve (low pulse height 

part). This effect has been noticed in Fig. 9 (a) especially under lower voltages. The 

significant increase of X-ray photon counts is due to the presence of electrical noise below 

the noise floor [3, 76]. It is noteworthy that in order to reflect the presence of electrical 

noise, the total counts registered under an S-curve should be much less than the noise level 

[1]. For example, it is very difficult to subjectively locate the noise floor using the S-curve 

acquired under voltage of 150kVp in Fig. 9 (a). Subjective observation of noise floor can be 

also performed using synchrotron radiation and radioactive isotopes [10, 57].

3.2.2. Objective comparison—The noise floor can be also objectively determined by 

multiple measurements (e.g. 20 times) under certain exposure condition and calculation of 

the mean and the variance within each pulse height step [58]. It would be expected that the 

mean and the variance are comparable (e.g. less than 10%) above the noise floor, indicating 

that the measurements obey a Poisson distribution. On the other hand, the mean and the 

variance are significantly different for the counts acquired below the noise floor, 

demonstrating the presence of electrical noise. The mean and the variance of 12 

measurements performed under identical condition of 80kVp and 60μA are demonstrated in 

Fig. 11, data being collected using the photon counting detector described in Section 2.3. 

Significant difference between the mean and the variance is presented in the comparison, 

based on which the noise floor can be determined as 270~280mV.

3.3. Energy resolution

Energy resolution is a very important parameter to describe the ability of an energy resolved 

detector to separate photons with different energies. It is indicated by the width of the 
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resultant peak in a pulse height spectrum when the detector is illuminated by mono-energetic 

photons emanating from synchrotron radiation or radioactive isotopes [1, 36, 54, 57–61, 76]. 

Therefore the characterization of energy resolution can be performed together with detector 

energy response calibration. The peak usually obeys a Gaussian distribution and its width is 

measured as the full width at half maximum (FWHM). Energy resolution can be derived 

through dividing the FWHM by the energy corresponding to the maximum of the peak, as in 

Eq. (3), where R is the energy resolution at energy E and ΔEFWHM is the FWHM in energy 

unit [1, 23, 50]. A schematic showing how to calculate the energy resolution is illustrated in 

Fig. 12.

R =
ΔEFWHM keV

E keV × 100%  3 (3)

XRF is also employed to calculate the energy resolution, but encounters the same difficulty 

as calibrating the detector energy response that the summation of sub-fluorescence peaks 

further broadens the detected peak, which would underestimate the energy resolution [33]. 

The characteristic X-ray peaks from a poly-energetic X-ray spectrum can be theoretically 

applied for determining the energy resolution as well. This method, however, requires a 

higher characteristic-to-bremsstrahlung ratio and proper estimation and removal of the 

bremsstrahlung background before applying Eq. (3) for energy resolution. Considering the 

accessibility and accuracy of determining energy resolution, radioactive isotopes are 

regarded as the best candidates and popularly utilized in practice.

The determination of energy resolution can be significantly influenced by charge sharing 

effect and pile-up effect, as will be remarked in Section 4. The requirement of the energy 

resolution for a given photon counting detector relies on its specific applications. A lower 

energy resolution (e.g. ~10%) may be sufficient for dual energy applications since the 

separation of two energy thresholds are relatively large [58]. Other imaging applications 

such as K-edge CT imaging or XRF imaging, in contrast, may need higher energy 

resolutions [14, 15, 58, 77].

3.4. Count rate performance (dynamic range) and detector efficiency

3.4.1. Mathematical model description—Due to pile-up effect and dead time (τ) loss, 

the linearity between the detected photon rate and the incident photon rate gradually lacks 

with increased photon fluxes [1, 7, 78]. It is very important to determine the linearity range 

and maximum detectable photon rate for a given photon counting detector to justify its 

proper applications [63]. Two mathematical models are generally used to describe the 

detector’s count rate performance: non-paralyzable and paralyzable models. In non-

paralyzable model, the event occurred within the dead time of the former event doesn’t 

extend the dead time; on the contrary, the dead time extends by the following event arrived 

within its dead time in paralyzable mode. An example with 4 events in Fig. 13 is illustrated 

to describe the difference between these two models. Once the first event detected, the 

detector becomes inactive for duration of dead time and goes back to an active state then. 

The detector becomes inactive again when detecting the second event, of which the 
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consequent dead time is not affected by the third event in the non-paralyzable model, but 

extends duration of dead time starting from the arriving point of the third event in the 

paralyzable model. Since the detector is active before detecting the fourth event in the non-

paralyzable model, the fourth event can be detected and registered. In contrast, the fourth 

event further extends the dead time of the third event, resulting losses of both of the third 

and the fourth events.

In reality, two or more nearly simultaneously incident photons may be regarded as a single 

event with a higher energy, resulting in not only dead time losses, but also a distortion of the 

recorded pulse height spectrum [7, 58]. Understanding of the spectral distortion caused by 

pileup effects (peak and tail pileup) under high X-ray flux and the corresponding 

compensation methods using analytical model and Monte Carlo simulation are important to 

make full use of the spectral information provided by photon counting detectors [2, 29, 79–

81]. Detailed description regarding the compensation methods, however, is quite beyond the 

scope of this tutorial and has been comprehensively introduced elsewhere [4, 58, 79, 80].

In order to characterize the count rate performance, the detector needs to be illuminated by 

various incident photon fluxes, which can be achieved using synchrotron radiation through 

adding additional filtrations with different thickness [31], or laboratory X-ray sources 

through adjusting the current under certain voltage [1, 3, 4, 50, 54, 57, 58, 60, 61, 63, 76] or 

using additional filtrations [78]. In either way, the recorded count rate Arec and the incident 

count rate Ainc are connected by P(Aincτ), the probability of the counts being recorded, in 

Eq. (4).

Arec = Ainc × P Aincτ (4)

P(Aincτ) is defined in Eq. (5) and (6) for non-paralyzable and paralyzable models, 

respectively [3, 4, 10, 59, 61, 76].

P Aincτ non − paralyzable = 1/ 1 + Aincτ (5)

P Aincτ paralyzable = exp −Aincτ (6)

In the condition of using a laboratory X-ray source, the incident count rate (Ainc) is assumed 

to be proportional to the X-ray tube current (I) in Eq. (7), where k is the proportionality 

constant.

Ainc = k × I (7)

Substituting Eqs. (4) and (7) into Eqs. (5) and (6) and performing several formula 

transformations, the following expressions in Eqs. (8) and (9) are derived, where k and τ can 

Ren et al. Page 14

J Xray Sci Technol. Author manuscript; available in PMC 2019 January 01.

A
uthor M

anuscript
A

uthor M
anuscript

A
uthor M

anuscript
A

uthor M
anuscript



be obtained by a least-square method using (1/Arec) and (1/I) for non-paralyzable model 

while using (Arec/I) and [exp(-I)] for paralyzable model.

1/Arec = 1/k × 1/I + τ (8)

Arec/I = k × exp −I kτ (9)

3.4.2. Demonstration for count rate performance and detector efficiency—The 

same X-ray source used for detector energy response calibration is applied in the 

demonstration of characterizing the detector photon count performance and detection 

efficiency. The distance between the X-ray tube and the photon counting detector is reduced 

to 380mm. The X-ray tube voltage is fixed as 70kVp, while the current settings are varied as 

2, 5, 10, 15, 20, 25, 30, 35, 40, 45, 50, 75, 100, 125, 150, 175, 200, 250, 300, 350, 400, 450, 

and 500μA to acquire various incident count rates. Data are collected by sweeping the 

threshold pulse height range from 1000mV to 200mV with a decrement step of 2mV, but a 

shorter frame time of 10ms. Each sweeping process is repeated 10 times for each current 

setting and their average is used for further processing. One channel of a typical pixel is used 

to evaluate the count rate performance and the maximum values in the acquired S-curves. 

The count numbers right above the noise floor determined in Section 3.2 are extracted to 

determine the relation between Arec and Ainc.

After eliminating the noise data below the determined noise floor of 270mV, the recorded 

photon count rates are plotted against various X-ray tube current settings, as shown in Fig. 

14 (a). It can be seen that the linear response of incident count rate is up to around 450kcps 

(kilo counts per second), while the maximum rate could reach 760kcps with proper 

correction, beyond which, however, the detector starts to be paralyzable. Using the data 

acquired from 2μA to 100μA and Eqs. (5) and (6), non-paralyzable and paralyzable models 

are applied to characterize the detector efficiency and calculate the proportionality constant 

(k) and the dead time (τ). The calculated results are k=18.53kcps/μA and τ=647.22ns, and 

k=18.23kcps/μA and τ=448.48ns for non-paralyzable and paralyzable models, respectively. 

As indicated in Fig. 14 (b), both non-paralyzable and paralyzable models agree well with the 

measurements up to the maximum detectable rate, and the detector behaves in-between of 

two models after around 200μA. Also, the probability of events being recorded shown in 

Fig. 14 (c) demonstrates that, within the linear range, both probabilities derived by two 

models are above 0.8, which is regarded as a minimum probability among the nuclear 

medicine community when operating a photon counting detector [19].

3.5. Charge sharing effect

Charge sharing effect is almost unavoidable in photon counting detector because the 

radiation semiconductor is electrically, rather than physically, pixelated. The charge cloud 

generated from each X-ray interaction spreads laterally when it drifts toward the electrode, 

resulting in a sharing of induced current signals by multiple neighboring pixels. This sharing 
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effect is further exacerbated by other processes such as energetic photoelectrons and 

characteristic X-rays [35]. Charge sharing effect is more pronounced for small pixels, 

especially less than 0.5mm and can be effectively reduced through utilizing large pixels or 

by post-treatment algorithms such as summing signals from several adjacent pixels at the 

expense of reducing spatial resolution [38]. Decreasing the thickness of the detection 

material is also a possible solution to reduce charge sharing effect, yet leads to a reduction of 

absorption efficiency.

Without properly setting the pulse height threshold, the incoming X-ray photon may be 

double counted if its generated charges are shared by two or more pixels. Therefore, for 

photon counting detector with a single threshold and small pixels, the threshold is suggested 

to set as half the incident photon energy, in an effort to avoid the double counting of X-rays 

[82]. This tutorial discusses how to subjectively and objectively observe and evaluate the 

charge sharing effect for a given photon counting detector.

3.5.1. Subjective observation—As aforementioned, the charges generated by an 

interaction in one pixel are partially shared by its adjacent pixels, thus reducing the detected 

pulse height compared to the original value corresponding to the deposited X-ray photon 

energy. Therefore, when the photon counting detector is illuminated by X-rays or gamma 

rays in the form of mono-energetic spectrum, a low-energy tail can be observed beside the 

detected pulse height peak [1, 55]. The low-energy tail exhibits stronger for those with small 

pixels and high insufficient charge collection [10, 36, 64, 66]. This observation is generally 

performed with energy response calibration and energy resolution determination using 

synchrotron radiation, radioactive isotopes and XRF with fluorescent materials. Note that 

charge sharing is an important influencing factor on energy resolution reduction and spectral 

distortion [38].

3.5.2. Experimental evaluation—Charge sharing effect can be also experimentally 

evaluated through utilizing a very narrow pencil-beam with sufficient X-ray photon flux, 

which is typically acquired from synchrotron radiation. During the evaluation, at least two 

pixels are probed by the pencil-beam in a small step equal to or smaller than the pencil-beam 

size in both vertical and horizontal directions [29, 83]. Then, a sensitivity map of the 

investigated pixels in a precision equal to or smaller than the pencil-beam size can be 

reconstructed based on the probing data. The schematic of probing and reconstruction 

process demonstrated in Fig. 15 provides the responses from adjacent pixels to a particular 

pixel through charge sharing effect. In Fig. 15, two adjacent pixels are probed with 49 

probes each, showing that charge sharing effect is less concerned at the center of the pixel 

and becomes significant at the boundary between two pixels and the corners where four 

pixels share the charges.

3.5.3. Empirical modeling—A simple model assuming a 2D isotropic Gaussian 

dispersion of the measured charges at the electrodes is proposed to investigate the charge 

sharing effect [35]. In this model, the charge cloud modeled by 2D Gaussian is centered at 

the location where the electron-hole pairs are generated. The shared energy is represented by 

the underlying area of the Gaussian dispersion spreading into the neighboring pixels while 

the left energy is detected by the incident pixel in which the interaction occurs. Three steps 
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are adopted to determine the parameters for the modeled Gaussian function: 1) Measuring 

ideal incident spectra using a high energy resolution spectrometer from a poly-energetic X-

ray tube; 2) Distorting these ideal spectra with the above charge sharing model and energy 

resolution model through convoluting with an energy-independent Gaussian; 3) Applying 

different combinations of the values for the charge sharing dispersion (FHWM) and the 

energy resolution to the distorted spectra and comparing them with the directly measured 

spectra using the photon counting detector, with respect to the width of the characteristic X-

ray peaks and low energy range in the spectra. Details regarding this empirical modeling and 

its limitations refer to [35].

3.5.4. Numerical calculations—As mentioned above, the charge sharing effect is mainly 

influenced by three factors, namely photoelectron range, characteristic X-ray emission and 

carrier diffusion, and each factor can be numerically estimated as below [59].

Photoelectron range: When the incident X-ray photon is absorbed by photoelectric effect, a 

photoelectron is produced and then travels in the detection material generating electron-hole 

pairs before its complete dissipation. The traveling distance of the generated photoelectron is 

called photoelectron range which can be derived from NIST database [35, 84].

Characteristic X-ray emission: Characteristic (fluorescent) X-rays are emitted following 

the photoelectric effect due to the electron transition from an outer shell to an inner shell. 

The emission energy is equal to the binding energy difference between these two shells. 

These characteristic X-rays can exit the material resulting in a complete energy loss, remain 

in the original pixel regarding as either two separate counts with lower energies or a single 

count similar to pulse pile-up effect, or be absorbed by neighboring pixels. The energies of 

characteristic X-rays (K-shell) for typically utilized semiconductors and their mean free path 

(MFP) determined as the reciprocal of the linear attenuation coefficient are estimated and 

listed in Table. 2 [23, 35, 85, 86].

Charge carrier diffusion: As discussed in Section 2.1, electrical charges drift towards the 

monolithic and pixelated electrodes separately under the influence of the externally applied 

electrical field. The generated charge cloud, however, increases its size during the drifting 

process. The average charge dispersion ( σ) is associated with the detection material 

thickness ( d), operation temperature ( T), the bias voltage ( V), and linear attenuation 

coefficient ( μsemiconductor) under incident energy of E, as described in Eq. (10), where k is 

the Boltzmann constant and e is the electrical charge. Details regarding the derivation of this 

equation can refer to [35, 72, 87].

σ = 2dkT
eV d − 1

μsemiconductor E (10)

For the photon counting detector used for demonstration in this tutorial, the parameters used 

for calculating the average charge dispersion are: T=300K, KT/e=0.026V, d=1mm, V=400V 
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and μsemiconductor = μCdTe, and the maximum charge dispersion is less than 12μm, which is 

negligible compared to the pixel size of 1.1mm.

4. Remarks and conclusion

This tutorial covers the basic working principle and operating modes of a photon counting 

detector in Section 2, followed by a review of several aspects for detector characterization 

including energy response, noise floor, energy resolution, count rate performance (detector 

efficiency), and charge sharing effect in Section 3.

As introduced in Section 2.1, the working principle and operating modes are illustrated 

using a pixelated X-ray photon counting detector with basic architecture and detection 

mechanism with two or more parallel channels in each pixel. Photon counting detectors with 

specific data readout mechanism involving only one channel per pixel are also developed, in 

an effort to effectively reject the intrinsic electrical noise and low-energy fluorescence 

photons, and avoid double counting of low-energy photons due to charge sharing [16, 30, 

52]. Also, two or more pulse shapers may be employed for certain photon counting counters 

to improve the counting efficiency [30]. The digital counter in certain photon counting 

detectors is designed to be gateable, meaning that the time duration of detecting X-rays can 

be defined by electrical digital signals (e.g. electrical shutter) [30]. This specific design 

provides the potential to synchronize the photon counting detector with radiation source. 

Another specific strategy to improve the data processing mechanism is to split the digital 

counter into two parts: counting part and readout part. In this way, the detector can 

continuously count the voltage pulses while reading out the counting number, thus 

minimizing the readout time but reducing the dynamic range [30].

The noise floor can be determined subjectively or objectively and the minimum threshold is 

suggested to set above the threshold. In real practice, however, the determination of the 

minimum pulse height also takes into consideration of charge sharing effect to avoid double 

counting of the shared X-ray photons, which is particularly important for photon counting 

detector with only one threshold, as discussed above. On the other hand, a simple pulse 

pileup rejection method is suggested to set the highest threshold at an energy corresponding 

to the X-ray tube voltage in photon counting detectors with multiple energy thresholds [35]. 

Since only the counts with energy higher than the threshold are registered, the counts in the 

corresponding digital counter with highest threshold can be regarded as pileup pulses only 

and therefore are discarded.

The measurement of energy resolution should be performed under reasonably low photon 

flux, but it is necessary to investigate the influence of high photon flux on energy resolution 

reduction, for instance in CT system [56]. For certain photon counting detector designed for 

operating under high photon flux, the use of conventional X-ray sources may not be 

sufficient to evaluate the performance towards very high flux regime and therefore intense 

synchrotron radiation should be utilized. A strategy of reducing the pixel size has been 

employed to mitigate the high photon flux when the photon counting detector is designed for 

CT imaging. A comparison between the unit of photons per second per mm2 and that of 

photons per second per pixel has been given in [7]. This method can theoretically reduce the 
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photon rate per pixel but tend to increase the charge sharing effect, distort the detected 

spectrum, and reduce the energy resolution [56]. Therefore, a tradeoff between the effective 

photon count rate and the pixel size must be carefully balanced. With identical 

semiconductor material and thickness, larger pixel size leads to less charge sharing, as in 

human patient imaging in which the pixel sizes are usually in the order of 0.3mm or larger. 

Due to the requirement of high spatial resolution, the pixels are typical smaller in small 

animal imaging and material research [55].

Other evaluation parameters such as PSF, LSF, CTF, MTF, NPS, and DQE are also of great 

importance to characterize photon counting detectors. Though the related methods and 

techniques are similar to those used for characterizing energy-integrating detectors in 

general X-ray imaging systems and have been extensively investigated in literatures [29, 88–

108], the differences are obvious. For example, evaluations in photon counting detectors can 

be performed with various energy windows investigating the dependence of detector 

performance on photon energies. Also, for evaluations related to the noise, the minimum 

pulse height threshold can be set above the noise floor determined in Section 3.2, thus 

removing the influence from electrical noise and dark current. In addition, the influence of 

charge sharing on the evaluation parameters should be taken into consideration [19, 29, 36, 

38]. Methods specifically developed for characterizing photon counting detectors with 

respect to imaging performance can be found in [55, 66, 107–109].

For most given photon counting detectors, the optimal bias voltage which is associated with 

the detector material and thickness has been suggested [62]. According to the investigation 

performed for bias voltages of 200, 300, 400 and 500V for different pixel sizes, the optimal 

bias voltage should maximize the charge collection efficiency and guarantee a stable leakage 

current [31, 55]. Fast data processing and readout are important not only to reduce the pile-

up effect but to speed up experiments in order to avoid radiation damage in the sample and 

increase the experimental throughput [16]. Polarization effect caused by insufficient 

transport properties of the semiconductor detection materials is also characterized especially 

for photon counting detector working for a long duration of time, because the polarization 

effect may cause imaging defects and count rate instabilities [7, 31, 59]. This effect can be 

effectively reduced through automatically and periodically resetting the applied bias voltage 

[31].

In conclusion, this tutorial reviews the methods and techniques for characterizing important 

aspects of a semiconductor based X-ray photon counting detector including energy response, 

noise floor, energy resolution, count rate performance (detector efficiency), and charge 

sharing effect, and gives remarks on other important characterization aspects such as PSF, 

LSF, CTF, MTF, NPS, DQE, bias voltage, radiation damage, and polarization effect. It can 

be a useful reference for all the X-ray imaging researchers to understand, operate, 

characterize, and optimize photon counting detectors in their future investigations.
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Fig. 1. 
Schematic of a semiconductor based photon counting detector: each incoming X-ray photon 

interacts with the semiconductor material and the deposited energy generates electron-hole 

pairs and a transient current pulse which is then processed by so-called ASIC; a single pixel 

is enlarged to demonstrate how this transient current pulse is processed by an ASIC through 

charge-sensitive preamplifier, shaping amplifier, voltage pulse height comparators and 

digital counters.
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Fig. 2. 
Inputs and outputs of charge-sensitive preamplifier and pulse shaper.
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Fig. 3. 
An example showing how a sequence of voltage pulses is processed and registered 

individually: identical voltage pulse sequence is simultaneously delivered into N channels 

(comparator + counter); the thresholds for N comparators are set as Threshold 1, 2, … N; 

each voltage pulse is compared with a threshold value and registered if the pulse height 

exceeds the threshold value; 5 counts are registered in counter 1, 3 counts are registered in 

counter 2, and similarly, 2 counts are registered in counter N.
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Fig. 4. 
An ideal example showing that under constant and continuous exposure condition, the pulse 

height threshold for a specific comparator is reduced from threshold step 1 to step 5 with a 

constant threshold step to acquire an S-curve.
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Fig. 5. 
(a) Illustration of input voltage pulse sequence and five thresholds for a specific comparator, 

(b) S-curve, and (c) pulse height spectrum through differentiating the S-curve.
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Fig. 6. 
Two spectra with characteristic peaks from W at 100kVp and Mo at 40kVp; the continuous 

spectra under characteristic peaks are called bremsstrahlung.
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Fig. 7. 
Five spectra acquired under voltages of 30, 50, 80, 100 and 130kVp; the maximum photon 

energy in each spectrum is determined by the applied voltage.
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Fig. 8. 
Three spectra acquired under different voltages and filtrations, indicating the peak energy 

can be adjusted by selecting different voltages and filtrations.
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Fig. 9. 
(a) S-curves acquired under X-ray tube voltages from 40kVp to 150kVp and noise floor 

determined at around 270mV; (b) An example showing the curve fitting and differentiation 

computation under 100kVp and the determination of pulse height value corresponding to the 

maximum photon energy.
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Fig. 10. 
Energy response calibration curve using a sum of two exponential functions.
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Fig. 11. 
Comparison between mean and variance: S-curve measured under 80kVp and 60uA for 12 

times, showing that the mean and the variance are comparable above 280mV (noise floor) 

while significant difference exists below the noise floor.
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Fig. 12. 
Schematic showing how to calculate the energy resolution.
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Fig. 13. 
An example with 4 events used to illustrate the difference between non-paralyzable and 

paralyzable models.
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Fig. 14. 
(a) Recorded count rate with respect to various X-ray tube setting with fixed X-ray tube 

voltage of 70kVp and source-to-detector of 380mm; (b) Comparison curves among the 

experiments and using two models; (c) Probabilities of events being recorded (predicted by 

two theoretical models).
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Fig. 15. 
A schematic demonstrating the process of experimentally evaluating charge sharing effect 

using a very narrow pencil-beam from synchrotron radiation.
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Fig. 16. 
Average charge dispersion with respect to detected X-ray photon energy of the photon 

counting detector used for demonstration.
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