LONGITUDINAL EMISSION TOMOGRAPHY
OF THYROID AND HEART

INIS _ mf ~1O977

a technical evaluation of three imaging devices
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STELLINGEN
1. Het is merkwaardig dat de TU Delft universitaire hoofddocenten, van wier taak een
belangrijk bestanddeel het 'in voorkomend geval optreden als medebegeleider bij de
voorbereiding van dissertaties' is, het recht onthoudt in deze gevallen als copromotor
op te treden.
2. Bij nucleair geneeskundig schildklier onderzoek geeft het gebruik van een
tijdsgecodeerde apertuur, zoals beschreven in dit proefschrift, meer en betere
diagnostische informatie dan toepassing van de standaard afbeeldingstechniek
waarbij drie 'single plnhole' beelden worden opgenomen.
3. De kwaliteit van de beelden verkregen met de in dit proefschrift beschreven
tijdsgecodeerde apertuur, kan aanzienlijk verbeterd worden door een extra meting te
doen met een tweede (zelfde) apparaat, waarvan de systeemas een hoek van 90
graden maakt met de as van het eerste systeem.
4. Het wekt verwondering dat bij de ontwikkeling en evaluatie van een nieuwe
medische afbeeldingstechniek, het reproductie proces van de resultaten (van beeld op
een monitor tot foto in een artikel of boek) meer hoofdbrekens kost dan het
vervaardigen van de hardware en de software benodigd om tot die resultaten te
komen.
5. Alfabetische rangschikking van de namen van de auteurs boven een artikel wekt
verwarring.
6. Academische ziekenhuizen zijn meer ziekenhuis dan academisch.
7. Het gebruik van een computer leidt gauw tot intellectueel bedrog.
8. Het toepassen van temporele Fourier analyse op dynamische (Kr81m) longventilatle
studies, maakt het mogelijk om bruikbare informatie te verkrijgen over locale
luchtverplaatsingssnelheden en luchtvolumina, en daardoor over locale
longafwijkingen.
D. Slosman, H. Susskind, L. Cinottl, J.W. van Giessen en A.B. Brill, "Regional
distribution of ventilation assessed by Kr81m sclntigraphy employing temporal
Fourier transform", Am. J. Phys. Inu, vol. 1, biz. 5-11,1986.
9. Ambtenarij leidt, ook op de TU Delft, tot een werkomgeving waarin waardevolle
initiatieven veelvuldig in de kiem worden gesmoord.
10. Het uit handen geven van werk wordt gemakkelijker naarmate er meer mensen zijn
met liefde voor hun vak.
11. Bij de overweging tot aanschaf van een HiFi geluidsinstallatie mogen de luidsprekers
nooit als sluitpost in de begroting worden opgenomen.
12. Vanuit de ruimte gezien lijkt de aarde op een speelbal.
13. Beter één hoogleraar die tot tien kan tellen dan tien die een differentiaalvergelijking
kunnen oplossen.
JOHN VAN GIESSEN
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Introduction
In this thesis I will discuss three devices for nuclear medicine imaging of small organs
(thyroid and heart) within the human body. For each of the three imaging modalities the
organ tinder investigation is assumed to emit gamma radiation. This is accomplished by
intraveneous injection of a radioactive substance which has a high affinity for the organ of
interest. The emitted radiation will be recorded with a gamma camera. In order to get a
proper image of the organ, the emitted gamma radiation should be 'focused' before it
reaches the gamma camera. This is done by a so-called collimator (usually a lead plate
with a pattern of openings through which the radiation can reach the camera). All three
devices (in fact: collimators) have tomographic capabilities which implies that the threedimensional radioactivity distribution within the organ can be reconstructed from its
two-dimensional projections on the camera.
1. The three devices
In nuclear medicine, tomographic imaging is normally performed using a rotating
gamma camera (or two gamma cameras facing each other) with a parallel hole collimator
(only radiation falling perpendicular onto the collimator is allowed to continue). A
problem arises when small organs lying close beneath the surface of the skin (like the
thyroid and the heart) have to be imaged. In order to acquire data with high resolution
and proper statistics, the camera should be positioned very close to the organ. For the
thyroid this implies that it is highly unfavourable to rotate the camera around the patient
and, thus, that it is impossible to acquire data with tomographic information. The same
reasoning applies to the heart, albeit to a far lesser extent. Therefore, many collimators
have been developed which have tomographic capabilities even when they are used in
conjunction with a static gamma camera and which can thus be positioned relatively close
to the organ under investigation. Obviously, employing a static system means that one
cannot possibly acquire data over the full range of 360 degrees. The combination of a
limited angular range and noise in the data poses serious problems to proper
reconstruction of the distribution of radioactivity in the organ.
In my investigations I have focused my attention on the development of collimators
and reconstruction software for tomographic imaging with static gamma cameras. I will
discuss the following three devices:
• A seven-pinhole (7P) collimator designed for imaging the heart.
The collimator I use is an almost exact replica of the collimator proposed by Vogel
et al. [1,2].
• A 7P collimator designed for imaging the thyroid.
The geometrical parameters of the heart 7P system have been re-optimized to fit the
needs of thyroid tomography.
• A time-coded aperture (TCA) for thyroid tomography.
The collimator used for time-coded imaging of the thyroid is based upon the design of
Koral et al. [3,4].
Originally, seven-pinhole tomography Is a low cost method to obtain tomographic
informa'ion of the heart. Yet, seven-pinhole imaging has not gained wide appreciation ir.
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nuclear cardiology practice. I have investigated the 7P system and more specifically the
reconstruction process in order to improve system performance and to re-evaluate its
potentialities as a suitable diagnostic tool.
Having found that clinically useful tomographic reconstruction of the heart is possible
with the 7P system, the collimator has been redesigned so that it would image the
thyroid. Essentially, the 7P device is better suited for this organ because of the fact that
several disadvantages which apply to imaging of the heart do not apply to the same
extent here. The thyroid is smaller than the heart and it lies closer beneath the surface of
the skin, so patient positioning is less critical. Furthermore, the amount of background
activity will be smaller than in the heart configuration (especially if 1-123 is used), and
will therefore have less influence upon the quality of the reconstructions.
TCA imaging is a clinically valuable method for thyroid diagnostics [5]. The
application of the device has so far been precluded, however, because of a prohibitively
long reconstruction time (2 hours on a minicomputer). I have performed threedimensional simulation studies of the TCA device in order to answer two questions: 1)
can the reconstruction be carried out sufficiently fast on a microcomputer and 2) does
TCA imaging produce good quality reconstructions. Once these questions were answered
in the affirmative, a TCA system has been constructed in order to evaluate the device in a
clinical setting. The process of designing the TCA device is described in the Appendix.
2. Plan of the thesis
The thesis is set up as a combination of newly written chapters (0, 1 and 7) and copies
of 5 papers (3 published, 1 accepted and 1 submitted).
In Chapter 1 I give a general survey of nuclear medicine (which is by no means intended
to be exhaustive) with an emphasis on the gamma camera, the collimator and
reconstruction techniques.
Chapter 2 discusses three possible reconstruction techniques for seven-pinhole
tomography of the heart (7PH). Based on several phantom studies and one patient study,
these reconstruction algorithms are compared with respect to resolution and linearity,
depth homogeneity, CPU time and storage requirements, and overall (visual) quality of
the reconstructed tomograms.
In Chapter 3 the 7P collimator for the thyroid (7PT) is presented. The feasibility of
the device is demonstrated by several phantom studies and two patient studies.
Chapter 4 addresses the question as to whether the time-coded aperture (TCA) has
clinical potentialities. Based on simulated projections of a point source, an optimal
pinhole diameter is found. Furthermore, the clinical value of this device for extended
(thyroid-like) sources is Investigated (also using simulated data). Finally, it is argued
that the reconstruction procedure is expected to take several minutes on a 512 Kbytes
minicomputer.
Chapter 5 describes the TCA in a clinical environment. In order to enable comparison
with the 7PT collimator, exactly the same phantom studies were performed.
In Chapter 6 images obtained with the 7PT and the TCA collimators are compared. The
comparison includes both phantom experiments and (six) patient studies. Although no
clinically valid conclusions can be drawn on the basis of six patient cases, the result of
the comparison is Indicative of the relative merits of both devices.
Fig. 1 represents a scheme which indicates the sequence in which the consecutive
Chapters and Appendix can best be read.
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Chapter 1
Diagnostic imaging in nuclear medicine
In this chapter a general survey of the technical aspects involved in nuclear medicine
imaging will be given. It will include a discussion on radiopharmaceuticals and on
physical aspects of gamma radiation. Furthermore, I shall briefly explain the working of
the gamma camera, the capabilities of different types of collimators and the computer
environment in which nuclear medicine imaging systems are normally used. Finally, the
concepts of an appropriate class of reconstruction techniques will be introduced.
1. The use of gamma radiation for medical diagnostics
1.1 Nuclear medicine
Nuclear medicine encompasses the application of radioactive material for clinical
diagnostics and treatment, and for physiological and pathophysiological studies. In this
speciality two different fields can be distinguished: in-vitro and in-vivo techniques.
In-vitro nuclear medicine involves taking samples (e.g., blood, urine) from the patient
and examining these samples with radioactively labeled compounds in order to estimate
concentrations of specific chemical and biochemical substances. Jn this thesis I shall not
discuss any of the in-vitro techniques.
In in-vivo techniques, radioactive tracers are administered to the body, after which the
intensity distribution of the radioactive material Cor variations of this distribution in
time) is determined by external measurements. Although these in-vivo techniques are
non-invasive, they are not completely non-aggressive because of possible harmful effects
of the administered radioactivity on body tissues. In-vivo nuclear medicine finds its
applications in several medical specialities like internal medicine, neurology, oncology,
endocrinology and cardiology.
1.2 Radiopharmaceuticals
The usefulness of in-vivo nuclear diagnostic methods is very much dependent on the
appropriateness of the applied radiopharmaceutical.
A radiopharmaceutical is a substance which exhibits (patho)physiological interaction
with the organ or tissue of interest and which is labeled with a radioactive isotope or
with otherwise radioactive material. If the radiopharmaceutical has a high target to nontarget ratio (or, put differently, is very specific for the tissue under investigation), the rest
of the body is- hardly exposed to the radiation emitted by the tracer. Moreover, the
investigated organ will then stand out clearly against non-active surrounding tissue
structures, which improves image quality.
Another requirement concerning radiation damage of tissue structures is that the isotope
should not emit alpha radiation and preferably no beta radiation or low-energy X-rays.
A third important feature of the applicability of the tracer is the half-life of the
isotope. This feature does also influence the exposure dose of the patient.
The last requirement for the tracer concerns the energy of the emitted photons. For the
Anger camera, the optimal gamma ray energy range is 100-200 keV. At higher energy
levels, the detector efficiency will decrease, whilst at lower energies the detereorating
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intrinsic resolution will be a limiting factor. On the other hand, the preferred emissions
for nuclear medicine diagnostics are gamma rays in the approximate range of 80-500 keV
(or annihilation photons, 511 keV). Gamma rays of these energies are sufficiently
penetrating in body tissues to be detected from deep-lying organs, but are shielded
adequately with reasonable thicknesses of lead.
In in-vivo nuclear medicine in general two classes of isotopes are used: single photon
emitters and positron emitters. In this thesis I will discuss imaging devices based upon
mono-energetic (single photon) gamma emission.
1.3 Physical aspects of gamma radiation
The photon energies involved with gamma radiation are extremely high (10-1000 keV)
as compared with the energy of visible light (2-3 eV). Therefore, diffraction phenomena
are negligible so that energy (photons) may be regarded as being transported along
straight lines (rays). Although this simplifies matters, other processes prohibit a simple
deterministic approach to gamma radiation and detection. In this section I discuss a few
of the problems which one encounters when working with gamma radiation (see also
Sorensen et Phelps [l]).
The emission of photons by a gamma radiating source follows Poisson statistics. This is
the main contribution to noise in data acquired in nuclear medicine practice.
Another problem is the fact that gamma photons may interact with the tissue they
traverse. The thicker the layer of tissue lying between the source and the detector, the
higher the chances of an interaction event. In the range from 50 keV to 200 keV, which is
the range of interest for most nuclear medicine diagnostics, two interaction processes can
occur:
• The photoelectric effect, in which the gamma quantum transfers all of its energy to a
bound electron and (thus) disappears. The electron uses part of the transferred energy
to overcome the binding energy of the atom and transposes the rest of the energy into
kinetic energy.
• Comptor scattering, in which the gamma quantum transfers part of its energy to an
outer shell orbital electron. The photon is deflected from its initial direction and
continues with less energy.
Other possible interactions with matter are only important at lower energy levels
(Rayleigh scatter < 50 keV) or higher energy levels (pair production > J.022 MeV and
photonuclear reaction > 10 MeV).
2. The imaging system
There are three elements which build up a nuclear medicine imaging system: the gamma
camera, the collimator and the computer. In this section I shall discuss each of these
components and indicate their working, their capabilities and their shortcomings.
2.1 The gamma camera
The gamma camera, as originally proposed and designed by Hal Anger [2], consists of a
NaI(Tl) (thallium-activated sodium iodide) crystal, a set of photomultiplier (PM) tubes,
and electronic localization/discrimination circuitry. Nowadays, the modern (digital)
gamma cameras also contain analog-to-digital converters (ADC's) (see Fig. l). The
detection principle of such a camera is in fact very simple: an incoming gamma quantum,
on its way through the crystalline structure of the NaI(Tl) detector, may interact with
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Figure 1. Basic principles and components of a digital gamma camera.
one of the molecules causing a very small scintillation (light flash). This light flash is
registered by the multiplier tubes lying near the place of interaction, and is transformed
into a proportional pulse of electrical current at the end of the tubes. All signals
simultaneously received from the PM tubes are then used to quantify analog X and Y
positions (rectangular cartesian coordinates) and the energy of the gamma quantum. If
the energy falls within a certain (preset) range around the energy of emission, the photon
is accepted and the ADC's are triggered to convert the two analog position voltages (X,Y)
into two digital numbers. These numbers can either be stored onto disc and evaluated
after acquisition or be processed immediately to build up the detector matrix during
acquisition.
There are a few problems associated with gamma camera detection:
• Image nonlinearity.
Straight lines in the object may appear as curved lines in the image. This effect can be
the result of a nonlinear change in the X and Y position signals if the source point is
moved towards or from the centre of a PM tube. Other sources of nonlinearity are
differences hi sensitivity among the PM tubes as well as malfunctioning of one or more
of the PM tubes or of the resistor/capacitor network which determines X and Y
position signals.
• Image nonuniformity.
If a uniform object (a sheet source) is projected onto the camera crystal, the above
mentioned nonlinearity will cause a nonuniform image. In regions where the curved
lines tend to bow towards each other, events are crowded, thereby inducing a hot spot
in the image. A cold spot will appear in regions where the curved lines are pushed
outward. Differences in gamma ray detection efficiency in different areas of the crystal
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will also cause nonuniformity, but to a far lesser extent.
The effects of nonlinearity and nonuniformity make themselves more felt if more
detailed information (such as tomographic information) has to be extracted from the
image.
• Limited spatial resolution.
If two distinct point sources are placed very near each other the gamma camera will
not be able to detect these sources as being separate because of a certain blurring in the
image. This problem arises owing to inaccuracies in the positioning electronics and in
the detection mechanism itself.
The limit of spatial resolution achievable by the detector and the electronics is called
the intrinsic resolution of the gamma camera. The intrinsic point source resolution of
modern cameras is approximately 4 mm FWHM (Full Width at Half the Maximum of
the point spread function).
2.2 The collimator
In order to obtain a 'focused' image of a radioactive object upon the detector, the
emitted gamma radiation needs to be collimated. In photography, lenses are used to
collimate the light rays emitted (or reflected) by the object. Because of the high energies
involved, there is no equivalent focusing material for gamma radiation and therefore the
collimation is performed in a different way.
Most gamma ray imaging systems use the principle of absorptive collimation; that is,
only photons travelling in certain directions are allowed to reach the detector. Photons
travelling in other directions are absorbed by the collimator before they can reach the
detector. The absorber material is customarily lead although other heavy metals such as
tungsten, gold and platinum are more feasible for this purpose (setting aside the costs)
because of their high electron density.
It is clear that because of this absorptive collimation the efficiency of the imaging
technique is rather low, which results in a poor quality of nuclear medicine images as
compared with e.g. radiographic images.
In the next section I will discuss two types of collimators which are commonly used in
nuclear medicine practice (for a more extensive survey, see Barrett and Swindell [3]). One
type makes use of bore-shaped holes in the absorbing material (single bore, parallel hole,
diverging and converging collimators), the other uses pinholes (single pinhole, multiple
pinhole collimators).
2.2.1 Bore hole colimators

The single bore collimator is used to scan an organ in the human body (see Fig. 2).
Because of its shape it will only allow photons to reach the (relatively small) detector if
they are emitted from a small region in the organ in a direction practically perpendicular
to the detector surface. By moving the device with small steps along a rectangular (or
otherwise shaped) grid, a complete two dimensional projection of the 3D intensity
distribution in the organ can be acquired.
By using a parallel hole (multiple bore) collimator (see Fig. 3) the same information can
be collected in less time with a lower dose of the radionuclide. Two alternatives have
been developed to make the parallel hole method work for different combinations of
detector diameter and organ dimensions. If one would like to Image a small organ onto a
large crystal, the image should be magnified. This can be accomplished by a converging
(magnifying) collimator. For the combination of a (too) small camera surface and a large
organ a minifying (diverging) collimator has been developed.

•-L
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Figure 3. Parallel hole collimator (from Barrett and Swindell, 1981).
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2.2.2 Pinhole cottimators
The single pinhole collimator is used to produce a magnified projection of the object
upon the crystal surface (see Fig. 4).
light

Figure 4. Schematic representation of a single pinhole collimator (from Barrett and
Swindell, 1981).
Being the equivalent of the 'camera obscura', it is the most straightforward imaging
system in nuclear medicine. It is used for the imaging of small organs like the thyroid
gland. Similarly to bore hole collimators, a number of multiple pinhole systems have
been developed for special purposes. I distinguish here between non-multiplexed systems,
in which the data from any two different pinholes are non-overlapping, and multiplexed
systems. In which overlapping of projections does occur. The multiplexed multiple
pinhole collimators are so-called coded apertures, other examples of which are Fresnel
zone plates and Moire grids. All multiple pinhole systems essentially allow tomographic
reconstruction even if the object is projected onto a static camera. For these systems it is
most suitable to choose the planes of reconstruction parallel to the detector and (thus) to
the collimator. This is why the application has been given the name longitudinal emission
tomography (LET).
2.2.2.1 Non-multiplexed multiple pinhole systems
The most commonly known non-multiplexed multiple pinhole system is the sevenpinhole (7P) collimator which is used for heart scintigraphy [4,5]. Other modalities are
the 3P collimator [6] used for larger organs such as the liver, and the 12P collimator [7]
also used for heart tomography. One of the problems associated with these LET systems
is the relatively poor resolution along the system axis. By introducing a second multiple
pinhole system orthogonal to the first one [8,9], this depth resolution can be improved.

•-L
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2.2.2.2 Coded apertures

In coded aperture (CA) imaging not only pinhole arrays are employed but also annular
based apertures and rotating slits.
A well known coded aperture, the Fresnel zone plate, makes use of annuli [10]. It
consists of a pattern of alternately transparent and opaque (lead) annular zones.
Although Fresnel zone plates are very interesting from a mathematical point of view,
they are not used in a clinical setting mainly because the spatial resolution of the gamma
camera is as yet not good enough.
The most important feature of coded apertures is the signal-to-noise ratio which can be
expressed in terms of the autocorrelation function of the aperture transmission. The more
delta-like this autocorrelation function is, the better is the reconstructed image quality.
All pinhole arrays mentioned in the rest of this section have more or less desirable
autocorrelation properties.
One of the earliest coded apertures was the random pinhole array [11]. The aperture
consists of a square unit grid of possible pinhole positions. Each position is made into a
pinhole or left opaque according to a table of random numbers. As can be seen from
Fig. 5, the autocorrelation function has a nice central core but the side lobes are not equal
to zero.

Figure 5. Top: a typical random pinhole array. Bottom: one-dimensional cross-section
through the two-dimensional autocorrelation function of the array (from
Barrett and Swindell, 1981).
Another type of CA is the non-redundant array [12]. In this context non-redundancy
means that no distance between any two pinhole centres is the same. As can be seen from
Fig. 6, the autocorrelation function of such an array has a large central peak whilst the
other peaks all have the same (relatively low) height.
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(a)
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Figure 6. Non-redundant pinhole array (a) and its autocorrelation (b). The central peak
in the autocorrelation has a value of 9 (which is the number of pinholes in the
array), while all other peaks are of unit height (from Barrett and Swindell,
1981).
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Figure 7. One-dimensional uniformly redundant array (top) and its autocorrelation
function (bottom). In the middle the decoding function (a cyclically repeated
version of the basic code) is shown (from Barrett and Swindell, 1981).
Instead of non-redundancy it is also possible to make use of the principle of uniform
redundancy [13]. This means that each distance between two pinholes is repeated an
exact number of times. Fig. 7 shows a uniform redundant array and its autocorrelation
function. Although the side lobes are certainly not equal to zero they are of uniform
height. If the object being imaged is not too large, these side lobes produce a uniform
background level which can be removed by proper subtraction. The result is a delta-like
autocorrelation function.
The last type of collimator I want to discuss here is the time-coded aperture
[14,15,16,17]. The time coding nature of the system implies shifting a code plate with a
specific pinhole pattern over a (preferably, but not necessarily, square) aperture in the
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collimator. Thus the aperture is divided into positional elements which are either opaque
(lead in the code plate) or transparent (a pinhole in the plate) for gamma radiation,
dependent on the position of the plate (and thus on the data acquisition time interval).
An extensive description of the time-coded aperture can be found in the Appendix.
2.3 The computer
Computers used in nuclear medicine imaging have to perform three different tasks
(preferably simultaneously):
• Data acquisition.
The analog output signals of the gamma camera should be intercepted, translated into
digital numbers and stored on a disc for future processing. In newer gamma camera
systems the digitalization is performed by electronics in the camera head, which
simplifies the task of the computer.
• Data processing and analysis.
The fact that the analog gamma camera data are digitized and stored on a disc means
that we can retrieve the data and perform numerical manipulations upon them. A lot
of software has been developed with which the acquired data can be processed and/or
analysed to extract specific information.
• Display.
Because of the nature of the imaging process (the 2D projection of the 3D object onto
the detector is in fact translated into a digitized photograph) the gamma camera data
can only be evaluated when they are displayed on a screen. The same applies for
processed data and reconstructions.
23.1 Data acquisition
For the communication between the camera and the computer a so-called gamma camera
interface is needed. This interface has been discussed implicitly in section 2.1, in which I
described the working of the gamma camera. In modern (digital) camera's, part of this
interface is built into the gamma camera head. If the energy of a photon interaction in
the crystal falls within a certain prefixed range (energy window), the ADC's in the
interface are triggered to translate the analog signals which describe the position of the
photon, into two digital values. In nuclear medicine there are two ways in which these
two numbers are processed.
The simplest way is to store the information of each event into a buffer in the computer
memory. If the buffer is full, its content is dumped onto disc so that the buffer can be
used again. When data acquisition is finished one thus has a long list of numbers in
which all the information is imbedded. This acquisition modality is called list-mode
acquisition. One of its advantages is that in the case of dynamic studies, in which time
information is added to the two numbers, one can choose different time interval lengths
within which all events are taken together to create one picture. A disadvantage is that it
uses a lot of memory space at high count rates.
The second modality in data acquisition is called histogram-mode acquisition. In
histogram-mode the picture is built up during acquisition. If the energy of the photon
interaction in the camera crystal falls within prefixed boundaries, the analog X and Y
position voltages are translated into pixel coordinates and the count rate of that pixel is
increased with 1. In most cases data are acquired in 64x64 or in 128x 128 pixel frames.
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2.3.2 Data processing and analysis

This section discusses a selection of the many possible ways in which the acquired data
can be processed and analysed:
• As mentioned previously (in section 2.1), one of the problems associated with the
gamma camera is image nonuniformity. This image nonuniformity can be corrected
for by acquiring the image of a sheet source. Based on this image, a correction matrix
can be calculated which is used to correct all other acquired images.
• Another problem associated with the gamma camera is a possible improper setting of
the ADC's which take care of the translation of the X and Y signals into pixel
coordinates. Especially if the projection data are being used for tomographic
reconstruction, bad camera tuning may greatly influence the results. Test phantoms
should be imaged to analyse the relation between the camera spatial geometry and the
computer data matrix geometry. On the basis of this analysis all measured pictures
can be spatially transformed to compensate for improper camera tuning.
• In order to improve the image quality one can filter the data. To improve the signalto-noise ratio low-pass-like filters can be used, whilst high-pass-like filters may be
applied to improve the resolution of the images.
• If the data are acquired with a tomographic device, image reconstruction should be
performed. Depending on the imaging device, this process may require a lot of
computing power. Most of the nuclear medicine computer systems are not very well
suited to perform fast 3D reconstruction of a vast amount of input data. In order to
perform numbercrunching-like operations on the collected data these machines have to
be connected to bigger and faster computers or to array-processors.
2.3.3 Display

In order to evaluate the reoorded data, the reconstructed images and the results of
picture processing, an image display station is necessary. The next manipulations can
usually be performed on a nuclear medicine display unit:
• Region of interest (ROI) specification.
A specific region of interest of the organ can be selected manually (by drawing lines on
the display with a trackball, a joystick or a mouse), or by an automatic procedure.
Image processing is then performed on the data within the ROI rather than on the
complete picture.
• Contrast setting.
The translation of pixel values of the images into grey-scale values on the monitor
screen is performed by means of a look-up table. By changing the values of the lookup table one may improve (enhance) the contrast in the image, or in certain parts of
the image.
• Simultaneous display, zooming and scrolling.
In order to compare different manipulations performed on the same picture it is
desirable to display several results at the same time. The memory buffer of the image
processor should therefore be large enough to contain several pictures. If the buffer can
contain 512x512 grey-scale values, for instance, 16 pictures of size 128x128 can be
displayed simultaneously.
To have a closer look at details, one should be able to focus on particular regions of the
image. This can be accomplished by "blowing up" the complete picture and moving
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(scrolling) the picture over the screen.
• Movies.
For dynamic studies one needs a movie facility. A set of pictures is stored into a
frame buffer and is displayed one by one at an interval rate which can be specified by
the user. In gated heart studies, for instance, one acquires a series of frames each
representing the intensity distribution in a certain phase of the heart beat. By
cyclically displaying the frames as a repeating movie, one can see the heart beating
such that one can assess the wall motion.
3. Reconstruction techniques
In emission computerized tomography (ECT) one can distinguish between full angle
tomography (FAT) and limited angle tomography (LAT). FAT systems generally use a
rotating gantry with one, two and sometimes even more camera heads, on all of which a
parallel hole collimator is mounted. These systems are rotated around the patient to
acquire data over the full angular range (360 degrees). In LAT the gantry is not rotated
and remains in one position during the data acquisition. Therefore, 3D reconstruction can
only be performed if special collimators are used with tomographic capabilities (the
parallel hole collimator in conjunction with a static camera, for instance, is a planar nontomographic device).
Most image reconstruction techniques used for FAT systems belong to the class of what
Herman calls transform methods [18]. These methods are essentially analytical and are
based on the inverse Radon transform.
For LAT systems, transform methods are generally not applicable because of the
combination of limited angular range of data collection and noise in the data. For a
description of the problems associated with transform methods in LAT, see Tam et al.
[19].
We therefore have to apply a reconstruction technique from the class of discrete (or:
series expansion) methods. In contradiction to the transform methods in which
discretization is performed only at the very end (when implementing the technique on the
computer), these methods assume the reconstruction problem to be discrete right from the
start. The next section describes the fundamentals of series expansion techniques.
3.1 The series expansion approach
In order to describe the reconstruction problem in a discrete way, the 3D reconstruction
volume is divided into a finite number (AT) of volume elements (voxels) which usually
have the shape of small cubes. I assume that the intensity distribution within the
reconstruction volume can be approximated adequately by a linear combination of basic
functions bj (x ,y ,z ), which are defined as:
(x ,

1 if (x ,y ,z ) is inside the jth voxel
0 elsewhere

(1)

The digitized version / * (x ,y ,z ) of the intensity distribution / Gc ,y ,z ) can be written as:
/Gt,y,z)« f'(x,y,z)=

Za)bj(x,y,z~)

(2)

••i.
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where the a} are real numbers which describe the object distribution {ctj is the average
value of / (x ,y ,z ) within the / th voxel).
Having discretized the intensity distribution within the reconstruction volume as
described above, one can translate the continuous formulation of the reconstruction
problem (a Fredholm integral equation of the first kind) into its discrete counterpart (a
set of linear equations). The resulting matrix equation has the form
p « Ma

(3)

where p is a vector containing measured pixel count rates, M is the projection matrix and
a is the vector of voxel intensities.
By introducing the vector of errors e representing the inaccuracies in the measurements
and the approximative nature of the series expansion approach, Eq.(3) can be written as:
p = Ma + e

(4)

Looking for a solution of Eq.(4) one needs to minimize the error in some sense. This
requires the formulation of optimization criteria which determine the best approximate
solution of Eq.(4). Usually these criteria are of the form: find a solution a for which the
value of some function fl^Ca ) is minimal, and if there is more than one solution which
minimizes fcjCa) choose among these the one which minimizes another criterion function
<3>2(a ). A second possibility to find a solution of equation (4) is to introduce tolerance
limits for the error vector e:
p - € < Ma < p + e

(5)

where the inequalities are to be interpreted as being valid component by component.
The difficulty with this approach is to find adequate values for the e<. If one of them is
too small Eq.(5) will have no solution, if the e( are chosen too large Eq.(5) looses its
meaning as a constraint.
Series expansion methods can either be direct or iterative. An example of a direct
reconstruction technique is the construction of the Moore-Penrose inverse which produces
the least squares minimum norm solution of Eq.(4):
a = (MrM)fMrp

(6)

where the symbol t denotes the Moore-Penrose generalized inverse. Unfortunately, the
calculation of this inverse for the applications at hand takes an enonnous amount of CPU
time, even on a large computer. The same objection applies to all direct techniques and
we therefore have to settle for iterative methods. These techniques produce a series of
vectors a^°\ a' 1 ', a ®
which converge to a solution a, thereby either minimizing one
or more optimization criteria or satisfying tolerance inequalities.
In the following section I will discuss two versions of a particular, relatively simple,
iterative technique called ART (the acronym stands for algebraic reconstruction
technique). The first version CART1) converges towards a minimum norm solution for a
consistent set of equations, the second version (ART3) is especially designed to find a
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solution for a set of inequalities.
3.2 AJRT
For the discussion of the ART algorithm I start on the premiss that the set of linear
equations is consistent:
(7)

p = Ma

Assume one has an initial estimate <z^0). First it is checked whether <zw satisfies the
first equation of Eq.(7). This implies that the residual value
=Pl-Mia

Co)

should be equal to zero. If this is true, it follows that a^ = a^.
should correct a(0) with 8 (0) such that:

(8)

In all other cases one

(9)

Combining Eqs. (8) and (9) yields:
(10)
This is one equation with Np unknowns (Np is the number of pixels). Therefore, the
solution space is a Np — 1 dimensional hyperplane in R '. A suitable unique solution is
the least squares minimum norm solution
(o)

(11)

in which M / is the Moore-Penrose inverse of M%. For a row matrix Mi the MoorePenrose inverse Is given by:

\\Mt\\2

(12)

Our new estimate is thus
(13)
In geometrical terms: aCl^ is the orthogonal projection of a ® onto the hyperplane denned
by the first equation of (7).
Sometimes, a slightly different version of Eq.(13) is used. The second term on the right
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hand side is multiplied by a relaxation parameter X.(o) in order to speed up the
convergence. a (1) will still lie on the line perpendicular to the first hyperplane, but will
only be projected exactly onto the plane for \ ( 0 ) = 1 (see Fig. 8 for a geometrical
interpretation).

Mla=pl
Figure 8. Geometrical representation of the location of a (1) as a function of the
relaxation parameter A.Co\
When the residue of the first equation has been processed one proceeds to the second
equation and goes on until all equations have been addressed. This finishes one iteration
cycle. Usually more than one iteration cycle is needed for a proper convergence. The
iterative algorithm thus takes the form
fla+o

=

IIM, II2

with i = k m.odiNp ) + l . It has been proven [20] that the process given by (14) converges
to the minimum norm solution of Eq.(7), if
• the set of linear equations is consistent
• a®* lies in the row space of M
• 0 < lim_ \ ( t ) < lim~ X(*} < 2
An important restriction of the ART1 algorithm is that it only converges for a
consistent set of linear equations. It has been found [21], however, that ART1 also
converges for systems which are not too inconsistent, in other •words systems for which
II p — Ma II is small. Of course, any inconsistent system of equations can be made
consistent by denning a residual vector e as in Eq.(4). This vector can be included in the
unknowns and the iterative process can be performed on (a + e ) , given suitable
optimization criteria. The obvious disadvantage of this approach is that the number of
unknowns is considerably increased (the dimension of p usually is much larger than that
of a ), which makes itself felt both in the memory requirements and in the computation
time.
For those situations in which the data are corrupted with a lot of noise (i.e.,
II p — Ma II is large), and a fast and 'memory-friendly" algorithm is required, another
version of the ART algorithm has been developed (ART3). In order to apply this
algorithm, the reconstruction problem should be reformulated as a set of inequalities (see
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being processed (see Fig. 9 for a geometrical interpretation).

,(*+!)

a =pj

C*+O=a(*)
(*)

,(*>

Figure 9. Geometrical interpretation of the ART3 ?lgorithm.
If the / th inequality is being processed the following applies:
• If
a^
lies outside
the
hyperslab
denned
by
the
inequality
— pj
<+2ej ( 5 will be projected exactly onto the hyperplane
j
j
j
denned by Mj a — Pj — 0.
• IF a^ lies within the hyperslab denned by — e.j <
— pj < + tj the new iterate
same as a(
In all other cases
will be reflected in the nearer surface of the hyperslab defined
by —e ^ Mja —
It has not been proven that this algorithm will find the minimum norm solution, but it
is claimed by the designer [22] that by starting with an a (0) which has a small norm (for
instance a(<" = 0) one will arrive at a solution which is nearly minimum norm.
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IMPROVED TOMOGRAPHIC RECONSTRUCTION EM SEVEN-PINHOLE IMAGING
John W. van Giessen, Max A. Viergever and Cornells N. de Graaf
Abstract— Cardiac emission tomography using a seven-p inhale coUimator has
received only little appreciation as a diagnostic imaging technique. The main
reasons are the limited angular sampling of the seven-p inhole device and the
difficulties encountered in properly positioning the patient relatively to the
collimator/camera system. In order to overcome these problems, we have
developed a modified ART3 algorithm for reconstruction of the radioactivity
distribution in the heart. The method is very appropriate for seven-pinhole
tomography, as demonstrated by the quality of the reconstructions, by the
excellent point source resolution of the system response, and by a comparison to
two other suitable reconstruction tecfaiiques, viz., SMART and SIRT.

1. Introduction
Seven-pinhole (7P) tomography is a method of myocardial perfusion imaging
Introduced by Vogel and co-workers [1]. It is a low-cost method because it only requires
a simple collimator in addition to a conventional gamma camera system. Yet, sevenpinhole imaging has not gained wide appreciation in nuclear cardiology practice. The
limited angular sampling of the device has prevented reconstructed images from having a
quality comparable to full angle tomography [2]. Also, positioning of the patient relative
to the collimator is critical for successful reconstructions.
The purpose of this paper is to discuss whether the potentialities of 7P tomography
have been fully investigated. We start by formulating the reconstruction problem in
mathematical terms; both a continuous version and a discrete version of the problem are
presented. We then argue that feasible reconstruction methods should be sought in the
class of discrete iterative techniques. Up to now, reconstruction of 7P images has been
performed almost exclusively on the basis of the SMART algorithm, which has been
proposed by the designers of the 7P device [3]. To answer the question as to whether this
algorithm is the best reconstruction method for this application, we compare it to two
other iterative techniques, namely SIRT (to which SMART bears some similarities) and a
modified version of ART3. Furthermore, we introduce a new operator to postprocess the
reconstructed tomograms.
Our Intention is to convey that the ART3-based reconstruction algorithm, extended
with the postreconstruction operator, renders it worthwhile to reconsider the use of 7P
tomography as a standard clinical imaging technique for the heart.
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2. Imaging system and processing system
The collimator consists of a lead pinhole plate, located at 127 mm from the camera
crystal, with seven pinholes of 7 mm diameter. The centre of the central pinhole is
situated on the optical axis of the system (see Fig. 1).
optical axis(z-ajiis)
reconstruction
volume

Figure 1. Schematic representation of the imaging system and the reconstruction volume.
Dimensions are given in the text. The division of the reconstruction volume
into slices parallel to the detector face, which is characteristic of longitudinal
tomography, is also outlined. For simplicity's sake we show here a division
into three slices; in the computations eight slices are used.
This pinhole has a conical 53° field of view, perpendicular to the crystal face. The six
peripheral pinholes are spaced evenly at 63.5 mm from the axis; they have a conical 45°
field of view, converging inwards at 26.5". The seven-pinhole collimator is used in
combination with a wide-field C380 mm effective diameter) Anger camera with an
intrinsic resolution of 4 mm. Following intravenous injection of a suitable radionuclide
(i.e., 201Tl), this configuration records seven projected images of the radioactivity
distribution in the myocardium and its surroundings. The projections are nonoverlapping
owing to lead septa placed between adjacent pinholes (see Fig. 2). The pencil-shaped
volume simultaneously viewed by the projection sectors through the corresponding
pinholes is the reconstruction volume (Figs. 1 and 3). The camera should be positioned
such that the heart falls entirely within this simultaneous field of view (SFOV).
The software for processing the data produced by the imaging system is implemented
on a HP-1000F minicomputer. The package is divided into three parts: preprocessing,
reconstruction, and postprocessing. Pictures, both raw projection data (input) and
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hole
collimator
shielding

pinhole plate

Figure 2. Cross-section of the camera hull, the detector, and the seven-pinhole
collimator.
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Figure 3. The eight reconstruction slices in the simultaneous field of view (SFOV). The
dashed lines are the boundaries of three projection cones (one central, two
peripheral).
reconstructed tomograms (output; see Fig. 3 for the arrangement of the slices within the
SFOV), are displayed by a video image processor, linked to the minicomputer.
In the next two sections we will formulate the reconstruction problem in mathematical
terms and point out the necessity of iterative reconstruction techniques.
3. Continuous formulation of the reconstruction problem
The branch of optics which is characterized by the neglect of the wavelength is known
as geometrical optics. In this approximation the optical laws may be formulated in the
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language of geometry; diffraction phenomena are negligible. The energy may then be
regarded as being transported along rays. The propagation laws of gamma particles can be
obtained in an analogous manner; in fact, a geometrical description is even more adequate
here, the wavelength of gamma radiation being of the order of 10~10 m (versus 10~7 m
for visible light).
In applying the concepts of geometrical optics to seven-pinhole tomography, the
following simplifications are introduced:
• Gamma photon production, photon interaction with tissue (mainly Compton
scattering), and photon detection are considered as deterministic rather than statistical
processes.
• Photons reaching the lead of the collimator plate are supposed to be absorbed. Both
Compton scattering and transmission of photons are ignored.
• Collimator and camera are regarded as ideal. That is, we neglect pinhole
nonuniformities, detector nonlinearity and nonuniformities, and penetration effects.
These inaccuracies are to a large extent compensated for in the reconstruction
procedure: the projection data are preprocessed by means of a nonuniformity correction
matrix which is obtained by flooding the system with a uniformly distributed sheet
source of the administered radionuclide [3].
• Patient movement relative to the imaging system is disregarded.
These assumptions will cause the model to deviate from the actual imaging process. In
section 4 we shall briefly discuss how these errors may be taken into account in the
reconstruction procedure.
The starting point for our geometrical consideration is Fig. 4.

normal to 6S

Figure 4. Radiation from a point source I to a surface element 85 at I 7 . R(X,Y)
denotes the distance between X and Y, 0(X ,Y) is the angle between XY and
the normal to 8S.
Let X be a gamma emitting point source and / (X ) the intensity of emission per unit
solid angle. The time-averaged amount of energy radiated from X through a surface
element 85 at Y can be expressed as

where 8 £2 is the solid angle which 85 subtends at X. By elementary geometry it follows
from Fig. 4 that
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Combining Cl) and (2) and taking the limit 85 -• 0, we find the energy density in Y as
a function of intensity of radiation in X:

) = lim | £ =

(3)

Note that allowance has been made for the orientation of the surface of measurement.
The energy density in Y is maximum if the ray XY is normal to the crystal face.
In going from the source point X to the image point Y, gamma photons may interact
with body tissue. The intensity is thus diminished along the ray. The amount of
transmission depends on the distance traversed in the body and on the attenuation
coefficient of the material encountered. In general, neither of these will be known.
Transmission through body tissue along a ray XY is, hence, included in the equations as a
function T(X ,Y) which as yet is left unspecified.
In addition to being absorbed or scattered by tissue, gamma quanta can be prevented
from reaching the detector by the lead of the collimator plate. Owing to the relevant
assumption made in the beginning of this section, transmission of a quantum is
completely determined by the location of the ray along which it travels and the geometry
of the collimator. The properties of the collimator are therefore represented by a window
function WiX ,Y), which may take on the values 0 or 1 depending on whether or not the
ray XY intersects the lead of the plate.
On taking into account the above effects, (3) becomes

where EA stands for attenuated energy density.
Integration of (4) over the organ which we desire to investigate would yield the relation
between the intensity distribution in the organ and its projections on the detector.
However, since the exact location of the organ and its contours are not known, the
reconstruction is performed over a volume that encompasses all pertinent source points.
So we arrive at

where V is the pencil-shaped volume of Fig. 1 and P(y") is the count density at Y. The
equation holds good for any point Y on the face of the gamma camera.
Equation (5) is a Fredholm integral equation of the first kind. The continuous
reconstruction problem is to solve this integral equation for / , given projection data P.
The functions W, R, and cos© may be considered known; they are easily derived from
the object-instrument configuration. The transmission function T is unknown, though,
which complicates matters considerably.
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The choice of solution method is largely determined by the severely limited angular
range of the seven-pinhole imaging system. Herman [4] divides image reconstruction
methods into the following two catagories:
• Transform methods, which are related to the inverse Radon transform. For the
problem at hand, we would need an inversion to the attenuated Radon transform [5]
because of the unknown transmission function.
• Series expansion methods which aim to reconstruct the image using a finite set of basis
pictures.
In limited angle tomography, the Fourier transform of the projection data covers an
incomplete portion of the frequency domain. This in itself does not prevent a complete
reconstruction of the image, but the noise in the data produces errors which pose a
practical limit to the applicability of transform methods [6]. The view angle of the
seven-pinhole devioe is so small that this limit is substantially exceeded. In consequence,
we confine ourselves to series expansion methods of reconstruction.
4. Discrete formulation of the reconstruction problem
The nature of series expansion methods requires a discrete version of (5) as a basis for
the reconstruction. This is accomplished by discretizing both the measurement space (the
camera data) and the object space (the reconstruction volume).
The camera data are digitized in a 128x 128 pixel (picture element) frame; the pixels are
square elements, all having equal size. The count density is assumed to vary so little that
it may be considered constant within each pixel. The number of counts C ( y ) in the
pixel with centre Y is thus approximately
C(Y) = DP(.Y)

(6)

where D is the pixel area.
The division of the object space into volume elements (voxels, in analogy with pixels) is
more conveniently carried out in a specific coordinate system, viz., a rectangular Cartesian
coordinate system {.x ,y ,z) having its origin at the centre of the crystal face. The z -axis
is the optical axis of the system; the plane z = 0 is the crystal face, and the collimator is
located at z = d, while the x - and the y -axes coincide with the directions of the pixel
frame (but can be left further unspecified).
The reconstruction volume is divided into a number (AT) of slices parallel to the plane
z = 0. Let the n t h slice (1 < n < W) be bounded by the planes z = zn-i and ^ =• zn
as outlined in Fig. 1. Each slice is divided into Mn square elements, which have equal size
within one slice but may vary from slice to slice. The so-created voxels are denoted by
Vmn, their centres by Xmn, and the element volumes by A V n .
The integral equation (5) can now be written as

£ f nxror)wur)cos9Ur)^

C7)

The integrand in (7) is supposed to vary so little with X that in each voxel it may be
replaced with its value at the centre Xmn • Using the identity R = z/cos© and adopting

i
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the notation z = £„ for the z -coordinate Czn_i + zn )/2 of Xmn, we find
l ,K)W(Z mn ,K)cos

3

©U mn ,y)

(8)

This equation can be further simplified by recognizing that all rays contributing to one
pixel value pass through the same pinhole. Consequently, the angle 0 in (8) depends to a
good approximation on Y only.
"We define modified projection data by
QOO

COO

(9)

Z) cos3© GO

In the reconstruction procedure, this cos3© scaling need not be carried out explicitly. It is
included in the nonuniformity correction matrix by which the data are preprocessed (see
section 6).
Equations (8) and (9) jointly yield
TV

Mn

L Z

)r tfmn ,Y )w Umn ,Y )

(10)

Upon formulating this equation for each pixel, we arrive at the system of equations
Q = BI

(11)

where Q is an A^ -dimensional vector of modified projection data (Np is the number of
pixels), / is the Nv -dimensional vector of voxel intensities (7VV = £n^=i^n fe t n e
number of voxels), and B is a projection matrix of dimension NpxNv.
For computational reasons it is best to have a binary projection matrix (that is, a
matrix containing only element values 0 and 1). In order to accomplish this, we have to
drop the dependency on Y of the transmission function T. Such a simplification may
seem drastic, but feasible estimates of T in practice have been at least this crude [3]. In
particular we shall adopt a slice-by-slice attenuation correction; it is treated and validated
in section 6.
Now a modified intensity distribution can be defined by
AVn

(12)

giving
Q = WJ

(13)
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where W is binary-valued; It is the matrix-equivalent of the window function W(X ,Y).
The set of equations (13) is more than likely inconsistent, owing to noise in the
measurements and to the simplifying assumptions made in the description of the imaging
process. This means that the data vector Q lies not in the range (the column space) of W
or, put differently, that the equations have no exact solution.
Let the N. -dimensional vector E denote the difference between the left- and right-hand
sides of (13 J. We must then seek for an approximation A to J satisfying
Q-WA+E

(14)

Equations (13) and (14) are both discrete versions of the reconstruction problem. Based
on (14), the problem reads: given modified digitized projection data Q, estimate the
modified intensity vector A using criteria that minimize the error in some sense. The
original intensity distribution then follows from (12) upon substituting A for J,
provided we have a reasonable estimate of the transmission function.
Series expansion methods of image reconstruction can be either direct (i.e., noniterative)
or iterative. Direct methods have theoretical value, but are impractical for the problem at
issue (and for most other tomographic applications) from a computational point of view.
Suppose, for instance, that we use a least squares minimum norm criterion to solve (14);
that is, we aim at finding the minimum norm solution A of the associated normal
equation
WTWA = WTQ

(15)

It can be shown [7], that the sought estimate is
A = (WTW?WTQ

(16)

where the symbol t denotes the Moore-Penrose inverse.
The standard dimension of W in our computation is 8232x868, which is prohibitively
large for evaluation of (16) on a minicomputer. However, the matrix W is not just large.
It is also sparse, having only 2.6 percent nonzero entries. Iterative techniques make
essential use of this sparseness and are, hence, more suitable for seven-pinhole
tomography than direct methods.
In the next section we will compare three algorithms from the class of iterative
reconstruction methods: the simultaneous iterative reconstruction technique (SIRT) as
introduced by Gilbert [8], the simultaneous multiple angle reconstruction technique
(SMART) which has been proposed by the designers of the 7P device [3] as an
improvement to SIRT, and a modified version of Herman's ART3 algorithm [9] which we
named ART3H (the acronym ART stands for algebraic reconstruction technique).
5. Comparison of the algorithms

The comparison of the algorithms is carried out with five real objects: a point source
positioned on the axis of the imaging system, an F-shaped phantom, a heart phantom
with an infarct-simulating piece of silicone rubber (see Fig. 5), an array of point sources,
and an infarcted human heart (in vivo). No extra background activity was added to any
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Figure 5. Cross-section of the myocardium phantom. The two hatched (perspex)
components enclose a half-ellipsoidal space that can be filled with a radioactive
solution. The double-hatched (silicone) object can be placed in this space to
simulate an infarct.
of the four phantoms.
Four criteria are used to evaluate the three reconstruction techniques:
• Visual perception. After reconstruction of the objects, the quality of the results can be
judged on the basis of likeness to the original object, (visual) resolution, and presence
or absence of artefacts. Not all of these criteria apply to every object; for instance, the
reconstruction of a patient's heart cannot be compared to the original object.
• FWHM and linearity. We can determine point source FWHM (Full Width at Half
Maximum) resolution in the xy -plane (parallel to the detector) as well as in the z direction (along the system axis) by calculating least squares fits of the point source
reconstructions to 3D gaussoids. Furthermore, the displacements due to reconstruction
of the point sources both in-plane (dxy ) and in the z -direction (dz ) can be computed
using the Gaussoids to determine the source centre locations.
• Depth homogeneity. One of the objectives of tomographic reconstruction is to produce
quantitative images, which requires that depth homogeneity should be preserved. This
can be investigated by imaging and reconstructing an array of narrow spaced poin*
sources (all of the same intensity) which are located on the axis of the reconstruction
volume. Since we introduce the array of point sources only to evaluate depth
homogeneity of the three reconstruction techniques, we will not show the raw
projection data nor the actual reconstructions of this phantom.
• CPU time and computer storage requirements. In some cases, especially if the quality of
the tomograms is approximately equal for different algorithms, the time needed for
reconstruction and/or the storage requirements are important decision criteria from the
point of view of clinical practice.
The first algorithm we discuss is SMART, which was especially designed for the
reconstruction of 7P images. Before the reconstruction takes place, the raw projection
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data are preprocessed hi several ways. Seven projection submatrices are extracted from
the raw 128x128 picture; the image of a reference point source is used to select the
centres of the submatrices. These seven matrices are first corrected for spatial
nonuniformity by means of a calibration image obtained from a spatially uniform sheet
source. Next, a background correction is performed in the following way. For each of the
seven views, the pixel values below 50 percent of the maximum in that view are
averaged. This yields seven adaptive values which are extrapolated to fill out the
submatrices. A correction value based upon the average of the adaptive values is
subtracted from all matrices.
The reconstruction procedure starts by calculating a first approximation of the intensity
distribution in the object space using the so-called Impedance Estimator [3]. This
estimator is based on the circuit theory formula to combine impedances in parallel. The
resulting first estimate tomograms are smoothed by a nine-point operator, multiplied by a
slice-dependent attenuation correction factor and projected onto the detector plane along
the lines of sight of each pinhole. The count values in the reconstructed tomograms are
then adjusted so that the projection of the estimated object distribution has the same
number of counts as the original projection image. The difference between the new
projection and the original projection can be expressed by seven difference matrices. The
final reconstruction is obtained b> multiplying the difference matrices by a damping
factor of .26, backprojecting the resulting matrices into the object space, and adding the
result to the intensity distribution calculated by the Impedance Estimator.
The second algorithm we consider is normalized, constrained SIRT [8]. The mean voxel
intensity is used as initial distribution. SIRT is an iterative technique deduced from ART.
In one iteration cycle, ART adjusts each voxel value many times while accessing each pixel
only once; SIRT adjusts all voxel values only once per cycle while accessing the pixels
Cand their contributing voxels) several times. For each voxel, SIRT selects all pixels to
which the voxel contributes, averages the pixel values, then selects all voxels contributing
to these pixels, averages the voxel values, and, finally, adds the difference of the mean
pixel value and the mean voxel value to the intensity of the voxel at issue. During this
process, the voxel intensities are redefined as concentrations to prevent possible improper
scaling between pixel values and voxel values.
The algorithm has proven to be very capable of handling noisy data and (as a result) it
produces rather smooth reconstructions. This can be advantageous, but in the case of data
with a low noise level the resolution will be degraded. As emphasized in the discussion
above, the algorithm requires many manipulations to correct each voxel value. Therefore,
it is a computationally slow technique. Moreover, two matrices are required for the
reconstruction: the first provides us with the indices of the pixels belonging to a voxel and
the second gives us the indices of the voxels contributing to a pixel. Thus, the method
consumes a lot of computer storage. The best results hi our application were achieved
with three iteration cycles and with a relaxation parameter equal to i tin other words, no
relaxation).
The third algorithm (ART3H) is a modified version of Herman's ART3 [9].
Anticipating the results of the comparison, which will show that this modified ART3
algorithm is the most suitable technique for seven-pinhole tomography, and also because
of the modifications to be introduced, we will give this reconstruction technique some
more attention than the other two.
In order to apply ART3, (14) is rewritten as a system of inequalities:
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Q - e < WA < Q + e

(17)

where e is a tolerance limit for E. The inequalities are to be interpreted as being valid
component by component. The value of e can be estimated either experimentally or based
on knowledge of the method of data collection. It is important that the components of e,
on the one hand, are large enough to admit solutions; on the other hand, they must be so
small that the inequalities still provide us with information about the object to be
reconstructed.
The original ART3 iteration scheme reads [9]
(18)

where the initial distribution J 4 ( 0 ) is the result of the summation method applied to
(14). Furthermore, Wt is the ith row of the matrix W, \\Wt II is the l2 norm of Wt, and
the factor c/*^ is given by
0
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with i = Jfcmod(AO+l and 8ic*) = 4 € j /2 e n < f e r a / A ' ) ; N is the number of rows of the
matrix W.
We have introduced several modifications to the original algorithm:
• Constraining. The method outlined above allows reconstructed intensities to become
negative. Inasmuch as negative intensities are physically impossible, they are set equal
to zero after each iteration cycle (one iteration cycle has been completed after N steps,
in which i subsequently takes on the values 1,2 Af).
• Initialization. Instead of the outcome of the summation method we use A ( o ) = 0 as
initial intensity distribution. This saves vital CPU time while not affecting the results
noticeably.
• Relaxation. The correction term in (19) is multiplied by a relaxation factor r which
controls the speed of convergence. For noisy data, the optimum value for r has been
found to be 0.4.
• Random choice of rows. The speed of convergence of the algorithm increases
significantly if, in each iteration cycle, the rows are processed in a random sequence.
The optimum number of iteration cycles depends upon the quality of the results and
upon the reconstruction time. In our studies we used two cycles for noisy data (such as
the heart phantom and the infarcted human heart) and five cycles for data with relatively
little noise (such as the point source and the F-phantom).

• • • I .
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Another part of the algorithm that needs special attention is the way in which the
correction feedback to the voxels is taken care of. The correction applied to the voxels is a
function of the difference of the sum of the voxel intensities and the value of the
corresponding pixel on the one hand, and the estimated value of € [see (17)] on the other
hand. As the tolerance vector e, we take a vector of which all components are equal to a
constant (CONST). This implies that only CONST needs to be stored, which results in a
considerable reduction of required computer memory. The value assigned to CONST is
derived from the pixel values: for this particular application it is set equal to 0.1 times
the mode of the input data (the pixel value most frequently encountered).
The number of manipulations needed to correct the voxel intensities is small, and
therefore the algorithm is fast. Furthermore, only one matrix is needed during the
reconstruction, and so the algorithm consumes relatively little computer memory space.
However, the fact that the value of CONST, the number of iteration cycles, and the
relaxation parameter have to be optimized for each class of objects is a major disadvantage
of the ART3 algorithm.
6. Preprocessing and postprocessing
Before reconstruction with both the SIRT and the ART3H algorithm, the raw projection
data are preprocessed in a way similar to that described for the SMART algorithm.
Every clinical or experimental study is preceded by two calibration measurements: one
of a point source positioned at a fixed location in the SFOV and another of a uniform
radioactivity distribution (sheet source), which extends to well outside the SFOV. The
point source picture is employed to analyse the camera tuning, that is, the relation
between the camera spatial geometry and the computer data matrix geometry. The aim is
to spatially transform measured pictures in such a way that the projections exactly fit the
geometry expected by the reconstruction process. The parameters needed for the spatial
transformation are calculated on the basis of the seven point source projection centres.
The floodfield picture defines a correction matrix which has three purposes: to make the
projection data invariant to the angle of incidence of the rays (on the detector), to
compensate for gamma camera inhomogeneities, and to eliminate detector elements that
receive only a few counts during the sheet source measurement.
The actual pictures are then read, filtered with a bounding operator, spatially
transformed, and corrected for geometry by multiplication with the inverse of the
correction matrix. Finally —in the case of clinical pictures— a certain amount of
background is subtracted.
After the reconstruction process several corrections should be performed. First, a
correction for voxel size Is necessary. In the reconstruction process, amounts of activity
are calculated, whereas activity concentrations are to be evaluated. Second, the distances
from the various slices to the detector are different, which must be accounted for. These
two corrections are accomplished slice by slice.
A third correction concerns the attenuation of radiation by tissue. Attenuation
compensation is already a part of the SMART reconstruction procedure. For ART3H and
SIRT reconstructions, it is done afterwards: all voxels hi one slice are multiplied by the
same attenuation correction factor, which is set equal to the logarithmic average of the
lowest possible and the highest possible factor hi that slice.
"We have evaluated the errors made by off-line attenuation correction. In our
calculations the length of the path along which the photons traverse hi body tissue, and
thus the distance between the chest of the patient and the respective slices, plays an
important role. Table 1 demonstrates the results of computations on simulated data. The
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four columns labeled sen through spf show the effects of the attenuation compensation,
in the absence of distance and size corrections. All factors represent ratios of corrected
and uncorrected activity values; see the legend to the table for details. The attenuation
factors have only slight in-slice variations; hence, the error made by off-line correction is
insignificant.
d
40
40
40
70
70
70

n

sen

scf

spn

spf

1
5
8
1

1.43
1.86
2.59
1.13
1.48
2.05

1.51
2.05
3.01
1.19
1.62
2.38

1.46
2.04
2.83
1.14
1.56
2.19

1.54
2.24
3.26
1.21
1.72
2.54

5
8

Table 1. Correction factors for attenuation
d distance (mm) between the pinhole plane and the patient's chest
n slice number
sen attenuation correction factor in the central voxel in slice n at the surface nearest to the
collimator
scf attenuation correction factor in the central voxel in slice n at the surface farthest from
the collimator
spn attenuation correction factor in an edge voxel in slice n at the surface nearest to the
collimator
spf attenuation correction factor in an edge voxel in slice n at the surface farthest from the
collimator
We shall also discuss the effects of processing the resulting tomograms by an operator
which we gave the acronym FIZEVO (Find ZEro VOxels). This operator searches for all
voxels seen by zero-valued pixels: for each zero-valued pixel, the voxels in the
corresponding ray are set equal to zero (that Is, if they are not zero already) except for the
voxel with the highest intensity in the ray, the value of which is left unchanged.
Although it would seem more logical to assign the value zero to all voxels seen by zerovalued pixels, the operator described here has a decidedly better effect upon the
reconstruction. Apparently, the highest intensity voxel in a zero-pixel ray often has a
non-negligible value. The fact that this occurs may be attributed to the Poisson statistical
nature of gamma emission or to scattering processes. Since removing nonzero voxels from
the reconstruction process (resulting in ragged object boundaries) clearly does more
damage to the image than taking zero-valued voxels into account, the procedure as
described above was followed.
7. Results
In this section we present the reconstruction experiments and the results obtained with
the three reconstruction techniques.
Fig. 6 shows the raw projection data of the point source, the F-phantom, the heart
phantom, and the infarcted human heart. Before reconstructing the patient data with
ART3H and SIRT, 30 percent background will be subtracted. SMART has background
subtraction included in its algorithm as outlined in section 5.
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(b)

(c)

(d)

mm
#%
Figure 6. Images of raw projection data acquired with the 7P collimator. (a) Point
source on the z -axis of the imaging system, (b) F-shaped phantom, parallel to
the detector, (c) Heart phantom containing an infarct-simulating piece of
silicone rubber, (d) Infarcted human heart (in vivo).
Fig. 7 presents the reconstructions of a single point source. Of the three algorithms,
ART3H produces the best (visual) resolution in the z -direction. The FIZEVO operator
has a very positive effect upon the SIRT reconstruction and also improves the SMART and
the ART3H reconstructions.
Table 2 shows the results of FWHM resolution measurements and linearity studies
performed upon the reconstructed point sources. The table confirms the conclusions
drawn from Fig. 7 concerning resolution In the z -direction and, moreover, tells us that
the ART3H reconstruction has the best resolution in the xy -plane. Applying FIZEVO
improves the FWHM resolution hi all three cases. We would like to emphasize that point
source FWHM measurements are not necessarily representative of extended source
resolution; they can only be interpreted as an indication of the system resolution. As
concerns the displacements, these are so small (except that in the z -direction using the
standard SIRT algorithm) that they will not affect the reconstruction noticeably.
Fig. 8 shows the reconstructions of the F-phantom. The ART3H reconstruction is sharp
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Figure 7. Reconstructions of a single point source. The reconstructed tomograms are
stored from left to right and from top to bottom (the upper left slice is nearest
to the detector). Each of the slices is encompassed by a circle to indicate its
boundary. The point source was positioned on the axis of the imaging system
at 127 mm from the collimator (in slice 5 but near slice 6). (a),(b)
Reconstructions of the ART3H algorithm without and with FIZEVO,
respectively. (c),(d) As (a),(b) for the SIRT algorithm. (e),(f) As (a),(b) for
the SMART algorithm.
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Algorithm
ART3H
ART3H + FIZEVO
SIRT
SIRT + FIZEVO
SMART
SMART + FIZEVO

fxy

6.9
6.9
7.5
6.9
7.3

6.9

fz
7.1
6.7

12.7
7.8
9.9
7.8

dxy
1.2
1.1
1.4
0.6
1.1

0.5

dz

+0.8
+1.1
-9.8
+0.5
-2.0
+0.9

Table 2. FWHM resolution measurements and linear displacements (in mm)
fxy FWHM resolution parallel to the detector plane
fz FWHM resolution parallel to the system axis
dxy displacement parallel to the detector plane
dz displacement parallel to the system axis
and clear, although it contains some artefacts. The SIRT algorithm and, albeit to a lesser
extent, the SMART algorithm tend to smear out the object, which results in a rather
blurred reconstruction with unsharp boundaries and bad resolution in the z -direction.
For SIRT and SMART, application of the FIZEVO operator leads to a degradation of shape
(see (e) and (f), slice 2). The influence of FIZEVO upon the ART3H reconstruction is
relatively small; the operator merely deletes some artefacts.
Fig. 9 presents the reconstructions of a heart phantom with an infarct-simulating piece
of silicone rubber. The ART3H reconstruction is somewhat blurred by the presence of
artefacts. Applying FIZEVO to this reconstruction results in a sharp picture which
clearly shows the place where the piece of rubber is positioned, 'he SIRT algorithm
produces an unsharp reconstruction and even smears out the object outside the boundaries
of the tomograms (see (c), slices 1-4). For the FIZEVO operator performed upon the SIRT
reconstruction, the same applies as in the case of the F-phantom, especially in slices 1-4
where boundary degradation occurs. The SMART reconstruction is nice and smooth, but
the resolution is somewhat less than that in the ART3H + FIZEVO reconstruction. The
effect of FIZEVO upon the SMART reconstruction is very small.
Fig. 10 presents the reconstructions of patient data. The ART3H algorithm seems to
produce results with a good resolution but, just as in the case of the heart phantom, the
quality of the reconstruction is degraded rather severely by the presence of artefacts.
FIZEVO takes away most of the inconvenient artefacts, and so yields sharp and clear
tomograms which show that there is an area of diminished uptake (in this case an infarct,
as can be inferred from comparing stress and redistribution studies) in the
inferior/posterior wall of the left heart muscle. The SIRT algorithm produces a very
smooth reconstruction with a low resolution. The infarct can only be detected in the last
two slices. The same applies for SMART; the film of background noise can be ascribed to
the specific SMART background subtraction procedure. The FIZEVO operator has a
positive influence both upon the SIRT and upon the SMART reconstructions, which now
reveal that the infarct extends into slices 5 and 6. On the other hand, some unfamiliar
shapes appear, especially in the first three slices of the SIRT reconstruction.
The result of the depth homogeneity studies performed upon the array of point sources
is presented in Fig. 11. For reasons of clarity we only show the results for
reconstructions without FIZEVO. ART3H obviously has a good depth homogeneity,
while the SIRT and SMART reconstructions are poorer in this respect. Applying FIZEVO
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Figure 8. Reconstructions of the F-phantom. The F-phantom was placed in between the
second and the third slice. (a),(b) Reconstructions performed using ART3H
without and with FIZEVO, respectively. (c),(d) As (a),(b) for SIRT. (e),(f)
As (a),(b) for SMART.
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Figure 9. Reconstructions of a heart phantom with an infarct-simulating piece of silicone
rubber. The piece of rubber is positioned on the right-hand side of the
phantom and extends from the fourth to the eighth slice. (a),(c),(e)
Reconstructions without FIZEVO (ART3H, SIRT, and SMART, respectively).
Cb),Cd),(f) As (a),(c),(e) with FEEVO.
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Figure 10. Reconstructions of an infarcted human heart. The slices show the activity
distributions perpendicular to the axis of the left ventricle, from apex (top
left, slice 1) to base (bottom middle, slice 8). Within each slice the anterior
wall is at the top, the inferior wall at the bottom, the septum left and the
lateral wall right. (a),(c),(e) Reconstructions performed without FEEVO
(ART3H, SIRT, and SMART, respectively). (b),(d),(f) As (a),(c),(e) with
FIZEVO.
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Figure 11. Depth homogeneity of the reconstruction techniques without FIZEVO. The
plotted intensities are the sums of counts within the reconstructed point
source regions, normalized on slice thickness.
to the reconstructed images deteriorates the depth homogeneity for the SIRT and SMART
reconstructions even more, and has almost no effect upon the ART3H reconstruction.
Table 3 gives an indication of the CPU time needed for the reconstructions and the
computer memory required by each algorithm.
Algorithm
ART3H
ART3H + FIZEVO
SIRT
SIRT + FIZEVO
SMART
SMART + FIZEVO

CPU time(s)

Storage(Kbytes)

16
17
175
176
19
20

202
202
372
372
387
387

Table 3. CPU times and storage requirements of the three algorithms on an HP 1000F
minicomputer
SIRT is obviously a slow algorithm, using approximately 10 times as much CPU time
as the other two algorithms. ART3H is computationally the fastest, but SMART is only
slightly slower. The storage requirements for SIRT and SMART are similar. ART3H is
the most computer storage friendly algorithm of the three, using only about half as much
memory as the others.
8. Conclusions and discussion
In this paper we have investigated which method of reconstruction is the most suitable
for seven-pinhole cardiac emission tomography.
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Our starting point has been a mathematical description of 7P tomography. The
continuous form of the image reconstruction problem is useful as a basis for solution
methods relating to Radon's inversion formula. These methods are not suitable for the
present application, however, owing to the incomplete angular sampling of the device. It
is shown that, under mild restrictions, a discrete description of seven-pinhole tomography
can be obtained in terms of a set of linear algebraic equations with a binary coefficient
matrix. The solution of these equations is most efficiently achieved using an iterative
method.
We have analyzed three iterative reconstruction techniques: SMART, SIRT, and ART3H.
In addition, we have examined the result of applying a special operator (FIZEVO) upon
the reconstructions. FIZEVO can be considered as a shadow elimination technique. It is
introduced because it deletes some of the artefacts in the reconstruction (owing to the
small angle of view of the 7P device) without loss of essential information.
The ART3H algorithm produces high resolution reconstructions with a good depth
homogeneity. However, the reconstructions contain artefacts, especially if the noise level
of the input data is high. The method is fast while using relatively little computer
storage. A disadvantage of this algorithm is the fact that for each class of objects, several
parameters such as the number of iterations, the relaxation parameter, and the value of
the tolerance limit of the error have to be optimized.
The SMART algorithm produces quite acceptable reconstructions and is almost as fast
as ART3H, but uses twice as much computer storage.
The SIRT algorithm produces definitely poorer reconstructions than ART3H and
SMART, especially for the point source, the F-phantom, and the heart phantom. The
quality of the heart reconstruction is closer to the ones obtained by the other techniques,
partially owing to the background correction which is the same as in the ART3H
technique. The depth homogeneity studies performed upon the array of point sources
shows that in this respect SIRT is not as good as ART3H but slightly better than SMART.
The influence of FIZEVO on SMART and SIRT reconstructions is twofold. On the one
hand, it improves resolution as well in the xy -plane as in the z -direction; on the other
hand, it sometimes resets too many voxel intensities to zero, resulting in unfamiliar
shapes in some of the tomograms. Application of FIZEVO on the tomograms
reconstructed with ART3H has a very positive influence, especially in the case of noisy
data. It appears that the FIZEVO operator produces better results when applied in
conjunction with a reconstruction technique with good resolution. In that case it will
hardly influence any of the voxels belonging to the true object and only reset artefactual
nonzero voxel intensities to zero.
Considering all our studies, we conclude that our ART3H + FIZEVO algorithm is the
most appropriate reconstruction technique for 7P tomography because it combines a high
resolution reconstruction technique (ART3) with the FIZEVO operator, which removes
the disadvantages of high resolution (artefacts). Moreover, the results presented in this
paper show that the merits of the 7P system have not as yet been fully recognized. It
seems worthwhile to reconsider the use of 7P tomography as a standard clinical imaging
technique for the heart.
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SEVEN-PINHOLE TOMOGRAPHY OF THE THYROID
John W. van Giessen, Max A. Viergever and Cornells N. de Graaf
Abstract— In this paper we introduce a new application of the seven-pinhole
(IP) collimator: tomographic imaging of the thyroid. The collimator design has
been re-optimized for this particular application by diminishing the distance
from the collimator plate to the crystal and by choosing a smaller pinhole
diameter. To reconstruct thyroid images from the two dimensional projection
data we use a method which we developed for IP tomographic imaging of the
heart [l]. Phantom experiments and patient studies demonstrate that this new
device is capable of producing tomographic images of good quality and high
resolution. Therefore, it seems to offer a promising alternative to conventional
planar imaging of the thyroid (using a single pinhole collimator).

1. Introduction
Seven-pinhole imaging of the heart (using Tl-201 or Tc-99m) is a simple and cheap
way of obtaining tomographic information about possible ischaemic or infarcted areas of
the heart muscle.
Apart from the obvious and well-known drawback which applies to all limited angle
tomography systems (i.e., poor depth resolution for extended sources), the method has
several disadvantages, however, which is why the 7P collimator has not gained wide
appreciation. Patient positioning, for instance, is very critical. Incorrect positioning may
result in bad, sometimes even nonsensical, reconstructions, especially if the reconstruction
algorithm is based on a priori information about the images that can be expected.
Furthermore, the choice of algorithms is limited. Although the limited angle of view in
itself does not prevent a proper reconstruction of the projection data, the fact that gamma
radiation follows Poisson statistics and also is scattered and attenuated, produces so much
noise in the data that transform methods of reconstruction can not be used. A third,
perhaps even more severe disadvantage is the fact thct background activity accumulated
from surrounding tissue structures will produce artefacts. Therefore the quality of the
reconstructions depends greatly upon the way in which the background is subtracted.
Nevertheless, we have shown that reconstructions of a reasonable quality can be
obtained by using a suitable iterative algorithm [1].
If the 7P collimator is applied to perform thyroid tomography, the above mentioned
objections will not apply to the same extent:
• The dimensions of the thyroid are much smaller than those of the heart. By not
altering the diameter of the circle on which the six peripheral pinholes are located,
patient positioning is rendered non-critical.
Manuscript received Januari 18,1986; revised April 23, 1986.
J.W. van Giessen and M.A. Viergever are with the Department of Mathematics and Informatics, Delft
University of Technology, 2628 BL Delft, the Netherlands.
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• By re-optimizing the 7P collimator design such that the thyroid can be brought nearer
to the aperture plate, the angle of view can be enlarged. This advantage will be partly
undone by the fact that gamma rays emitted by source points very near the collimator
can have a large angle of Incidence upon the Nal crystal. In practice, this results in less
accurate xy position detection of the incoming gamma quanta.
• The thyroid, apart from being a small organ, also lies close beneath the surface of the
skin. We therefore expect that the effects of scatter and absorption will be less than in
the heart configuration.
• Furthermore, the amount of background activity will be smaller than in the heart
configuration and, therefore, will have less influence upon the quality of the
reconstructions. In particular, we expect very little background radiation if a
thyroid-specific radionuclide as e.g. 1-123 is used.
The intent of the present paper is to demonstrate the feasibility of this new 7P device
for thyroid tomography. We shall first discuss the results of phantom studies. These
Include an investigation into linear displacements of point sources by the reconstruction
procedure, point source and line source FWHM resolution measurements, and a study of
depth homogeneity along the system axis. Next, we shall present the reconstructions of
two patient studies, one of which was recorded using Tc-99m and the other using 1-123.
2. Collimator design and hardware peripherals
The 7P heart collimator (as proposed by Vogel et al. [2]) can, in principle, be used for
imaging the thyroid. The reconstructions so obtained will, however, not be very
satisfying because the system configuration has been optimized for the heart geometry.
The geometrical design has been re-optimized in such a way that the organ under
investigation can be positioned closer to the collimator which, together with choosing a
smaller diameter for the pinholes, will result in improved resolution throughout the
simultaneous field of view (SFOV) of the system. Accordingly, the distance between
collimator and detector has been diminished to get a proper magnification factor for the
projection of the thyroid upon the crystal surface. In order to make positioning in the
lateral and transversal directions non-critical the spacing between the one central and the
six peripheral pinholes has not been changed. The differences between the heart
collimator and the thyroid collimator are demonstrated schematically in Fig. 1.
The SFOV is divided into 8 slices of 7.5 mm thickness beginning at 41.3 mm from the
collimator midplane, that is 35.5 mm from the outer surface of the collimator plate (see
Fig. 2). Normally, the deterioration of the resolution with increasing distance to the
collimator is taken into account by using slices with increasing thicknesses. In clinical
practice, however, a non-constant slice thickness makes quantitative evaluation of the
reconstruction more difficult.
The projection matrix, which gives the relation between detector elements (pixels) and
corresponding volume elements in the object space (voxels), has been built up under the
assumption that each pixel "sees" nine voxels in each reconstruction plane. This results in
voxels with small dimensions in the x- and y -directions, which is necessary to make
good in-plane resolution possible.
The in-plane voxel size varies from 3.1 mm in the first slice (nearest to the colhmator)
to 6.1 mm in the last slice. These sizes are approximately a factor of 2 smaller than the
corresponding ones in the heart configuration [1,3]. This reflects the fact that we expect a
better resolution of the present device.
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Figure 1. The heart colllmator (top) and the thyroid colllmator (bottom). The dashed
lines encompass the simultaneous field of view (SFOV).
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Figure 2. The eight reconstruction slices in the simultaneous field of view. The dashed
lines are the boundaries of three projection cones (one central, two peripheral).
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The 7P colllmator is mounted on a large field of view gamma camera with an intrinsic
resolution of 4.0 mm. The processing software is implemented on a standard 16 bit
minicomputer in FORTRAN-77. Both the input data and the reconstructed tomograms
can be displayed on a video image processor linked to the minicomputer.
3. Data processing
Before reconstruction, the raw projection data should be preprocessed in two ways (for
a more elaborate discussion we refer to our previous paper on 7P tomography of the heart
[ID:
• The 7P projection of a reference point source is used to spatially transform raw
projection data such that they will fit the configuration expected by the reconstruction
software.
• The image of a sheet source is used to correct for system geometry (i.e., to make the
projection data invariant to the angle of incidence of the rays on the detector) and to
compensate for gamma camera inhomogeneities.
After reconstruction, the tomograms should be postprocessed individually to correct for
voxel size, distance to the collimator and, if appropriate, attenuation. These corrections
could be performed on-the-fly (that is, during reconstruction) involving a certain amount
of extra CPU time. The accuracy of the reconstruction, however, is not improved
significantly by on-the-fly correction [1].
The reconstruction algorithm is a modified version of Herman's ART3 [4]. We gave our
algorithm the acronym SEPTO-T, which stands for SEven Pinhole TOmography of the
Thyroid. An almost identical version of this reconstruction technique has been
thoroughly discussed in one of our previous papers (where it was called ART3H) [1], so
here we confine ourselves to discussing SEPTO-T's most important characteristics. The
algorithm is a row action method which means that in each iteration one raysum is
adjusted by correcting all voxels contributing to the relevant pixel. In one iteration cycle
all pixels are accessed once. The rays are accessed in a random sequence to improve the
speed of convergence. The number of manipulations needed to correct the voxel
intensities is small and therefore the algorithm is fast. Furthermore, the algorithm
consumes little computer memory space as compared with other iterative algorithms [l].
Best results were achieved with a zero initial distribution, a relaxation factor of .4 for the
correction feedback to the voxel intensities, and constraining negative reconstruction
values to zero after the reconstruction. The optimum number of iteration cycles depends,
among other things, on the noise in the data and differs for each class of objects.
An extra step in the reconstruction consists of processing the resulting tomograms by an
operator which we gave the acronym FEEVO (Find ZEro VOxels). This operator searches
for all voxels seen by zero-valued pixels: for each zero-valued pixel the voxels in the
corresponding ray are set equal to zero (that is, if they are not zero already) except for the
voxel with the highest intensity in the ray, the value of which is left unchanged.
Although it would seem more logical to assign the value zero to all voxels seen by zerovalued pixels, the operator described here had a decidedly better effect upon the
reconstruction in our heart studies [l],
4. Experiments
In order to evaluate the performance of the Imaging system in combination with the
reconstruction algorithm, a number of experiments have been performed:
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• Phantom studies. We used five real objects to evaluate the performance of the system
in terms of quality of the reconstruction (likeness to the original object, visual
resolution and presence or absence of artefacts):
— A point source. In all point source measurements a small Co-57 emitter (diameter
.4 mm) was used.
— An F-shaped phantom consisting of a combination of Co-57 line sources (about 1
mm thick) in the shape of an F, of which width and height are approximately 50
mm (the line sources are enclosed by two perspex plates).
— An array of narrowly spaced Co-57 point sources (all of the same intensity and
positioned on the system axis with a spacing of 3.75 mm). In fact, the projection
data of this array of point sources are obtained by adding (on a pixel by pixel
basis) the projection data of a sequence of single point sources.
— A line source consisting of a capillary filled with a radioactive solution. The
capillary has a diameter of 1 mm and is approximately 50 mm long. It is enclosed
by perspex plates of 0, 10, 20 and 40 mm thickness respectively. The capillary
experiments were carried out with 1-123 and with Tc-99m.
— A thyroid phantom with three cold spots and one hot spot. The phantom, which
has a rather complicated design, is shown in Fig. 3. All of the thyroid phantom
measurements were performed twice: once using Tc-99m and once using 1-123.
• FWHM and linearity studies. We can determine point source FWHM (Full Width at
Half Maximum) resolution in the xy -plane (parallel to the detector) as well as in the
z -direction (along the system axis) by calculating least squares fits of point source
reconstructions to three-dimensional (3D) gaussoids. Furthermore, the displacements
due to reconstruction of the point sources both in-plane (dxy) and in the z -direction
(dz) can be computed using the gaussoids to determine the source centre locations.
These FWHM and linearity studies should be performed with point sources that have
a very small diameter. In order to assess the resolution of the system for
radionuclides that do not lend themselves to making a small point source (such as I123 and Tc-99m), we also use a capillary glass tube to simulate a line source.
• Depth homogeneity studies. One of the objectives of tomographic reconstruction is to
produce quantitative images which requires that depth homogeneity should be
preserved. Whether this holds true for the present device can be derived from the
voxel intensities in the reconstruction of the array of point sources.
• Patient studies. So far, we have recorded data from more than 20 patients. Since this
paper is intended to be a technical study, we will not indulge ourselves in an extensive
description of all these studies. Two studies have been selected (one using Tc-99m and
one using 1-123) to demonstrate the performance of the system on real patient data.
In a clinically oriented follow-up paper we will give a more balanced medical
evaluation of the present device.
5. Results
In this section the results of the experimental studies are discussed.
In Table 1 the results of the linearity studies are presented: the calculated
displacements have an average of 0.6 mm (standard deviation - 0.4 mm) In the r e direction and 0.5 mm (s.d. - 0.4 mm) hi the z -direction. Hence, the reconstruction will
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Figure 3. The thyroid phantom. Top : frontal view of the phantom. Middle : crosssection PP. Bottom : cross-section BB.
The following features can be distinguished:
• Three cold spots indicated (1), (2) and (3) having diameters of 6, 9 and 12
mm, respectively.
• A 'cold block' of perspex (4).
• A local hot spot (5) of 12 mm diameter, consisting of a cylindrical hole in the
perspex block and having the same activity as the rest of the phantom.
not be seriously affected by nonlinearities.
Table 2 shows the results of the resolution measurements for point sources in air (no
surrounding scattering medium). The average of the in-plane resolution fxy is 4.9 mm
with a standard deviation of 0.3 mm. The z resolution fz average 5.6 mm (s.d. - 0.8
mm). Hence, in-plane resolution and depth resolution are almost equal. Moreover, these
calculations indicate that, as expected, fxy and fz figures are correlated with the distance
from the point source to the collimator: the nearer to the aperture plate, the better the
resolution.
The poor depth resolution for extended sources is one of the greater drawbacks of
incompletely sampled systems as the 7P device. It would, therefore, be interesting to
show and discuss the in-depth point response function since this would help to
understand the performance of the system in the case of an extended source. However,
the severe undersampling of the object volume in the z-direction (7.5 mm slices) precludes
a reliable calculation of the in-depth point response function.
In Table 3 the line source FWHM resolution figures for the capillary tube (surrounded
by perspex plates of different thicknesses) are presented. Compared with the FWHM
figures of the point source located at 60 mm from the collimator, the line source FWHM
data are not quite as good. This can be ascribed (partially) to the fact that the diameter
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z
52.5
60.0
67.5
75.0
82.5
90.0

dxy
1.5
1.4
0.9
0.4
0.4
0.3

r-0
dz
0.5
0.5
0.3
0.5
0.7
1.4

r-20

r-10

r=30

r=40

dxy

dz

dxy

dz

dxy

dz

dxy

dz

0.2

1.1

0.7
0.6
0.3

0.9
0.1

0.5

0.3

0.0
0.2

0.0

0.7

0.7

0.4

1.2
0.4

0.8
0.3

0.3

0.0

0.7

0.2

0.2

0.5

1.0

Table 1. Displacements of point sources throughout the SFOV by the reconstruction
procedure (in mm)
z distance (mm) from the point source to the pinhole plane
r distance (mm) to the detector axis
dxy displacement parallel to the detector plane
dz displacement parallel to the system axis

z

52.5
60.0
67.5
75.0
82.5
90.0

fxy
4.4

4.6
4.8
5.0
5.1
5.3

r-0
fz
4.9
4.7

fxy

r-10
fz

4.6

4.2

5.2
5.9
6.5
7.1

5.1

6.8

fxy

r-20
fz

fxy

r=30
fz

4.5
4.7
4.8

4.5

4.6

4.9

5.2
5.6

4.9

5.6

5.2

6.5

5.3

6.5

r=40
fxy

fz

4.7
4.8
4.8
5.0

5.1
5.3
5.7
6.1

Table 2. FWHM resolution values for point sources in air (in mm)
z as in Table 1
r as in Table I
fxy FWHM resolution parallel to the detector plane
fz FWHM resolution parallel to the system axis
of the line source (both in the x -direction and in the z -direction) is .6 mm larger than
that of the point source. Furthermore, these figures indicate that, at least for a well
defined and small phantom, the reconstruction algorithm is not sensitive to (a certain
amount of) scatter in the data. For bigger and more complicated phantoms, however, the
influence of scatter will definitely be more pronounced.
The result of the depth homogeneity study performed on the array of on-axis point
sources is shown in Fig. 4. Depth homogeneity is certainly not uniform along the axis of
the system, especially because there is an unexpected jump in intensity from the second to
the third plane. It should be mentioned that the reconstruction quality of the array of
point sources is particularly sensitive to the setting of the ART parameters (e.g., the
number of iterations). If the parameters are not set correctly, very bad reconstructions
may result. This is a good place to emphasize that a disadvantage of our iterative
algorithm is the fact that the convergence rate is source dependent so that the
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radiotracer
Tc-99m
1-123

fxy

5.3
5.2

t-0
fz
5.2
5.3

fxy

5.4
5.1

t-10
fz
5.6
5.1

fxy

5.8
5.1

t=20
fz
5.0
5.5

fxy

5.6
5.3

t=40
fz
5.6
5.3

Table 3. FWHM resolution values for a line source placed at 60 mm from, and parallel
to, the collimator-midplane (in mm)
t thickness (mm) of the surrounding perspex plates
fxy FWHM resolution parallel to the detector plane
fz FWHM resolution parallel to the system axis

b

S
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60

70

80

distance to collimator (mm)

Figure 4. Depth homogeneity of the imaging device (including reconstruction). The
plotted intensities are the sums of counts within the reconstructed point source
regions.
reconstruction parameters have to be optimized for each class of objects.
All of the above results were obtained without the FIZEVO operator. FIZEVO is a
nonlinear operator and therefore can diminish depth homogeneity. This is especially true
when the reconstructed object is very small in the xy -direction (as is the case for the
array of point sources). Also, In the case of single point source reconstructions, FIZEVO
will sharpen up the point source, which results In better, but somewhat flattered, FWHM
figures.
Fig. 5 shows reconstructions (without FIZEVO) of the (calibration) pointsource, the
array of point sources, the line source and the F-phantom. The point source
reconstruction confirms that the resolution of the system is very good (considering the
fact that the intrinsic resolution of the Anger camera is 4.0 mm an average point source
resolution of 5.3 mm in the object space is very good indeed). The reconstruction of the
point source array shows that the depth homogeneity of the system Is not perfect: the
first two slices (nearest to the collimator) have a lower intensity than the other slices.
The reconstruction of the horizontal line source and of the F-shaped phantom are both
sharp and clear and contain almost no artefacts.
Fig. 6 shows the same reconstructions as Fig. 5 but now with application of the
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Figure 5. Reconstructions of the various phantoms without FIZEVO. Top left : point
source on the axis of the imaging system at 60 mm from the collimator
midplane. Top right : linear array of on-axis point sources spaced at 3.75 mm
intervals. Bottom left : line soi rce (filled with a 1-123 solution and
surrounded by perspex plates of 10 mm thickness). Bottom right : F-shaped
phantom, placed parallel to the detector at 60 mm from the collimator
midplane.
The reconstructed tomograms are stored from left to right and from top to
bottom (the upper left slice is nearest to the collimator). Each of the slices is
encompassed by a circle to indicate its boundary.
FIZEVO operator. For the point source, the line source and the F-phantom this operator
deletes some of the artefacts without noticeably influencing the object itself. The effect of
the operator on the reconstruction of the array of point sources is, on the contrary, quite
large and not at all positive.
Fig. 7 shows thyroid phantom reconstructions both for 1-123 and Tc-99m. The
calculations were performed without and with the FIZEVO operator, respectively. The
reconstruction of the thyroid phantom filled with a Tc-99m solution is quite good. Two
cold spots can be clearly distinguished, the third one however is too small (6 mm in
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Figure 6. Reconstructions with FIZEVO of the point source (top left), the array of point
sources (top right), the line source (bottom left) and the F-phantom (bottom
right). See the legend to Fig. 5 for further details.
diameter) to be detected. This illustrates the well-known fact that point source
resolution is only an indication of the overall (extended source) resolution of the device.
Comparing the fourth and the fifth slice, one can clearly distinguish a ramp in the perspex
phantom, such that in the fifth plane there is no activity in one half of the phantom
(except for a hot spot).
The 1-123 reconstructions of the phantom are not as good as the Tc-99m
reconstructions. 1-123 induces more scatter than Tc-99m, owing to high energy gamma
photons from competing transitions in the 1-123 decay and (possibly) from radioactive
impurities in the radiopharmacon. These high energy photons, whilst hardly interacting
with the molecules in the perspex, will induce compton scatter in the material (lead) of
the collimator plate. For patient studies, however, the above mentioned disadvantage of
1-123 in comparison to Tc-99m will be more than undone. Because of its high specificity
for the thyroid, 1-123 will be taken up by surrounding tissues only to a very limited
extent. Consequently, there will be only a small contribution of background radiation in
the 1-123 detector image; the Tc-99m projection data will be corrupted with background
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Figure 7. Reconstructions of the thyroid phantom filled with a Tc-99m solution (top)
and with a 1-123 solution (bottom). Left : without FIZEVO. Right : with
FIZEVO.
to a much larger degree.
Fig. 8 shows patient studies both for 1-123 and Tc-99m. The reconstructions were
carried out without and with the FIZEVO operator, respectively. For both studies the
data acquisition time was 15 min (this is approximately half of the time needed for a
conventional three-view thyroid scan using a single pinhole collimator). The images
clearly show that Tc-99m has a large drawback in that it induces a lot of1 background.
The slightly more scatter as experienced by 1-123 radiation is of less importance. This
picture is confirmed by the other available patient data. Consequently we conclude 1. The background contribution to the projection data is partly "out of focus" background, i.e. it originates
from regions outside the SFOV. The photons emitted by the radioactivity distribution in these so-called
penumbra regions can only reach the detector through 6 (or less) pinholes. This will cause inconsistencies
in the data and hence will produce artefacts in the reconstruction.
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Figure 8. Reconstructions of the thyroids of two patients. One patient was administered
a 175 MBq Tc-99m solution (top), the other patient received a dose of 17.5
MBq 1-123 solution (bottom). Left: without FIZEVO. Right: with FIZEVO.
albeit tentatively - that 1-123 is the preferred radionuclide for this application.
In both left-side pictures we can see artefacts, especially in the slices above and below
those in which the thyroid is presumably located (although it appears to be common
practice to zero out all planes that seem to contain only artefacts, we deliberately did not
perform any cosmetizing upon the reconstructions). Apart from these artefacts, the
reconstructions are quite good. The 1-123 study shows that the thyroid gland is
relatively large and that no activity has been accumulated in a considerable part of the
left lobe. Another (small) area without uptake can be distinguished in the right lobe.
The Tc-99m study shows a normal thyroid as concerns shape, position and dimensions.
The activity is distributed homogeneously over the gland. Moreover, the study reveals
the salivary glands of the patient.
The influence of FIZEVO is not easy to describe. For the 1-123 patient study (in which
there is not too much background and in which the thyroid is properly positioned in the
centre of the SFOV) it has a good effect, but in the Tc-99m case it has almost no effect
because of the presence of background (i.e., there are almost no zero-valued pixels). Thus,
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if Tc-99m is used as a radiotracer, a certain amount of background should be subtracted
in order for FIZEVO to have any effect at all. On the other hand, if too much background
is subtracted, FIZEVO will have a disastrous effect because it will then delete parts of the
object. Because of this dependence on background subtraction (and on the choice of the
radionuclide), FIZEVO should not be an integrated part of the reconstruction algorithm.
In cases where many artefacts are present the operator can be used as a postreconstruction filter. The effects of FIZEVO should always be evaluated, however, by
comparison with the original reconstruction.
6. Conclusions
In this paper we have discussed the application of a seven-pinhole collimator to thyroid
tomography. The design of the original 7P collimator, which was developed for imaging
of the heart, has been slightly adapted to fit the needs of thyroid tomography (the
concept itself has not been altered). For the reconstruction of the projection data we used
a variant of Herman's ART3 algorithm which was shown to be very efficient for 7P
imaging in a previous study [1].
On account of the phantom experiments we draw the following conclusions:
• The point source and the line source FWHM resolution figures are decidedly better
than those for the heart 7P collimator (e.g., the point source resolution for the thyroid
configuration averages 5.3 mm and the corresponding resolution for the heart
configuration averages 7.3 mm [5]). To emphasize the improvement in resolution of
the new device, Fig. 9 shows reconstructions of an F-phantom, imaged with the heart
7P collimator and with the thyroid 7P collimator, respectively.

Figure 9. Reconstructions of the F-shaped phantom (without FIZEVO). Left : projection
data acquired with ihe heart 7P collimator. Right : projection data acquired
with the thyroid 7P collimator.
• The quality of reconstruction is very good for small phantoms, and still quite
satisfactory for larger phantoms.
• The depth homogeneity of the system is not its strongest quality. The intensity of the
reconstruction is not uniform along the axis of the system; in particular there is a
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surprising jump from the second to the third plane. A possible explanation for this
phenomenon may be the fact that for the lower slices the angle of incidence of a
gamma quantum on the camera is large, which results in a large uncertainty as to
where the quantum will be detected.
• In most phantom experiments the FIZEVO operator has a minor effect upon the
quality of the reconstructions: it merely deletes a few artefacts. In the case of the
array of point sources, however, the effect is large and negative.
Concerning the patient studies we conclude the following:
• The use of Tc-99m induces a lot of background radiation in the image and thus in the
reconstructed tomograms.
• The influence of scatter upon the quality of the reconstructions in the case that the
patient is injected with a 1-123 solution, is relatively low. Inasmuch as background
poses a more serious problem for proper reconstruction, we have a preference for 1-123
even though it is more expensive than Tc-99m.
• FIZEVO should not be an integral part of the reconstruction procedure. It should be
used as an (optional) post-reconstruction filter.
• Taking into account the above mentioned properties of the radiotracers used in the two
patient studies, we regard both reconstructions as satisfactory.
On the basis of both phantom experiments and patient studies we conclude that the
present combination of imaging device and reconstruction technique produces images of
good quality and high resolution. It seems to offer a promising alternative to
conventional planar imaging, but a clinically valid conclusion has to await the evaluation
of further patient studies.
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THREE-DIMENSIONAL SIMULATION OF TIME-CODED EMISSION TOMOGRAPHY
John W. van Giessen and Max A. Viergever
Abstract— In this paper we discuss the potentialities of a time-coded single
photon emissive imaging system for thyroid tomography. We have performed
three-dimensional simulation studies in order to answer two questions: 1) does
this coded aperture device produce good quality reconstructions, and 2) can the
reconstruction be carried out sufficiently fast on a microcomputer. Our study
leads to the conclusion that both questions can be answered affirmatively. Hence,
time-coded emission tomography is a potentially useful imaging technique for
diagnostic clinical practice.

1. Introduction
In this article we discuss the applicability of a single photon emissive imaging system
for thyroid tomography. This device, which has been developed by Koral et al. [l],
utilizes a planar, multipinhole, time-coded aperture in conjunction with an Anger camera.
The aperture/camera configuration operates in a fixed position. The time coding of the
aperture, however, gives the apparatus dynamic properties which enable the measurement
of a series of two-dimensional (2D) projections of the thyroid. From these projections the
three-dimensional (3D) distribution of gamma radiation in the thyroid can be
reconstructed.
The purpose of this paper is to answer the question whether the device at issue has
clinical potentialities. The answer is affirmative if 1) the quality of the reconstructed
images is good, and 2) the reconstruction can be carried out on a microcomputer
sufficiently fast. The latter requirement was not fulfilled in the studies of Koral et al.
[l]-[3] and Resinger et al. [4]; they reported a minimum computation time of 2 hours on
a 64K computer.
The plan of this paper is as follows. In section 2 the imaging system is described and
the reconstruction problem is stated. Section 3 deals with the formulation of the problem
in mathematical terms, which results in a system of linear algebraic equations. The
method of solution of these equations forms the main part of the reconstruction
procedure; it is treated in section 4. In the next two sections we investigate the
performance of the imaging technique (including both the data collection process and the
reconstruction) using simulated object space distributions. Point source studies are
evaluated in section 5, while section 6 presents reconstructions of a thyroid profile. The
results are summarized and discussed in the final section.
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2. Description of the imaging configuration

Fig. 1 shows the aperture/camera configuration and the (total) field of view, which is
pyramid-shaped for a square detector and a square aperture.

reconstruction
volume
reconstruction
planes
aperture

optical axis (z-.

detector

Figure 1. Schematic representation of the imaging system and the reconstruction volume
(for typical dimensions see Koral and Rogers [2]). The pinhole angle /3 is equal
to half the top angle of the pyramid.
The collimator is similar to a standard pinhole collimator but with a large square
opening in place of the pinhole. Over this defining aperture lies a long lead plate with
multiple pinholes arranged on a unit grid. Data are taken in L distinct time intervals,
between each of which the code plate is translated one unit in its long direction. As the
plate translates, each positional element in the defining aperture is subject to a series of
conditions of either complete transmission or complete absorption of impinging gamma
rays, according to a known code (see the Appendix). A time correlation of aperture
element transmission and detector element count rate is then carried out for each aperture
element in combination with each detector element.
The reconstruction problem can cow be stated as follows. Given the L projections and
the geometry of the aperture)'camera system, estimate the three-dimensional source
distribution in the pyramid.
The object space is divided into elements whose centres lie along rays [Fig. 2(a)]. In this
manner computing time is minimized. The principle upon which the division is based is
the following. Rays which pass through a given aperture element and adjacent detector
elements pass through adjacent object elements in all planes. Moreover, rays originating
from a given detector element and passing through adjacent aperture elements pass
through object elements separated by 7— n elements in the rath plane. Finally, the
distance between the centres of adjacent aperture elements is taken to be equal to that of
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object
elements

I 2
I

i

i

aperture element

.*...*
d ;
detector element

(a)

(b)

Figure 2. (a) Division of the object space into volume elements (cross-section). All
element centres lie along rays; in this way the computation time of the
reconstruction algorithm is minimized. Note that the collimator-detector
distance in the figure is smaller than in reality. As a consequence the
thicknesses of the slices are not in proportion, (b) Geometry involved in
establishing the mean depths zn of the reconstruction planes and the object
element dimensions Ax n .
adjacent detector elements. These three conditions determine the mean plane depth zn
and the object dimensions A J ^ : zn = 6/(7— n ) and Axn = d\(J—n ), where n = 1 , 2 , 3,
4 and d is the dimension of a detector element [Fig. 2(b)].
3. Mathematical formulation of the reconstruction problem
We define the following variables:
x ,y ,z

Cartesian coordinates [m]

xo,yo

coordinates [m] of a point in the detector plane z -= 0

a Gc ,y ,z)

strength of gamma radiation [photons/m3]

A (.xo,yo,x ,y ,z )

transmission through tissue [dimensionless] of photons along the ray /
connecting source point (x ,y ,z ) and detector point C*0,y o.O)

R (x 0,y 0,x ,y ,z )

distance [m] between the points (JC ,y ,z ) and Gc0,y 0,0)

©(jco,yo,x ,y ,z)

angle [dimensionless] between I and the z-axis

0y

angle [dimensionless] between the z-axis and the line connecting the
centre of detector element i with the centre of pinhole j
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•Wj(.x0,y0,x,y,z)

window function [dimensionless]; it can take on the values 1 or 0
depending on whether or not I passes through pinhole j

Tj v

binary transmission code Idimensionless] of pinhole position ; in the
defining aperture during acquisition time interval v

b

aperture-detector distance [m]

D

area [m 2 ] of a detector element

5
m,r,s

area [m2] of a pinhole
peak/wing ratio, peak height, and side lobe height of the
autocorrelation function of the binary code sequence used (see the
Appendix).

We introduce the following model simplifications:
• Diffraction is disregarded because of the small wavelengths of gamma radiation.
• The emitting process of a radioactive source is a Poisson process. This is accounted for
by adding Poisson noise to the computer-generated data.
• Scattering and penetration effects in the collimator are not taken into account.
• The intensity of emitted gamma radiation is supposed to be time-independent.
• The camera data are digitized in a 64x64 frame of 4 x 4 mm detector elements (pixels);
the count density within one detector element is taken to be constant.
• Pinholes and detector are assumed to be ideal (no detector nonlinearity or
nonuniformity, no pinhole nonuniformities).
• Background noise is disregarded.
Due to these modeling simplifications the number of counts Civ in detector element i
with centre (.xo,yo,0) during time interval v is given by

Civ=DZ cose.

4irRKxo,yo,x,y,z)

where the integration is to be effected over all relevant source points. The cosine enters
the equation since gamma rays in general are not perpendicular to the detector plane; the
error made by assuming that the ray goes through the centre of the pinhole is small.
Equation (1) involves counts due to gamma rays through many pinholes. In the
reconstruction it is more suitable to work with the source strength viewed by one detector
element through one pinhole. The correlation coefficient Q a defined by
Qik = LTk,ClP
»=1

-mZCiv

(2)

v=l

is proportional to this source strength (see the Appendix). Combining (1) and (2) we
have
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Frr
jt JJJ

r
= (.r-

,y,z)wk{x0,yQ,x,y,z

dxdydz

(3)

This integral equation in the source distribution a Gc ,y ,z ) is the continuous formulation
of the reconstruction problem (given digitized projection data). In the next section we
will argue that the reconstruction should be performed in the space domain, using an
algebraic technique. Hence, we derive a discrete version of (3).
To this end, the object space is divided into volume elements (voxels) as described
above [Fig. 2(a)]. The centre of a voxel is denoted by (.xltym,zn}. We redefine the
window function wk (.xo,y0,x ,y ,z ) by z^S Kb Axn )2w# (xt ,ym ,zn ) , where w^ can take
on the values 1 or 0 depending on whether or not Cxj ,ym ,zn ) lies on the ray through the
centres of the * th detector element and the k th pinhole. In this way the source strength
in each reconstruction plane (contributing to one correlation coefficient) is concentrated in
the centre of the central voxel in that plane (Fig. 3).

i-th detector element

Figure 3. Sketch of the object volume associated with the ik th correlation coefficient Qm.
Furthermore, upon replacing R by zn /cosQ^ we can simplify (3):

(4)
=

L

Az

n^ik

>zn M {.X0,V0,^ ,ym ,Zn

Only one voxel centre in plane n has a nonzero window function
corresponding source strength and attenuation by alhl and A^
yields
lik

=

^ . We denote the
respectively. This

(5)
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where the summation is to be evaluated over all reconstruction planes. Upon redefining
the source intensity in terms of effective emission strength per unit area
Pan = Az n a ttn i4 ttn , we find q^ = £ pm or, written in terms of a matrix equation,
q = Wp

(6)

in which W consists of ones and zeros.
The set of equations in (6) is more than likely inconsistent owing to noise in the
measurements and to the simplifying assumptions in the description of the imaging
process. We must hence settle for an approximation p satisfying
q = Wp + e

(7)

where e is an error vector representing the noise in the data. The matrix W in (6) and
(7) has the following properties:
• Huge: For 4 tomograms the number of unknowns is 41304, while the number of rows
is 256036. The figure 256036 results from the fact that L = 121 (see the Appendix)
and that only the inscribed square of the detector is used (giving 46x46 detector
elements).
• Integer Valued: All nonzero elements are equal to 1.
• Sparse: Fill permillage is 0.1.
The determination of the approximate effective intensity distribution p from (7) is the
discrete version of the reconstruction problem.
4. Methods to solve the reconstruction problem
A well-known class of solution methods for (3) performs the reconstruction in the
Fourier domain. The transformed projection data, however, only fill a small cone in the
frequency domain, owing to the limited view angle of the system. While this in itself
does not prevent a complete reconstruction of the object, the noise in the data produces
errors which pose a practical limit to the applicability of techniques in Fourier space. The
angular range of the time-coded aperture is so small that this limit is substantially
exceeded. We therefore have to carry out the reconstruction in the spatial domain.
We consider two classes of discrete object reconstruction in the space domain, viz. direct
inversion methods and iterative methods. The convolution method of continuous
reconstruction seems less suited to our application for the same reasons as mentioned in
the preceding paragraph (limited view angle of the device and noise in the data; see
Herman and Rowland [5]).
Direct inversion of (6) implies finding an approximation p to the intensity distribution
p by determining a matrix W* such that
p = W'q
A possible choice for W' is (WTW)~lWT

(8)
, which yields the linear least squares (LLSQ)
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estimate for p. For the problem at hand, however, the computation time of
(WTwy~1WT would be exorbitant even on a large computer. The same objection applies
to other choices for W'. In consequence, the LLSQ method and other direct methods
must be rejected.
In view of the above the most appropriate solution technique will be found in the class
of iterative algorithms. These methods, best known by their acronyms (SIRT, ART, etc.),
have been thoroughly reviewed in [6]. Out of many possible methods and variants we
have tentatively selected ART3 because this algorithm is especially designed for handling
noisy data and easily allows for tricks like constraining, smoothing, etc., to be included.
In order to apply ART3 to our problem we rewrite (7) as a system of inequalities:
q — e < Wp

(9)

where e is a tolerance limit for e; the inequalities are to be interpreted as being valid
component by component. The value of e can be estimated either experimentally or based
on knowledge of the method of data collection. It is important that the components of e
on the one hand are large enough to admit solutions; on the other hand, they must be so
small that the inequalities still provide us with information about the object to be
reconstructed.
The original ART3 algorithm now reads [7]

j II 2

(10)

where the initial distribution p®* is the result of the summation method applied to (7).
Furthermore, w^ is the ith row of the matrix W, \\wt\\ is the l2-norai of -wt and the
factor c is given by
0
if
I ft

< 8/*>

qi if

> 28/*)
(11)
if

if
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with i = kmod(.N)+l and 8j ft) = 4 €i /2 mrter< * /A ' ) ; yy ^ t h e n u m b e r of rows of the
matrix W.
We have introduced several modifications to the original algorithm:
• Constraining. The method outlined above allows reconstructed intensities to become
negative. Inasmuch as negative intensities are physically impossible they are set equal
to zero after each iteration cycle (one iteration cycle has been completed after N steps,
in which i subsequently takes on the values 1, 2,.... N ).
• Random Choice of Rows. The speed of convergence of the algorithm increases
significantly if in each iteration cycle the rows are processed in a random sequence.
• Initialization. Instead of the outcome of the summation method we use p w = 0 as
initial intensity distribution. This saves vital CPU time while not affecting the results
noticeably.
• Relaxation. The correction term in (11) is multiplied by a relaxation factor r which
controls the speed of convergence. For noisy data, the optimum value for r has been
found to be 0.45.
The tolerance vector e is replaced by a vector of which all components are equal to a
constant e. This implies that no extra computer memory is needed to store e. The value
of e should be based upon the average value V of the qt 's and the properties of Poisson
noise. In our studies e is set equal to the square root of V.
The optimum number of iteration cycles was determined from picture qu
• measures
in relation to the reconstruction time. The measures used were the 8 criter on ." Gordon
et al. [8], the R criterion of Ramachandran and Lakshminarayanan [>* ^nd the p
criterion of Herman [10]. We found that good results were achieved using three cycles of
ART3. The change in variance of the reconstructed images was less than 3 percent
between the third and the fourth iteration cycle in all our simulation studies.
We have now dealt with the theoretical background of the imaging device and the
reconstruction process. In order to be able to appreciate whether the system has clinical
value we performed 3D simulation studies, which are presented in the next two sections.
5. Point source studies
In all our 3D simulation studies the object space consists of 4 slices with thicknesses
varying from 4 mm in the slice nearest to the aperture to 16 mm in the most distant slice
(in longitudinal tomography the slices are parallel to the detector and the aperture; see
Fig. 2).
A point source is simulated by assigning a certain value to the centres of four
neighbouring voxels in one slice. This is done to make on-axis studies possible (the axis of
the imaging system does not pass through the centre of one voxel in each slice but just in
between the centres of 4 adjacent voxels, as Fig. 2(a) shows). The consequence of this
option is that the point sources have fairly large dimensions in the xy -direction,
especially in the more distant slices. Hence the calculated point response functions
(PRF's) are broader than true PRF's (in this context we use the term PRF to describe the
spatial distribution of a reconstructed point source).
There are two other important features which have a strong influence upon the PRF,
namely the shape and the diameter of the pinholes. In our studies the pinhole shape is
chosen to be conical (see inset of Fig. 1) such that no shadow correction is necessary for
gamma rays impinging at large angles (the maximum angle of incidence with the axis of
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the system is 37° ). The distance between the centres of adjacent pinholes has been given
the fixed value of 4 mm. This implies that in a lead plate of zero thickness the maximum
pinhole diameter is 4 mm. If the lead plate is 1 mm thick the maximum pinhole diameter
is 3.24 mm and if it is 2 mm thick the maximum diameter is 2.48 mm owing to the
conical shape of the pinholes.
The radioactive isotope to be used in thyroid tomography is either 99mTc or 123I, which
have almost equal energy (0.14/0.16 MeV). For these isotopes the tenth-value-thickness
of lead is about 0.9/1.0 mm. In view of this we have chosen to examine pinhole
diameters of 3, 2.5, and 2 mm.
In a clinical setting the device is expected to detect a total of 6 Mcounts during the
complete data acquisition process. In determining PRFs the number of counts should be
considerably less. We consider projections for point sources of three intensity levels
("high", "medium", and "low"). Taken together with the three pinhole diameters, this gives
us nine realizations of system performance.
In-plane (.xy) resolution estimates are obtained from reconstructions of single point
sources (on-axis). The peak value in the plane of interest is derived by averaging the
reconstructed intensities of the four voxels in which the point source was originally
located. The half-maximum locations are determined as well in the x- as in the ydirection by interpolating linearly from pixel values closest to the actual half-maximum
values. The lateral FWHM resolution then is determined as the average of the FWHM
resolutions in the x - and y -direction.
As could be expected the xy resolution is best in the planes nearest to the aperture and
declines with increasing distance. Furthermore, the results show that the resolution of
the imaging system under investigation is very good indeed (Table 1). The fact that the
resolution becomes slightly better with decreasing number of counts on the detector can
be ascribed to two factors which are highly correlated. The data generation program
produces real (that is, noninteger) pixel values. If Poisson noise is added to these data,
small values (less than 1) may easily become zero. During the reconstruction, zero-valued
pixels induce low-valued (often zero) intensities in the low parts of the PRF. Thus, the
PRF is slightly sharpened and (consequently) the resolution is improved.
We would like to emphasize that the figures in Table 1 are based on ideal performance
of the imaging system. In a clinical setting the total resolution of the system will be
slightly worse due to the intrinsic resolution of the Anger camera and the influence of
various noise sources which have been disregarded here. Moreover, point source resolution
is not necessarily representative of extended source resolution. This is a result, e.g., of the
nonlinearity of the reconstruction algorithm and the small angle of view of the imaging
device. Hence, our results should be interpreted as an optimistic estimate of system
resolution.
Sensitivity can be calculated, e.g., as the average count density per pixel per acquisition
cycle or as the total number of detected counts (in the full acquisition time). In Table 2
we use both measures for the presentation of sensitivity features of the device. Our
results also show that the resolution in the z -direction is better than the discretization of
the object space in this direction (see Fig. 4). So, more accurate tomographic information
can be obtained by increasing the number of slices. Unfortunately, refinement of the
object space in the z -direction is impossible for practical reasons; more tomograms imply
more voxels, thus enlarging the reconstruction problem to exorbitant proportions.
So far we have treated resolution and sensitivity separately. In order to assess the
overall performance of the system with different pinhole diameters we compare the
quotients of sensitivity and the square of xy resolution. The higher this quotient the
better the performance (Table 3). The measure introduced here bears a close resemblance
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high
intensity
point source

medium
intensity
point source

low
intensity
point source

plane
number
1

pinhole
diam.(mm)
3.0
2.5
2.0

3.14
2.74
2.43

resolution (mm)
3.08
2.67
2.37

2.96
2.35
2.26

2

3.0
2.5
2.0

3.24
2.78
2.48

3.19
2.74
2.46

2.96
2.50
2.33

3

3.0
2.5
2.0

3.73
3.49
3.41

3.64
3.42
3.30

3.22
3.25
3.29

4

3.0
2.5
2.0

4.51
4.48
4.35

4.39
4.33
4.43

4.08
4.47
4.34

Table 1. xy (in-plane) resolution as a function of pinhole diameter for three intensity
levels of the point source
high
intensity
point source
plane
number
1

pinhole
diam.
(mm)
3.0
2.5
2.0

medium
intensity
point source

low
intensity
point source

sensitivity: counts per pixel per cycle /
total number of counts
0.730 18 7K 0.264 68K 0.088 22K
0.517 132K 0.187 48K 0.062 16K
0.334 86K
0.121 31K 0.040 10K

2

3.0
2.5
2.0

0.627 161K
0.429 110K
0.270 69K

0.227
0.155
0.097

58K
40K
25K

0.075
0.052
0.032

19K
13K
8K

3

3.0
2.5
2.0

0.597 153K
0.413 106K
0.264 68K

0.217
0.150
0.095

56K
38K
24K

0.072
0.050
0.032

18K
13K
8K

4

3.0
2.5
2.0

0.511 13 IK
0.357 91K
0.231 59K

0.185
0.129
0.083

47K
33K
21K

0.061
0.043
0.028

16K
UK
7K

Table 2. Sensitivity as a function of pinhole diameter

83

Figure 4. 3D plot showing the reconstruction of a medium intensity point source in the
second slice using 3 mm pinholes. This plot clearly illustrates the fact that the
resolution in the z -direction is better than the discretization of the object space
in this direction.
to the quality measure of the parallel hole collimator. For this configuration, collimator
resolution Rc (defined as the FWHM of the point spread function) and collimator
efficiency g relate to each other as Rc2 a g [11]. In our performance measure the
resolution is defined as the FWHM of the point response function, which means that the
influence of the (nonlinear) reconstruction algorithm is taken into account. This probably
is the main reason why the quotient of sensitivity and resolution squared depends on the
diameter of the pinholes.
One can conclude from Table 3 that for optimal performance the pinhole diameter
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high
intensity
point source
plane
number
1

pinhole
diam.(mm)
3.0
2.5
2.0

medium
intensity
point source

low
intensity
point source

100 X sensitivity 1 (xy resolution)2
7.41
1.00
2.78
6.88
0.97
2.62
5.66
0.79
2.16

2

3.0
2.5
2.0

5.99
5.57
4.37

2.24
2.07
1.60

0.86
0.82
0.59

3

3.0
2.5
2.0

4.29
3.38
2.27

1.64
1.28
0.87

0.69
0.47
0.29

4

3.0
2.5
2.0

2.51
1.78
1.22

0.96
0.69
0.42

0.37
0.21
0.15

Table 3. Performance of the imaging device expressed as the quotient of sensitivity and
the squared value of xy resolution
should be as large as possible. The maximum value is thus determined by the thickness
of the aperture plate and the angle of the pinhole cone. The latter is fixed at 37°, which
is the maximum angle at which transmitted gamma rays intersect with the system axis.
The thickness of the aperture plate depends upon the chosen isotope, the plate material,
and the required amount of absorption by the plate.
6. Thyroid simulation studies
After having determined quantitative criteria as in-plane resolution and sensitivity
from point source simulations, we investigate in this section the performance of the
system using a thyroid profile. The thyroid profile, shown in Figs. 5 and 8, has uniform
activity (100 percent) except for a 250 percent hot spot of 4.8x4.8 mm in the second
plane and a 0 percent cold spot of 10.0X 10.0 mm in the third plane. The rectangular
shape of the profile has been chosen for reasons of simplicity; we do not pretend that it
fully matches the shape of a real thyroid. We expect that the reconstruction process, if it
can handle this profile, will certainly be able to handle a more realistic (smoother)
thyroid shape.
We started our simulation studies with reconstructions from projection data that were
not corrupted with noise. The outlined ART3 algorithm yielded images of good quality
as Figs. 6 and 9 show.
Next we added Poisson noise to the data (the mean noise level was about 20 percent).
We found that the introduction of noise strained the reconstruction process to its utmost.
It therefore appeared necessary to preprocess the correlation coefficients with a bounding
operator (replacing each of the coefficients by a weighted average of itself and the eight
neighbouring coefficients) and a threshold operator (the addition of noise produces many
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Figure 5. The thyroid profile (activity ratio - 100 percent) con tail Jng a hot spot (white;
activity ratio - 250 percent) and a cold spot (black; activity ratio = 0 percent).
The first plane (which lies closest to the collimator) is pictured in the upper
left, the second plane in the upper right, etc. A 3D plot of the profile is
presented in Fig. 8.

Figure 6. Noise-free reconstruction of the thyroid profile using our modified ART3 algorithm. Because of the small angle of view, the resolution normal to the detector plane is slightly inferior to that in planes parallel to the detector. This
manifests itself in the transmission of hot spot activity and cold spot activity
into other planes. A 3D plot of this reconstruction is presented in Fig. 9.
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negative correlation coefficients, which are set equal to zero). The result of applying our
ART3 algorithm to the preprocessed noisy data is shown in Fig. 7.

Figure 7. Reconstruction of the thyroid profile using noisy data. The data have been
preprocessed by a bounding operator and a threshold operator. The
computation time for this reconstruction, including 3 iteration cycles of ART3,
is 21 s on an Amdahl 470 V/7-B.
The quality of reconstruction for the noisy data is less than for the noise-free data, but
still quite fair; the hot spot and the cold spot are both clearly visible in the tomograms.
7. Discussion of the results
An investigation of the performance of the time-coded aperture device has been carried
out with simulated single point sources. This study shows that the point source xy
resolution of the system is very good (it ranges from 2.3-4.5 mm), while the z resolution
is better than the discretization measure of the object space in the z-direction.
Comparison of sensitivity and xy resolution leads us to the conclusion that the pinhole
diameter should be as close to the distance between the pinhole centres as technically
possible.
We further reconstructed the image of a simulated thyroid profile in which a hot spot
and a cold spot are included. The quality of the tomograms in the case of noise-free data
is very good. If Poisson noise is added to the data the quality of the reconstruction is less
but still quite satisfactory.
The conclusion that the time-coded aperture is a suitable device for thyioid tomography
is not new. It has been formulated before by Koral et al. [3] and Resmger et al. [4].
Their studies showed that the main bottleneck for clinical application is not the quality
of the images, but the reconstruction time. In its final version, the reconstruction
algorithm of this group required two hours of CPU time on a conventional nuclear
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Figure 8. 3D plot of the "angular" thyroid profile.
medicine minicomputer [4], which they considered much too long for clinical practice.
We performed our calculations on an Amdahl 470 V/7-B. The program is written in
standard Fortran IV without the use of special (machine restrained) hardware features
such as an array processor. It consists of approximately 300 Fortran statements, while
the storage required for the internal arrays adds up to 432 Kbytes. The total CPU time
of the reconstruction is 21 s. This includes modifying emd preprocessing of the correlation
coefficients, 3 ART3 cycles to perform the actual reconstruction and postprocessing of the
results (display, etc.), but not the calculation of the correlation coefficients which can be
accomplished during the data collection process. These figures justify the conclusion that
the program can be run on a 512K microcomputer with a reconstruction time acceptable
for clinical practice (several minutes). For a computer of that size, the program is
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Figure 9. 3D plot showing the reconstructed thyroid profile in the case of noise-free data
using 3 mm pinholes.
definitely CPU-bound while no extra hardware features are required. If the internal
memory of the microcomputer is (much) smaller, more I/O manipulations are needed and
the program may even become I/O-bound. In that case the reconstruction time is difficult
to estimate since it largely depends on the configuration used.
Appendix
In this appendix we briefly summarize the properties of the aperture code proposed by
Koral et al. [1],
The actual code is a binary sequence of L elements characterized by a peaked
autocorrelation function with height r and side lobe height s. The peak height is equal to
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the number of l's in the sequence and is related to s and L by
r - 1
L - 1 = m

(Al)

The ratio m approaches the average transmission T = r/L for r and L » 1. In the
present application L = 121, r = 40, s = 13.
The aperture configuration consists of two lead plates. One of these, the code plate,
contains a 131 row, 11 column pattern of pinholes. The other plate, lying beneath it, has
a square opening defining an 11x11 pinhole area. After each data acquisition interval, the
code plate is translated one row, which gives us a total of 121 data frames. The 131x11
pattern is such that all pinhole positions in the defining aperture are subject to the
complete binary code sequence during the data acquisition. If Tjv denotes the
transmi°"ion of pinhole position / of the defining area in time interval v, the peaked
autocoi Nation property takes the form
l

kv

= s +(r

-s78/t

(A2)

where SJk is the Kronecker 8.
It can be shown [1,2], that the source strength viewed by the ith detector element
through the k th pinhole is proportional to the so-called correlation coefficient
(A3)

Qik

v = 1

v = 1
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TIME-CODED APERTURE TOMOGRAPHY : EXPERIMENTAL RESULTS
John "W. van Giessen, Max A. Viergever, Cornells N. de Graaf, and Huib J. Dane
Abstract— In this article we discuss the applicability of a time-coded aperture
system - especially designed for thyroid tomography - on the basis of phantom
experiments. Our studies show that 1) the quality of the reconstructions is high
(e.g., a cold spot of 6 mm diameter in a thyroid phantom can easily be detected),
and 2) the reconstruction can be carried out in less than 11 minutes on a
standard 16 bit minicomputer (HP1000). It is therefore concluded that the
clinical potentiality of the device is good.
1. Introduction
In this paper, we will discuss the potentialities of a time-coded aperture (TCA) system
(see Fig. 1) for longitudinal emission tomography of the thyroid.

Figure 1. The time-coded aperture system.
The device has been designed to operate in a fixed detector position and thus collects
data over a limited angular range. A number of data acquisitions (in this case, 121) is
performed, each with a different arrangement of pinholes. This is accomplished by
shifting a lead plate with a specific pinhole pattern (the code plate) over a defining square
opening in another lead plate (the aperture plate).
The fundamentals of the imaging device have been discussed in a previous paper [l].
We then tentatively concluded, on the basis of computer-simulated dat% that TCA
imaging is a suitable technique for the thyroid. In the present paper, we intend to give
this tentative conclusion a firmer basis by evaluating reconstructions of real data
(phantom experiments). Furthermore, we shall present the experiments in such a way
that the results can be compared with those obtained using seven-pinhole (7P)
tomography of the thyroid [2].
The paper is set up in the following way. In section 2, we introduce the imaging
system and the hardware environment in which the system is used. The data decoding
process and the reconstruction technique are discussed in section 3. The third section also
includes a discussion on CPU times and storage requirements. In section 4, we describe
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the experiments on the basis of which we will evaluate the device. Section 5 presents the
results of our experiments. In section 6, finally, the outcome of our experiments will be
summarized and evaluated.
2. Collimator design and hardware peripherals
The collimator has the same cone shape as an ordinary single pinhole collimator, but the
top of the cone is removed and is replaced by a flat circular lead disc with a large square
opening defining an 11X11 pinhole area (see Fig. 2).

Figure 2. The collimator with its square 11X11 pinhole apertureOver this defining aperture lies a long lead code plate (see Fig. 3) which has to be
translated between the data acquisition time intervals and which contains a 76 row, 12
column pattern of pinholes1.
The raw data frames are recorded in two series. First 66 frames are acquired, after each
of which the plate is shifted one row in its length direction. In order to complete the data
collection, the code plate is moved backwards to its starting point and shifted one column
in its width direction. Then the second series consisting of 55 frames is recorded (giving
us a total of 121 frames). The 76 X12 pinhole pattern is such that all pinhole positions in
the defining aperture are subject to a complete binary code sequence during the data
acquisition, and that in each plate position 40 of the 121 possible pinhole positions are
open. The binary code sequence has a length of 121 elements and is characterized by a
peaked autocorrelation function with flat side lobes (see Koral et al. [4]).
During a number of acquisition intervals, the code plate will stick out on one of either
sides which means that it has to be supported, preferably along its entire length (see
Fig. 1).
The movement of the code plate is accomplished by means of three electric stepping
1. The code plate design is slightly different from the description in our previous paper [l], in which we
spoke of a 131 row, 11 column pattern of pinholes. By choosing a 76x 12 pattern, t!i? total length of the
construction is shortened from 135 cm to 100 cm, which makes the device easier to man-handle. A
disadvantage of the adjustment is that the code plate now also needs to be shifted in the width direction,
which renders the overall construction of the device more complicated. Another possible way of reducing the
length of the code plate (which is based on a completely different principle), is suggested by Rogers et al. [3].
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Figure 3. The code plate with a 76 X12 pattern of pinholes arranged on a unit grid (note
that the plate also contains a larger central pinhole for patient positioning).
motors, one of which drives the belt attached to the code plate, thus taking care of the
translation in the long direction. The two others take care of the shift in the width
direction of the plate.
The electronics for the motors and for the specific movement of the code plate are built
into a separate device controller console which also contains the hardware needed for
communication with the host computer.
The TCA device is mounted on a large field of view gamma camera with an effective
diameter of 380 mm and an intrinsic FWHM (Full Width at Half Maximum) resolution
of 4 mm. The camera data are digitized into a 64x64 pixel (picture element) frame.
Furthermore, the camera has built-in electronics which correct for nonlinearities and
energy distortions (in practice, this means that there is virtually no need for a
nonuniformity correction).*
Some system parameters follow below. The spacing between the centres of adjacent
pinholes is 5 mm and the dimension of the pixels is also chosen to be 5 mm. The object
space is divided into 8 slices of 7.5 mm thickness, all lying parallel to the collimator (the
reconstruction volume starts at 26.3 mm from the midplane of the code plate). The total
number of raw data (pixel count rates) is 256036, whilst the number of voxels (volume
elements) of which the intensity is to be reconstructed is 59980. The in-plane voxel
dimensions vary from 1.0 mm in the slice nearest to the collimator to 2.8 mm in the slice
farthest away.
Note that most of these parameters are slightly different from those presented in our
previous paper [l]. Some changes are the result of practical design considerations (e.g., 5
mm pinhole spacing instead of 4 mm), others have to do with a finer discretization of the
object space (8 reconstruction slices instead of 4); furthermore, we opted for slices of
equal thickness instead of letting the slice thickness increase with increasing distance to
the aperture, In order to facilitate the interpretation of the reconstruction.
The preprocessing and reconstruction of the data is performed in a 588 Kbytes memory
partition of a 16 bit minicomputer with a (pipeline) vector processor. A video image
processor linked to this system is used for display of raw data, correlation frames, and
results of the reconstruction process.
The data acquisition is performed with a smaller dedicated computer system which is
attached to the gamma camera and which also communicates with the TCA controller.
The raw data frames are stored on a dual-ported 300 Mbytes disc of which the second
port is connected to the main computer.
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3. Preprocessing and reconstructing the data

The raw projection data have to be preprocessed in order to correct for improper camera
settings.
We first transform each of the 121 raw 64x64 frames such that all pixels have a
physical dimension of 5 mm in both the x - and the y -direction. Secondly, we correct for
x - and y -offsets in the gamma camera electronics, by shifting each frame such that its
geometrical centre lies on the axis of the system. The values of the scale factors and the
offsets are extracted from the projection of an on-axis point source located at a specific
distance from the aperture. Given the geometry of the system, we can calculate exactly
where we should find the 40 projections of the point source on the detector. The scale
factors and the offsets can then be determined from the measured positions by using a
least squares optimization algorithm.
Once the 64x64 frame is properly scaled and translated, we extract a 46x46 pixel
frame from its centre (see Fig. 4). The 46x46 pixel frames are used as input for the
decoding process.

Figure 4. Digitization of the camera data. If the camera data are digitized into a 64x64
pixel frame, the largest square that falls within the circular detector field
contains 46x46 detector elements.
The fact that 40 of the possible pinhole positions will be open during each data
acquisition, means that we will get 40 projections of the object on the crystal surface
which will partly overlap (in other words: the projection data are multiplexed). Each
pixel will thus register counts coming from different parts of the object. A proper
reconstruction is possible only when one knows for each pixel how many counts come
from which direction. Therefore, the projection data have to be decoded before
reconstruction can take place.
The decoding of the data is performed by correlating aperture element transmission
with pixel count rate. In our first paper [1], the formula which describes the decoding
process has been presented. What it comes down to when implementing this formula on a
computer is the following:
• The decoded data are built up as 121 46x46 correlation packages, each belonging to
one pinhole position in the aperture. In addition to these packages, a total-count
package is needed.
• Before the decoding process starts, the 122 packages are initialized with zero values.
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• After each data acquisition, the acquired 64x64 frame is preprocessed (see above) and
the resulting 46x46 frame is added to the total-count package (on an element-byelement basis). Furthermore, the 46x46 frame is added to all correlation packages of
which the corresponding pinhole position was open during that particular acquisition
time interval.
• When the last acquisition frame has been processed, a certain fraction of the totalcount package is subtracted from each of the 121 correlation packages (again on an
element-by-element basis)2, and all negative elements are reset to zero.
• Next, each correlation package is corrected for system geometry. This correction,
which is performed using the mathematically calculated projection of a sheet source
through the corresponding pinhole, will compensate for the different angles of
incidence of the radiation failing through the pinhole upon the detector. Note that
such a mathematical correction will not compensate for detector nonlinearities and
nonuniformities. In the present situation, we assume that this is taken care of by the
correction electronics in the gamma camera head.
We should furthermore mention that the decoding process can be performed during data
acquisition if the scale factors and offsets for the preprocessing are known before the
acquisition process is started.
After having decoded the raw input data, the reconstruction process can be started. The
reconstruction problem has the form of a matrix equation with so large a number of rows
that direct inversion techniques cannot be used for computational reasons. We therefore
have to settle for an Iterative technique. The reconstruction method we apply is a
modified version of Herman's ART3 [5].
The algorithm is a row action method, which means that it handles one row of the
matrix equation at a time. In one iteration cycle, all the rows in the matrix equation will
be processed exactly once. A more thorough description of the reconstruction technique
can be found in our previous paper [1].
After reconstruction, we process the resulting tomograms with an operator which we
gave the name FIZEVO (the acronym stands for Find ZEro VOxels). This operator resets
the intensity of all nonzero voxels to zero if they contribute to a zero-valued pixel3
surrounded by zero-valued neighbours. The restriction that the zero-valued pixel should
have zero-valued neighbours is essential for a proper working of the FIZEVO operator.
This is easily understood by considering the fact that each voxel contributes to many
pixels. Because of the rather poor statistics of the recorded data, the decoding process
produces many negative pixels (which are reset to zero). It is likely, therefore, that a
voxel which should be assigned a nonzero intensity in the reconstruction, contributes to a
zero-valued pixel. If the above mentioned restriction is taken into account, the chances
that such a voxel will be reset to zero (resulting in ragged objects) are considerably
reduced4.
2. This subtraction is intended to remove the side lobes of the autocorrelation function of each positional
element in the aperture, so that a delta-like autocorrelation function is achieved.
3. In this context, a pixel is assumed to be an element of a correlation package rather than a detector element.
4. This description of FIZEVO is different from the one given in our paper on 7P tomography of the thyroid
[2]. We tested our 'new' FIZEVO on the 7P data and found that it produced reconstructions of less quality
than with application of the 'old' FIZEVO. It appears that, for a proper working, FIZEVO needs to be
adapted to the peculiarities of the specific imaging technique.
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The software package developed for the TCA system - which has been given the name
TICOLET (Tlme-COded Longitudinal Emission Tomography) - is divided into two parts.
The first part comprises the preprocessing of the raw data and the calculation of the
correlation packages. It needs 577 Kbytes of computer memory and takes 3 min of CPU
time. It can be run during data acquisition (which takes 19 min for a patient study) so
that when the acquisition is finished, the actual reconstruction can start almost
immediately. If necessary, the memory requirements can be brought down to 69 Kbytes
at the expense of extra I/O, bringing the processing time up to 11 min.
The second part of the software performs the reconstruction and the formatting of the
results. It needs 362 Kbytes of computer memory. The formatting and all other
cosmetizing takes 75 sec, while each iteration cycle takes 555 sec. Inasmuch as we
normally need two cycles for a proper reconstruction, the total reconstruction time would
add up to 20 min. However, we found a way of reducing the reconstruction time to 11
min without loss of essential information. This will be discussed in sections 4 and 5.
4. Experiments
Several studies are performed in order to assess the applicability of the TCA device:
• Resolution and linearity studies.
In order to determine point source FWHM resolution of the system throughout the
reconstruction volume, we have acquired sets of data with a small Co-57 emitter
(diameter .4 mm). By fitting the reconstructed point sources with 3D gaussoids, we
obtain the FWHM point source resolutions. The fitted gaussoids can also be used to
determine the reconstructed source centre locations from which the displacements due
to reconstruction can be calculated. Furthermore, we use a capillary filled either with
Tc-99m or with 1-123 to evaluate FWHM line source resolution with and without
surrounding scattering medium.
• Depth homogeneity studies.
If two point sources of the same strength are positioned in different slices within the
object volume, they should be reconstructed as beiag of equal strength in order to
enable quantitative tomographic studies. To investigate this 'depth homogeneity', an
(on-axis) vertical array of narrow spaced point sources is imaged. By plotting the
sums of intensities within the reconstructed point response region for each of the eight
slices, the depth homogeneity of the system can be evaluated.
• Phantom studies.
In addition to the point source, the capillary, and the vertical array of point sources
mentioned above, we use two slightly more complicated phantoms to evaluate the
quality of reconstruction of data acquired with the TCA device: an F-shaped phantom
and a thyroid phantom. The F-phantom consists of an arrangement of three Co-57
line sources of about 1 mm thickness. The arrangement has an equal width and height
of 50 mm and is enclosed by two perspex plates of 5 mm thickness. The thyroid
phantom design is shown in Fig. 5. It contains 3 cold spots and one (local) hot spot.
The phantom is filled either with Tc-99m or with 1-123. We will use this phantom to
show the influence of the following system features:
— Counting statistics. The acquisition time will be varied in order to record sets of
data with different total numbers of counts: 0.7 Me (million counts), 1.5 Me, 3 Me,
6 Me, 30 Me This will give us an indication of how many counts need, to be
acquired in total for a proper reconstruction.
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Figure 5. The thyroid phantom. Top : frontal view of the phantom. Middle : crosssection PP. Bottom : cross-section BB. The following features can be
distinguished:
• Three cold spots indicated (1), (2) and (3) having diameters of 6, 9 and 12
mm, respectively.
• A 'cold block' of perspex (4).
• A local hot spot (5) of 12 ram diameter, consisting of a cylindrical hole in the
perspex block and having the same activity as the rest of the phantom.
— Random row access. Accessing the rows of the matrix equation in a sequential way
(first the correlation package belonging to pinhole 1, than the package belonging to
pinhole 2, etc.) will lead to a slow convergence towards a solution because there is
bound to be some correlation between the packages belonging to adjacent pinholes.
The speed of convergence can be improved by addressing the correlation packages in
a random way [1].
— Using 50 percent of the data. Normally the reconstruction is performed using all of
the 121 correlation packages. A possible way of reducing the reconstruction time is
to use less of the available information during the reconstruction (for instance, a
reduction to 50 percent is achieved by using only those packages whose
corresponding pinhole number is odd).
No patient studies will be evaluated in this paper. These will be treated in a follow-up
paper, in which the TCA device will also be compared with the 7P collimator.
5. Results
In this section, we discuss the results of our experiments.
Fig. 6 presents reconstructions (without FIZEVO) of the point source, the vertical array
of point sources, the F-phantom, and the capillary tube. All reconstructions are sharp
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Figure 6. Reconstructions without FIZEVO of various phantoms. Top left: point source
on the axis of the imaging system at 60 mm from the midplane of the code
plate. Top right : linear array of on-axis point sources spaced at 3.75 mm
intervals. Bottom left : line source (filled with an 1-123 solution and
surrounded by perspex plates of 10 mm thickness). Bottom right : F-shaped
phantom, placed parallel to the detector at 60 mm from the midplane of the
code plate.
The reconstructed tomograms are stored from left to right and from top to
bottom (the upper left slice is nearest to the collimator). Each of the slices is
encompassed by a 'square* to indicate its boundary.
and clear and contain few artefacts. The reconstructions show that for small and welldefined phantoms, the in-plane resolution is good whilst the z resolution is acceptable.
We found that application of the FIZEVO operator takes away most of the noise blobs in
the reconstructions. For the four phantoms mentioned above, however, the improvement
is hardly significant since the intensity of the noise is very low. The influence of FIZEVO
can be made better visible be choosing extreme settings of the look-up table (for the
translation of voxel intensities into grey scale values), as shown in Fig. 7 for the array of
point sources.
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Figure 7. The influence of FIZEVO upon the reconstruction of the array of point sources.
To emphasize FGEVO's influence, extreme settings of the look-up table have
been chosen. Without FIZEVO (left) and with FIZEVO (right).
Table 1 shows the result of our linearity studies performed on point sources located
throughout the reconstruction volume. The average displacement in the xy -direction is
0.5 mm (standard deviation - 0.3 mm) and in the z -direction 0.6 mm (s.d. = 0.4 mm).
These figures demonstrate that the reconstructions will not appreciably be influenced by
nonlinearities, i.e., source points will be reconstructed at their actual location.
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Table 1. Displacements of point sources by the reconstruction procedure (in mm)
z distance (mm) from the point source to the pinJiole plane
r distance (mm) to the detector axis
dxy displacement parallel to the detector plane
dz displacement parallel to the system axis
The values of dz for slices 1 and 8 have not been included in the table because they can not
be calculated sufficiently accurately.
In Table 2, the results of the FHWM resolution studies are shown. The average in-

102

plane {xy ) resolution is 3.6 mm Cs.d. - 0.4 mm) and the z resolution averages 4.8 mm
(s.d. - 0.4 mm). Moreover, the figures In Table 2 clearly show that the resolving power
in both the xy - and the z -direction decreases with increasing distance to the aperture.
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3.9

5.1

fxy

fz

3.1
3.2
3.4
3.6
3.8
4.0

4.2
4.2
4.7
5.0
5.4
5.4

r=40

r-30
fxy

fz

3.5

5.0

3.9

5.5

fxy

fz

3.0
3.2
3.4
3.6
3.7
4.0

4.1
4.3
4.8
4.8
5.1
5.2

Table 2. FWHM resolution values for point sources in air (in mm)
z as in Table 1
r as in Table I
fxy FWHM resolution parallel to the detector plane
fz FWHM resolution parallel to the system axis
The values of fz for the first and the last slice have not been included in the table because of
insufficient accuracy.
The line source resolution figures for the capillary tube (surrounded by perspex plates
of different thicknesses) are shown in Table 3. These figures indicate that the presence of
scattering medium has almost no influence on the xy resolution. The perspex, however,
does degrade the resolution along the system axis.

radiotracer
Tc-99m
1-123

fxy

3.8
3.9

t-0
fz
5.4
6.2

fxy

3.7
3.8

t-10
fz
5.8
6.6

fxy

3.9
4.1

t-20
fz
6.4
6.7

fxy

3.8
4.1

t-30
fz
6.9
7.1

fxy

3.9
4.0

t-40
fz
6.8
7.2

Table 3. FWHM resolution values for a line source placed at 67.5 mm from, and parallel
to, the code plate (in mm)
t thickness (mm) of the surrounding perspex plates
fxy FWHM resolution parallel to the detector plane
fz FWHM resolution parallel to the system axis
The depth homogeneity of the system can be assessed from the reconstruction of the
vertical array of on-axis point sources. In Fig. 8, the sum of the reconstructed intensities
within a small circular region in the centre of each slice is plotted in a graph. The depth
homogeneity is fairly uniform for slices 2 to 8. The reconstructed intensities in slice 1,
however, are obviously too low (a similar phenomenon has also been observed in 7P
tomography [2]).
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Figure 8. Depth homogeneity of the imaging device (including reconstruction). The
plotted intensities are the sums of counts within the reconstructed point source
regions.
Fig. 9 shows thyroid phantom reconstructions (without and with FIZEVO) for both I123 and Tc-99nr. The total number of counts in the raw data is 3 million for both
studies. Because of the limited angle of view of the device, we can not expect the
resolution for extended sources to be as good as that for point sources (this is especially
true for the resolution along the system axis). The quality of the reconstructions is,
nevertheless, good, even without application of FIZEVO (the cold spot of 6 mm diameter
is clearly visible). The low-intensity veil of background noise can easily be explained by
calculating the average number of counts for each raw data frame. For one data
acquisition time interval (one plate position), the average number of counts per pixel is
12, which is rather low (for the thyroid 7P collimator [2], the average is 91 counts per
pixel). It is not very surprising, therefore, that the reconstructions without FIZEVO
contain a lot of noise, even though the pinhole pattern in the code plate is designed such
that the decoding process improves the signal-to-noise ratio in the data. In this respect,
FIZEVO does quite a good job by suppressing much of the noise without influencing the
object itself.
In Fig. 10, the effect of the count rate upon the quality of the reconstructions is
demonstrated. For these (and the following) studies, the thyroid phantom was filled
with an 1-123 solution. The data for the successive reconstructions were acquired with a
total number of counts of 0.7 Me, 1.5 Me, 6 Me and 30 Me, respectively. The
reconstructions were performed without FIZEVO in order to properly evaluate the noise
in the reconstructions. The 0.7 Me reconstruction is poor, whereas the 30 Me
reconstruction is very sharp and clear and contains almost no low-level noise. On account
of the quality of the reconstructions of Figs. 9 and 10, we decided that for proper patient
studies at least 3 Mcounts should be acquired. A few preliminary patient studies have
shown that with a dose of 25 MBq 1-123 (1.5 times the dose for thyroid 7P studies) and
5. The thyroid phantom was imaged 'upside down' for all 1-123 studies.
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Figure 9. Reconstructions of the thyroid phantom filled with a Tc-99m solution (top)
and with an 1-123 solution (bottom). In both cases 3 Mcounts were recorded.
Left: without FIZEVO. Right: with FIZEVO.
with a data acquisition time interval of 8 sec (total acquisition time 19 min), the average
total number of counts is 4.5 Me, which is enough for a proper reconstruction.
In Fig. 11, the effect of random row access is demonstrated. Within a pinhole package,
there is no combination of pixels related to the same voxel, so that accessing the pixels
within a package in a random sequence has no effect. Accessing the pinholes and thus the
corresponding packages randomly does have an effect on the quality of the reconstructions
as shown in Fig. 11. In the regions of the reconstructed planes outside the object itself,
random row access appears to introduce slightly more noise and, furthermore, to spread
the noise more evenly. To show this 'noise-spreading' effect more clearly, we also
reconstructed the capillary tube with the random row access option, as shown in Fig. 12
(with an extreme setting of the look-up table).
We consider the 'noise-spreading' effect a positive effect because it is in agreement with
our expectation that the noise in the reconstruction should be more or less evenly
distributed within the planes. On the other hand, random row access has a negative
influence on the reconstruction of the thyroid phantom: the two smaller cold spots in the
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Figure 10. The effect of the count rate upon the quality of the reconstruction of the
thyroid phantom. Top left : 0.7 Me. Top right : 1.5 Me. Bottom left : 6 Me.
Bottom right : 30 Me. The reconstructions were performed without FIZIZVO.
object are harder to detect (see, in particular, slice 5 for the 6 mm diameter cold spot and
slice 6 for the 9 mm diameter cold spot). For the overall reconstruction quality, the
'defect enhancement' effect of sequential row access appears to be more important than
the 'background noise-spreading' effect of random row access. The theoretical advantage
of random row access (a higher speed of convergence) is thus overshadowed by practical
considerations (a preference for enhancement of defects in the reconstruction).
One of the problems of the TCA device is the reconstruction time, which is quite long
(19 min acquisition against 20 min reconstruction time). A simple way to cut down the
reconstruction time is to take less than 121 pinhole packages into account. By processing
only those pinhole packages whose corresponding pinhole number is odd, for instance, a
data reduction of 50 percent is achieved, the effect of which is shown in Fig. 13. There is
hardly any difference between the reconstructions shown in Fig. 9 and Fig. 13. This data
reduction thus almost halves the computation time whilst not appreciably influencing the
reconstruction quality. The optimal data reduction percentage may be more than 50
percent. Optimizing the reduction factor will involve an extensive study which will be
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Figure 11. The effect of random row access upon the 3 Me study of the thyroid phantom
filled with an 1-123 solution. Left: without FIZEVO. Right: with FIZEVO.

Figure 12. The effect of random row access upon the reconstruction of the line source
(filled with an 1-123 solution and surrounded by perspex plates of 10 mm
thickness). Left : sequential row access. Right : random row access. Both
reconstructions were performed without FIZEVO.
worth the effort because of (possible) CPU time saving. Such a study, however, is beyond
the scope of the present paper.
6. Conclusions and discussion
In this paper, we have presented experimental phantom studies performed with a timecoded aperture system especially designed for thyroid imaging. From these studies, the
following conclusions can be drawn:
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Figure 13. Reconstruction with a 50 percent reduction of the 3 Me 1-123 phantom data.
Left: without FIZEVO. Right : with FIZEVO.
• The major problem concerning the TCA device is the relatively long reconstruction
time (20 min on 16 bit minicomputer using a 588 Kbytes memory partition).
Without essential loss of information, the reconstruction time can be brought back to
10 1/2 min (which is less than the total acquisition time of 19 min) by processing 50
percent of the data. A further study has to be performed to investigate if even more
data reduction can be accomplished without significantly influencing the quality of the
reconstructions.
• FWHM resolution studies with point sources and line sources have shown that (for
these small and well-defined phantoms) the in-plane resolution and the resolution
along the system axis are good (3.6 mm and 4.8 mm on average, respectively).
• The depth homogeneity along the system axis is not uniform. In the first slice, the
reconstructed intensity is too low. For the seven other slices, the depth homogeneity is
sufficiently uniform.
• The quality of the reconstructions is very good for small objects (point sourct,
horizontal line source, vertical array of point sources, F-phantom). Reconstructions of
a (larger) thyroid phantom show that the xy resolution is still satisfactory for
extended sources (a 6 mm diameter cold spot can be detected).
• The FIZEVO operator has a positive effect on all reconstructions. It does not influence
the object itself and removes a lot of background noise from the reconstructions.
• Processing the correlation packages in a random sequence induces a more uniform
distribution of artefacts, especially outside the object. Unfortunately, random row
access does not have the 'defect enhancement' influence which characterizes sequential
package processing. For the quality of the reconstructions, the 'defect enhancement'
effect of sequential access is more mportant than the 'noise-spreading' effect of random
access, especially because most of the noise outside the object can be taken away by
using HZEVO as a post reconstruction filter.
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• Thyroid phantom studies with different total numbers of counts show that for patient
studies at least 3 million counts should be acquired in order to get reconstructions of
sufficient quality.
The overall conclusion of the phantom reconstructions is that high-quality tomograms
can be obtained within an acceptable time. The tentative positive conclusion of our
previous paper (in which we presented simulation studies) now has been given a firmer
basis. A clinically valid conclusion, however, has to await the evaluation of patient
studies.
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TWO DEVICES FOR LONGITUDINAL EMISSION TOMOGRAPHY OF THE
THYROID
J.W. van Giessen, M.A. Viergever, P.P. van Rijk, and J.G. Gerritsen
Abstract— Two devices especially designed for tomographic thyroid imaging are
compared on the basis of phantom experiments and 6 patient studies: a sevenpinhole (IP) collimator and a time-coded aperture (TCA). The patient studies
show that the results of the IP collimator do not completely live up to the
expectations suggested by the phantom experiments. The TCA reconstructions of
patient data confirm the good performance observed in the phantom studies and
demonstrate a high lesion detectability. It is concluded that TCA imaging is a
promising alternative to multiple view pinhole imaging, the presently standard
technique of thyroid imaging.
1. Introduction
We have studied two devices for longitudinal emission tomography of the thyroid: a
seven-pinhole (7P) collimator [1] and a time-coded aperture (TCA) [2].
The 7P collimator was originally designed for myocardial tomographic imaging by
Vogel et al. [3,4]. We have optimized the reconstruction software [5], thereby removing
the main objections against the device. Furthermore, we have redesigned the system for
the needs of thyroid tomography. Geometrical arguments suggest that the 7P device is
more suited for thyroid imaging than for myocardial imaging [1].
The time-coded aperture was originally designed by Koral et al. [6,7]. Their system
was capable of producing good quality reconstructions [8,9], but there were difficulties in
keeping the reconstruction time within reasonable limits. Resinger et al. [9] reported a
minimum computation time of 2 hours on a commercial nuclear medicine computer
system. Our reconstruction program, which takes approximately 11 min using a 588
Kbytes memory partition of a 16 bit minicomputer, produces good quality phantom
reconstructions [2]. We improved the design of the device in several ways which, e.g., has
increased the sensitivity of the system and has facilitated the handling of the collimator.
The purpose of this paper is to compare the two devices on the basis of the phantom
experiments described in [1,2] and, especially, of patient data. We recorded thyroid
projections from 6 patients both with the 7P collimator and with the TCA device. Of
course, no statistically valid conclusions can be drawn on the ground of only 6 cases.
This study merely intends to give an indication of the capabilities of both devices.
2. The two devices and their environment
Both devices are designed to be mounted on a large field of view gamma camera
(effective diameter 380 mm, intrinsic FWHM resolution 4 mm). The camera has built-in
electronics which correct for nonlinearities and energy distortions (in practice, this means
that there is virtually no need for a nonuniformity correction).
The preprocessing and reconstruction of the data is performed in a 588 Kbytes memory
partition of a 16 bit minicomputer with a (pipeline) vector processor. A video image
processor linked to this system is used for display of raw data and results of the
reconstruction process.
The thyroid 7P collimator is a modification of the 7P system which was developed for
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heart tomography by Vogel et al. [3,4]. The collimator consists of a lead pinhole plate,
located at 60 mm from the camera crystal, with seven pinholes of 4 mm diameter. The
centre of the central pinhole is situated on the optical axis of the system (see Fig. 1).
detector

Figure 1. The 7P thyroid collimator. The dashed lines encompass the simultaneous field
of view (SFOV).
The six peripheral pinholes are spaced evenly at 63.5 mm from the axis. Following
intravenous injection of a suitable radionuclide (e.g., 123I), this configuration records seven
projected images of the radioactivity distribution in the thyroid (and its surroundings).
The projections are nonoverlapping owing to lead septa placed between adjacent pinholes
(see Fig. 1). The pencil-shaped volume simultaneously viewed by the projection sectors
through the corresponding pinholes is the reconstruction volume (Figs. 1 and 2).

\.

\

Figure 2. The eight reconstruction slices in the simultaneous field of view. The dashed
lines are the boundaries of three projection cones (one central, two peripheral).
The camera should be positioned such that the thyroid falls entirely within this
simultaneous field of view (SFOV). The thyroid 7P collimator differs from the heart 7P
collimator in the following respects:
• The diameter of the pinholes is 4 mm instead of 7 mm. This improves the resolution
throughout the simultaneous field of view of the system, but reduoes the sensitivity.
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• The distance from the collimator to the detector is 60 mm instead of 127 mm. This
implies that the distance between the organ and the detector is considerably smaller as
well, which has a positive effect on both the resolution and the sensitivity of the
device.
The SFOV is divided into 8 slices of 7.5 mm thickness1 beginning at 41.3 mm from the
collimator midplane, that is 35.5 mm from the outer surface of the collimator plate (see
Fig. 2).
The in-plane voxel size varies from 3.1 mm in the first slice (nearest to the collimator)
to 6.1 mm in the last slice. These sizes are approximately a factor of 2 smaller than the
corresponding ones of the heart 7P collimator. This reflects the fact that we expect a
better resolution of the present device.
The camera data are digitized in a 128x 128 pixel (picture element) frame. The number
of pixels of which the count rate is used for reconstruction is 8232 (7x 1176), whilst the
number of voxels (volume elements) of which the intensity is to be reconstructed is equal
to 4468.
The time-coded aperture (see Fig. 3) was originally proposed by Koral et al. [6].

Figure 3. The time-coded aperture system.
It essentially consists of two lead plates, one of which (the code plate) contains a
pattern of pinholes, the other (the aperture plate) contains a large square opening defining
an 11x11 pinhole area (see Fig. 4). Using electric stepping motors, the code plate is
shifted over the aperture plate such that for each plate position a different pattern of
pinholes lies in front of the square opening. Data are collected in 121 time intervals (or:
plate positions), during each of which there are always exactly 40 pinholes in front of the
aperture. On the one hand, this means that the sensitivity of the device is high. On the
other hand, however, it means that we will have 40 overlapping pinhole projections of the
thyroid on the crystal.
The data acquisition time interval for each plate position has a constant value which
may be set prior to the data collection process to a value in between 8 and 13 sec (the
1. Normally, the deterioration of the resolution with increasing distance to the collimator is taken into
account by using slices with increasing thicknesses. In clinical practice, however, a non-constant slice
thickness makes quantitative evaluation of the reconstruction more difficult.
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Figure 4. (a) The code plate with its pattern of pinholes. Note that the plate also
contains a larger pinhole for patient positioning.
(b) The aperture plate consists of a flat circular lead disc with a large square
opening defining a 11x11 pinhole area.
total acquisition time will then lie in between 19 and 29 min). Smaller time intervals
would yield statistically unacceptable data, larger time intervals are considered
unacceptable for the patient.
The electronics for the motors and for the specific movement of the code plate are built
into a separate device controller console which also contains the hardware needed for
communication with the host computer.
Some system parameters follow below. The camera data are digitized into a 64x64
pixel frame. The spacing between the centres of adjacent pinholes is 5 mm and the
dimension of the pixels is also chosen to be 5 mm. The diameter of the pinholes is equal
to 3.2 mm. The object space is divided into 8 slices of 7.5 mm thickness all lying parallel
to the collimator (the reconstruction volume starts at 26.3 mm from the midplane of the
code plate). Only a very small part of the reconstruction volume can be 'seen' through all
pinhole positions. The simultaneous field of view is far too small to encompass the
complete thyroid and, therefore, the whole field of view should be reconstructed (which is
different from the situation in the 7P case). The total number of raw data (pixel count
rates) is 256036, whilst the number of voxels of which the intensity is to be
reconstructed is 59980. The in-plane voxel dimensions vary from 1.0 mm in the slice
nearest to the collimator to 2.8 mm in the slice farthest away.
The data acquisition is performed with a smaller dedicated computer system which is
attached to the gamma camera and which also communicates with the TCA controller.
The raw data frames are stored on a dual-ported 300 Mbytes disc of which the second
port is connected to the main computer on which the reconstruction is performed.
3. Preprocessing and reconstruction
For both the 7P collimator and the TCA system, the raw projection data have to be
preprocessed in order to correct for improper gamma camera settings.
For the 7P collimator the following procedure is followed:
• The 7P projection of a reference point source is used to spatially transform raw
projection data such that these will fit the configuration expected by the reconstruction
software.
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• The image of a sheet source is used to correct for system geometry (i.e., to make the
projection data invariant to the angle of incidence of the rays on the detector). This
correction simultaneously compensates for gamma camera inhomogeneities (which is
not particularly necessary because of the correction electronics in the gamma camera
head).
For the TCA device the preprocessing step is more complicated:
• We first transform each raw 64x64 frame such that all pixels have a physical
dimension of 5 mm in both the x - and the y -direction. Secondly, we correct for x and y -offsets in the gamma camera electronics, by shifting each 5x5 mm pixel frame
such that its geometrical centre lies on the axis of the system. The values of the scale
factors and the offsets are extracted from the projection of an cn-axis point source
located at a specific distance from the aperture. Given the geometry of the system we
can calculate exactly where we should find the 40 projections of the point source on
the detector. The scale factors and the offsets can then be determined from the
measured positions by using a least squares optimization algorithm.
• Once a 64x64 frame is properly scaled and translated, we extract a 46x46 pixel
frame from its centre. The 46x46 pixel frames are used as input for the decoding
process.
• The multiplexing of the 40 thyroid projections on the crystal surface entails that each
pixel will register counts coming from different parts of the object. A proper
reconstruction is possible only when one knows for each pixel how many counts come
from which direction. Therefore, the projection data have to be decoded before
reconstruction can take place. How the decoding of the data is performed is discussed
in detail in [2,6,7]. It suffices here to mention that the result of the decoding process is
a set of 121 46x46 frames, each belonging to 1 pinhole position in the aperture as if
only that pinhole was open during acquisition. In fact, this implies that after decoding
we have 121 single pinhole projections of the thyroid. These single pinhole projections
can be corrected for system geometry. This correction, which is performed using the
mathematically calculated projection of a sheet source through the corresponding
pinhole, will compensate for the different angles of incidence of the radiation falling
through the pinhole upon the detector. Note that such a mathematical correction will
not compensate for detector nonlinearities and nonuniformities. In the present
situation, we assume that this is taken care of by the correction electronics in the
gamma camera head. We should furthermore mention that the decoding process can be
performed during data acquisition by determining the scale factors and offsets for the
preprocessing before the acquisition process is started.
The image reconstruction problem can be translated into a set of linear equations for
both devices. In order to solve these two matrix equations we use a variant of an
algebraic reconstruction technique (ART3) which was proposed by Herman [10]. A
discussion of our algorithm can be found in an earlier paper [5].
After reconstruction we process the reconstructed TCA slices with a filter which we
called HZEVO (Find ZEro VOxels). This operator resets the intensity of all nonzero
voxels to zero if they contribute to a zero-valued pixel2 surrounded by zero-valued
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neighbours. We also examined the effects of this operator (and several variants of it) on
the 7P reconstructions, but found that the quality of the reconstructions was not
significantly improved.
4. Phantom experiments
In this section, we summarize the results of a few of the phantom experiments we
performed in order to assess the applicability of both devices:
• Point source resolution studies. In order to determine point source FWHM resolution of
the systems throughout the reconstruction volume, we have acquired data with a
small Co-57 emitter (diameter .4 mm). By fitting the reconstructed point sources with
3D gaussoids we obtain the FWHM point source resolutions.
• Thyroid phantom studies. We used the Picker thyroid phantom in our experiments. It
contains 3 cold spots of 6, 9 and 12 mm diameter respectively, and one (local) hot
spot of 12 mm diameter. The phantom is filled with a Tc-99m solution.
Table 1 presents the results of the FWHM studies for the 7P collimator. The average of
the in-plane resolution fxy is 4.9 mm with a standard deviation of 0.3 mm. The z
resolution fz averages 5.6 mm (s.d. - 0.8 mm). Hence, in-plane resolution and depth
resolution are almost equal. Moreover, the figures Indicate that, as expected, fxy and fz
are correlated with the distance from the point source to the collimator: the nearer to the
aperture plate, the better the resolution.
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5.3
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6.1

5.2

6.5

5.3

6.5

4.9
4.7
5.2
5.9
6.5
7.1

5.1

6.8

Table 1. 7P FWHM resolution values for point sources in air (in mm)
z distance (mm) from the point source to the pinhole plane
r distance (mm) to the detector axis
fxy FWHM resolution parallel to the detector plane
fz FWHM resolution parallel to the system axis
The poor depth resolution for extended sources is one of the greater drawbacks of
incompletely sampled systems. It would, therefore, be interesting to show and discuss
the in-depth point response function since this would help to understand the performance
of the system in the case of an extended source. However, the severe undersampling of
2. In this context a pixel is an element of a pieprocessed frame rather than an element of a raw data frame.
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the object volume in the z -direction (7.5 mm slices) precludes the possibility of a reliable
calculation of the in-depth point response function. This reasoning also applies to the
TCA device of which Table 2 shows the FWHM resolution figures.
r=0
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Table 2. TCA FWHM resolution values for point sources in air (in mm)
See the legend of Table I for an explanation of the symbols.
The average in-plane {xy ) resolution is 3.6 mm (s.d. = 0.4 mm) and the z resolution
averages 4.8 mm (s.d. - 0.4 mm). Moreover, the figures in Table 2 clearly show that also
for the TCA device the resolving power in both the xy- and the z-direction decreases
with increasing distance to the aperture.
Fig. 5 shows the thyroid phantom reconstructions for both devices.

u w
Figure 5. Reconstructions of the Picker thyroid phantom filled with a Tc-99m solution.
Left: 7P reconstruction. Right: TCA reconstruction.
The reconstructed tomograms are stored from left to right and from top to
bottom (the upper left slice is nearest to the collimator). Each of the slices is
encompassed by a circle (for 7P reconstructions) or by a 'square' (for TCA
reconstructions) to indicate its boundary.
The 7P reconstruction is nice and smooth, whereas the TCA reconstruction contains
more noise. Furthermore, the 7P device apparently has a better resolution in the direction
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along the axis of the system. In the 7P reconstruction two cold spots can be clearly
distinguished, but the third one appears to be too small (6 mm in diameter) to be
detected. In the TCA reconstruction, however, this cold spot can be observed quite well.
According to these phantom experiments it is hard to tell which of the two devices is
more appropriate for thyroid tomography. This decision can only be made on the basis of
the patient studies which will be discussed in the next section.
A more extensive description of the phantom experiments can be found elsewhere [1,2].
5. Patient studies
So far, we have performed 6 patient studies in order to evaluate and compare the two
devices.
All patients were administered a dose of 30 MBq 1-123 intravenously, 4 5 hours prior
to the data collection. First the 7P data are collected (which takes 10-30 min depending
on the count rate: the acquisition is stopped if 750 kcounts have been collected or if the
maximum acquisition time of half an hour is exceeded), followed by the TCA data. The
acquisition time interval for the TCA data collection is normally set such that the total
acquisition time is equal to 19 min. For those cases in which the count rate is very low,
this time interval can be adjusted. In between the two data collection sessions a break of
half an hour is inserted so as to give the patient some rest, to replace the 7P collimator by
the TCA, and to readjust the settings of the gamma camera. A few patients were also
subjected to the conventional method of thyroid imaging using a single pinhole collimator.
In this technique 3 images are acquired from different angles (anterior, left anterior
oblique and right anterior oblique), which is why this method is sometimes called
Multiple View Pinhole Imaging (MVPI). For the patients in question the results of MVPI
will be included in the discussion.
Figs. 6 and 7 show studies with normally functioning thyroids.

Figure 6. 65 year old female patient with a normally functioning thyroid. The 7P data
(of which the reconstruction is shown on the left) were collected in 13 min,
during which 750 kcounts were registered. During acquisition of the TCA data
(reconstruction shown on the right) 6.6 Mcounts were acquired in 19 min.
In both 7P reconstructions we can observe artefacts in the first few slices. The TCA
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Figure 7. 63 year old female patient with a normal thyroid gland. With the 7P
collimator (reconstruction on the left) a total of 750 kcounts were collected in
12 mJn. The TCA device collected a total of 7.4 Mcounts in 19 min.
reconstructions are less smooth but they seem to have a better in-plane resolution. It
should be mentioned here, that during acquisition of the TCA data of Fig. 7, the patient
had great difficulty in lying motionless (she had neuritis in her right arm and had to be
massaged all through the data acquisition which instigated small movements of the body
and thus of the thyroid). The quality of the reconstruction indicates that the TCA
system is not very sensitive to slight patient movements during acquisition. The 7P
device is, of course, less sensitive still because only one picture is acquired in
approximately 20 min.
We included Fig. 8, which shows reconstructions of a patient with a very large thyroid,
to point out an advantage of the TCA over the 7P collimator. The 7P reconstruction
shows that the collimator was not properly positioned. This can partly be blamed on the
fact that positioning must be performed with the same (4 mm diameter) pinholes as are
used for the actual data collection. It can therefore take a while before enough counts
have been collected to judge whether the collimator is in position, especially if the thyroid
has taken up very little of the injected 123I dose and/or has an unfamiliar shape (both
arguments apply in the present study). In clinical routine, the time spent on positioning
will be minimal, which may sometimes result in incorrect positioning. The TCA plate has
a special positioning pinhole with a relatively large pinhole diameter (7 mm). This means
that positioning can be done three times as fast as with the 7P collimator which implies
less mistakes and more accurate positioning. The 7P reconstruction contains a lot of
artefacts in the first slices, not in the least because of incorrect positioning. The part of
the thyroid that can be observed, indicates that the left lobe is very large and has
accumulated almost no activity. The right lobe seems to function properly. The TCA
reconstruction shows a relatively noisy picture because of the low count rate. During the
total acquisition (which was in fact too short), 3.3 Mcounts were collected which is less
than the minimum 4.5 Mcounts which we found were necessary for a proper
reconstruction [2]. Nonetheless, the TCA reconstruction demonstrates that the left lobe is
very large and cold and that the right lobe is normal oi size and activity.
Fig. 9 shows a patient having a large thyroid with a possible area of increased uptake in
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Figure 8. 55 year old female patient with a large left lobe in which almost no activity
has accumulated. Left : 7P reconstruction (630 kcounts were collected in 23
min). Right: TCA reconstruction (3.3 Mcounts in 19 min).
the right lobe demonstrated by both reconstructions.

y v
Figure 9. 26 year old male patient with a possible area of higher activity in the right
lobe. The 7P reconstruction (750 kcounts in 12 min) is shown on the left and
the TCA reconstruction (9.4 Mcounts in 19 min) on the right.
An accompanying MVPI study justifies our suspicion about this hot spot. Apart from
this defect, both reconstructions show a normally functioning thyroid gland. Note, again,
that (partly because of the large dimensions of the gland) the 7P collimator was not
positioned very properly.
Fig. 10 shows a patient for which the 7P and the TCA reconstructions can be
interpreted differently. The 7P reconstruction is smooth and does not contain many
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Figure 10. 33 year old female patient with two hot spots. Left : 7P reconstruction (750
kcounts were collected in 20 min). Right : TCA reconstruction (6.0 Mcounts
in 19 min).
artefacts. At first sight one would say that the thyroid is functioning normally. At
closer inspection, though, one may observe two hot spots: in the right lobe near the top
and in the left lobe near the bottom. The TCA reconstruction, although it is noisier, gives
much more detailed information about the locations and the dimensions of the two hot
spots. An accompanying MVPI study clearly demonstrates the presence of these two hot
spots but does not give any detailed information about their respective positions and si^es.
Fig. 11 shows a patient with a small hot spot on the isthmus. This hot spot can be
observed in the third slice of the 7P reconstruction and in slices 2 and 3 of the TCA
reconstruction. The diameter of this more or less circularly shaped spot, which can be
derived by measurement from the TCA tomograms, is approximately 4 mm. In the 7P
reconstruction, the diameter of the spot is rather large and its intensity (relatively) low.
Both these effects can be ascribed to the "smoothing properties" of the 7P technique.
Because of the large diameter of the hot spot and its relatively low intensity on the one
hand, and because of the position of the spot (on the outer surface of the isthmus nearest
to the co" .ator) on the other hand, this defect can easily be "overlooked" and interpreted
as being . . jrmal part of the thyroid (compare with Fig. 7 slice 3). Furthermore, both 7P
and TCA reconstructions show that the two lobes are of normal shape and size and do not
contain any other abnormalities.
6. Conclusions and discussion
The anatomy of the thyroid gland and the diseases affecting it make high resolution
tomographic imaging desirable. The two devices discussed in this paper both have
tomographic capabilities. Another reason to investigate these techniques is that, in theory,
the two devices have the following advantages over the standard thyroid imaging
technique (MVPI):
• The size of the thyroid and the sizes of defects can be measured from the tomograms.
Consequently, the volume of the thyroid and of abnormalities in the thyroid can be
estimated. This can be valuable to radionuclide therapy.
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Figure 11. 37 year old female patient with a hot spot on the isthmus. The 7P
reconstruction (500 kcounts in 30 min) is shown on the left and the TCA
reconstruction (2.4 Mcounts in 29 min) on the right.
• The inherent high contrast of reconstructed tomographic images leads to improved
lesion detectability (this is particularly important for cold lesions).
• The efficiency of the devices (especially of the TCA) is quite good because they can be
placed in close proximity of the thyroid. This implies that small holes can be used
and, accordingly, that the resolution of the systems is high.
• The imaging time is shorter, not in the least because repositioning is not necessary.
From the patient studies, the following conclusions can be drawn:
• From almost all studies it is obvious that positioning of the TCA device is easier than
positioning of the 7P system. In order to improve positioning of the 7P system, the
construction of the collimator should be modified such that it contains a larger (e.g., 7
mm) positioning pinhole.
• Most 7P reconstructions contain artefacts in the first few slices, wherras TCA images
contain more noise. These effects can easily be explained:
— During the 7P reconstruction only the activity within the SFOV is reconstructed.
The 7P projection data, however, may contain contributions from areas outside the
SFOV (especially in the case of incorrect positioning). The reconstruction algorithm
will have problems with reconstructing this extraneous radiation because it can
only attribute radiation to voxels within the SFOV. This process will induce
artefacts.
— The noise in the TCA reconstructions can be explained by calculating the average
number of counts for each raw data frame. Working on the premiss that during
the complete acquisition a total of 6 Mcounts are collected, we find that for one
data acquisition time interval (one plate position) the average number of counts per
pixel is (approximately) 15, which is rather low (for the thyroid 7P collimator, the
average is approximately 90 counts per pixel for a 750 kcounts study). It is not

123

very surprising, therefore, that the reconstructions contain some noise, even though
the pinhole pattern in the code plate is designed so that the decoding process
improves the signal-to-noise ratio in the data.
• From the studies it is obvious that the 7P device does not fully meet our expectations.
The reconstructions look nice and smooth, but this smoothness can be misleading
because it may conceal smaller abnormalities. The TCA device, however, has very
good potentials. Even small abnormalities can be observed in the tomograms.
On the basis of the above phantom experiments and patient studies we conclude that
the TCA device provides a promising method for thyroid imaging, especially because we
have removed the main objection against this device: the prohibitively long reconstruction
time. We expect that the method is better suited for thyroid imaging than MVPI, because
it combines high resolution tomographic capabilities with other advantages such as size
relationship maintenance, high efficiency, shorter imaging time and improved lesion
detectability. Final conclusions will have to await a more thorough clinical evaluation,
however.
The 7P device is able to detect abnormalities and to give information on the dimensions
of the thyroid, but does not appear to produce reconstructions of a quality high enough to
compete with the TCA imaging system.
Further studies are mandatory in order to investigate whether our preliminary
conclusions concerning the two devices hold true and to test whether the theoretical
advantages of the two devices over MVPI are confirmed in a clinical setting.
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Appendix
Designing and building a Time-Coded Aperture for the thyroid
1. Introduction
In 1975, Koral and Rogers [l] developed a time-coded aperture (TCA) device for
tomographic imaging of the thyroid. Although the perspectives of the device looked
promising, the project was dropped a few years later because the computation time to
decode and reconstruct the data was prohibitively long (2 hours on a 64K minicomputer).
In 1982 we carried out a pilot study to examine whether it was feasible to perform the
reconstruction process on a minicomputer within 15 minutes (the data acquisition time of
the TCA imaging system). Furthermore, we investigated whether the decoding of the
projection data could be done simultaneously with the data acquisition process.
We found that the total reconstruction time could be reduced to less than 3 minutes on
a VAX-780 and that the preprocessing and the decoding of the raw projection data
(which takes approximately 5 minutes) could be performed simultaneously with the data
acquisition process. On the basis of these results we decided to build our own TCA.
2. Performance specifications
The TCA device, which will be mounted on a large field-of-view Anger camera with an
effective diameter of 384 mm, should meet the following performance specifications:
• In order to improve sensitivity, pinholes should be used rather than bores.
• According to our simulation studies (discussed in Chapter 4), the diameter of the
pinholes should be as large as possible. The maximum value will thus be determined
by the thickness of the code plate and by the pinhole angle $ (see Fig. 1).

Figure 1. Cross-section through a pinhole in the code plate.
A single pinhole with a large diameter should be included hi the aperture plate for
properly positioning the device: the centre of the thyroid gland should lie on the axis
of the system.
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• The material and the thickness of the code plate should be chosen such that 99 percent
or more of the impinging gamma radiation (exclusive of the photons traversing the
pinholes) will be absorbed.
• The remainder of the collimator construction (especially the lead shielding) should be
such that at most 0.1 percent of the gamma rays falling on it will reach the detector
crystal.
• The binary code sequence on which the pinhole pattern in the code plate is based,
should preferably have a peaked autocorrelation function with flat side lobes, a high
average transmission, and a low noise-to-signal ratio (see Barrett and Swindell [2]).
• The image magnification factor of the device, which is determined by the distance
between the thyroid and the aperture on the one side and by the distance between the
aperture and the crystal on the other side, should be such that the projection of the
thyroid onto the detector is spread over as large an area as possible.
• The dimension of the pixels on the detector should lie in between 4 mm (intrinsic
resolution of the camera) and 6 mm (if a 64x64 pixel frame is used 6 mm is the
largest possible pixel dimension).
• The device should have a maximum length of 1 m, and a maximum width of 12 cm.
Furthermore, the weight should not exceed 60 kg. The first and the third requirement
both have to do with the gantry design of the gamma camera system on which the
device is to be mounted. The second requirement is necessary hi order to properly
position the device. Elderly people, for instance, cannot stretch their neck far
backwards. If the width of the device were too large, the chest and the chin would
prevent the device to be positioned sufficiently close to the thyroid (as required by
sensitivity demands).
• The shifting of the code plate between successive acquisitions has to consume as little
time as possible, preferably 10 percent or less of the acquisition time interval ( < .5
sec), in order to keep the total acquisition time minimum.
• The data acquisition process should be fully automatic (i.e., directed by the computer).
The acquisition software and hardware should be set up in such a way that the
decoding process can take place during acquisition, thus saving (extra) computation
time.
3. Realisation
During the evaluation of the performance specifications, we soon discovered that it was
impossible to satisfy all specifications at the same time. The conflicting nature of several
specifications forced us to seek for compromises.
Furthermore, it appeared that the system geometry used in our simulation studies could
be improved upon. The TCA systems described in Chapter 4 and Chapter 5 differ,
therefore, in a few details. These differences will reveal themselves in the discussion
below, in which we describe how we realized our performance specifications:
• For the code plate (see Fig. 2) we used a sandwich construction of 2 mm lead with 1
mm aluminium on either side. The transmission of gamma radiation (using Tc-99m)
through this construction is less than 1 percent (0.6 percent). If 1-123 is used, the
transmission will be approximately 2 percent. Although the latter figure exceeds the
maximum desired transmission mentioned in our performance specifications, some of
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Figure 2. The code plate with a 76 X12 pattern of pinholes arranged on a unit grid (note
the larger central pinhole —for patient positioning— on the left hand side).
the other specifications (discussed below) prohibit a thicker code plate.
• The cone (see Fig. 3) consists of 2 mm thick aluminium with a 3 mm thick lead
shielding on the inside.

Figure 3. The collimator cone with its square 11x11 pinhole aperture.
For Tc-99m this will give an absorption of 99.95 percent of the impinging radiation.
For 1-123 the absorption is 99.71 percent, which again does not fully meet the
specification.
The spacing of the pinhole centres, the maximum total length of the construction and
the demand for as large a pinhole diameter as possible are strongly dependent on each
other. The bigger the spacing, the longer and the wider the code plate (and thus the
overall length and width of the construction) and the bigger the maximum pinhole
diameter, for instance. We have investigated 4, 5 and 6 mm spacing between pinhole
centres and found that 5 mm gives a good compromise between the requirements for
overall length and width of the plate, and those for the pinhole diameter.
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• A compromise had to be sought between rigidness of the code plate and a large pinhole
diameter (note that in the code a rectangular pinhole pattern with four adjacent
pinholes occurs, see Fig. 4).
1 1 0 0 0 1
0 0 0 10 0
0 0 1 10

0

0 0 1 1 0

1

0 0 10

0 1

0 0 0 0 0 0

Figure 4. A rectangular pinhole pattern with four adjacent pinholes occurs at several
locations on the code plate. The 1's indicate a position with a pinhole, the O's a
position without pinhole.
Because of the wedge shape of the pinhole, the actual pinhole diameter in the midplane
of the code plate will be smaller than 5 mm. The pinhole angle /2 (see Fig. 1) is the
key parameter in the design process and therefore has to be considered carefully. The
distance between detector and collimator, the pixel dimension and the pinhole spacing
limit the maximum angle of incidence of the photons with the system axis to 42
degrees. If there were no background activity and if the thyroid would be positioned
properly in the centre of the reconstruction volume, the angle of incidence will not
exceed 36 degrees. The pinhole angle /3 was accordingly chosen to be 36 degrees. This
angle, jointly with the 5 mm pinhole spacing and rigidity demands for the plate
construction, sets the maximum pinhole diameter (in the midplane of the plate) to 3.2
mm (see Fig. 1).
• Out of many possible codes Koral et al. [1] chose a Singer difference set with a length
(L ) of 121, a peak height of 40, and a side lobe height of 13, which we will refer to as
S( 121,40,13). The autocorrelation function of this code sequence is illustrated in
Fig. 5.
40

13

Figure 5. The autocorrelation function of the code sequence S(121,40,13).
We looked into a few other Singer difference sets (see Hossfeld and Amadori [3]). One
possible alternative set emerged from this investigation: S(156,31,6). The sensitivity
of S(156,31,6) is not quite as good as that of S(121,40,13), but the signal-to-noise
ratio is somewhat better. For our application, the problem of both sets is their length.
The larger the code length, the larger the code plate will be. It is explained below that
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keeping the length of the overall construction less than 1 m is quite difficult already
for the L = 121 case. We therefore rejected the code with a length of 156.
i Because of the square shape of the aperture we should use a square area of the crystal
surface. A 64x64 data matrix has the advantage over the customary 128x 128 frame
that it keeps the number of data and thus the required CPU time and memory
requirements within practical limits, while not being in conflict with other
specifications. On a large field of view Anger camera (384 mm effective diameter) the
maximum pixel dimension for a 64x64 frame is 6 mm. The largest square area that
falls within the circular camera shape encompasses 46x46 pixels (see Fig. 6) of
6x6 mm2.

Figure 6. If the camera data are digitized in a 64x64 pixel frame, the largest square that
falls within the circular detector area contains 46x46 pixels.
The pixel dimensions in X- and Y- directions will be a result of the settings of the X
and Y gains of the gamma camera electronics. In practice these gains will show slight
variations, so we have to transform each raw data pixel frame to get pixels with the
desired dimension.
> We tentatively optimized the voxel dimensions in the reconstruction volume and the
total number of voxels, which resulted in a preference for 59980 voxels of 7.5 mm
height with in-plane dimensions varying from 1.0 mm in the slice nearest to the
collimator to 2.8 mm in the slice farthest away. These figures were derived by
assuming a pixel size of 5x5 mm2. For this optimization it was assumed that the
collimator/detector distance is 150 mm, that the reconstruction volume starts at 25
mm from the aperture and ends at 85 mm from the aperture, and that we reconstruct
8 slices (in this configuration the projection of the thyroid will be spread over a large
area on the crystal). These values are different from those used by Koral et al. [4],
who used 5 slices of variable thickness (3.6 5.2, 8.2, 14.4 and 32.0 mm respectively)
beginning at 20 mm and ending at 80 mm from the aperture. We changed these values
for two reasons. Firstly, the thicknesses of the last two slices are so large that one can
never expect a good depth resolution in these slices. Secondly, in order to render a
proper comparison with the thyroid seven-pinhole collimator (see Chapter 3) possible,
we have to use the same (constant) slice thickness.
To keep the length of the device less then 1 m, we had to change the way in which the
Singer difference set is imbedded in the code plate. Koral et al. implemented the code
(Z,= 121= l l x 11) by making 11 rows (running in the length direction of the plate) of
the pinhole code pattern. Each row is shifted by 11 positions relatively to its
predecessor, so that for each plate position the complete code sequence is comprised
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within the square defining aperture (see Fig. 7).
1
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9 10 11 12 13 14 15

12 13 14 15 16 17 18 19 20 21 22 23 24 25 26
23 24 25 26 27 28 29 30 31 32 33 34 35 36 37
34 35 36 37 38 39 40 41 42 43 44 45 46 47 48
45 46 47 48 49 50 51 52 53 54 55 56 57 58 59
56 57 58 59 60 61 62 63 64 65 66 67 68 69 70
67 68 69 70 71 72 73 74 75 76 77 78 79 80 81
78 79 80 81 82 83 84 85 86 87 88 89 90 91 92
89 90 91 92 93 94 95 96 97 98 99 100 101 102 103

100 101 102 103 104 105 106 107 108 109 110 11 112 113 114
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Figure 7. The first 15 columns of Koral's original code plate design. The numbers in the
figure represent entries of the code sequence and thus should lie in between 1
and 121. The square indicates the part of the plate which will lie in front of
the 11X11 aperture during the first data acquisition time interval.
The length of each row on the plate has to be enlarged cyclically with 10 positions. In
position one, the first 11x11 positional elements of the code plate will coincide with
the 11x11 square aperture. In the first row we will see position 1 through 11 of the
code. If we shift the plate 120 times we should see position 121 through 131 (=
position 10) in the first row (see Fig. 8). We also need a positioning pinhole which
will take up the space of an 11x11 square. The total length of the code plate thus is
11x5+131x5= 142x5= 710 mm. If the plate is shifted from one end to the other it
will first stick out 655 mm to the one side, and finally 655 mm to the other side. The
total length of the construction will hence be 710+655= 1365 mm at least. This is
unacceptable. We therefore modified the code plate by adding an extra row (thus
increasing the width of the plate). This reduces the length of the code on the plate to
76 positions (in fact, each row is cut more or less in half and is continued in the next
row, see Fig. 9). The total length needed by the code plate now is
(76+ll)x5+76x5-163x5-815 mm. Of course, there is a disadvantage to this
approach: the code plate now also has to be shifted in the width direction. The total
width needed by the code plate becomes (12+l)x5=65 mm, instead of
11x5=55 mm. Together with the rest of the construction, the width of the device
becomes 120 mm which is just within the margins. The shift in the width direction
will make the device a great deal more complicated. For the translation in its long
direction the code plate is guided by a frame of aluminium strips (see Fig. 10). The
construction of this frame has been designed such that it can be translated in the
width direction of the device (taking the code plate along). The frame construction is
driven on either side by a stepping motor.
The movement of the plate in its length direction is also accomplished by a stepping
motor. The stepping motor drives a belt which runs along a second wheel on the other
end of the construction and to which the code plate is attached. The time necessary to
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Figure 8. The last 15 columns of Koral's code plate. The square indicates the part of the
plate which wil lie in front of the aperture during the last data acquisition
time interval.
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Figure 9. The first 15 columns of our code plate design. Note that one row has been
added and that the numbers in the first column are different from those in
Fig. 7. The square indicates the part of the plate which wil lie in front of the
aperture during the first data acquisition time interval.
move the plate from one position to the next is approximately 0.2 sec, which is well
below the margins set above.
All the electronics for the device are mounted into a 44x15x44 cm3 cabinet (see
Fig. 11). This cabinet contains the interface cards for the stepping motors, the power
supply, the interface for the connection with the host computer and, finally, the
electronics for the specific movement of the plate. The controller can be used in remote
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Figure 10. In order to keep the code plate in position, it is guided by a frame of
aluminium strips.

Figure 11. All the electronics for the TCA device and for the communication with the
host computer are mounted into a cabinet.
mode and in local mode. In remote mode the host computer controls the process and
in local mode the device can be handled manually (that is, by pulling switches). Local
mode will be used for positioning the device, the actual data collection process should
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be performed in remote mode.
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Summary

In this thesis I discuss three devices for longitudinal emission tomography, one of which
has been developed for myocardial imaging and the other two for thyroid imaging.
Longitudinal emission tomography is a technique which enables three-dimensional
reconstruction of the radioactivity distribution within an organ from two-dimensional
projections of the distribution on a detector surface.
The thesis starts with an introductory chapter which gives a general survey of the
clinical environment in which the devices will be used. This survey includes an
introduction into nuclear medicine, radiopharmaceuticals and physical properties of
gamma radiation; it describes the concepts of the gamma camera and the properties of
various collimators; and it gives an overview of the tasks normally performed on nuclear
medicine minicomputers. Furthermore, the chapter introduces iterative methods which
are suitable to solve a large system of linear algebraic equations with a sparse binaryvalued matrix (to which the image reconstruction problem of the devices can be reduced).
Chapter two discusses a well-known technique for myocardial imaging: seven-pinhole
(7P) tomography. The aim of this chapter is to investigate whether the results of the 7P
system reported in the literature, can be improved upon by choosing another
reconstruction method. Three different reconstruction methods have been applied to the
data collected with the system (from phantoms as well as from patients) and the results
have been evaluated. The studies show that the reconstruction technique we developed (a
variant of ART3) is more efficient and yields better reconstructions than SIRT and
SMART, the latter of which was developed by the original designers of the 7P device. It
therefore seems worth wile to reconsider the use of 7P tomography as a standard clinical
imaging technique for the heart.
In Chapter three another application of the 7P collimator is presented: tomographic
imaging of the thyroid. The phantom experiments show that the device is capable of
producing good quality reconstructions and that it has a good point source FWHM
resolution both in-plane (4.9 mm on the average) and in the direction along the axis of
the system (5.6 mm on the average). On the basis of two patient studies it is tentatively
concluded that 7P imaging offers a promising alternative to conventional planar imaging.
Chapter four discusses simulation studies which were carried out in order to investigate
the potentialities of a time-coded aperture (TCA) system designed for thyroid
tomography. Reconstructions of simulated single point sources show good in-plane and
depth resolutions. The reconstruction from projections of a thyroid profile with a hot
spot of 6x6 mm2 and a cold spot of 10x10 mm2 shows high quality tomograms in
which both abnormalities are clearly distinguishable. Moreover, it is argued that the
reconstruction time on a standard 512 Kbytes minicomputer will be of the order of
several minutes, which is a substantial improvement over the minimum reconstruction
time of 2 hours reported in the literature. Hence, time-coded emission tomography is a
potentially useful imaging technique for the thyroid.
In Chapter five we test a prototype of the time-coded aperture in a clinical
environment. We reconstructed data recorded from several phantoms. Point source
studies show that the FWHM resolution of the device is very good indeed: the average
in-plane resolution is 3.6 mm and the average depth resolution is 4.8 mm. Thyroid
phantom studies demonstrate that even for larger objects the resolution is still quite
satisfactory: a cold spot with a diameter of 6 mm can be detected. Furthermore, it i<
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shown that the reconstruction can be performed within 11 min on a 16 bit minicomputer
using a 588 Kbytes memory partition.
The last chapter presents a comparison between the (thyroid) 7P collimator and the
TCA device. The results of the phantom experiments of Chapters 3 and 5 are summarized
and compared. A clinical comparison is performed on the basis of 6 patient studies. For
each patient, data were recorded using the same gamma camera system, first with the 7P
collimator and next (approximately half an hour later) with the TCA device. Evaluation
of these 6 patient studies shows that the results of the 7P collimator dc not completely
live up to the expectations suggested in Chapter 3. The TCA, on the other hand, produces
high quality reconstructions and thus fully meets the expectations suggested in Chapter 5.
It is therefore (still tentatively) conclue'c-d that TCA imaging will become a highly
competitive alternative to the present standard technique of thyroid imaging (in which
single pinhole images are acquired from three different angles).
The overall conclusions of this thesis can be formulated as follows:
• 7P imaging is a suitable tomographic technique for myocardial imaging provided a
proper reconstruction technique is applied to reconstruct the projection data.
• The TCA device seems to offer a high resolution, high quality technique for
tomographic thyroid imaging.
• The thyroid 7P collimator appears to be a reasonable imaging technique. The quality
of the reconstructions is not high enough, however, to compete with the TCA system.
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Samenvatting
In dit proefschrift (dat is opgebouwd uit een algemeen inleidend hoofdstuk, vijf
artikelen, en een appendix) worden drie afbeeldingstechnieken voor nucleair-geneeskundige
diagnostiek behandeld. De eerste van de drie technieken is ontwikkeld voor het opsporen
van afwijkingen in de linker hartspier, de andere twee voor het waarnemen van
abnormaliteiten in de schildklier.
In de nucleaire geneeskunde worden voor het afbeelden van organen radioactief gemerkte
stoffen gebruikt, die een zekere affiniteit vertonen met het te onderzoeken orgaan. In het
geval van de schildklier komt bijvoorbeeld een radioactief jodium isotoop in aanmerking.
Meestal worden deze stoffen enige uren voordat de meting(en) wordtCworden) verricht,
intraveneus toegediend. Na verloop vau tijd concentreert de ingespoten stof zich in het
weefsel van het orgaan in kwestie dat da-rmee radioactief is geworden en straling (in ons
geval gamma straling) gaat uitzenden. Een gedeelte van deze straling wordt opgevangen
(gedetecteerd) door een daarvoor gevoelige camera (de gamma camera, ook wel Anger
camera genoemd). Het probleem doet zich voor, dat als de straling zonder meer zou
worden opgevangen er slechts een zeer wazige afbeelding van de radioactiviteitsverdeling
binnen het orgaan wordt verkregen. Men kan dit vergelijken met de situatie die zou
optreden bij het menselijk oog als de ooglens niet meer zou functioneren. Om dit
probleem op te lossen wordt er een zogenaamde collimator (of apertuur) geplaatst tussen
het orgaan en de camera. Zo'n collimator bestaat uit een loden (straling absorberende)
plaat met een of meer gaten waardoor straling op het detectieoppervlak terecht kan
komen. Het simpelste voorbeeld van een collimator is een "single pinhole" collimator die
bestaat uit een loden plaat met slechts één, centraal gelegen gat. Met deze collimator
wordt als het ware een "camera obscura" beeld van het orgaan verkregen. De single
pinhole collimator wordt onder meer gebruikt voor standaard schildklier onderzoek.
Dit proefschrift gaat over drie verschillende collimatoren die zodanig zijn geconstrueerd
dat uit tweedimensionale (2D) afbeeldingen (projecties) van het orgaan, de
driedimensionale (3D) verdeling van radioactiviteit in het orgaanweefsel kan worden
gereconstrueerd (berekend). Hierbij dient opgemerkt te worden dat voor geen van de
onderhavig systemen de gamma camera behoeft te worden verplaatst gedurende de
meting, waardoor de systemen relatief simpel zijn en (dus) goedkoop. De volgende
apparaten worden in de verschillende artikelen besproken: een 7 gats oliimator voor het
hart, een 7 gats collimator voor de schildklier, en een "in de tijd gecodeerde apertuur",
eveneens voor schildklieronderzoek.
Een 7P (de P staat voor "pinhcO-") collimator bestaat uit een loden plaat met één gat in
het midden en zes gaten op gelijke afstanden verdeeld op een cirkel daar om heen. Om te
voorkomen dat de zeven "camera obscura" beelden elkaar zouden overlappen op de
detector, zijn er loden afschermende schotten geplaatst tussen plaat en cameraoppervlak.
De 7P colllmatoren voor hart en schildklier verschillen slechts in detail van elkaar: de
diameters van de gaten en de afstand van plaat tot camera zijn orgaan-afhankelijk.
De in de tijd gecodeerde apertuur (TCA) bestaat uit een loden plaat met een vierkante
opening, waarover een tweede loden plaat (de code plaat) met een specifiek gaten patroon
ligt. De meting bestaat uit 121 deelmetingen. Na iedere deelmeting wordt de code plaat
verschoven zodanig dat het gaten patroon voor de vierkante opening telkens anders is. De
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door de verschillende gaten geprojecteerde beelden van het orgaan zullen elkaar op het
detectieoppervlak
overlappen.
Dit
maakt
het
reconstrueren
van
de
radioactivlteitsverdeling aanzienlijk gecompliceerder dan in het geval van de 7P collimator.
De overlappende beelden zullen nu namelijk eerst "uit elkaar getrokken" (gedecodeerd)
moeten worden alvorens het werkelijke reconstructieproces kan worden gestart. Daar
tegenover staat dat de codering van de plaat belangrijke voordelen biedt, zoals
bijvoorbeeld een grotere gevoeligheid en een beter onderscheidend vermogen.
Het reconstrueren van de 3D intensiteitsverdeling binnen het orgaan uit de 2D
meetgegevens komt in wiskundige terminologie neer op het oplossen van een Fredholm
integraalvergelijking van de eerste soort. Door een aantal vereenvoudigingen in te voeren
kan deze integraalvergelijking worden omgezet in een makkelijker oplosbaar probleem: een
stelsel lineaire algebraïsche vergelijkingen. Voor de drie onderhavige systemen geldt dat
het aantal vergelijkingen (of: meetgegevens) groot tot zeer groot is (8232 voor 7P hart en
7P schildklier, en 256036 voor TCA), en dat het aantal onbekenden (het te reconstrueren
volume wordt opgedeeld gedacht in kleine blokjes waarbinnen de gemiddelde activiteit
onbekend is en moet worden berekend) ook tamelijk groot is (resp. 868, 4468 en 59980).
Er zijn nogal wat methoden (algoritmen) ontwikkeld om dit soort grote stelsels
vergelijkingen met de computer op te lossen. In ons geval speelt, naast de eis van
nauwkeurigheid die aan het reconstructiealgoritme wordt gesteld, ook de tijd die voor de
berekening nodig is een belangrijke rol. In een van de artikelen wordt, aan de hand van
gegevens verkregen met de hart 7P collimator, een vergelijkend onderzoek verricht tussen
drie in aanmerking komende reconstructiemethoden. De methode die uit dit onderzoek als
beste naar voren is gekomen, wordt ook gebruikt voor de andere twee
afbeeldingssystemen.
De reconstructietijden liggen voor de beide 7P collimatoren in de orde van 3 minuten,
terwijl reconstructie van een TCA opname ongeveer 11 minuten in beslag neemt. Deze
berekeningstijden hebben betrekking op een HP1000 minicomputer, een systeem dat in de
huidige tijd als enigszins verouderd mag worden beschouwd. Als gebruik zou worden
gemaakt van modernere minicomputer systemen (zoals bijvoorbeeld de VAX-8800),
zullen de reconstructietijden naar schatting nog een factor 5 lager liggen. In elk geval
staat de reconstructieduur routinematig klinisch gebruik van de drie technieken niet in de
weg.
De mogelijkheden en kwaliteiten van de drie apparaten worden in de in het proefschrift
opgenomen artikelen onderzocht aan de hand van proeven met fantomen (testobjecten) en
enkele patientenstudies.
De 7P collimator voor het hart blijkt goed te functioneren zowel voor fantomen als
voor patiënten. Op het moment van het ter perse gaan van dit proefschrift is er een
uitgebreid onderzoek gaande naar de klinische capaciteiten van ons 7P systeem.
Voorlopige resultaten hiervan onderschrijven de verwachtingen ten aanzien van de
klinische bruikbaarheid.
De 7P collimator voor de schildklier levert goede reconstructies op voor
fantoommetingen, maar de tot nu toe gedane patientenstudies lijken aan te geven dat het
apparaat niet volledig voldoet aan onze verwachtingen.
De TCA lijkt daarentegen heel geschikt voor nucleair-geneeskundige diagnostiek: zelfs
kleine afwijkingen in het schildklierweefsel zijn goed zichtbaar in de reconstructies.
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