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Introduction

The discovery of electron-hole pair production in germanium junctions by « particles in
the 1950s was the starting point for the use of semiconductor detectors in nuclear physics
for very precise measurements of gamma ray energies, from a few keV up to 10 MeV. Their
use in high energy physics began in the 1970s, when telescopes of several layers of silicon
detectors were employed for beam monitoring. In the 1980s, they were first employed for
the measurement of particle trajectories, and since then they have been employed in most
of the high energy physics experiments built in the last 20 years, from large colliders to
fixed target experiments, or spectrometers for space detectors. Their success has grown
along with the progress of micro-electronics. Most progress has been made towards a
faster signal processing with a good signal-to-noise ratio. Some of the characteristics that
are the basis of the success of the silicon detectors, making them excellent devices for
both energy and position measurements are linearity, excellent energy resolution, speed
of the order on 10 ns, spatial resolution of 2-3 um, flexibility of design, good mechanical
properties, and tolerance to high radiation doses.

Nuclear medical imaging is a field that can be enormously benefited by the use of
silicon detectors. In current single photon emission computed tomography (SPECT),
the detection and determination of the direction of the photons is done by mechanically
collimated scintillator detectors, for which resolution and efficiency are inversely coupled.
The use of silicon sensors makes possible to implement a novel method of electronic
collimation, known as Compton imaging, that has been successfully employed in Compton
telescopes. Mechanical collimators are replaced by a detector where photons are Compton
scattered, to be subsequently photoabsorbed in a second detector. With this method,
both the efficiency and the spatial resolution of the Compton detector can be enhanced
simultaneously. Silicon detectors are the optimum choice for the scatter detector.

One of the possible applications of this technique, the development of a probe for
prostate imaging, is particularly interesting. Prostate cancer is the second cancer most
common among men, but the imaging detectors currently employed are not adequate for
early stage prostate cancer diagnosis. The prostate probe can bring significant advan-
tage over existing devices, according to the results of simulation studies that have been
performed.

The development of a clinical prototype to validate the results of the simulations is
underway. A first prototype of a prostate probe has been built. The aim is to demonstrate
the possibility of operating a multimodule scatter detector employing a stack of thick
silicon sensors to increase the efficiency, an essential step for the development of the
Compton probe. Thick silicon sensors and their associated readout electronics have been
developed for this application. This work describes the development process and the first
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results obtained with the prototype.

The dissertation is organized in six chapters. The first one is a brief introduction
to medical imaging. Chapter 2 explains in detail the Compton imaging principle, and
the factors affecting the performance of Compton devices. A brief overview of the main
characteristics of silicon detectors is given in chapter 3. Chapter 4 is a summary of
the simulation results obtained at the University of Michigan previous to the prototype
development. In chapter 5, the development process, description and calibration methods
of the detectors are described in detail. Chapter 6 presents the results obtained with the
prototype.



Chapter 1

Medical imaging

1.1 Medical Imaging

Nuclear medical imaging involves those techniques in which a compound labeled with
a radioactive source is administered to the patient, and the gamma radiation coming
from the body is detected to form an image. The radioactive compound, known as
radiotracer, must be chosen such that it accumulates in the organ under study. When
the radioactive element decays, the emitted photons traverse the body and are detected
with a position sensitive device. The radiotracer distribution in the patient’s body can
be reconstructed, providing information about metabolic processes. Nuclear imaging has
become of outstanding importance in neurological diseases, heart diseases and oncology.
Other forms of medical imaging such as X-ray imaging, or X-ray computed tomography
(CT), ultrasound and magnetic resonance imaging (MRI) provide information about the
physical structure of the organsl .

Planar X-ray (radiography), and X-ray CT are based on the different absorption of
X-rays when they traverse different types of tissues. In CT, projections around the patient
are recorded, and a computer processes the information to create an image. It has the
disadvantage that soft tissue, such as internal organs, is relatively transparent to radiation.
A contrast agent can be administered to the patient to enhance the contrast of the organ
to be imaged.

In ultrasound (US) or echography, and 3D ultrasound, high frequency sound waves are
sent out, and the signal reflected in the organs is used to create the image. The imaging
procedure requires the probe, known as transducer, to be in physical contact with the
surface of the object to be imaged. Ultrasound ecography has several advantages: it is
radiation-free, the acquisition device is relatively inexpensive and fairly transportable,
and it is a real-time modality. However, the quality is poor compared to other modalities.

MRI is based on the measurement of changes in the magnetic properties of the hydro-
gen nuclei (protons) found in cellular water, whose distribution depends on the tissue type
and whether the tissue is healthy or diseased. It uses a strong magnetic field to polarize
the nuclei, pulsed electromagnetic fields known as gradients, and radio waves to excite
the protons and produce the image in the region of interest. Excellent spatial resolution

'MRI can also be employed as a functional imaging technique. Research is ongoing in this field.



4 CHAPTER 1. MEDICAL IMAGING

is obtained.

Although these techniques can provide accurate morphological information, they are
limited in their ability to provide biologic information and they are therefore considered
complementary to emission tomography. The combination of the anatomic images with
the biological information in a single image, known as multimodality, is an active research
field.

In nuclear imaging, two main modalities can be distinguished depending on the type
of radioactive source that is employed. Single photon imaging employs radionuclides
that decay by single gamma ray emission, including scintigraphy or SPECT. In positron
emission tomography (PET), positron emitters are used. Positrons annihilate with the
electrons in the tissue, giving two 511 keV photons. Both modalities make use of the
mathematical technique of computed tomography.

1.1.1 SPECT

SPECT is the most widely nuclear imaging technique currently employed. In SPECT
systems (fig M), single photons emitted by the radiotracer are detected in a gamma
camera head. It differs from planar scintigraphy in the fact that in SPECT the camera
head rotates around the patient and data of the same anatomic location are acquired
in different projections, providing a more precise display of tracer accumulation. Images
are reconstructed in a way similar to CT, using backprojection algorithms. Dual and
triple-headed cameras are employed to increase the sensitivity.

The gamma or Anger camera [H| (fig ll), is a two dimensional position sensitive
detector consisting of a scintillator crystal optically coupled to a set of photomultiplier
tubes (PMTs). A collimator is placed between the detector and the patient to determine
the direction of the gamma ray. Nal(Tl) is virtually the only material used in gamma
cameras. Csl(Tl) is employed in experimental devices using photodiode readout, and new
scintillators are under investigation.

When a photon interacts in the crystal, the PMTs that are close to the interaction
position detect the scintillation photons produced in the interaction, and the position and
energy deposited can be determined. The thickness of the crystal determines the efficiency
of the camera. The attenuation length of Nal(Tl) is 4 mm for the 140.5 keV photons
emitted by *™Tc, the radioisotope most commonly employed in SPECT. Therefore a Nal
plate of 9-12 mm thick provides nearly complete absorption for 140.5 keV photons. A
typical Anger camera has 9% FWHM energy resolution, and 3.5 mm FWHM intrinsic
position resolution (for a tightly collimated point source at the surface of the crystal) at
this energy [H].

A collimator consists of a hole or array of holes in a lead plate, and is the element
determining the performance of the Anger camera. Photons that are not travelling in
the desired direction are absorbed in the collimator. Different types of collimators are
employed depending on the application, trying to optimize the performance. Some widely
used types of collimators are shown in fig llll A typical parallel hole collimator is made
from cast lead with hexagonal cross section holes arranged in a honeycomb fashion. For
holes with diameter w and length L, separated from its neighbours by a lead septum of
thickness ¢ (typically 0.2 mm), the spatial resolution is given by
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Figure 1.1: SPECT system with two imaging heads at 90 degrees to each other.

PHOTOMULTIPLIER TUBES
Y

/SCI NTILLATOR

Figure 1.2: Gamma camera consisting of a scintillator crystal coupled to a set of pho-
tomultipliers. Lead septa restrict the direction of the incoming photons.
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parallel-hele collimator pinhole collimator

crystal

converging collimator diverging collimator

crystal crystal I

N7 /LR

Figure 1.3: Different types of collimators.

: w L
Resolution = 2 7 (d + 5 ),
where d is the distance from the collimator surface to the object being imaged. The
resolution scales linearly with the ratio w/L. L is typically 1-3 cm and d is typically tens
of cm, so the resolution increases roughly linearly with the distance d from the collimator.
Resolution can be therefore increased reducing w/L. However, this results in a reduction
of the efficiency, that is given by

Ef ficiency = (%)2,

decreasing quadratically with w/L. For a typical general purpose collimator, the spatial
resolution is 6.2 mm FWHM at a distance of 5 cm, and the efficiency is 0.023%.

The main limitation of SPECT is therefore given by the fact that spatial resolution
and efficiency are inversely coupled and an increase in one implies a decrease in the other.
In order to obtain a reasonable resolution with a collimator, the efficiency is low.

In addition to *™Tc, other commonly used isotopes are 2’ T1 (135 keV and 167 keV),
and 2T (159 keV), for which the Anger cameras have a good performance. At higher
energies, thicker septa are necessary, and the performance of the gamma camera decreases.

The most frequent use of SPECT is for studies of myocardial perfusion for assessing
coronary artery disease and heart muscle damage following infarction. Cerebral perfusion
studies are also widespread, with applications including cerebrovascular disease, dementia,
seizure disorders, brain tumors and psychiatric disease. Oncology is a third important
application of SPECT, showing accumulation in cancerous cells and allowing to visualize
both primary and metastatic lesions.
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Figure 1.4: PET system consisting of a planar ring of scintillators coupled to PMTs
and working in time coincidence with the detectors on the opposite side of the ring.

1.1.2 PET

PET has experienced an important development in the last years []. This technique em-
ploys radioisotopes that are positron emitters, being *F, 1C, 20, *N the most common
ones. The positron interacts with the surrounding tissue and annihilates with an electron,
producing two 511 keV photons simultaneously travelling in opposite direction. A typical
PET detector (figs lll and Hl) consists of a planar ring of small photon detectors coupled
to PMTs and working in time coincidence with the detectors on the opposite side of the
ring. If two photons are detected in coincidence, the annihilation point is considered to
lie in the line connecting the two interaction positions. The method of employing time co-
incidence between two detectors to determine the photon direction is known as electronic
collimation, and implies a considerable benefit in efficiency over mechanical collimation.

BGO is the scintillator most commonly used for PET. The crystal thickness determines
the efficiency of the detector. As its attenuation length is 1.2 cm for 511 keV gamma rays,
30 mm thick BGO crystals provide nearby complete absorption.

Resolution and efficiency are in general better that those for SPECT. A typical PET
detector module has 20% FWHM energy resolution, 2 ns FWHM timing resolution and
5 mm FWHM position resolution.

Limitations of this technique include attenuation in the tissue, higher than for SPECT
because the two photons must traverse twice the amount of tissue, and degradations of
the resolution due to the acolinearity of the two photons and the effects of the depth of
interaction in the crystal. Some of the drawbacks of the method are its higher cost, and
the fact that the most commonly used radiotracers need on-site cyclotron facilities to be
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SCINTILLATORS

SEPTA

Figure 1.5: Side view of a PET system. Septa are employed to determine the planes
from which the photons are emitted.

~XLEAD SHIELD

Figure 1.6: PET tomograph.

produced.

PET (figlll) has major clinical applications in oncology, neurology and cardiovascular
disease. For most applications, 18F-fluorodeoxyglucose (FDG), a sugar analog, is the
tracer of choice. The uptake of FDG reflects glucose metabolism in tissues. PET’s most
widespread application has been for detection and staging of cancer, through whole-body
FDG studies. FDG is also used diagnostically in several neurodegenerative diseases and
dementia, epilepsy and psychiatric disorders.

1.1.3 Compton imaging

Compton imaging is a variety of SPECT where mechanical collimators are replaced by a
first detector in which the photons interact by Compton scattering. The scattered photons
are then photoabsorbed in a second detector that can be a conventional gamma camera
(figs Il and MM). This type of electronic collimation eliminates the resolution-efficiency
tradeoff imposed by mechanical collimators, allowing to improve both simultaneously
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Figure 1.7: Conventional SPECT: The direction of the photons emitted by the radio-
tracer is determined by mechanical collimators that couple the resolution and efficiency of
the system.

under the adequate conditions. The principle of Compton imaging will be explained in
detail in next chapter.

Silicon detectors are the best option for the scatter detector, and hence their ap-
plication to Compton imaging can be of great interest. This implies the development
of detectors with the adequate characteristics to improve the performance of Compton
detectors, and imposes new technological challenges.

The principal advantage of Compton imaging is the efficiency enhancement compared
to mechanically collimated devices for a given spatial resolution, but there are also other
signifficant advantages. The performance of Compton detectors improves with gamma-
ray energy, and therefore high energy radiotracers can and should be employed in order to
minimize the scattering and absorption inside the body. This also enables the development
of new radiotracers based on different isotopes with a variety of different chemical and
decay properties, that have previously been excluded by the fact that the gamma camera
performance deteriorates substantially at higher energies.

The main drawback of this method is that the emmision point of the gamma ray
is no longer constrained to a line of finite thickness. Instead, for each event, a conical
shell can be determined in which the source is restricted to lie, and the intersection of
multiple cones generated by several events is necessary to estimate the source position.
This implies less information per photon detected, and it must be compensated by the
gain in efficiency.

In Compton imaging, the field of view is no longer limited by the collimator, and
Compton detectors can image a rather large field of view, even with a small size detector.
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Figure 1.8: Compton imaging: Mechanical collimators are replaced by silicon detectors
in which photons are electronically collimated by Compton scattering.

However, this also means that photons outside the region of interest are detected at a
cost of increasing noise in the image and introducing image artifacts. This effect has to
be taken into account when reconstructing the images, and a more complete discussion
of the problem is presented in chapter lL

The possibility of developing a Compton camera for clinical use, in the same way as
current PET and SPECT, has been long studied [l BEN. Unfortunately, the technical
difficulties imposed by this method will not allow Compton Cameras to be available for
clinical use in the near future.

More direct applications of the Compton imaging technique can in the short term offer
considerable benefits in medical imaging. Examples of these applications are the devel-
opment of a probe for high performance scintimammography [B], a very high resolution
PET for small animals [l|, or a probe for prostate imaging [Bl|, that is the subject of
this thesis.



Chapter 2
Compton imaging

In this chapter, the principle of Compton imaging and the factors affecting the perfor-
mance of Compton detectors are described. These factors will determine the requirements
of the scatter and absorption detectors.

The algorithm employed for image reconstruction is also outlined. Finally, a summary
of the most relevant developments in Compton imaging is presented.

2.1 Physics of Compton interactions

In Compton scattering, the interaction takes place between an incident photon and an
electron from the detector material. The principle of Compton detectors is based on the
fact that in the interaction the photon transfers only a portion of its energy to the recoil
electron, escaping afterwards. If a second detector is placed such that the scattered photon
is absorbed, position and energy can be determined in two points along its trajectory, and
information about the point from which the incoming photon was emitted can be obtained.

At the energies relevant for medical imaging, Compton scattering and photoelectric
absorption are the two dominating processes [l |. Photoabsorption dominates for low
energy gamma rays, and its probability increases rapidly with the atomic number of the
material (Z). Compton scattering is the most probable interaction for materials with low
atomic number, and for the energy range from hundreds of keV till 5-10 MeV, where pair
production starts to dominate.

A good understanding of the physics of Compton interactions is essential for the
optimization of the Compton detector performance. Figure Il shows the interaction
kinematics. The angle at which the photon is deflected depends on the incoming photon
energy and the energy transfer. If the electron is considered at rest, the expression that
relates the energy of the scattered photon with that of the incident photon and the
scattering angle can be obtained from conservation of energy and momentum

1+ a(l—cosh)’
In this equation, Ej is the initial energy of the photon, E’ is the energy of the scattered

photon, 6 is the scattering angle, E. is the energy of the recoil electron in the scatter
detector, and o = %, where moc?=0.511 MeV is the rest-mass energy of the electron.

E =E,—F, (2.1)

11
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Figure 2.1: Kinematics of Compton scattering
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Figure 2.2: Recoil electron energy versus gamma-ray scattering angle for different values
of the incoming photon energy.

In case that the energy of the incoming photon is known, the scattering angle can be
determined by measuring the electron energy in the scatter detector. The electron energy
is represented in fig [l versus the scattering angle for different energies of the incoming
photon. The energy range corresponding to a given angle interval is smaller for lower
energies of the incoming photon. The minimum energy that can be measured determines
the minimum scattering angle, that will therefore be smaller if high energy sources are
employed.

Regarding the kinematics of the process, it can be seen that for small scattering
angles very little energy is transferred, irrespective of the incident photon energy. The
high energy transfers correspond to the case of big scattering angles, close to 180° when
the photon is scattered in a direction opposite to the incoming direction. The maximum
energy transfer, corresponding to the case when the photon is backscattered (6 ~ 180°),
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Figure 2.3: Scattering angle distribution for different values of the incoming electron
energy.

is given by

2¢

E _
14 2a

€mazx

= (Ey — E")maz = Fol ). (2.2)

As a consequence, the energies of the scattered photon range from Ey-E. .. to EOI
For energies of the incoming photon below 50 keV, the energy of the scattered photon does
not differ much from the incident energy. At these low energies, the interaction tends to
Rayleigh (coherent) scattering, which does not change the energy of the scattered photon,
but only deflects it.

The double-differential cross section for the Compton scattering process is given by
the Klein-Nishina formula

do 1r? 1 a?(1 — cosh)?
— == 1 ’0 2.3
dw 21+ a(l —cosh)? ( sty +a(l— cos&))’ (2:3)

where 7. is the classical electron radius (r,=2.817940 fm).
The integration of the Klein-Nishina formula gives the total probability per electron
for a Compton scattering to occur

l+a2l4+a) 1 1 1+ 3«
= 2112 — ZIn(1+2 —In(l1+2a) — ——— 3. 2.4
o, wre{ = {1—|—2a aln( + oz)} +2&ln( + 2a) (1—|—2a)2} (2.4)

The angular distribution of photons for a unit solid angle is plotted in fig Il for
different values of the incoming photon energy. As the photon energy increases, low
scattering angles are more favoured, and the distribution shows a higher anisotropy.

'In practice, since the detectors will be operated in coincidence, the maximum energy measured in
the absorption detector is limited by the minimum energy that can be measured in the scatter detector.
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If the distribution is plotted as a function of the recoil electron energy, the charac-
teristic form of the Compton continuum corresponding to all possible scattering angles is
obtained. The maximum energy, known as the Compton edge is given by equation Il

The Klein-Nishina formula is derived considering free electrons at rest. In real situa-
tions, the electrons involved in the interaction are bound to a nucleus and have non-zero
momentum. This causes the rounding-off and slope in the Compton edge of measured
spectra compared to the abrupt drop predicted by the formula.

The effect caused by the momentum distribution of the electrons is known as Doppler
broadening. Instead of a fixed energy for a given scattering angle, scattered photons show
an energy distribution about the value predicted by equation [l Doppler broadening
depends on the detector material, increasing with the atomic number, and on the atomic
shell of the detectors. The outer shell electrons have less binding energy and orbital
momentum, causing smaller broadening in comparison to the inner shells. For a given
material, the effect is bigger for large scattering angles and decreases with increasing
energies of the incident photon as ELO

The double-differential cross section derived by Ribberfors [l ¥, equation Il de-
scribes the Compton scattering cross section at subshell n. It includes the Compton
profile J,(p,), that represents the pre-collision electron momentum distribution, being
p. the pre-collision electron momentum along the scattering vector. It depends on the
atomic number of the material, the subshell of the specified electron and the binding
effects of neighbouring atoms. The total double differential cross section is obtained by

weighting each individual term by the specific subshell electron density and summing over
all subshells.

d’o, nrasing E!  Er 9 P2Jn ()
= T — sin®f , : : 2.
wir, ~ B, B T E N TE L B (1w (2:5)
' moc

Compton profiles have been both calculated [ and measured [#¥]. The distribution
follows a Lorentzian shape pulse with prominent tails, that is narrower for higher energies.

Doppler broadening is given by the detector material chosen, and will impose a physical
limit in the scattering angle uncertainty. A comparison for different detector materials
is described in [MBM|. Doppler broadening is lower for silicon than for Germanium and
CZT. Figure lll shows the distribution for these three semiconductor materials for %™ Tc
(140.5 keV) at a nominal scattering angle of 60°. Of the studied materials, only diamond
has lower Doppler broadening than silicon.

2.2 Compton Imaging

Figure Il illustrates the principle of Compton imaging. Photons coming from a radioac-
tive source are Compton scattered in a first (scatter) detector, and then absorbed in a
second (absorption) detector that is operated in time coincidence with the scatter detector.
By this method, photons are electronically collimated, without restricting their incom-
ing direction as mechanical collimators do. As a result, the efficiency can be increased
compared to conventional SPECT for a given spatial resolution.
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Figure 2.4: Difference between the nominal scattering angle of 60° and the measured one
for ™ Tec due to Doppler broadening.

From the energy deposited in both interactions (or the energy transferred in the Comp-
ton interaction if the energy of the incident photon is known), the scattering angle can
be calculated from equation Il as

1 1
B-F. B

Since the momentum vector of the recoil electron is unknown, it is not possible to find
out the direction of the incoming photon. However, determining the interaction positions
in both detectors allows to reconstruct a cone with half angle given by the scattering angle
of the event, its vertex given by the interaction point in the first detector, and the axis
given by the straight line connecting the interaction points in both detectors (Fig ).
The point from which the photon was emitted is then restricted to lie in the conical shell,
and from the intersection of the cones generated in several events, the source position can
be determined (Fig ).

This method of obtaining the source location results in a more complex image recon-
struction procedure than the one employed for mechanically collimated systems, and the
gain in efficiency is thus obtained at the expense of a higher computational cost.

The performance of Compton detectors depends on the characteristics of both scatter
and absorption detectors, as well as on the detector geometry, and has been thoroughly
studied. The improvement in efficiency and spatial resolution over mechanically colli-
mated SPECT is therefore not guaranteed. The final performance of the device will be
strongly determined by the detector characteristics.

cost) =1 — moc®( (2.6)

2.2.1 Spatial resolution

The spatial resolution of the Compton detector depends on the precision in reconstructing
the cone, that is affected by the spatial resolution of both detectors, the uncertainty in
the scattering angle, and also by the geometry of the device.
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Figure 2.5: Compton imaging principle. Incident photons are electronically collimated
by Compton scattering in a first (scatter) detector, and subsequently absorbed in a second
(absorption) detector.
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Figure 2.8: The source position is determined by the intersection of several cones.

The spatial resolution of the absorption detector affects the uncertainty in the orien-
tation of the cone axis, while the spatial resolution of the scatter detector affects both the
orientation of the axis and the position of the cone vertex. However, these effects can be
minimized, as it will explained later in this section.

For optimized spatial resolution of the scatter and absorption detectors, the key param-
eters that determine the spatial resolution of the Compton detector are the uncertainty
in the scattering angle and the distance from the scatter detector to the source. The
angular uncertainty results in a spatial uncertainty when the intersection of the cone and
the image plane is determined. For a given angular uncertainty, a larger distance induces
a bigger spatial uncertainty (fig ll). Therefore, to achieve an adequate spatial resolu-
tion, the scatter detector should be placed as close as possible to the source, and the
uncertainty in the scattering angle must be minimized.

The uncertainty in the scattering angle is determined by the accuracy in the measure-
ment of the energy in the scatter detector, as well as the intrinsic Doppler broadening.
The influence of the energy resolution of the detector in the scattering angle uncertainty
can be obtained from equation [l and is given by

m002

sinf(Ey — E,)?

The sine function in the denominator results in a larger uncertainty for scattering
angles close to 0° and 180°. The ELO dependence makes that for higher energies the
uncertainty becomes smaller, resulting in a better performance of the Compton detector.

This can be exploited to image high energy radiotracers that can be very useful in some
cases, such as the use of !3'I for cancer therapy, and to reduce the effects of multiple scat-
tering and attenuation. The use for SPECT is now restricted to low energy radiotracers
due to the worse performance of mechanically collimated devices at high energies.

In fig M the angular uncertainty is plotted versus the scattering angle for two different

Af = AFE,.
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Figure 2.9: Angular uncertainty versus scattering angle for two different energies and
for different values of the energy resolution of the scatter detector. The lowest values are
obtained for high energies and low scattering angles. The effect of energy resolution is
more significant at lower photon energies.(Adapted from Hua et al, 1999 M8/, © IEEE
1999.)

values of the incoming photon energy (140.5 keV of %™Tc and 391.7 keV of '*™In) and
for different values of the energy resolution of the scatter detector. The influence of
Doppler broadening has also been considered. The solid lines correspond to perfect energy
resolution, and the angular uncertainty is due to Doppler broadening only. As it was
explained in the previous section, the effect is smaller for higher energies and for lower
scattering angles, which are therefore the most favourable for Compton imaging. The
dashed/dotted lines include the angular uncertainty due to the energy resolution of the
scatter detector. It can be seen that at high energies, its effect is almost negligible in an
angle range between 20° and 90°-120°, whereas for low energies it can have a significant
effect. It is interesting to note that an angular uncertainty of 2° corresponds to a spatial
resolution of 3.5 mm FWHM at 10 cm distance from the source to the scatter detector.

The energy resolution of the scatter detector should therefore be minimized. The
noise not only affects the angular uncertainty but, also determines the minimum angle
that can be measured with a sufficiently low noise occupancy. For %™Tc, the mean
energy deposited for a 15° scattering angle is 1.29 keV. If signals about this energy are to
be measured with low noise occupancy (30), the corresponding energy resolution of the
scatter detector should be approximately 1 keV FWHM [H].

The spatial resolution of the Compton detector depends on the spatial resolution of
both the scatter and absorption detectors, and on their relative distance. The effects
of these factors have been analytically evaluated for a parallel plate Compton detector
[, ).

For a given distance from the scatter to the absorption detector, the resolution of the
Compton detector improves with the spatial resolution of both detectors. The dependence
is linear with the scatter detector spatial resolution. Considering the absorption detector
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spatial resolution, a variation with the scattering angle can be observed for small relative
distances, while it becomes uniform for bigger distances.

For a given spatial resolution of the scatter and absorption detectors, an improvement
of the spatial resolution of the Compton detector is observed if their relative distance is
increased, and the influence of the spatial resolution of the individual detectors becomes
smaller.

The effects of the spatial resolution of the scatter and absorption detectors are therefore
minimized when the distance between them is increased. The value at which this happens
depends on the detector geometry.

To summarize, scatter and absorption detectors with good spatial resolution can rela-
tively easily be selected, and their effect on the spatial resolution of the Compton detector
can be be further minimized if an adequate geometry is chosen increasing their relative
distance. In that case, the spatial resolution for a given distance to the source is deter-
mined by the uncertainty in the scattering angle, that depends on the scatter detector
energy resolution and Doppler broadening. Therefore, for a given geometry, the scatter
detector is the key in the performance of the Compton detector. However, for a given
angular uncertainty, its effect on the spatial resolution of the detector is smaller if the
scatter detector is placed close to the source. This will be taken into account in the design
of the prostate probe to obtain a high spatial resolution.

These factors affecting the resolution of the Compton detectors have to be considered
in the requirements that the scatter and absorption detectors must fulfil, that will be
discussed in the following sections.

2.2.2 Efficiency

The detection efficiency depends on the joint probability of a Compton interaction in the
scatter detector, followed by an escape and interaction in the second detector. Therefore
it will depend on the size, type and geometry of the two detectors, and it will be deter-
mined by the probability of Compton interaction in the scatter detector, depending on
the Compton cross section and detector thickness, and by the solid angle subtended by
the scatter and absorption detectors, which is determined by the geometry and will be
discussed in section I

The fact that several events are necessary to obtain one point in the image space
must also be taken into account when comparing the efficiency of Compton detectors
and conventional mechanically collimated devices. For an equal number of detected pho-
tons, collimators outperform Compton detectors. However, for a Compton detector the
sensitivity can be increased without degrading the resolution.

Studies have been carried out [I] to estimate how much larger the sensitivity must be
to be comparable to that of a collimated camera. A quantity defined as decoding penalty
estimates the gain in sensitivity that Compton detectors must have to perform as a parallel
collimated camera. If the decoding penalty is unity, the two have the same estimated
performance and each detected photon carries the same amount of information for both
cameras. This quantity has been calculated for a Compton camera and a collimated
gamma camera, for a disk source at different values of the photon energy. At 140.5
keV (¥™Tc) a penalty around 40 is obtained for a 7.5 cm disk source, and therefore the
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Figure 2.10: Decoding penalty calculated for a 7.5 cm disk source for two sources and
different spatial resolution. (Adapted from Hua et al, 1999 [M], © IEEFE 1999).

Compton cameras must have 40 times higher raw sensitivity to have a performance similar
to parallel hole collimated cameras. In contrast, at 364.4 keV (**I), the sensitivity need
to be only twice (see fig I .

The calculated decoding penalty decreases if the disk size is reduced, and the Compton
camera is already better for a 3.75 cm diameter disk. The potential sensitivity advantage
of the Compton camera for the geometries considered in the study is around 30 times the
sensitivity of the collimated camera with a technetium collimator, and around 20 with
the 11 collimator.

If the efficiency of the Compton camera is further improved, gains in performance can
be even higher.

2.3 Detector requirements

The detector requirements are determined by the factors that affect spatial resolution and
efficiency, explained in the previous section.

2.3.1 Scatter detector

An appropriate choice of a scatter detector is essential in the development of a Compton
detector. For the scatter detector, a single Compton interaction followed by an escape
of the scattered photon is desired, together with a good determination of the interaction
position and the scattering angle. The main requirements are therefore a high probability
of Compton interaction, an adequate spatial resolution, and an excellent energy resolu-
tion, that affects the determination of the scattering angle. The probability of having
a Compton interaction increases linearly with the atomic number of the material, while
the photoabsorption cross section depends on Z", where n is between 4 and 5 depending
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on the photon energy. Materials with low Z are therefore required. Solid state detectors
(silicon, germanium) or gaseous detectors (Ne, Xe, Ar) could be good candidates for the
scatter detector.

The main advantage of solid state detectors is that the ionization energy is very small
(3.6 eV for Si, 2.9 eV for Ge) compared to the typical value of 30 eV for gaseous detectors.
The number of carriers generated per unit of radiation energy absorbed is therefore much
larger, reducing the statistical fluctuations, and better energy and timing resolution can
be achieved. In addition, their higher density results in a higher efficiency for photon
detection. One of their disadvantages is the difficulty in growing large pieces of semi-
conductor material with the required purity, and the thickness of a practical detector is
limited by the increased leakage current and full depletion voltage that must be applied,
and a degradation of the timing properties, as it will be explained in chapter l The depth
resolution is also worse in thick detectors.

Among solid state detectors, several reasons make silicon the preferred option. Al-
though the Compton cross section is smaller than that of germanium reducing the effi-
ciency, the ratio of Compton to total cross section is higher (fiz Illll). The probability
of double Compton scattering is also sufficiently low. Besides, germanium has the disad-
vantage that cryogenic cooling is necessary, while silicon has a good energy resolution at
room temperature.

Another factor to consider is Doppler broadening. Diamond has the lowest Doppler
broadening. Detectors based on natural diamond are being considered as an alternative to
ionization chambers and silicon diodes. Unfortunately, few natural diamonds are suitable
for use as detectors and the properties of individual diamonds can vary. In the last
years, detectors based on diamond grown by chemical vapour deposition (CVD) have
been developed for high energy physics and are being evaluated for medical imaging.
However, this technology is still under development [Hil B ]

Silicon has the lowest Doppler broadening after diamond. The fabrication of silicon
sensors follows now a standard process. Their development has achieved a high level of
maturity and stability, that comes parallel to the improvements on the development of
the electronics employed for their readout. Their increased use for high energy physics
has also made the cost decrease. These reasons make silicon the optimum choice for the
scatter detector [HH].

2.3.2 Absorption detector

The aim of the second detector is to photoabsorb the scattered photon. Materials with
high density and atomic number for efficient gamma ray absorption, avoiding Compton
interactions, are therefore required.

The requirements of the second detector for a Compton detector are closer to those
for PET detectors than for SPECT [Ml]. In SPECT, a high light yield is essential to
have a good spatial and energy resolution, and photon energies are lower than in PET.
Unlike these two techniques, in Compton imaging photons absorbed in the second detector
have a wide range of energies, almost up to the incoming photon energy as explained in
section lll and they are higher than in SPECT if high energy isotopes are employed.
The stopping power must therefore be high.
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Compton (solid line) and photoabsorption (dashed line) to total cross section ratio.



2.3. DETECTOR REQUIREMENTS 23

Electronic collimation requires a good timing resolution, in order to allow short coin-
cidence windows and reduce the rate of accidental coincidences. Random events become
increasingly important when imaging high activities. High countrate capability is essen-
tial to avoid pile-up and reduce the rate of accidental coincidence events and dead time,
especially when the second detector views directly the source, increasing the rate of direct
photons on the second detector.

If the energy of the radioisotope employed is known, the scattering angle can be calcu-
lated from the energy deposited in the scatter detector and only the interaction position
in the second detector needs to be calculated. However, when the incident gamma-ray
energy is known, the best estimate of the energy transferred in the Compton interaction,
AEFE,, is obtained from the energy measurements in both detectors F, and E'. If the
energy resolution of the scatter and absorption detectors are o, and o, respectively, the
uncertainty in AF, is given by [H]

S O
AT\ (02 + 02)

A good energy resolution also ensures a precise calculation of the total energy of the
event as the sum of the energies deposited in both detectors, facilitating the rejection
of accidental coincidences and events scattering in the patient. If radioisotopes emitting
gamma rays of different energies such as '"'In (171 keV and 245 keV) are employed, it must
be possible to separate the contributions from different photopeaks to ensure a precise
image reconstruction.

Scintillator materials are adequate candidates for a second detector. The ideal scintil-
lator would have high stopping power, high luminosity (light yield), short decay time, no
afterglow and low cost. A high detection efficiency is necessary in any medical imaging
detector. In addition, a short attenuation length and a high probability of photoabsorp-
tion are desired to minimize resolution degradation caused by penetration and Compton
scattering in the scintillator [J N |

The decay lifetime affects both timing resolution and dead time. If multiple decay
lifetime components are present, the dead time is influenced most by the slowest decay
component. Timing resolution is determined by the scintillation photon intensity imme-
diately after excitation (Iy). The fastest decay component usually has the largest effect
on Iy. The luminosity affects the timing, spatial and energy resolution. The higher the
number of photons generated, the less the errors due to statistical fluctuations. For a
given decay time, a higher luminosity yields a higher initial intensity I, and therefore
better timing resolution. On the other hand, scintillators must transmit scintillation light
efficiently. Improvements concerning energy, time and position resolution are generally at
the expense of efficiency.

The ideal scintillator that combines all these properties is still being searched for. For
the time being, a wide variety of well known and recently developed scintillators [Jil N, |
allows one to select the one that best matches the main requirements of each application.
Table Il shows a list of scintillator properties.

Existing gamma cameras can be an adequate second detector for a Compton detector.
NalI(Tl), which has long been the standard scintillator for SPECT, has a high light yield,
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Material Luminosity Density | Decay time | Wavelength
(photons/MeV) | (g/cm?) (ns) (nm)
Nal:T1 40000 3.8 230 410
CsL:T1 66000 4.5 800 550
Bi,Ge;01, (BGO) 8000 7.1 300 480
Lu,SiO5:Ce (LSO) 26000 7.4 40 420
Gd2Si05:Ce (GSO) 8000 6.7 60 440
YAIO;:Ce (YAP) 21000 5.5 30 350
LuAlO;:Ce (LuAP) 12000 8.3 18 365
LaCls:Ce 46000 3.86 25 (65%) 330
LaBrj3:Ce 61000 5.3 35 (90%) 258

Table 2.1: Main properties of several scintillator detectors.

and the emission wavelength matches the sensitivity of the PMTs quite well. Crystals of
large size can be grown relatively easily and its cost is low.

BGO and LSO are more adequate for high energy gamma rays because of their good
detection efficiency and large probability of photoelectric effect for 511 keV photons (about
40%), given their higher atomic number. BGO has been traditionally employed for higher
energy photons. However, the light yield is lower, resulting in lower resolution and re-
sponse time. LSO has a good detection efficiency, higher light yield and shorter response
time than BGO. Its main drawback is that large crystals have inhomogeneities in the
light production and decay time, afterglow and a natural background activity. Besides,
gamma-ray resolution is poorer than expected on the basis of the light yield. GSO is
similar to LSO, with the advantage that the Ce concentration and therefore the decay
time can easily be varied.

Detector development in general and scintillator development in particular for medical
imaging are in full progress. There is a strong interest in the introduction of new dense
high atomic number inorganic scintillation crystals with a high light yield and a fast
response. Compton detectors would obviously benefit from these improvements. The
research is focused on Ce3" doped scintillators expecting a high light yield, and a time
response in the 25-100 ns range, as well as improved energy resolution. Lu®" is another
option for doping, but it has two disadvantages, its high price and the presence of the
radioactive isotope '7%Lu.

LuAP:Ce has an attenuation length similar to BGO, but a higher light yield and faster
response time, providing an excellent time resolution. Its main disadvantage is that the
energy resolution is relatively poor, primarily due to strong scintillation-light absorption.
Also the crystal-growing process is complicated.

LaCl;3:Ce and LaBrs:Ce have shown up as very promising materials. They provide a
high light yield, fast response excellent resolution and very good time resolution, although
the attenuation length and photoelectric fraction are lower than in the previous case.

The replacements of PMTs with solid state photodetectors such as avalanche photo-
diode arrays (APDs) would significantly alter the requirements of the scintillators. The
lower signal-to-noise ratio compared to PMTs would require higher luminosity and initial
intensity in order to achieve the adequate timing and energy resolution. The quantum
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efficiency is significantly higher, and better energy resolution may be achievable. They
also have good quantum efficiency in a different wavelength range (400-900 nm rather
than 300-500 nm), and therefore it would be possible to use scintillators that emit at
much longer wavelengths.

Advances in solid state detectors also offer interesting possibilities for the second detec-
tor. CdTe and CZT, with average atomic numbers of 50 and 49.1 and densities 5.85 and
5.78 g/cm? respectively, present the advantages of excellent energy, position and timing
resolution. In addition, their detection efficiency is comparable to Nal(Tl) and CsI(TI).
CZT detectors have been proposed for medical imaging applications [l B8 I|. Their
main drawback is the high cost, and the fact that they are not as widely available as
scintillators. Also, the number of readout channels is larger, and their smaller dimensions
compared to currently employed scintillators require an increased number of detectors for
a similar angle coverage. Thick CZT and CdTe detectors with good 3D position resolution
are being investigated [W, N, W]

2.3.3 Geometry

The application of the Compton detector will determine its geometry. However, geometry
affects resolution and efficiency of the Compton detector, and it must be optimized taking
these parameters into account for a good detector performance.

The influence of the parameters that define the Compton detector on the resolution
has been studied for different geometries: a planar detector, cylindrical or conical config-
uration, or different configurations of a planar detector Bl B¥|. The studies agree in
the factors already mentioned in section [l The resolution improves when the source
is placed close to the scatter detector, and the distance from the scatter to the absorption
detector is increased. However, this also has consequences in the efficiency of the detec-
tor. If the first detector is placed close to the source, the solid angle is also increased,
and a higher efficiency is obtained. On the contrary, placing the absorption detector fur-
ther results in a smaller angle coverage with the corresponding decrease of the efficiency.
This loss can only be compensated by increasing the area of the absorption detector, and
therefore the cost.

Other factors must be considered when designing the scatter detector. Increasing the
thickness of the detector also enhances the probability of interaction and therefore the
efficiency. However, the probability of photoabsorption, and double Compton scattering
are also increased. Multiple Compton interactions in the first detector require determining
the sequence of interactions to reconstruct the event. A thickness of 10-12 mm of silicon
has been found to be the optimum to maximize the efficiency for single Compton events
[ 9], and will be employed for the Compton probe.

To achieve the desired thickness with 300 pym thick silicon sensors, a large number
of detectors would be required. The number of readout channels and electronics is then
increased, causing problems of scattering materials, and heat generated by the electronics.
The use of thick silicon sensors would reduce the number of detectors necessary to achieve
the desired efficiency.

Other considerations should also be taken into account in the geometry of a Compton
detector. Placing the second detector to absorb those photons with lower scattering angles
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Second Defactor

Figure 2.12: Double ring Compton Camera

will improve the spatial resolution of the device. It should also try to prevent photons
from hitting directly the second detector, adding some shielding in the way from the
source to the absorption detector, or carefully selecting their relative position.

The geometry of the detector will also affect the image reconstruction. Angle cover-
age should be taken into account when selecting the size and position of the detectors.
Limiting the scattering angles that are accepted produces artifacts in the reconstructed
images, and restricting the angles of the photons coming from the source subtended by
the first detector results in a degradation of the depth resolution. For a given size of the
scatter detector, this effect is also caused by increasing the distance from the source.

A double-ring or tyre shaped Compton camera, with a cylindrical scatter detector
surrounded by a cylindrical or tyre-shaped second detector, as the one shown in fig I
is an interesting geometry that fulfils most of the conditions previously mentioned. Its
main advantage is the gain in efficiency compared to a conventional gamma camera, about
200 to 400 times better for single scattered events, depending on the source energy (fig
). The main drawback is its high cost compared to simpler options. A number of
authors have described the double ring geometry [H, 5B H|.

The application of detector and geometry requirements to the Compton prostate probe
will be explained in chapter i

2.4 Image reconstruction

Image reconstruction in emission computed tomography aims to determine the unknown
distribution of the radiotracer, from which photons are emitted (i.e. the image), from the
measured data. Numerous methods, both analytical and iterative, have been employed
for this task.

An interesting approach is to formulate the image reconstruction as a maximum like-
lihood (ML) problem. The method has been applied successfully to both emission and
transmission computed tomography problems [Hil ]

In the emission problem, the likelihood function representing the physical model of the
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Figure 2.13: Relative efficiency of a double ring Compton camera with respect to a
collimated gamma camera for ™ Tc and 311 (From W.L. Rogers et al. M)

photon emission and detector response, is maximized for a set of measured events in which
the parameters represent the unknown source distribution. The likelihood function gives
an estimation of the probability of obtaining the data that we have actually observed, for a
given source distribution. The distribution that maximizes the likelihood is therefore the
one that is most likely to produce the observed data, given the physical model represented
in the likelihood function. The maximization of the likelihood may be a rather complicated
task that can not be accomplished by analytical methods. The expectation maximization
algorithm (EM) ] provides an iterative method of solving the problem.

The maximum likelihood expectation maximization method (MLEM) has several ad-
vantages over other methods, such as the possibility to model the underlying physics of
the process, positivity constraints, no free parameters and convergence, although it is slow
and a high number of iterations may be required.

In the case of the Compton camera, different methods have been proposed [M]. The
application of the list-mode MLEM Compton cameras [l results in a significant compu-
tational advantage over approaches using binned projection data.

This method, that has been optimized for the Compton probe [Bl], has given successful
results, and will be employed to reconstruct the images from the data taken with the
prototype. A brief description of the method is given next.

2.4.1 Derivation of the list-mode MLEM equation

The maximum likelihood approach tries to estimate the source distribution X from the
measured data §. A common way of storing the data (for example in PET) is to discretize
the measurement space dividing it into small intervals (bins), and to record the number
of events y; detected in each bin 7. The vector of measurements is then ¥ = yi,.....yn
where N is the total number of bins.

The emission of photons is assumed to follow a Poisson distribution. The probability
of observing 7; events in the 7** histogram bin is given by
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where ; is the mean value of y;.

The unknown source distribution X is discretized by dividing the distribution in vozels
(volume elements) or pizels if a given plane is considered. The relative intensities of
photon emission in each pixel, \;, are the parameters to be estimated

X = /\0, /\M;

where M is the number of pixels in which the image plane is divided.
Assuming the y; are independent Poisson random variables, the likelihood can be
written as [l

N
LY =p@A) = [ =5 &
The measurements can be modelled as

Yi = Z aij A,

where the transition probabilities a;; are the elements of the system matrix that rep-
resent the probability that a gamma ray emitted from voxel j is detected in measurement
bin 7. They depend on geometry and response of the detectors, and are assumed to be
known in the model. Effects of attenuation, scattering, accidental coincidences, etc. can
also be modelled in the system matrix.

The log-likelihood is generally taken to simplify the maximization problem.

N
IX) =1n LX) = (y; Ingi — 5 — In ),
i=0
and the determination of the parameters is done by solving the equation

~
-

A = argmazrs,, 1)

However, solving the problem in the usual way, maximizing with respect to the param-
eters, might be a complicated task. A possible option is to employ the EM method. In
this method, the measured data are regarded as an incomplete data set. In order to apply
the EM method, the log-likelihood must be formulated in terms of a complete (though
unobserved) data set. The measured data are thought as being embedded in a larger
sample space where the problem is easier to solve. The EM postulates a complete data
random vector Z such that the observed data y; are a function h(Z) of x;. Furthermore,
if ¢ has a probability density function g(%, X), Z is supposed to have a probability density
function f(Z, X) with respect to some measure p(Z), such that g(7, X) can be recovered
by integration

gm®=/ﬂibwwy



2.4. IMAGE RECONSTRUCTION 29

The choice of the appropriate complete data specification is important. Although
there can be many possibilities, often physical considerations suggest a natural definition
of Z. A natural choice in this case is to consider z;; the number of photons that are
emitted from pixel j and detected in element i

Yi = Z»T”
J

The log likelihood of the complete data set can then be maximized by a two-step
algorithm. In the first step (E-step), the conditional expectation of the complete data set
is obtained. Then (M step) it is maximized by obtaining the derivatives with respect to
the parameters and finding the values of the parameters that set them to zero. In the
following, the vector notation will be omitted.

The likelihood in terms of the complete data takes the form

Inf(x, ) ZZ —a;jA;) + ziiln(ai;A;) — In ;')

Taking the conditional expectation of x;; with respect to y; and the current vector of
parameter estimates A" yields

E(Inf(z,\)|y, \") = ZZ —aijA;) + Nijin(ai\;) + R,

where R does not depend on the new )\, and

i A7 Y
Nii = E(zii|y;, \") = 2.

1) ( Ly |yl ) Zk azk)‘z
In the M-step, the derivatives are taken,

0 ") -
o E(Inf(z, )|y, A") = ZCLZJ-I—ZNZ-J-Ajl,

and set to zero, and the equation solved. The combination of the two steps yields a
fixed point iterative algorithm

a;
)\(_l—|—1 ] Yi Yty ’
J Z Zk azk)\l

where s; = va a;; is the probability that a photon emitted from pixel j would be
detected anywhere.

A problem that arises from binning the data is that the number of bins increases
exponentially with the number of measurement coordinates, increasing also the compu-
tational cost and memory requirements of the reconstruction. It may also result in a
loss of information, and a high number of empty bins. Under these circumstances, an
alternative mode of data storage, known as list-mode, is more adequate. This is the case
of the Compton camera, where the total number of detected events is significantly smaller



30 CHAPTER 2. COMPTON IMAGING

than the number of bins necessary to store the data, and binning the data is costly and
inefficient.

In the list-mode approach, each measured event is considered a point in a continuous
measurement space, rather than as a contribution to a position and energy bin, and a list
of the M measured events is stored.

The MLEM expression for the list-mode case can be easily obtained by considering
that each event is measured in a unique bin, so that y; — 1 for each detected particle, and
y; — 0 for the infinite number of possible events not detected in the current measurement.
The sum is now performed over the M detected events. In this case s; is no longer the
sum over bins, but the integral over all possible events originating in voxel j

1 M
Ai aij

D v
85 4 Y g Qi

i

I+1
/\j+ = (2.7)
In [W, B9, the list-mode expression is originally derived for a set of measurements
Ay, ..., Ay where A; represents the vector of measurements (energies and positions) that
characterize the i" event, and a;; = p(4;|)\;) is the probability of measuring an event
with coordinates A; originating in pixel j of the source distribution .

2.4.2 Calculation of the model parameters

One difficulty in applying the MLEM algorithm to the Compton camera image reconstruc-
tion is to determine the parameters that describe the system response. In the previous
section, the parameters that characterize the model are assumed to be known. In practice,
estimating these parameters to accurately represent the physical model is a complicated
task.

For the Compton camera, the transition probabilities a;; will be given by the integral
over the pixel volume of the density function p(A’|7y) describing the probabilities of an
emission from the point & producing an event A’, convolved with a function p(ﬁ,\[f’)
describing the measurement process [l

—

0y = / dsp( ) / A (A Ap( A7)
w'E)CVj

Here 23 C Vj indicates that the integral is taken over only those £ in the pixel volume
V; and p(2p)dzp is the probability that a particle was emitted in dzy at p(2p). p(Ai|A’)
can be written as

p(A| &) = p(# |7 )p(4| 5 )p(Ee | EL)
where 27 and Z5 are the interaction points in the scatter and absorption detectors, and
E, is the energy transferred to the electron in the Compton interaction, and the integral
over A’ implies an integral over all possible real collision positions and energy transfers
which could have resulted in the measurement ffi.
We also have
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Figure 2.14: Generation of the conic functions by the intersection of a cone and a plane.
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where now the integral over A’ is the integral over all possible real collisions, indepen-
dent of the measurements.

A method of estimating the parameters has been developed, yielding good results in
the image reconstruction. A first estimation of the image is necessary to initialize the
iterative procedure. In [M], a method to compute the initial source distribution Aq is
developed. The intensities are computed by backprojecting the events into a plane. For
each event, the intersection of the reconstructed cone and the image plane is determined.
The intersection of a conic surface with the plane z = z, is given by equation Ill where
i = (ng, Ny, n,) is a unit vector in the direction of the cone axis, 6 is the scattering
angle, and (z, 1, 21) is the position of the cone vertex, that is, the interaction position
in the scatter detector. The solution is a conic function, that can be a circle, an ellipse
a parabola or a hyperbola, depending on the relative position of the cone and the plane
(fig ). The resulting line represents those points from which photons could have been
emitted, and the corresponding pixels in the image plane are then filled. However, the
possible emission of photons for a given event is then limited to those pixels intersected
by the conic function.

(2 = 21) + 1y (y = 91) + 12(2p — 2)]" = cos0[(x — 21)" + (y — 91)* + (5 — 21)°] (2.8)

To take into account effects of Doppler broadening and energy resolution that broaden
the line, neighbour pixels should also be considered. The relative intensities of the pixels
that will be filled need to be estimated. This is done by weighting them with a function
that depends on the normal distance from the pixel to the conic function, r:

r2 _L
f(r)=0.9¢e 22 +0.1e 26° (2.9)
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where o is the standard deviation of the backprojected cone spread function. The
cone spread distribution, that is not Gaussian due to the long tails caused by Doppler
broadening, can be modelled by adding 0.9 times a gaussian with the computed standard
deviation and a 0.1 times a gaussian with three times the standard deviation of the cone
spread function. The assumption made that the standard deviation is constant for all
energies is valid in the range of energies employed in Compton detectors.

If this procedure is repeated for all measured events, an initial distribution in the
image plane is obtained that, in spite of its bad resolution, serves as starting point for the
iterations.

The parameters of the system matrix a;; (the probability that a measurement ¢ is due
to a photon originating in pixel j) and the sensitivities s; (the probability that a gamma
ray emitted from pixel j is detected anywhere) also need to be determined. Straight-
forward computation requires numerical integration of the probabilities and density func-
tions describing the interaction and measurement of the two interaction positions and the
scattering energy over the areas of the pixels j, the entire first detector and the entire
second detector. The procedure is complicated, since it requires detailed knowledge of all
system components, and computationally demanding. Instead, a simpler approach has
been proposed, yielding good results [Il].

In the relative spatial variation of the sensitivities, two effects are assumed to dominate,
the solid angle subtended by the scatter detector, and the probability of interaction inside
the detector. The absorption detector is supposed to absorb photons scattered in any
angle. The sensitivity for a given pixel j can then be calculated from the integration over
all rays originating in the pixel and incident on the first detector of the probability that
a photon is emitted multiplied by the probability of interaction in the first detector. If
the sensitivity in each pixel is assumed to be uniform, since they are small, it can be
computed as a sum over the D; elements in the scatter detector

D1
, cosf[1 — e~ Tt4ik]
sj g 2 .
k ik

In this equation, o, is the total cross section in the scatter detector, z;; is the path
length inside the first detector along the way from the center of pixel j to the center of
each detector element k, d;; the distance between the centers, and ¢ the azimuthal angle
measured relative to the centers.

The calculation of the a;; is done only for the pixels intersected in each event. Since
the MLEM equation (eq Il is independent of the normalization, only the relative values
need to be calculated. This is computed as the product of two factors. The first one
takes into account the relative probabilities between the measurements, and the second
accounts for the probabilities within the measurements, i.e., the relative probability that
the gamma giving rise to measurement 7 was emitted from pixel j.

The first factor is dominated by the relative differential cross section and the escape
probability of the scattered photon in the first detector
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where o, is the total cross section in the scatter detector at the scattered photon
energy, z12 the distance travelled through the first detector along the ray between the
first and second collisions, and % the differential Compton cross section, approximated
as the Klein-Nisina cross section at the given energy, divided by the square of the distance
between the two collisions.

The second factor includes the pixel sensitivities s;, as well as the resolution loss
brought on by Doppler broadening and the energy resolution effect, given by equation
I

The method has been employed for image reconstruction of simulated data and mea-
sured data of a previous Compton prototype, and will also be employed in this case.
3D image reconstruction in Compton cameras has been studied [M]. However, image

reconstruction in this work will be limited to a plane.

2.5 Main developments in Compton Imaging

Compton imaging of gamma rays is being developed both for medical imaging and as-
tronomyl, where it is employed in Compton telescopes for medium gamma ray energies.
Although some differences exist, mainly due to the smaller energy range in medical imag-
ing and the fact that the energy of the source is known, the same principle is applied.
Therefore, research overlaps in many aspects, and it can profit from the advances in the
other field.

The development of Compton telescopes occurred earlier. The idea, proposed in 1966
[®9] and 1968 || for imaging solar neutrinos, was in the 1970’s considered for gamma-
ray imaging. The work culminated with the development of COMPTEL [#M], the first
Compton telescope, on board of the Compton Gamma Ray Observatory (CGRO). It
consisted of two scintillator detector planes, a liquid scintillator scatter detector, and a
Nal absorption detector. The imaging principle is similar to the one employed in medical
imaging, and the intersection of the Compton cones gives the position of the gamma-ray
source. Due to the higher energies of the photons, pair production also needs to be taken
into account.

Silicon detectors have been proposed and used for Compton detectors. A second gener-
ation of Compton telescopes (MEGA [W ], TIGRE [W8¥]) is under development with
the main goal of improving the sensitivity. They utilize arrays of thin position-sensitive
silicon detectors as the Compton scatterer. Csl is employed in MEGA as absorption de-
tector. In TIGRE, with a similar original design, arrays of Ge or CZT pixel detectors
have been incorporated to improve the performance.

Given the high energy of the incoming gamma-ray, the scattered electron (or the ete~
pair created) can traverse several layers of silicon detectors. The key advantage of these
telescopes is their ability to track the electron through the silicon and obtain its trajectory
for gamma energies higher than 1-2 MeV (below, it is limited by multiple scattering). The
direction of the gamma ray can then be restricted to a small segment of the Compton
cone, reducing the background and improving the efficiency.

2Compton cameras have also been developed for industrial purposes, but this overview will be limited
to their employ in physics.
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Other types of detectors have also been considered for Compton telescopes, as it is the
case of XENA [M]. A liquid xenon time projection chamber allows to determine the depth
of interaction [MIH]. The advantages are excellent 3D position reconstruction, moderate
efficiency, and the ability to reconstruct the events to reduce internal background. The
key issues in this case are Doppler broadening, interaction energy threshold and relatively
poor energy resolution, that may be improved in gas detectors.

Advanced Compton telescopes, based on Si, Ge, CZT and CdTe have been proposed,
and prototype development is ongoing in several groups [Hil .

The idea of considering multiple Compton interactions [Bl] has lead to a new concept
of image reconstruction. Several interactions in each event allow to determine the source
position with or without the scattered gamma being fully absorbed. This concept allows
to improve both the efficiency and the position resolution with respect to previous designs.

Multi-Compton gamma-ray telescope prototypes are being developed. The possibility
of reconstructing the event without the gamma being fully absorbed means that high Z
materials are not required. The telescope can be entirely constructed with a single detector
material. The performance of an instrument using this approach is very dependent on
the energy and position resolution achieved. Ge, Si and CZT strip or pixel detectors or
possibly high purity gas detectors are good candidates.

One of the approaches [Ml] consists of a semiconductor Compton telescope based on
silicon and cadmium telluride. A stack of double-sided silicon strip detectors is used to
record the Compton scatterings. Additional layers of a heavy semiconductor CdTe or CZT
are used to absorb the scattered photons. The number of Si and CdTe layers and their
ratio should be chosen depending on the energy of interest. The order of the interaction
sequences can be reconstructed by examination of the energy-momentum conservation for
all possible sequences. A first prototype has been built employing one double-sided strip
detector combined with two CdTe pixel detectors.

Other options include telescopes with only one detector material. The three-Compton
technique without total absorption requires at least three interactions, the first two being
Compton scattering [#¥]. In addition, a correct ordering of the events is necessary, that can
be deduced from the observed energies and positions. The results of ordering algorithms
are good for high energies, but less than 65% of the sequences are correctly identified
at energies lower than 414 keV, and less than 50% at 185 keV. Prototypes consisting
of multilayer detectors with a single detector type have also been developed, both with
germanium and silicon detectors 2 mm thick.

The application of the Compton technique to medical imaging was first suggested in
1974 [B], and a possible design for a Compton detector was proposed, with a semicon-
ductor detector as scatter detector based on their energy resolution, response time and
transmission properties.

The idea was reviewed later, but it was in 1983 when the first Compton detector
for medical imaging was built [l B, showing that photons could be electronically col-
limated. This prototype used a germanium detector due to its higher Compton cross
section compared to silicon, and a scintillator detector. Image reconstruction methods
and optimized designs for the scatter detector were also proposed and studied. In a later
revision, images of ™ Tc and '3"Cs point sources were obtained, with a spatial resolution
about 0.7 cm for the *™Tc source at 4.3 cm from the source, and about 0.5 cm for the 37Cs
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source placed 2.6 cm away. The sensitivity was 77 cps when a 78.5 MBq point source was
placed 5.9 cm away. A new prototype was built in 1985 with a 4x4 germanium detector
array as scatter detector, and in 1990, images of three-dimensional cylindrical phantoms
were obtained [l]. Conventional SPECT data were also acquired with the Camera scin-
tillator and a collimator. For a similar spatial resolution, the Compton camera showed
sensitivities about an order of magnitude higher for *™Tc.

The use of Germanium has an important disadvantage: cryogenic cooling is required
to achieve good energy resolution. Other materials, have been considered for the scatter
detector. The possibility of employing gaseous detectors was already mentioned in the first
paper. They provide a higher spatial resolution and a larger field of view, but Doppler
broadening is large, and they have the disadvantage of a poorer energy resolution. A
Compton prototype was constructed with high pressure xenon drift chamber [B]. In this
case, the gas detector acts both as scatter and absorption detector. A spatial resolution
of 25 mm FWHM for a *™Tc point source at 10.5 cm was obtained. The sensitivity is
low, and it can only be improved by increasing the gas pressure.

Silicon was again considered in 1988 [MM] and a feasibility study was carried out in
1997 to test silicon microstrip detectors as scatter detector. The design, based on the
TIGRE telescope, consisted of a stack of double-sided silicon strip detectors and three
CsI(T1) scintillator detectors as absorption detector. The results with a *2Na point source
at 10.5 cm distance was 1.5 cm spatial resolution.

In 1998, a prototype was built at the University of Michigan, with a 300 pm thick
silicon pad sensor as scatter detector, and a 50 cm diameter ring consisting of 11 Nal(T1)
scintillator modules as absorption detector [Ml,BM|. Two point sources were tested, ob-
taining a spatial resolution of 8.2 mm FWHM for *™Tc and 6.5 mm FWHM for *'I, both
at 11 cm from the scatter detector. The sensitivities were 1.8 x10~7 and 1.2x107% respec-
tively. Images of point sources superimposed on a uniform disk were also reconstructed,
yielding 11.7 mm FWHM spatial resolution for a **™Tc source.

Research in both fields is currently carried out with the aim of improving the scatter
detector. In astronomy, thick silicon, germanium and CZT detectors are being considered
for the multi-Compton event detectors. Double-sided silicon strip sensors with an active
area of 57 mm x 57 mm and 2 mm thickness have been developed [M¥]. The energy
resolution is 3-4 keV at room temperature for 60 keV gamma rays, and 2.1 keV at -20°C.

Silicon has proven to be the optimum choice for medical imaging, where lower energies
are imaged. Different options are being tested for the scatter detector. Silicon drift
detectors with low energy resolution have been developed and a Compton prototype has
been built [Il].

The idea of employing multiple layers is also being considered in medical imaging with
the main purpose of enhancing the efficiency. The following chapters will explain the
development and results of a multi-layer Compton prototype for medical imaging, with
thick silicon pad sensors as scatter detector.
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Chapter 3

Silicon detectors

Since silicon detectors will be employed as scatter detector, that is the main element of
the Compton detector, a brief overview of the main characteristics of these detectors is
given in this chapter.

3.1 Properties of semiconductor materials

Semiconductor materials differ from insulators in the value of the energy gap, E,, between
the conduction and the valence band, that in the case of semiconductors is lower than
5 eV [MLIN]. At 0 K all electrons are in the valence band, participating in the covalent
bonding between the lattice atoms, and the conductivity of the material is nonexistent.
Due to the small value of the energy gap, at nonzero temperatures the electrons in the
valence band can acquire sufficient energy to reach the conduction band. The missing
electron in the valence band is known as hole, and contributes to the conductivity as a
positive charge. The conductivity in these materials is thus due to both types of carriers
and it can be expressed as

0 = qe(npe + piin),

where ¢, is the electron charge (g = 1.6 x 107 C), p, and u;, are the mobili-
ties of electrons and holes respectively (for silicon at 300 K u, = 1350 cm?/V's and
un = 480 cm?/V's), and n and p are their concentrations. The resistivity of the material
is the inverse of the conductivity,

1 1
o e(npe+ pun)’

p =
and is equal to 235 k€2 em for pure silicon at room temperature.
The generation and recombination of electron-hole pairs is produced in an equilibrium

situation. In a pure or intrinsic semiconductor material, the concentration of electrons
and holes is the same, and it is given by

—Eg 3 —Eg
n=p=mn; = v/ N N,e 2T =AT2€2kT,
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where N, and N, are effective densities of states at the conduction and valence band
respectively, k£ is the Boltzman constant, T is the temperature and £, = 1.1 eV. The
concentration of electrons or holes is equal to 1.45 x 10'° cm™2 at room temperature.
This low number of carriers results in a low conductivity for intrinsic silicon.

The number of free charges can be enhanced by doping the material, introducing a
small amount of impurities. Atoms from the III group with one electron less, like boron,
are known as acceptor impurities, and they introduce an energy level close to the valence
band. Atoms from group V like phosphorous or arsenic (donor impurities), have one
electron more and they introduce an energy level close to the conduction band.

These impurities are integrated in the lattice, creating an excess of electrons or holes,
which are known as majority carriers. The semiconductor is then known as extrinsic.

Depending on the type of impurities that have been implanted, the doped silicon can
be of n-type, with donor impurities, or p-type, with acceptor impurities. If the level of
doping is very high, it is denoted n™ or p* type.

3.2 The PN junction

A PN junction is created by implanting a large number of impurities of one type on the
surface of a silicon wafer of the other type, changing by this the sign to the doping in
a region, and creating regions with opposite doping type that are in contact [Ml]. The
electrons are then free in the n-type, and the holes in the p-type, and both types of carriers
diffuse. If they reach the other side of the junction, they recombine with the free charges
of the opposite sign. This process leaves behind a net possitive charge on the n side, and
a net negative charge on the p side that generate an electric field which is opposed to
the diffusion process. The diffusion continues until the electric field is strong enough to
balance it, creating a stable state in which a thin layer at the p-n boundary is left without
free carriers. The layer is called depletion region. If charge is deposited in the depletion
layer by a passing particle or a photon, the built-in potential will make the charges drift
outside the depletion region, creating an induced electric signal. The junction will act as
a detector, but with a very poor performance.

If an external voltage is applied, the p-n junction will show interesting applications as
a diode. When positive voltage is applied to the p side of the junction with respect to
the n side (forward biasing), the potential will attract both electrons from the n side and
holes from the p side across the junction, and the conductivity will be greatly enhanced
for small values of the voltage.

If the junction is reverse biased, the natural potential difference is enhanced and it
is the minority carriers that are attracted accross the junction. Given that their concen-
tration is relatively low, the reverse current across the diode is quite small. The reverse
biased junction can act as a detector, and its properties will be described next.

The depleted region grows with the potential applied, following the relationship

V= g—z(Nawg + NW2), (3.1)

where € = ¢,¢( is the dielectric constant, N, and Ny are the concentrations of acceptor
and donor impurities and W, and W; represent the width of the depletion layer on the
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respective side of the junction, being d= W,+W; the total depletion layer.

If the doping level on one side of the junction is much higher than on the other side,
the depleted region will extend almost entirely on the side with the lowest doping level,
and its width is approximately given by

2q.V
eN -~
The depletion layer can be extended up to the full thickness of the silicon detector,

that is then fully depleted. The previous equation can also be written as a function of the
resistivity of the doped semiconductor, py, as

d~ V2eV upa (33)

One would like the largest depletion width possible for a given depletion voltage, and
for that the resistivity should be as high as possible. The resistivity is limited by the pu-
rity of the semiconductor material before the doping process. Thick sensors need higher
voltages to achieve full depletion, and this can result in a practical limit for the detec-
tor thic