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Abstract

Digital X-ray imagers for clinical mammography and computed tomography (CT) have

been recently taking advantage of the noise-rejection properties of single-photon-counting

(SPC) architectures. However, conventional SPC imagers are limited in spatial and energy

resolution due to the substantial circuit area required to accommodate signal processing

and digitization components in each pixel. To enable higher spatial resolution using smaller

pixels, while simultaneously increasing energy resolution for multi-spectral imaging, new

circuit architectures are required for SPC X-ray imagers.

This thesis presents the design and experimental characterization of the first comple-

mentary metal-oxide-semiconductor (CMOS) SPC X-ray imager readout integrated circuit

(ROIC) to use frequency-division-multiplexed (FDM) readout for improved spatial and

energy resolution. FDM readout allows the pixels in our ROIC to share analog-to-digital

converter (ADC) resources, so that fewer components are integrated in each pixel. This

enables us to shrink the pixel area, improving spatial resolution. Shared ADCs also have

higher resolution than those in conventional implementations, enabling higher overall en-

ergy resolution.

Our proposed ROIC, designed in a 180-nm CMOS technology, includes an 8� 16 pixel

array and 16 ADCs. To achieve high spatial resolution and sufficient count rate for mam-

mography and CT, we design our pixels with an area of only 35� 35�m2, approximately

50% smaller than commercial SPC imagers. Our ROIC uses FDM readout to multiplex

banks of eight pixels into a shared 8-bit 160-MHz-sample-rate pipelined ADC, enabling

full digitization of pixel analog outputs. We achieve six bins of energy resolution, which

exceeds the resolution of recently-reported conventional SPC imagers that use larger-area

pixels. Our ROIC also has a measured equivalent-noise charge (ENC) of 101 e�rms, which

is comparable to conventional imagers, and a maximum count-rate of 108 photons=mm2=s,

suitable for mammography and CT.
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Chapter 1

Introduction

X-ray radiography is a ubiquitous diagnostic tool in modern medicine. However, expos-

ing patients to radiation requires careful consideration when weighing diagnostic bene�ts

against the risk of adverse e�ects caused by an excessive radiation dose. This is critical

for regular screening procedures of otherwise healthy individuals, such as mammography

screening [1]. To this end, it is clear that in the development of X-ray imaging systems,

radiation dose e�ciency must be prioritized. Fortunately, with the advent of digital X-ray

imaging, based on solid-state detectors, image data can be collected, stored, and analyzed

in greater quantities and with greater detail than with traditional �lm-exposure methods,

allowing for better overall risk mitigation.

To enable state of the art digital imaging, co-optimized sensor materials and readout in-

tegrated circuits (ROICs), built using complementary metal-oxide-semiconductor (CMOS)

technology, are required to provide the best performance at a given radiation dose. In this

thesis, we present the design and experimental characterization of a single-photon-counting

(SPC) X-ray imager ROIC for use in mammography and computed tomography (CT). Our

imager is designed to interface with an amorphous selenium (a-Se) X-ray sensor, and takes

advantage of multiplexing circuit techniques to improve spatial and spectral resolution.

In this chapter, we introduce SPC X-ray imagers and compare them to integration-mode

1



imagers. We then cover conventional design architectures, along with performance metrics

and potential improvements. Finally, we derive target speci�cations for our ROIC design.

1.1 X-Ray Imagers

X-ray imaging is a process in which an object is placed between a radiation source and

a two-dimensional (2D) radiation sensing device. As radiation passes through the object,

some of the energy is attenuated, creating a shadow signal received by the sensor. Histori-

cally, this sensor was a �lm that would be exposed to the incoming X-ray photons. However,

contemporary systems achieve improved results using digital X-ray imagers, where images

are formed through electronic readout of discrete pixel sensors instead of continuous �lm.

1.1.1 CMOS Direct-Conversion Digital X-Ray Imagers

As digital imagers have evolved over the years, 
at-panel detectors using thin-�lm transistor

technology have taken the lead in clinical settings. Although these devices are suitable

for manufacturing large-area panels, a shift from 
at-panel detectors to hybrid detectors,

where CMOS ROICs are combined with various X-ray sensor materials, is underway [2].

In Figure 1.1, the structure of a hybrid CMOS detector is shown. Layered on top of the

ROIC is an X-ray sensor with a conductive electrode, such as gold, on the surface. This

electrode is used to apply a high-voltage bias, establishing a large electric �eld throughout

the sensor. At the interface between the ROIC and the sensor is another set of electrodes

used to connect the two and collect the input charge.
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Figure 1.1: Structure of a hybrid CMOS X-ray imager.

CMOS X-ray imagers consist of a large array of pixel sensors similar to a visible-light

camera. The functional concept of one of these pixels is shown in Figure 1.2. Incident

X-ray photons are absorbed by the X-ray sensor, generating a cluster of electron-hole pairs

which are carried to the readout electrodes at the ROIC interface. The charge carriers are

then injected into a charge-sensitive ampli�er (CSA) to produce a voltage output pulse

which is passed on for further signal processing. This sensing method is known as direct

conversion.
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Figure 1.2: Functional concept of a direct-conversion X-ray detector pixel.

1.1.2 X-ray Sensor Material Properties

Direct-conversion X-ray imagers come in various forms, largely dependent on the properties

of the sensor material. One important property is the absorption depth for a given photon

energy. Silicon, for example, has a much larger absorption depth than higher-atomic-

number photoconductors like cadmium telluride (CdTe) or a-Se. This is a disadvantage

since a much thicker sensor layer is required to detect incoming photons, and becomes

impractical to manufacture and interface with a ROIC. However, solutions for using silicon

have been designed for strip detectors [3]. These are used in line-scanning systems where a

one-dimensional (1D) sensor array is repeatedly scanned as the object is moved gradually

through the radiation �eld, ultimately generating the data for a 2D image [4, 5]. In this

case, the silicon wafer is used with its edge oriented toward the X-ray source, allowing for

deeper photon penetration within the material.

Another key property of the sensor material is the amount of photon energy required

to create an electron-hole pair. This quantity is de�ned as the ionization energyW� in
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units eV=e� . This energy varies across materials, and is also dependent on the internal

electric �eld strength. Increasing ionization energy can help improve sensor performance by

increasing the input signal to the ROIC, but a limit will be reached where the high-voltage

bias causes a breakdown in the material. Another drawback to having a large electric

�eld in the sensor stems from dark current, which is the dc current that 
ows through the

sensor despite the absence of radiation. Dark current varies across X-ray sensors due their

resistivities and charge-trapping properties, and can limit performance in some systems.

Speci�cations for digital X-ray imagers vary across the �elds of medical imaging, particle

physics, crystallography, security, and others. However, many of the same principles apply

to the design of CMOS ROICs for direct-conversion detectors, and the following discussion

is generalizable across many �elds.

1.1.3 Integration-Mode vs. Single-Photon-Counting Imagers

In digital X-ray imagers, there are two main types of sensing implemented by the ROIC:

integration mode and SPC mode. Integration-mode detection is a process where photon-

induced charges are collected for a speci�c period of time, usually by integrating the total

charge onto a capacitor. Each of these time periods represents a single frame in which

the incoming photon energy is accumulated. At the end of the period, the total charge is

processed by downstream circuits and the integration begins again for the next frame.

On the other hand, with SPC, each charge packet produced by a photon is processed

individually. In this case, data can be read asynchronously in an event-driven fashion,

o�ering the possibility of higher overall throughput compared to integration-mode detectors

that have a �xed frame rate [6].

One signi�cant drawback to integration-mode detection is the e�ect of dark current.

Since charge integration operates on a �xed frame period, any dark current from the sensor

will be integrated, in addition to the photon-induced signals. This has the overall e�ect of

reducing the signal-to-noise ratio (SNR), degrading the image quality.
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In an SPC detector, photon-induced voltage pulses are only counted if the voltage

peak exceeds some desired threshold. This threshold is normally set above the level of

dark-current-induced voltage output to avoid counting it as an excess photon \hit". The

threshold also rejects other sources of injected charge, such as thermal and shot noise

associated with the electronics and sensor. Noise rejection in this manner is one of the

primary advantages that SPC detectors have over their integration-mode counterparts, as

front-end noise is a major limiting factor in the overall system performance.

Another advantage of SPC imagers is that they enable spectrographic imaging, where

photons are di�erentiated based on their energy using multiple thresholds. This is useful

in medical imaging, where it o�ers the possibility of distinguishing between bones and

soft tissues [7], since these materials attenuate incident photon energies di�erently. In

integration-mode detectors, when the charge packets of photons with di�ering energies are

integrated over the same period, the contrasting information between them is lost as their

energies are summed together. With multi-spectral detectors, the extra information can be

used in image processing algorithms, such as contrast-enhanced imaging [8], for improved

image construction. With these use cases and more, the trend towards spectrographic

imagining in SPC detectors can be seen in several medical and analytical disciplines [2].

The noise rejection and improved image quality provided by spectrographic SPC de-

tectors can also be viewed as an increase in dose e�ciency, which is a relative performance

increase for a given dose [9, 10]. As mentioned earlier, for clinical applications, improved

dose e�ciency is one of the primary goals for new imaging systems, making SPC the

superior choice for these applications.

1.1.4 Conventional Single-Photon-Counting Architectures

The basic structure of a conventional SPC readout pixel is shown in Figure 1.3. When

photon absorption occurs in the sensor, the resulting charge packet� QIN 
ows through

the input pad interfacing the collecting electrode of the sensor and ROIC with the pixel's

input CSA (or \charge preamp"). Assuming the CSA contains an ideal ampli�er, and
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momentarily ignoring RF B , � QIN will be completely integrated onto feedback capacitor

CF B , causing a step in the output voltageVOUT proportional to QIN , such that VOUT =
QIN
CF B

, where we have takenVREF = 0 V. However, if we now considerRF B , VOUT will be

discharged according to the time constant� f = RF B CF B . The resulting VOUT is therefore

a voltage pulse with peak amplitude proportional to the incident photon energy. The

amplitude of this voltage pulse is then compared to a threshold voltageVT H to determine

if it is energetic enough to have been produced by an absorbed photon. The comparator

output then increments a digital counter which stores the total number of photon hits for

the pixel over a speci�ed period of time.

Figure 1.3: Conventional SPC pixel circuit [7].

In some cases, a shaping circuit, usually in the form of a band-pass �lter, is placed

after the CSA to optimize the pulse duration and bandwidth for count rate and noise

performance [11, 12].

The architecture in Figure 1.3 can be easily adapted to multi-spectral sensing by adding

comparator and counter pairs in parallel with the original devices. The added comparators
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allow the use of di�erent threshold voltages, where each counter is assigned to a unique

energy bin. This method is used by several groups to enable spectrographic imaging

[13, 14, 15, 16, 17]. An alternative approach, known as \time-over-threshold", has also

been adopted by some groups [18, 19, 6, 20, 21]. In this method, an oscillator is enabled

while the voltage pulse remains aboveVT H and the number of clock cycles is counted. In

this case, the number of cycles corresponds to the total energy of the incident photon. A

drawback, however, is that more digital circuitry per pixel is required compared to the

method in Figure 1.3.

Other variations on the general architecture have also been published. For example, an

analog counter was used in place of the digital counter [22]. Another approach borrowed

from wireline transceiver design was tested to increase pixel count rate by using an inter-

symbol interference cancellation technique [23]. In addition, the problem of charge sharing,

which occurs when a charge packet disperses and spreads its energy across multiple pixels,

was addressed with added arbitration and correction circuitry [16, 24, 25].

One of the main drawbacks to many of these designs is the need for time-division mul-

tiplexing (TDM) when reading out the counters from each pixel in an array. Often, the

counter outputs are multiplexed to an output bus that is much smaller than the number

of pixels, therefore, the acquisition operation needs to pause while the data is read exter-

nally for post processing. This bottleneck can limit use for real-time applications, such as

angiography, and can require more complex high-speed transceiver designs to match the

high data rates required to send data o� chip.

1.2 Performance Metrics

Despite the range of applications for SPC imagers, a number of key performance metrics

are common to most designs. The following sections present an overview of these metrics.
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1.2.1 Count Rate

In most X-ray-radiography applications, the relatively-high radiation intensity means that

the ROIC circuits must process input pulses at high speed. Maximum input 
ux for

mammography and CT are on the order of 108 photons
mm2 �s [9, 26]. If a photon arrives at

a pixel before the previous one has �nished being processed (an event known as \pile

up"), the energy information can be corrupted and the front-end electronics can saturate.

Photon arrival rates follow a Poisson distribution [27] and modelling approaches have been

developed to predict pixel output count rates based on input 
ux. Using these models, the

\dead time" td for the readout circuit can be speci�ed. Dead time is the period required

for a front-end circuit to process a photon signal and return to baseline in order to receive

the next charge packet.

Designers commonly choose between the paralyzable and non-paralyzable models to

determine the acceptabletd for an input 
ux-handling requirement [28]. Pixel output

count rate m in the non-paralyzable model, is given by

m =
n

1 + n � td
; (1.1)

wheren is the pixel input count rate (equal to the input 
ux normalized to the pixel area).

In this model, a photon arrival during td is not counted, but this arrival does not prolong

td.

In the paralyzable model, the e�ectivetd is extended when an early photon arrives.

This is modelled by

m = ne� nt d ; (1.2)

and matches more closely with the conventional readout architecture described previously.

In this case, an early photon arrival would add to the height of the voltage pulse and

extend the time for it to return to baseline. Other models have been proposed for various

applications, including hybrid combinations of these two [29, 27]. However, the paralyzable

model is suitable for most conventional front-ends.
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In Figure 1.4, the behaviour of both models is shown along with the ideal linear curve.

For the paralyzable model,m tends to decrease after a certain point, whereas in the non-

paralyzable model,m tends toward an asymptote. To specifytd using either of these

models, an acceptable loss is de�ned bymn , allowing the designer to solve fortd. Another

important consideration is that n is normalized to the size of the pixel, meaning that

for a constant input 
ux, smaller pixels can enable longertd and thus relax other circuit

constraints.

Figure 1.4: Comparison of count rate models.

1.2.2 Noise

Noise limits how lowVT H can be set at the comparator input before the comparator begins

to register a large number of false photon hits. For radiation detectors, noise is usually

quanti�ed as an equivalent noise charge (ENC), which is de�ned as the amount of charge
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injected at the input such that the SNR is 0 dB [12]. In other words, ENC is the input-

referred noise of the detector circuits expressed as charge (usually given in electrons). When

W� of the sensor is known, ENC can also be expressed as an energy.

The front-end CSA is the dominant noise source in ROIC circuits. Often, the input

transistors of the CSA make a signi�cant contribution, whileRF B can also be a signi�cant

thermal noise contributor. Since a largerRF B contributes less input-referred noise, it

follows that a longer td is desired to reduce the ENC. As mentioned previously, for a

certain count-rate speci�cation, a longertd is realized as pixel dimensions are decreased,

indicating again that smaller pixels are advantageous.

1.2.3 Spatial Resolution

Pixel size also a�ects the spatial resolution of the detector. Resolution requirements vary

across di�erent applications. In medical imaging, chest radiography and 
uoroscopy gen-

erally use pixel sizes around 200� 200� m2 or larger, while mammography pixels are as

low as 50� 50� m2 [26]. However, smaller pixels can still lead to improvements, since the

extra data obtained from higher-resolution arrays can support post-processing algorithms

for charge-sharing correction or other image-enhancing techniques.

1.2.4 Spectral Resolution

The spectral (or energy) resolution of an SPC system is quanti�ed by the number of energy

bins it has available to discriminate between photon-energy levels. It has been shown that

having just one extra bin over a conventional system can enable better image processing

through the use of techniques like dual-energy subtraction and tomosynthesis [30, 5, 8].

However, adding bins has the potential to unlock more post-processing 
exibility. Ideally,

each pixel would have a medium-to-high-resolution ADC, instead of a small number of

comparators and counters. This way, the CSA analog output pulses could be fully digitized

and processed o� chip. This approach was used previously, but the extra area required to
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include an 8-bit ADC resulted in very-large-area pixels (756� 800� m2), severely degrading

spatial resolution [24].

Another measure of energy resolution is the minimum width of the energy bins. For a

ROIC with a certain ENC, the minimum separation between thresholds can be taken as

the ENC. This represents the standard deviation (rms value) of the noise, multiplied by

some factor depending on the desired con�dence level.

1.3 Techniques for Improved Resolution

For the conventional pixel array depicted in Figure 1.5, each pixel contains an input pad

that interfaces with the X-ray sensor, an analog front end (AFE) which includes the CSA

and any other analog-signal-conditioning stages, and an ADC as implemented by the com-

parator in Figure 1.3.
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Figure 1.5: A conventional pixel array.

As we have seen, smaller pixels can help improve spatial resolution, count rate, and

noise performance in an SPC detector. Consequently, it is important to minimize the

overall pixel circuit area. Ultimately, to achieve a minimum pixel size while maximizing

energy resolution, the digitization block for each pixel would be placed outside the main

array area. Figure 1.6 illustrates this concept where anN � N pixel array is coupled by

N � N interconnection lines to the corresponding ADC array. In this case, higher-resolution

ADCs could be used to measure more energy bins while negating their impact on pixel

size. However, as the number of pixels in the array scales up, the ADC array would need

to do the same, and could introduce excessive parasitic and cross-talk e�ects due to the

interconnection between the pixel array and ADC array.
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Figure 1.6: Pixel array with a separate ADC array.

1.3.1 Resource Sharing

In order to address these challenges, it is possible to shift the design focus to a resource-

sharing concept, where a single ADC is shared by multiple pixel outputs. Resource sharing

is generally achieved by multiplexing pixel output signals to an ADC, as shown in Figure

1.7.
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Figure 1.7: Pixel array with multiplexed ADCs.

A natural �rst choice to investigate for this multiplexing task is TDM. However, for a

group of N pixels sharing an ADC, TDM requires that only one pixel output is connected

to the ADC at a time. For a multiplexing period tm , this means that each pixel is only

enabled for tm
N each period. This process has the e�ect of creating a dead timetd;T DM =

tm (1� 1
N ) that scales up with the number of pixels grouped together in a bank. If the pixel

output signals were digital, it would be possible to momentarily store their values while

an arbitration circuit controls access to the output bus [6]. However, this is not feasible

with analog signals since the goal is to digitize the entire output pulse at medium-to-high

resolution. This would require a local ADC, defeating the purpose of the multiplexing

scheme.
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Other analog multiplexing solutions for similar pixel-based positron emission tomog-

raphy (PET) detector systems have been proposed [31, 32, 33]. These architectures use

a shared four-wire output bus, fed by a network of scaled capacitors, connected in series

with the pixel outputs. Using appropriate capacitor ratios, the signal that appears on

the output bus is decoded to �nd the coordinates of the originating pixel. Despite the

reduction in wiring, there are several drawbacks to this approach. As the array dimensions

increase, a larger unit capacitor is needed to satisfy the required capacitor ratios without

mismatch errors. In addition, since the output bus is shared, it is only possible to process

one pixel signal from the array at a time. While this may be a practical solution for certain

applications, it will not work for the required count rates in X-ray radiography.

Code-division multiplexing (CDM) has also been used for integration-mode sensors

[34, 35]. In this method, a bank of input pixel signals are summed after being multiplied

by a coding vector at each time step. ForN pixels, there areN di�erent coding vectors,

and thus it takesN time steps to fully code the signal. After multiplying the output by the

inverse of the coding matrix, the recovered vector represents theN � point moving average

of each pixel output. This is an e�ective method for improving SNR and reducing the

number of interconnect wires in the array. However, due to the inherent averaging, it is

not suitable for photon-counting systems.

1.3.2 Frequency-Division Multiplexing

Frequency-division multiplexing (FDM) is a more promising approach for resource sharing

compared to TDM, CDM, and capacitive multiplexing. This method has been used for a

set of discrete radiation detectors sharing a single data-acquisition system (DAQ) input

channel [36, 37]. In these systems, the sensor output pulses are passed through a resonant

�lter tuned to a speci�c frequency. The time-domain output of the �lter is a decaying

sinusoidal pulse that is then summed with the other pixel signals, each tuned to its own

frequency. The summed signal is then digitized, making recovery of the original signals

possible by applying a bandpass �lter around the resonant frequency. As long as the
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spacing between frequencies is su�cient to minimize overlap, a high-order �lter can be

used to recover the spectrum of the original pulse. Furthermore, the total energy of the

pulse can be recovered by integrating the Fourier transform magnitude overf c � f BW ,

wheref c is the carrier frequency, andf BW = 1
2�� f

is the pulse signal bandwidth. A multi-

spectral measurement system can be implemented using this technique since the energy of

the input pulse is proportional to the energy of the incident photon.

More recently, this method has been implemented for biopotential acquisition ROICs

[38, 39, 40]. In these works, the resonant �lter is replaced by a multiplier and a clock is

provided to mix the pulse signal up to the carrier frequency. This is a favourable alternative,

as a resonant analog �lter may require the use of an inductor or gyrator and would likely

consume more power than a simple passive-mixer implementation. In Figure 1.8, the FDM

concept is illustrated for a bank of pixels, each with its own mixer, and a summing block

placed before a shared ADC. Signal spectra before and after the pixel signals are mixed,

and after the mixed signals are summed, are also shown.
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Figure 1.8: Conceptual diagram of FDM readout where a bank of pixels shares a single

ADC.

1.4 Imager Design Overview

In this section, we outline our ROIC design for a multi-spectral X-ray imager with FDM

readout. Our target application is a line-scanning system, similar to those used for spectral

mammography [4, 5], and our target X-ray sensor is a-Se.
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