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DISCLAIMER

This document was prepared as an account of work sponsored by the United States
Government. While this document is believed to contain correct information, neither the
United States Government nor any agency thereof, nor the Regents of the University of
California, nor any of their employees, makes any warranty, express or implied, or
assumes any legal responsibility for the accuracy, completeness, or usefulness of any
information, apparatus, product, or process disclosed, or represents that its use would not
infringe privately owned rights. Reference herein to any specific commercial product,
process, or service by its trade name, trademark, manufacturer, or otherwise, does not
necessarily constitute or imply its endorsement, recommendation, or favoring by the
United States Government or any agency thereof, or the Regents of the University of
California. The views and opinions of authors expressed herein do not necessarily state or
reflect those of the United States Government or any agency thereof or the Regents of the
University of California. ’ :
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1. INTRODUCTION

'ZJ'We propdse'an imaging device for the rapid, non-invasive, high
resolution (6 mm FWHM), three-dimensional reconstruction of the

myocardium in end-éysto]é and end-diastole. The instrument can also

- be used for transVéfse_aXia] tomography of the head and abdomen. The

‘major emphasis is to image the accumulation of S2Rb (positron emitter)

in the myocardium after i.v. injection. This isotope has a 75-sec

ha1f—1ife, and can be readily obtained from a portable generator

82pb with a 25-day half-1ife.

Studies of blood flow are also feasible using 68Ga or 82Rb. The

containing 825r, which decays to

devﬁce we have designed incorporates mu]tib]e crystals in a ring and
a data collection scheme based on coded 1ight pipes. Transverse
fombgraphy of body sections from 5 to 15 mm thick are imaged in 1 to
5 min without rotation. Both transmission and emission modes are
envisioned in order to effect compensatioq for attenuation in quanti-
tative studies and comparison of anatomy to function using algorithms
already developed.

More than 100,000 Americans die each year from fatal heart
attacks. _An essential aspect of prevention is early diagnosis and
understanding of the pathophysiologic processes in the myocardfum;

The instrument we propose presents a method for the non-invasive

study of myocardial disease associated with diminution in flow.

The instrument also allows the rapid assessment of dyskinesia and
can be used in conjunction with a number of isotopes but is basically

for use with short half life positron emitters. Good examples are
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82 which can be obtainéd from a generator remote

and Ga]ium68

18

Rubidium
from a cyclotron. - "°F for imaging acute myocardial infarctiohs is another ‘ &
important application. This device has the potential for imaging v
not only the heart in end-systole and end-diastole, but for assessing

brain flow with 10 second frame times -and for imaging distribution of

isotopes or density (5% accuracy) in other organs such as the pancreas,

prostate, and bladder.

4
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2. BACKGROUND:::

Early studies by Love.and‘Burch (1957) with Rubidium-86 and Carr

and co- workers (T964) with 131

Cs suggested that these aTkaT1ne metaTs
are extracted by the myocard1um 1n much the same way as potassium,
and can be used to infer coronary fTow in accordance with the
Sap1rste1n pr1nc1p1e (Sap1rste1n, 1958) In the past four years there
has been an intense effort to deveTop noninvasive techn1ques for
fde11neat1ng normal or abnormal myocard1aT perfus1on using the radio-
nucT1des of potass1um, rub1d1um,and cesium as well as coronary 1n3ect1on
techn1ques us1ng TabeTed aTbum1n or part1cTe m1cropheres ‘and xenon.
The background work in assess1ng coronary fTow and myocard1a1 funct1ona1
' 1ntegr1ty is shown in Table 1. | | |

- These efforts, while notabTe for estab11shment of the clinical
efficacy of imaging the myocard1a1 accumuTat1on of isotopes, have not
given us a substantially useful tool for noninvasive evaluation of
coronary flow or myocardial 1ntegrity The reason appears not to be

in the seTect1on of isotope so much as in the 1nstrumentat1on for

gated three- d1mens1ona1 distribution deT1neat1on Qur previous work
82

with the positron emitter S°Rb (Budinger, Yano and Hoop,.1975- and
VoTkeTman et al. 1972) suggests that this 1sotope given in 3-5 mCi
_amounts can prov1de suff1c1ent data for transverse sect1on reconstruc-
tion of the human heart in gated stud1es Previous work in instrumen-
tation for three d1mens1ona1 1mag1ng of nucT1de d1str1but1on has been

T1m1ted to the head Th1s work has been w1th a rect111near scanner

(KuhT and Edwards, 1963 KuhT and Edwards, 1968 KuhT et al., 1973)
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and some studies with phantoms and patients have been made with the
 gamma camera (Budinger et al., 1974). Recently using 1295, we have ‘
been able to image transverse_sections of the human myocardium | W
(Fig; 1) and fhe myocardium of the dog {Fig. 2). The reconstruction

of transverse sections wasvcarrjed.out usiﬁg five different algorithms

and six methods for the compensation of attenuation were incorporated

in thése and other studies (Budinger énd Gu]lberg, 1974). These.stUdies

done with the gémma scintillation camera are inadequate because of low

statistics, and clumsy patient rotation schemes (many havé been

explored).’ Using 81

Rb, we explored the feasibility of gating

studies of the myocardium (see'Fig. 3) with good results with one
view;.however, we have not yet combined gating with multiple views due
to lack of adequate para]]é] hole collimation for the 450 - 520 keV

photons of 8]Rb and the 600 - 1400 keV emmanations of 82

MRb contamination
present in some preparations.
This probTem might be overcome by use of lower enefgy nuclides

201T

such as 1, which just now is becoming avai]ab1e (Lebowitz,et a].;

1974). However, thfs isotope has a 75-hr half-life, and does not
provide the characteristics of a positron emitter for transverse
section imaging. N ' o
Even the best spatia] reso]utioﬁ imaging device cannot give in
one view a‘safisfactory representation of the three-dimensional
disfribution of the isotopes. While tomograpﬁic imaging can be
aécomp]ished using a moving, focusing collimator (Anger, 1968;

Mathieu and Budinger, 1974), or a coded aperture technique (Barrett

et al., 1973; Chan et al., 1974; Budinger and Macdonald, 1975),
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the result is an image of the plane of interest with continuous
blanes superposed as a heterogeneous out-of-focus background. ‘ -

A pQ§itron camera can be used in a fashion which allows
'focusing on one plane (Brownell and Burnham, 1972); however, the
adjacent p]aneSIWill also bé present in fhe image, but out of chus.
This type of imaging selected planes with the positron camera is o
eduiva]ent to back projection or simpie superposition.

The Brownell camera at_Massqchusett§ General Hospital has been
used for transverse section imaging on phantoms and dogs with good
results (Chesler, 1973). These studies involve rotation of the
subject‘between the camera planes. Thus multiple injections are
required for sufficient data due to the short half-life of the

13N 82 38

H Rb, and K.

39
The Anger positron camera, employing a scintillation camera in

positron emitters

coincidence with a crystal array, has been in operation for a number
of years, but the count rate limitations (~ 1000 sec']) obviate its
usefulness for the studies We'envision. | |

A positron camera employing two gas-filled mu]tiWire proportional
chambers is being developed at the University of Ca1if0rnia.5an Ffancisco
Medical Center and Lawrence Berkeley Laboratory. This system use§ ' .
Tead hdneycomb converters,and,each of the two detector plénes Has.
efficiencies from 2.5% to 10% depending upoﬁ the number of chambérs
and coﬁverters used. The coincidence raie in air is 330 events per
sec. (30-uCi source) (10%»accidéntals). The spatial resolution is

6-7 mm FWHM (Lim et al., 1975). No collimation is provided
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‘and energy selection is not possible. It appears that'in a 20-cm
'cy1ﬁnder of tissue,'apprdximaté1y 70% of the coincident events will
not provide useful spatial information (Derenzo, 1975).

Another two-plane positron camera syStem employing two Anger
SCihtiI]ation cameras is being deveToped at Searle Radiographics, Inc.
(Muehllehner, 1975). The reéoluthn is 10 mm FWHM and count{ng rates
in excess of 4000 sec”! are possfb]evfn 12 cm water.

Efficient tréhsaxia] tomography using;thé above systemsxinvolves
patient or detector rotation, and‘dyhamié flow studies are not possible
except indirectly through use of the equilibrium image method proposed
by Brownell, Ter-Pogossian and others (Jones et al., 1974).

o Ring defector systems have been built for positron mode transverse
section imaging. Studies are underway at Brookhaven Nationa]lLaboratory
using a 32-detector ring which is 40 cm in diameter. Each detector
is a NaI(T1) crystal of 3.2 cm diameter (Robertson et al., 1973).

The resolution and sensitivity of this innovative device are limited
by the lérge size and small number of crystals.

At the Wéshington University}School of Medfcine a ring of
detectors has been built for positron imaging and transverse section
tomography (Ter-Pogossian et al., 1975; Phelps et a].,}1975). The
device at present is a hexagonal rihg of 48 NaI(T1) detectors, each
5 cm X 5 cm diameter. _Pre]iminary work demonstrates excellent depth
insensitivity, quantitative image reconstruction, good contrast,
and 14 mm FWHM-image resolution. The detectors were stopped down to

2.5 cm diameter in order to achieve this resolution, resulting in a
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loss in sensitivity. Gated imaging might be difficﬁ]t because ofvthe
need-tovrotate the apparatus through many positions for eVery section
to be imaged. |

.Iﬁ $uﬁmary, previous work using various radiopharmaceuticals and
imaging devices for assessing the integrity of the human myocardium
have laid the important ground work for the device we propose here.
We wish to construct a device capable of performingvrapid, high
resolution images of fhe heart. .Iﬁ-addition this device has applica-

tion to head and abdomen, without modification.
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3. RATIONALE: = =i, .

3'1!'Myocard1a]vAccumU1at{°n of Rubidium. The overall objective of

éscértaning myoéardia1 perfusion by thé accumu1atioh of rubidium
1nv81ves a pasic‘assumbtion:£h§t tHe amount of'nuélidé brésent in the
musqlé is d%fecfiy propo;t%onal to the flow. This principle (Sapirsteéin,
1956, 1958)ta§serts that thevfra¢tion of isbtdpe present in each organ

is direct1y re1ated to the'fract%onvof;cardfécfoutbut that organ |

reCéives. This is true to a first approximation for potassium,
. 13y, o

rubidfuh, and NH3 wheré the extractiqn efficiency is high, and'the'
Sapirstéin principle can yield valuable clinical daté"if we have some
means of reaching inside the myocardium to make dné]ySeé. The probTem
{s that‘we cahvon1y'estimafe the isotope concentrafion because What

is normally imaged is a projection of the three-dimensional distribu-
tion on'a_fwo—dimenéipnq] p]ane.' The diéfribution of isotope in the
wall as weT] as its gradient fhrough the wall are fmﬁbrtant clinical

observations for which there exists no in vivo techniques

(Yipintsoi et al., 1973).

3.2 Need for Multiple Views or Equivalent Imagihg, >Activity in under-

and overlying tissues is superimposed‘on the myocardia1'activity and .
results in poor contrast for single view images§ that is;Athe target-
vfoanntarget ratio in«the=object is reduced from.a true ratio of 7:1
to Tess -than 2:1.in the projected -image.-. For positive imaging of
infarctions usingfgngc-tetracyc]ine or 9?mT--c-pyrophosphate, the _
situation is not as serious because the true ratios are closer to 12:1

and 20:1, respectively.- Yet even with these latter radiopharmaceuticals,
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methods of avoiding the superposition of rib and sternum activity are

most important, and multiple viéws are needed for quantitative data.
Another reason for the desirability of heart transverse sections

is to'quantitate the amount of isotope present in order to grade the

quantfty of accumulated isotope. Using'S]Rb, which has both positron

annihi]ation gammas and 190 keV photons from B]mKr, it is possible to
measufe flow by examining the ratio of Rb to Kr. A high ratio
indicates relatively greater flow over a low ratib. Our previous
experience with this iéotope has led to inconsisteht results, probably
due to the,éccumu]ationvin the lungs. Transverse section imaging
would avoid this problem.

: Thhs, there are four reasons for going_t6 the design and instrumen-
tatioﬁ‘given here: |

1. Selectively remove background from under- and oVer]ying tissue.

2. Aid in detection of intramyocardial defect by transverse
section disp]ay of data.

3. Provide a quantitative method of assessing the concentrat1on
- of isotope of a uCi per gram basis.

4. Provide a means for evaluating nuclide flow into and out of
~the myocardium.

3.3 Positron Mode Imaging Rationale. ‘A severe limitation in nuclide

imaging has been the very low statistics. The data are limited by

the dose to the patient and instrument performance. Whereas, millicurie

7

amounts (3.7 X 10° disintegrations per sec) are injected, the presence

of scattering and very poor transmission of collimators (3 X 10'4 to

-5

3 X 10 ¥ for isotopes of interest) leave us with little data to'work

with, particularly in the beating heart where image motion requires
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ten times more disintegrations than for no motion imaging. An analysis
of this situation leads to the conclusion that in order to-achieve our
objective, we must get rid of the collimator and use an isotope with

a very short half-life to reduce the dose. Positron mode imaging is

c}early'the answer, and';gK, 81Rb;-ahd ]3NH are already-~proven

3
isotopes. . "

- 3.4 Chbicé of Isotope. Radionuc]ides of the chemically reiated

alkaline elements potassium, rubidium,and cesium and their analogs
“have: been shown to-be of clinical va1u¢ in the direct:assessment of the
distribution ofwmyocardial-blood~f1ow using noninvasivesscintigraphié
teﬁhniquesf‘ High resolution positron scintigraphic. techniques
appearfpaftTCUlarly attractive not only for localization and sizing of
myocardial infarctions, but for direct assessment of the distribution
of regional myocardial blood flow.

" However, of the many radioisotopes of potassium analogs,

38y 7.7 min;

Rb, 6.3 hr; SPRb, 33 d;

"9b, 82pb, and 13

relatively few are positron emitters. Among these are:

79 81 82 .82m

Rb, 21 min; Rb, 1.2 min;"

13

Rb, 4.6 hr;

and N-ammonid, 10 min. - Of these nuclides, N-ammonia
are relatively free from other gamma rays and are sufficiently short

Tived to be useful in’ acute clinical situations in which the patient's
condition is changing rapidly, thus enabling réepeated studies particularly
to assess the efficacy of various modes of therapy. -Studies using most

of these radionuclides require a charged-particle accelerator near the
hospital or clinic. An exception is 82Rb, which can be obtained from

a long-Tived 82Sr'generator (25-d half-1life) and is therefore available,
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at will, for application in acute c1inica1'situations. In addition,
its short half-life offers low radiation exposure to the patient
(Budinger, et al., 1974) (Fig. 4).

Both 82Rb and 686a_(avai1ab1é from 280D 68.Ge) can be used ‘to

delineate hemodynamic flow through the heart chambers and- the brain.
635a ‘is suitable because of its 68 min half-Tife and availability as
a chelate with EDTA. In this form it will remain in the intkévascd]ar

space.

3.5 Rationale for Geometry and Data Handling Configuration. Previous

attempts to image positrons datihg from 1951 (Wrenn, et al. 1951, and
BréwneT1 and Sweet, 1953) have been somewhat limited by detector
saturation. Cahera devices é]so saturate at count rates below those
neédedifor adequate data gathering. This is certainly the Case

for the Anger positron camera whose efficiency in air is ~ 30 cts

sec'] uCi']

, but only about 250 uCi can be in the field of view at
one time.
The MGH .camera (Burnham et al., 1972) can tolerate 3 mCi or more,

82Rb

_dnd has been used to'give good myocardial images with
(Budinger et al., 1974).

~ Our approach is to examine all the way around-the heart at one
~ time, with a ring of 288 crystals (Figs. 5 & 6). A section 5 to 15 m

thick will be imaged on eaéh'injectionu
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In order to achieve adequate statistics to present a transverse

image of the myocardium after a single injection of

:82Rb (75 sec

half-life), we envision the following:

(a)

(b)
(c)

(e)
(f)

(g9)

the heart is 10 cm in the cephlad-caudad dimension, and

the myocardial volume is 150 cm3;

the cardiac rate is 72 min™';

the scattering medium is equivalent to a 20 cm diam cylinder

of water;

20 mCi of 22

by the myocardium;

Rb is injected i.v. and 3.5% of this is extracted

eight separate images are taken, each corresponding to a
0.1 sec interval of the 0.8 sec cardiac cycle;

data are taken for a.period of 200 sec after an initial
100 sec wait for the blood pool clearance of 82Rb;

as in Table 3, Case I, the imaging sensitivity is 31 events
sec”| [uCi per axial cm]']. The resulting initial activity
density is 0.7 uCi per 4 X 4 X 10 mm image element and for
each of the eight images typically 100 events will be

collected per image element.
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4._ PHYSICAL DESCRIPTION_OF_THE SYSTEM

The patient is positioned on a specially designed béd that can
" be insérted into tﬁe ring detector (Fig. 6). The bed cah.be adjusted
vértica]]y and is canti]evéred from one end. The bfher end in the
:fiéld.of view of the detector is made to_mfnimize interadtion with the
gamma rays. (Thin aluminum tubes and canvas back.) lThe o9era11
dimension of the ring aésembly is 170 cm OD and 60 cmEID,'and an
additional insert can be used td reduce the backgkqunds by reducing
the ID to 40 cm. The assembly can be tilted 20° from the vertical to
“allow for an oblique view of the heart.

| The détectok‘consists of an array of NaI(TI)vcrystals measuring
0.8 cm wide X 3 cm hfgh X 5 cm deep mounted in a ring 80 cm in diameter
(Fig. 7). The total number of crystals is 288. The ring is broken
into 8 segments of 36 crystals each. Lead shielding is hountéd
on the inner circle of the deteCtdr exteﬁding inward to a diameter 6f
60 cm. .An additional coi]imator (typiﬁa]]y 40 cm ID) is shown in
broken 1ihes. |

A source containing.]33Ba V(not,shown) is mounted on a rail inside

the collimator openfng and driven by a motor. The source generates a
60° fan beam, and travels 180° of the periphefy. The position of the
source is digitized and the counts collected by the detectihg'crystals

are stored for a subéequént.compUtation of the attenuation distribution

in the section.
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Co-linear gamma rays due to pbsitron annihilation in the patient
scintillate in Nal crystals. Light generated in a cfystal éxits into
coded 1ight¥p1pe$ (example in Fig. 8), Nine photbmuitip]iers per
gggmént view this decoding network utilizing a spegia]]y désigned code
to generate a binary word corresponding to the position. .A.coihcidence
circuit (exaﬁp]e in Fig. 9) checks for co{ncidence.betwéen any crystal
and the opposing 62 crystals. This allows a possibility of 8,928
coincident crystal pairs aﬁd provides a nearly uniform geometrical
sensitiyity"over the central 30 cm. .If coincidence has been found, the
sum of the]PMi outputs is energy selected and the data is transferred
to Stdrage. The stdred pbsitiona] information is processed using a
thréé—dihensiona] reconstruction program that'corrects for thé attenua-
tion in the tissue (generated.by the ﬁra&é11ng soque) to reconstruct an

image-of the section.

4.1 Shielding. The purpose of the lead éhie]ding is two-fold:
1. Provide a mechanism forvvaryihg the slice thickness.

2. Absorb gammas originating from tissue external to the field
of view. .

The shield consists of two concéﬁtric'rings extending over the
crystal ring wifhvan 0D = 106 cm and ID = 40‘cm;.this determines the
s]%te th{ckhess\(see-Fig;_10). The interna]vdfameter of 40 cm can be
varied'by removing a part of the assembly and inserting an alternate
to fif-different'patiehf sizes.
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.For a collimator opening S (S_'= 1,.2 or 3 cm) the crystals can
reéeive radiation from a region consfderab]y larger than S.(depending
on the dimensions of the collimator). On the other hand, valid
co]ineér coincidences can.arise only from a region of thickness
~vS/2. The activity external to the section (thickness S) is a major
cause of undesired background (see section 5.7) motivating us to.
.extehd the collimator as close as .possible to the patient.

| The collimator is assumed to be about 6 cm thick (10 attenuation -
~lengths). As shown in section 5.7 the overall leakage is 107
or 5;coun£$/sec/(uCi per axial cm) which is a small fraction of the
total. | |

4.2 Choice of NaI(T1) Crystals. A "standard" crysta]_manufacturéd by

"Harsﬁaw Corp. for the Baird?Atomic y-camera measures 9.5 mm X 9.5 mm X
38 mm long (Fig. 5). To increase the sensitivity and to offer the
option of varying the slice thickness, a 8 mm'X 30 mm X 50 mm crystal

appears more desirable.

4.3 Crystal Position Coding. The detector ring is divided into

eight segments'of_36 crystais. fA position code is created by coupling
each crystal to a unique pair of PMTs (Fig. 8). This allows a large
number of crystals to be read out by a small number of PMTs (Alvarez,
1960). Moreover, it is possible to reject events where a significant
amount Qf energy has been deposited in more than one crystaT of a
éegment, since in such cases more than two PMTs will respond. This
can occur when a gamma ray scatters fn the crystals or when two gamma
rays are detected in the same segmént within the coincidence resolving

time.
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In general, the maximum number of distinct combinations is given

by o
n!

mi (n-m)!
where n is the number of PMTs serving each segment and m is the number
of PMTs to wh1ch each crystal is coupled. In the example of Fig. 8
‘the code for a segment containing 6 crystals used n = 4 and m' = 2.

The number of PMTs is minimized when m = n/2;'Wh11e the number
of lightpipes is minimized when m is small. .The.Use of binary and
~Gray codes will reduce the number of PMTs somewhat further, but will
not permit the rejecfion of multiple detectiohs._’The.fast digital
coding of crystal boSitions allows each segment to be placed in coinci-
dence with several opposing seghents at high rates using a small
number}of coincidence circuits. Then crystal address code$ can be
compared to place each crystal ‘in coincidence with a predetermined
number of opposing crystals. | B

For 8 segments of 36 crystals each, the cho1ce of n =9 and

=2 allows 72 PMTs to serve 288 crystals via 576 11ghtp1pes and

12 coincidence circuits.

4.4 Energy and Time Reso]ution; The enehgy resolution of a scin-
ti]}etion detector depends on the amount of scintillation 1ight broduced,
the Tight collection efficiency, and the quantum efficiency of the PMT

at the relevant wavelengths. A‘5_cm diam X 5 cm NaI(T]) crysté] can
achieve an energy resh]ution of 8% FWHM for 511 keV gamma rays, but

any reduction in the light reaching.the PMT (such as by the use of narrow
crystals or by coupling the crystal to the PMT via a 1ong lightpipe)

will deqrade the reso]ut1on
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lv Gren{eriet 51 report an energy reso]ut1on of 23% FWHM at 122
 keV and 1OA FWHM at 662 keV for a9Xx9x 38 mm NaI(T]) crysta]
B coup]ed d1rect1y to a PMT; and a reso]ut1on nf 50% FWHM at 122 keV
when the same crysta1 was coup]ed to the PMT via a 61 cm long plastic
11ghtp1pe that transm1tted 20% of the 11ght Their data show that,
as expected, the width of the photopeak is inversely proportional tov
vthe'square root of the number of photons reaching the PMT. 'As the
crysta]s 11sted 1n the examp]e of Tab]e 2 are similar in size and
would be coup]ed to the PMTs via similar 1lghtp1pes we can thus
expect that at 511 keV the energy reso]ut1on will be approx1mate1y
50% FWHM X (122 keV/s]] keV)2 = 24% FWHM. Any non-uniformity among
the 11ghtp1pes w111 result in a further degradat1on of the reso]ut1on.

The time reso]ut1on in NaI(T]) depends on the same statistical
fluctuatibns that detehmine the energy reso]ution; Braunsfurth et al.
report a time jitter distributioh with a FWHM of 1.3 nsec for 511 keV
gamma ray pairs in NaI(T1), using a.system with a good light collection
efficiency. We expectﬁthat the time jitter dfstribution of avring
detector system with'an‘energy resolution of 24% FWHM will have aVFWHM
of 1.3 nsec X (24%/8%) = 3.9 nsec. A 20 nsec coincidence resolving

time is assumed in Tables 2 and 3.
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4.5 Readout The readout c1rcu1ts must perform the fo]]ow1ng
1) Determ1ne wh1ch PMTs have pu]ses and convert th1s 1nformat10n
_ 1nto the b1nary address of the gamma ray 1nteract1on po1nt |
_ 2) ReJect events where more than two PMTs 1n a segment have pu]ses
(i. e., where more than one crysta] has rece1ved a s1gn1f1cant |
amount of energy) For 1ncreased sens1t1v1ty at the expense
“of spat1a1 reso]ut1on, 1t may be des1rab1e to 1nc1ude - |

| ;.events where three PMTs have pu]ses (1 e., where two ne1gh- ‘
.bor1ng crysta]s have rece1ved s1gn1f1cant energy) Th1s o
requ1res that the code be chosen SO that a]] ne1ghbor1ng |

.‘.‘crystal pa1rs generate a un1que 3- PMT code v |

, 3)"Determ1ne whenever two crysta] segments have detected gamma
- rays w1th1n a 10 to 20 nsec t1me 1nterva1 :

4) Add the PMT outputs for each co1nc1dent crysta1 segment and
reJect the event if the pu]se he1ght does not fa]] w1th1n a
,prese1ected w1ndow | | (‘

5)  Reject the event if another gamma rav isﬂdetected (in either T
_coincident crystal segment) w1th1n the 200 to 800 nsec - |
requ1red to determ1ne the pu]se he1ght N |

| 6) ‘Handle gross count1ng rates of 2 X 10 sec - per crystal segment

7) Collect fan-beam-y-ray transm1SS1on data for the attenuat1on

correction. Figure 7 shows the block diagram of a circuit

that meets many of the above requirements.
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4.6. Attenuation Cdrréctions; Corrections for attenuation are needed

to obtain good transaxia],récqnstructions. One possibility is the use
of a continuous source of positfbh emitter around the outside of the
pafient; as'suggested by Phelps et al. (1975). Since the attenﬁatiqn
depends only oh ‘the Tline of flight of the two gamma rays -and not on- the
poSition of thé boint of ahﬁihi]ation, the attenuation correction for
 each pair 6f coihcident detectors is the ratio of the transmitted
flux béfore and after the patient is positioned in the system.

A sécoﬁd possibility is the use of a fan beam source of

1335, (prinéipa] gamma energy 356 keV) that travels 180 degrees

7.9-yr
around the patienthhi]e the opposing 62 crystals collect transmission
daté. As the attenuation cross section is greater at 356 keV than at
511 keV by a factor.of 1.16 for water, muscle and bone (Hubbell, 1969),
'thé attenuation correction for 511-keV pairs is determined as the 0.86
power of the ratio of the transmitted flux of 356 keV gamma rays

before and after the patient is positioned in the system. It is
necessary to know the attenUation to an accuracy of only 10% rather
than the 1% accuracy of the EMI scanner, and approximately 100 timés
fewer counts are needed. Thus the dose is reducedvfrom 1-3 rad to
50-150 mrad. This second method permits greafer ease of source

collimation to reduce patient exposure, greater data rates, and the

use of an isotope of long half 1ife.
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5. PROPERTIES OF THE SYSTEM FOR THE DETECTION OF COINCIDENT
ANNIHILATION RADIATION

5.1 Crystal Detection Efficiency. A large s]éb of NaI(T1) 5 cm

thick detects 511 keV gamma rays with a gross detection efficiency of
82% and a photofraction of 0.79 (Anger, 1966). We have measured the
pulse height spectrum for the smaller 0.8 cm X 3 cm X 5 cm deep -
crystals described here and find that the gross detection efficiency

is also 80%; but the photofraction ha§ a.lower value of 0.25 due to

the loss of Compton scattered gamma rays from the sides of the crystals.
In Table 3 we have used a detection efficiency of 50% (100 keV
threshold and single crystal interactions only) and a photopeak

efficiency of 20%.

5.2 Axial Response Function. Since the two annihilation gamma rays

are emitted in nearly opposite directions, true coincident events can
only arise from a disc-shaped region bf space (called a "section")
within the detector circle. The thickness of the section is efféctively
equal to one-hé]f the corresponding dimensions of the shielding.

A schematic of the detector circle and the collimator circle
used tq block emissions"from outside the section‘may.be seen in Fig. 10.
The variable Z is the coordinate along the axis of the detector ring..
(Z = 0 at the midplane.) The variable R indicates the distance to

that axis.
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 The Sensitivity is maximal at the médian place of the section
(z =-0)'and fa]]é to zero at Z = + S/2 (the top and bottom surfaces
of the section). The dépendence of the sensitivity along an axis
parai]e] to the Z axis is Ca]iéd the Axiai reﬁpénéé Function.
Consider a point at a distance R from the central axis of the
detector circle. Consider also two detectors located on opposite
sides of.the point so that the line betweén them forms an angle 9
with a line connecting the point with R = 0 (Fig. 10). Let By be
the distante to the c]osgr detector and 82 be the distance to the

farther detector

1
B, = /% - R%sin’p + R cos | (1)

B, = /CZ - stinzﬂ -Rcos P

"The sensitiVity is uniform in the central interval - Z; < I <1,
and falls to zero 1inear1y in the intervals - %—< L < -Z] and

<7< %—(Fig. 11), where

B, - B
_(s\ (B2 B
2 = (?) (ﬁ;‘:‘ﬁ{) @

Writing the coincident detection probability at Z, R, @ as f(Z, R, 0),

. , 2
- [S2Z Y [€S) _ S -

ol

we have

1 2
2
_€S _
-—Z—B-Z— Zl<Z<Zl
=§_"_2._Z_ ﬁ Z<Z<.S/2
S-27 2B 1 -
1 2 :
=0 z<-3 or 7>5/2 (3)

where € is the detector efficiency.
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Fig. 11
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The axial response function normalized to f(0,R,P) and averaged
over Q is given by: - |

. ¥ / 21 '
DY = . f(Z,R,P
FA(Z’_R),_;"./“ TR p)er 4P (4)

This quaﬁtity is pTottédfianig. 12 fo%~;he case C =40 cm, S =2 cm

for R = 0 cm, 10 cm aﬁd;ZO cm.

5.3 SensitiVitz.f'The'evént'rate for the simultaneous detection of
two annihilation gqhma'rays may be ca]cu]ated as the following product:
[contributing actiﬁit&j X {[probability of photon #1 reaching»a detector]
X [probability of photon #2 réaching a defeéfor] X [product of detector
efficiencies]. This_fprmu]ation is used be]ow’for both unscattered
gamma rays (Eq. 5) and scattered gamma raysv(Eqs. 15 & 18).

- The unscatteréd coincident event Eate Co,of a king detector is

abbroximated by: -

,. ul 2 -u 2
- B pe - =] e

p = activity density in uCi per axial cm

where

a = 37,000 annihilations per sec per pCi of B+ (conversion factor)

S = exhoSed dimension of detector ring along ring axis
(determined by width of shielding slit) (see Fig. 10)

e”ML = probability that neither gaimma ray scatters in the tissue

1 = narrow beam attenuation coefficient for 511-keV gamma rays in
tissue (in water u = 0.10 cm'])

L = tissue thickness
¢ = radius of detector ring

€ = détection efficiency for 511-keV gamma rays.
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The first.bracket is-the contributing activity; the second bracket
ts the.prpbabi]ity'thét both : gamma rays reach the detector ring wi thout
having:scattered? and. the third bracket is the probability that both
gahha réys.are;detected and pass the pulse height threshold.

| For the case 1 of Table 3,:C = 402cm, St= 2 cm, E = 50%,

uk = 2 (20 cm diam cylinder of tissue) the sensitivity is:

{37,000¢2\ { 2 2 |
C, = ( > )(2540) (0.50) - (6)

= 31 events/sec/[uC1 of 5 per axial cm]

We assume that the source d1str1but1on Ties within a distance R

from the ring axis g1ven by: ‘ |

R =c¢ sin (fn/2) (7) .
where each detector (of a total of N) is. in coincidence with the N
opposing detectors. For a circular ring the geometrical sensitivity
is nearly uniform within the radius R. We also assume that the
detectors are densely packed around the ring and that the shielding
blocks on]y,gamma rays external to thevsectionvbeing imaged.

In Table 3 we have_calgulated'thé sensitjvjty Co/p_and many other
parameters for a particu]ar‘positrtn ring detector system and a tissue
thickness of 20 cm (uL_= 2), In Case I the event rate is 6000.events
per sec for o= 200 uCi per axia].tm, _Thuslif the section is to be
resolved into_aggriduof 4QVX 40‘pictels, 375 eventsican_be collected ,

per pictel over a 100-sec time.period.
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The greater imaging sensitivity of the positronﬂring detector
over conventional single gamma imaging arises primarily from a greater
solid angle. Thejring detector has a solid angle factor of S/2c which

2 for the,examb1e of Table 3. In Sing1e_gamma imaging only-

is 2.5 X 10~
a small area of the crystal (é nd2/4 for a resolution distance d)
receives gamma rays from sources at a typical imaging distance D.
For ]6w photon energy, the resulting solid angle féctoryis approximéteiy

5 ford = 6mmand D = 20 cm.” Thus in these

(vd%/4)/ (4nD%) = 5.6 X 107
exémb1es the positron ring detector has approximate]y 450 times. greater
solid angle than single gamma iﬁaging with the additiona] benefit of

transaxial tomography without rotation.

5.4 Effect of the Range of Positrons in Tissue. Theﬂline spread

function for positrons in water has been measured for a variety of

82

isotopes (Cho et al., 1975). For the worst case (°“Rb, 3 MeV beta

end point), the range of the positrons introduces an rms of about 1.5 mm.

5.5 Effect of Deviétions from 180° Line of Flight. In most solids and

1iquids,vannihi1ation occurs before the positrbn has fully thermalized. .
Typical energies are 10 to 20 eV andresult in anguiar distributions
about 180° with FWHM of 6-9 mr. Specifié examp]és.inc1udé7waten at

+4°C (FWHM = 8.5 mr, FWO.IM = 18 mr) (Colombino et al., 1965) and
calcium metal (FWHM 6.5'mr,'Fw0.1Mn=,13 mr) (Stewart 1957). For the
positron ring system described here.(crysta1‘radius‘40 cm) an angular
uncertainty with FWHM of 8 mr corresponds to a posifion uncertainty with

FWHM 1.6 mm.
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5.6 Transaxial Resolution Function. Each point within the section

will be viewed by many pairs of detectors and"for points not on the =
central axis of the dsfesfor circle, eéch pair will have'a different
reSoiution.erhis difference is due to the fact that the éffective
bsfie of'a détéctor depends on the viewing angle. Detector pairs '
disposed along a diameter (such as III and IV in Fig. 13) view point
*Rp'With'bétter resolution than those disposed along a chord (such as
1 and II 1n F1g 13).

Let us assume that each detector has a length L (in the R direction),
- a he1ght H (1n the Z direction) and a width W. The detector circle
rad1us is C. For ar para]]e] group of rays hav1ng an angle 6 with respect
to the 1ength of the detector (F1g 14), the path length D(x,6)
throughrthe detector is g1ven by;phe_fo110wing equations:

For 6°'< ©

c
D(x,8) =v0 for x <%Q9 or:vx > Xooy
D(x,e)‘f E??é%iﬁﬁ? for 0 < x < L:san,;‘n ' (8)
D(x,0) = ég;é- _ for L sino s X < W sesi |
D(x,8) = ;?%geégg ,' for W cosé < x < Xnax

where x =AL sing + d cosb |

max

and ec = W/L
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For 6 > ec
D(x,8) = 0 for x <0 or x> X nax
D(x,6) = ETEE§3§§ for d < x < Wcos - (9)
D(x,8) = s:ﬁe for W cose < gif.L sin .
"D(x ) = 2%%%;%;%; | . for F §inQ'< X < X max

~ The absorption path A(x,e) due to passage through other detectors is
g1ven by the f0110w1ng equations:
"~ A(x,8).

A(x,e) =

0 . for x < W cos
x_- W cos8 " e
cos65Tne - for Wcos & < x < Xmax o (10)
We write the photopeak detection probab111ty for 2 gamma ray at
angle 6 as

P(x.0) = [gxp(-A(x,e)uAj]" | |

[1 - exp (o(x 2 )up)] | o (11)
where 7 is the coefficient for absorbing more than 511 keV - EP,
Hp is the cdefficientvfor absorbing more than EP’ and Eplis the
effective pulse hefght threshold for each crystal. The first bracket
is the probability that a 511 gammé'ray will emerge from a thickness
A(x,0) of Nal and retain an energy greater than EP’ while the second
bracket is the probability that a 511 gamma ray will deposit more
than EP on pass1ng through a thickness D(X,6) of Nal. For a threshold

= 410 keV we est1mate Hy = 0. 25 cm™! and My = 0.12 cm'].
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The Tine spreEdl?UhEtibn g(R,X)‘atjh;distahce R from the ring

axis is-given by .

- | , |
dﬂ./rmdx P(x + x_, 9) P(x = x"", 8) (gjif%%—) (12)
e it 8 )

"

g(Rx) =

where stn o = %~s1n D, and X" = x Bz/B
It is assumed that in the 1nterva1 0<x” <x.._,0 is essentially

“max

eonstant. This is true whehever W << B]. |
The function g (R;x)fis‘piotted in:Figu;ISTfor R=10 cm, 10 cm,
and 20 cm under the assumptiohs: W= 0.8 em; L.= 3.8 cm, C = 40 cm,
wy = 0.25 e, uy = 0.72 cm™'. Although the detection probability
P(x,6) is not a,;ymmetrtc fdndtion-in X We see that g(R,x) is quite

- symmetric about x = 0.  The FWHM of g(R,x) is pldtted in Fig. 16 as a

function of R.

5.7 Shie]ding and Backgrounds Shielding is essential fbr blocking

gamma rays emitted by act1v1ty external to the sect1on being imaged.
Furthermore, vary1ng the w1dth of the sh1eld1ng slit a11ows the section
thickness to be varied. True unscattered coincident events can arise
only from a pos1tron act1v1ty 7§-w1th1n the Sect1on, but scattered
co1nc1dent events and S1ng1e counts (both of wh1ch contribute to the
background) can arise from an act1v1ty that is effectively E-.r§-.where
T is the depth of the shielding s1it (Figs. 10, 17, 18).

There are two additional methods.availab]e for rejecting scattered
gamma rays. The coincidence reqdirement (i.e., that each of the N
detectors be in coincidenee with the fN opposing detectors) establishes

an approximate upper limit Of = fr on the scattering angle. This
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approximation is realistic, as the size of the scattering medium is
usua]]y’small compared to the diameter of the detector ring. The
.second method is the use of a pulse height threshold that rejects
scattered gamma rays with an energy be]ow Ep. In singlé}Compton
scattering this corresponds to a maximu@'scattering ang1¢ ep '

(AP Handbook, 1972, Eq. 8 e-5): |

511 keV

“p

cos (Op) = é - (13)

For plot, see Fig. 19.
For scattered coincident events the effective maximum scattering
angle em is the smaller of 0

f

and Op. (For single counts the maximum
scattering angle is always Op). The effective minimum scattered gamma

ray energy_Em corresponding to em is given by:

511 keV

Em = 2= cos(6.)
m 2 -»gos em

(14)

Scattered Coincident Backgrounds. The rate of scattered coincident

events where only one member of the annihilation pair scatters is

approximated by:

. ; o 3
. - [paSc] S(]—PS) nPSg]S e 1 - pa$s 9y €€ Ps(l-Ps)
1 T c c LEE T

c
where P_ = 1 - e"“L/2

» the probability é 511 keV gamma féy will scatter
on passing through half the tissue, |

€n is the average detection efficieﬁcy for gamma rays
between energy Em and 511 keV, and 9 ié a solid angle factor. The
first bracket is the contributing activity; the second bracket is the

probability that either gamma ray reaches a detector without scattering;
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the third bracket is the prpbabi]ity that tﬁe other gamma'ray scatters
and reaches one of the opposing (coincident) detectors; and the fourth
bracket is the probability that both gamma rays are detected ahd pass
the pulse height threshold. This expression assumes that the activity
is near the center of the scattering medium, that the scattering
takes p]acé'c1ose.to the axis of the ring, and that single scatteringv
predominates. v_

The dimensionless quantity 9 describes the fraction of Compton

scattering angles that fall within the angular strip S/c wide and

3]
m

-6 Qg-de
m

dQ
9 T (16)

. f 2 99 <ine do
dm
0

26m 1ong;

where %%-is the differential cross section for Compton scattering of
511 keV gamma rays on free electrons, given by the Klein-Nishina
formula (AIP Handbook, 1972, Eq. 8e-13) (for plot see Fig. 20):

2 1 3 )

- C0SH + COS™0 - = COS™6
3

4o _ 47,971 x 10720

a0 (17)

cmz/str/electron (1

(2 - cosé)
and 6 is the y-ray écattering angle. See Table 4 for values of gy as
a function of CA

The rate of scattered coincident eventé Cz_whererbofh members of

the annihilation pair have scattered is approximated by:

. ' 3 2
paSc SPs PSQZS 24 pa S g2 €m Pg
Cy = [ T ] 5l |~ ¢ | lemd & —77c : (18)

The first bracket is the contributing activity, the second bracket is

the probability that one gamma ray scatters and reaches the detectors;
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the third bracket is the probébi]ity fhat the other member.of the pair
also scatters and reaches one of the opbosing (coincident) detectors;
and the fourth bracket is the probability that both gamma rays ére
detected and pass the pulse height threshold. Assuming that‘single

scattering predominates for each gamma ray, 9, is given by

g/‘@ .
do*
— db

-6 dn

92 = - - : ) (19)
f 2 gg sind do
0
do

a* . '
where gQ is the autocorrelation of @ - See Table 4 for approximate
values of g9, as a function of 6 The total background rate Cb from

scattered coincident events is given by:
3 o
= : _ paS” 2,2
b= C1 + C2 > [?g] o P (1 P ) * 9, €n P ] . (20)

Note that the backgrounds C]»and C2 are not associated with time resolu-
tion but with scatter geometry and energy resolution. As éxpected,

the ratio of scattered coincident events Cb to unscattered coincident
events C_ is lowest for "good scatter geometry" (i.e., small S/T).

Associated Gamma Rays. Many important positron :emitting isotopes
82 68 ' '

(such as ""Rb and ""Ga) have accompanying gamma rays that are emitted
essentially in time coincidence with the 511 keV gamma ray pair.
The rate of background'events CY where an annihilation gamma ray is

detected in coincidence with an accompanying gamma ray is approximated by:

2
2pasc . ,
“ 255 ][4c ][Fee] (21

where FY is the probability of emission of the accompanying gamma ray
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and ey'is its detection éfficiency,' This expression is an overestimate
in thétfit'inc1Udes_a11 detected gamma rays, whether théy have
scattered in tiSsue or not (i.e., it does not consider that scattered
gamma réys'havé a reduced chance of producing pulses in the pulse
height window). The first bracket is the rate of emission of 511 keV
gamma Fays, the second bratket is the probabi]ity that a 511 keV

gamma ray reaches the detector ring while an accompanying gamma ray
reaches one of the opposing (coincident) detectors, and the third
bracket is the probabiTity that the accompanying gamma ray is emitted

82

and both gamma rays‘are detected. For the example of Table 2 and ~Rb,

' 2 .
c 2X200x37,000%2x20 | f . 22X2 (0.1X0.3X0.43) = 53 counts/sec (22)
Yo 20 / \axa0? o o

‘-'Singie detéction backgrounds. The single counting rate C2 is
given by: | _ _

C, - [39$§9] [é%] [5(1-Ps) + ePPP] - 9%§3 [e(]—PS) + ePPP] (23)
where PP is the pfobabi]ity that a gamma ray will scétter in tissue and
retain an energy Qreatervfhah EP (i.e., the‘pu1se height threshold)
and €p is thevaveragé detection efficienéy for such gamma rays. The
first bracket is the cohtributing activity; the second bracket is the
solid angle factor of tHe defettpr riﬁg; and the third bracket is the
suh of fhé probabi]ity for not'sééttering andmbeing detected and the
probab111ty for scatter1ng and be1ng detected For the single Compton

scatter1ng of 511 keV gamma rays,

b A 5/2 + 3 Rna + 1/a - 30 - a /2
P~ P [ T 40/9-3 a3 ] - (28

where o = EP/511 keV and 1/3 < a < 1. The quantity in brackets is the
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probability that the scattered photon will have an energy greater
than Eps derived by integrating Eq. 8e-21 of Gray, The AIP Handbook,
1972..

Accompanying gamma rays can also contribute a background counting

rate CSY: , _ u S
Cy = [E—E‘TS—C] [—2%] FE] (25)
This expression includes all detected accompanying gammas, whether they
have_sﬁatteréd-in'tissue br.not. For:the example of 82Rb and Table 3,
Cs,, = [200)(_375800X2X40][2)(220] ['0.]);0.3} (os)

44,400 counts/sec .

Two other single deteétion backgroqnds are éiéo présent,ithe rate
of PMT noise pulses within the pulse height wiqdow (negligible and not
considered further), and CL the rate for the process in which a gamma
ray penetrates oé scatters in the Tead shielding, is detected and
passes the pulse height thresho]d. in ca]cu]ating'CL, we assume that
the detectors are shielded by 10 attenuafion lengths of lead (6.1 Em)
in all directions Where appfeciab]e_actiyity isipresént!z The prdbabi]ity

of pehetration (no interaction in the lead) is e 10 = 4.5 x 107°.

To include the gamma rays that scatter in the Tead éhd éséape; we use
the buildup faé?or 6f 2.3 ffom Go]dstein et al. (1954). As shown in.fhe
same reférence, 75% éf fhe §céftered photons escaping 10 éttenuation‘
1engths of 1ead Have energies above 40kaeV.: Thus thé 6véra11 |
leakage probability (penetration p]usiécétter) is PL = 1.0 X'10'4.

We note that the prbducf‘oftfhé detection efficiency and the solid angle
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subtended ‘by the detectors is very nearly the same for points within
30 cm of the midplane. We therefore use the detection efficiency and
solid angle associated wifh-the midplane. In this case we also assume

that the available activity extends over 60 cm of the central axis.

= (220 % 60) (z) (€) (P) Nz

In the example of Table 3,

(2 X 200 X 37,000 X 60) (=c2=) (.50) (1.0 X 10°%) (28)

¢ %40

L

1100 counts/sec .

Accidental Coincidence Background. The accidental coincidence

rate C, 1is given by:

. L ._' 2 . . . . )
Ca = fCSt/Z S (29)
wheré t is the time resolution. It is of ihportance to calculate the
maximum rate eblfor a certain fraction n = Ca/C0 of accidental
coincidences: | -

e - o (30)
o - 2 : , 2
8 ftc” [e(1-P) + epPp]

As expécfed; thélmaximum eVent rate is enhanced by good time resolution,
good shie]ding,“and”gdod detection efficiency. It is important to
reducé f fo the béint where é]] (6raa1mo§t"a11) of the aCtiVify-]ies
within the radius R (Eq. 7). Reducing f below this value will reduce
the signal C0 approximately as f2 (without effeéting the sing]e couhting

rate Cs) and actually cause eb to decrease. |
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For the example of Case I of Table 3 and for a 20% accidental

coincidence rate (n = 0.20), we have

65 3500 events per sec

and

p = 110 uCi per axial cm.

The pfofound effect that the scéttering medium has on the maximum
eveht'rate can be seen by noting what these values would be in the
absence of the scattering medium (i.e., P_ = P_ = 0):

s p
¢

o 350,000 events per sec

and

P 1500 uCi’per axial cm. “

One should note that: (a) increasing T:(whenever possib]e)ﬁby
extending the collimator closer to the patient reduces all backgrounds
withoutrreduCing'the sensitivity; (b) increasing the section thickness
S increases the sensftivity as Sz, but the scattered coincident back-
ground increases as 53; (c) the maximum event rate 66 (as limited by
accidentals) is not a function of SQ. In Table 3 we have calculated
these backgrounds for a particular activity level and for several
pulse height windows. While these backgrounds are 30-45% of the total
number .of events, they are fairly uniform OVer the entire image and
contribute Tittle relative toregional concentbationsvof activity

(e.g., in the mchardium).
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5.8 Deadtime. Deadtime:arises frdmvthe limited speed of both the
scintillation procesS‘and'the~e1ectron1C'circujts.‘.After the interaction
of a gamma ray in NaI(T1), 800 nsec is required to collect 90% of the
‘available scintillation Tight (91% of the light is emitted with an
exponential time constant of.218'nsec'5nd 9% is emitted with.an'.
exponential t{mé'céhsfant of 1340 nsec) (Tidd et al., 1973). To
preserve ph]ée heightA%nforhétidn to within 10% at high counting rates,
it fs‘neéesséry‘to reject‘ail counts that occur within approximately
.800'n§eéwof anbthér éouht; This réquirement results in a paralyzing
deadtime of 800 nsec for each coded segment of the ring. The circuits
that pérform the pulse Height selection may also introduce a paralyzing
deadtime, but by proper design it is possib]e to 1imit the overall

paralyzing deadtime t_ to 1 psec (Blatt et al., 1968). The circuits

p
that handle the time coincidence and position information introduce a

noh-para]yzing deadtime t of < 200 nsec, but this does not result in

an'appreciab1e loss of counts, provided the circuits are properly

b'
In Cases II and III of Table 3, where a pulse height selection is

designed and tn <t

imposed, the fraction of time that each 36 crystal segment is available

is e—th, and the fraction of counts fc lost per segment is given by:

fo=1- e 6P (31)

G is the gross counting rate for each segment (1.3 X 105), tp = 1 psec,

and the fraction of counts lost (fc) is 12%. As a coincident event
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-2Gt

requires that two segments be available for counting (probability = e P),

the fraction of coincident events fe lost is given by

_ -2Gt
fe = 1-e |

T | (32)
and equal to 23% for this example. | |

In Case 1 of Table 3 no pulse height selection is imposed, and we
assume that the paralyzing deadtime can be reduced fo 200 nsec. In
this case the fraction of couhts lost (fc) is 2.5% andAthe fraction of

events Tlost (fe) is only 5%, but the backgrbunds are larger (see Table 3).
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6. ' DATA ANALYSIS -

6.1 interféée.“ The/brocédure'invo1ved fn the recohstitutfon of the
cbincidence évents involves interfacing a.smaT1 diQita] computer to
the output from the imaging device. The data position information is
cdhfigured in 16-bit digital words to identify whichibf the 8;928
crystal pairé were in coincidence for the partiéu]ar event. The data
are stored in one of two modes, histogram or 1ist, depending upoﬁ.the
final configuration for the microprocessor which will be used to
qonfigure the dfgita] words. ‘A'hUmber of schemes have beeh envisioned.
Qne schéhe islto calculate thé prbjection angle and ray position by

" siﬁp]y nofing fhe.re]ative angular bositidﬁs of the coincident

2
projection plane 90° orthogonal to the line of position somewhere on

detectors 6], 8, with respect to some reference line. The angle of the

which the event occurred is given by
(33)

With this projection ang1e and a knoW]edgé of the position of one
of the detectors on the periphery, it is straightforward to calculate
the ray P, associated with the eveni.‘ Data are then histogrammed in
terms of equivalent projecfions by adding for each angle'6 the events
that belong in SimiTar'k's. By this means a projection of data wi]]l
be reconstituted and appear similar to data which would have been

obtained if 144 views were made using a bara]]e] hole co]limétor.
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6.2 Reconstruction Algorithms. Once the data have been accumulated,

both transmission and emission, the reconstruction of the transverse
section will proceed by one of five teCHniques: |

1. iterative least squares

2! Fourier methods |

3. ;onvb]ution hardwire technidue

4. direct hardwire téchnique

‘5. Marr's technique.
We have explored various algorithms uéing emissioﬁland'trahsmissﬁon
(Budinger and Gullberg, 1974a) and are still not satisfied which v
technique would be optimum for our system. The reason;fdr‘fﬁis is that
new devices such as hardwire two-dimehsiqna] Fourier transfohm:packages
might'favorvtherFourier twofdimensional_technique 6Ver fhe Fourier .
technique, or the availability of charged.coupﬁédvcomputing'devices
(Tiemann et al., 1974) and read only memory; orvmicroprocessors might
Tead to the algorithm employing hardwired electronics rather than a digital
compufer. We have been actively working in this field for a number of
years, and see a great potential in a microprocessor appréach.

Comparison of some of the techniques is shown as F1g 21.
F1gure 22 shows a difference between the result of reconstruct1on of
36 projections on the letters L O V on a 64 X 64 array using the back
projection of filtered préjections (convolution) technique and the
iterative least squares technique. The Fourier ff]ter technidue does
not handle noise wej1 but 'is 80 times faster to implement than the
iterative least squares technique. We have explored techniques of

applying a Butterworth filter in digital.form to the back projection
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of filtered projections technique with some improvement. The noise

“associated with positronkcoincfdence;detection scheme might be of less
" importance than that which we have experienced with-conventional gamma
imaging. Thu§-the fi]fered back projection technique with roll?bff
fi1ters_we have explored might be adequate for this reconstruction.
Shepp and Logan (1974) have also shdwn a significant noise suppression
:Vof 6vdb in the reconstruction using‘a spatial average (3-point
weighting average)'w{th the convolution technidﬁe..

Direct Matrix Method. Iteration procedures are designed fo

minimize the square of the weighted differences between the observed
data and the expected distribution of events with a given concentration

of radionuelide,

)
~ = |[Pre = RiglA) .
R(A) = 2 ["60 k9 ] (34)
- k.6 k6 ,
where Pke is the measured projection,
2 s .
%eg 1s the variance in Pk

e Rke(A) is the expected projection for concentration A.

Rké(A) is a linear function of A and can be written:as

_ v o, ke
: Rke(A) = ; AiFi : (35)
where 1 sums over pixels.: Representing k and ¢ by the single index
J we get, e
RJ(A) = FA = ; Fji i (36)
T o 2
P. - R, P. - % F..A. |°
R(A) = ) oo d =y 1 Jr (37)
i % ] %

T
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This can be written in vector notation as follows,

Ra) = P - )T o7 (P - ER)

- where ®;1 is the inverse df the coVériance matrix in the measured
projeétiohs P and is diagonal since the measured pfojections are
assumed indepehdehf. E(A) is mfnimized when

1

T T

o lma=Fo'p, o (38)

or

T -1 \-1 T

A= (FT o7l F)7T FT 7!

P o (39)
Another unbaised estimator is obtained by éubstituting'unity'

for the variance of the measured values P, namely

A= (TR Flp . | (40)

With good statistics, the results from these two estimators will be
c1§sé. |

For a giVen experimental situation (i.e., a fixed number of
angles and fixed field of view) the matrix F is fixed, independent of!
» the distribution of radionuclide under study. The‘vectqr FTP (usually
called the back projection) is the convolution of the source by én
appropriate function (1/r for an infinity of rotation angles).
3 represents this convolution.

Then, givén the back projection of_a certain distribution of
radionuclide, one can envision operating on it with the precalculated

matrix (FTF)'1

to obtain the recqnstruction}, In fact, F'F has very
large dimensions, and calculating its: inverse on the largest combuters
does not seem feasib]é’at.this iime..?(For'a 64 X 64'array of pixels,
FIF has dimensions of 4096 X 4096). We intend to investigate |

the possibility of calculating an approximation to the matrix (FTF)'].
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" For continuous rotation angles FTvaalls off as-1/r, and it is
'expécted that the inyerée (FTF)'] also falls off as_thé distance
betﬁeen pixe]é iné?éaées. Theref&ké,vWé iﬁtend to exp]ore the use of
an approxfmat{oﬁvtb»(FTF);]}which,is also a convolution, but wHose‘
elements are zero for pjxe]s separated by some minimum'distancg.

This procedure has been tried on various phantoﬁs with results which
compare favorably with the iterative least squares technique. -

Marr's Positron Technique. Another technique we are considering

was proposed by Marr (1974). Fdr N detectors, the number of coincidence
lines of position is N(N-1)/2. This value includes near neighbor
detector combinations, which in practice would not be used. These

projection sample points are represented by

{g(I,d) | I<IN, I<ON - 1}
where I and J refer to detectors. Note that g(I,I) cannot be a data
sample point since a detector cannot record a coincidence with itself.
The reconstructed image p(x,y) for this data set is given by the

following equations

M [(M-n)/Z] - ' n 2
p(x,y) = nz=:0 2 (ocn,k sinny + B, cosny)r Qn’k(r ) (41)
[x = r cosy
y =r siny
where
_ 2k+T : '
Bo,k = ) g sin [(2k+1.) “D-,J] J(1,d) . . . 0<k< ¥ , (42)

%k | | » . ' '
{ " } =2 n+22k+] :E: sin [(n+2 k+1) %%]>< $S1n€ [EE"(21+J-2{] g(I,J) (43)
I,J . :

B
n,k N ) cos N

.1<n<N-2,0<k<[N—"21'—2],



Q, (8 = —— L @™ -k, (44)

and where M is some specified value such that M < N - 2. The Radon

transform of p(x,y) fits the data in a least squares sense.
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7. RUBIDIUM GENERATOR AND DOSE

. 82.A

7 Two | Rb generators. have been fabricated with about 1 mCi of 52

Sr
produced at thevLaw}ence Berkeley Ldboratory‘88-inch cycTotron using
85Rb(p,4n)8%sr (Yano and Anger, 1968). A 2

‘the reaction Rb generator

‘with 6 mCi capacity can be prepared using the same principles of

eluting 8sz from a weakly acidic cation exchange resin. The eluant
is 10-30 cc of 2-3% NaCl. Experience has shown that we have only 107
contamination from 825r.

82pp.

The total body dose is approximately 10 mrads for 6 mCi
This dose is in good part due to fheﬁenergetic positrons. The positron

" dose (in rads)is calculated from:

E
T, - j'max N(E) E dE (45)

Dose g = 73.8 ¢
c 0

0

1
/2 B

where Co s the concentration in tissue (uCi/gm) immediately after
injection; assuming an-equal distribution, i.e., 6000 microcuries;
70,000 gms. T, is the half life in days, and N(E) is the density

distribution for positrons of energy E. For 82Rb this integral is

1.4 MeV. The half Tife in days is 8.68 x 107",

Thus the poéitron
. dose is 8 millirads.

The gamma ray dosé i$:6a1cu1ated‘from the absorbed fraction method
introduced by G. Brownell and gives only one fourth the dose given frdm

the positrons. Thus the total dose is 10 millirads for a 6 millicurie

injection.



TABLE 1.
CARDIAC IMAGING

Photoscanning by rectilinear scanner or imaging with the gamma camera.

Isotope Limitations Investigators
13]Cs Low energy (29.4)Xe x-rays absorbed by photoelectric Carr et al., 1964
process in ribs and sternum. Bing, 1967
s Long half-life. Collier et al., 1968
129Cs High whole-body dose per amount injected and limitation Yano et al., 1970
43 O in resolution due to 375 keV photons. Expense of ~ Romhilt et al., 1973
K isotope. High dose, high energy and high cost. Smith et al., 1970
' Bennett et al., 1972
134mCs -Short half-life relative to optimum scanning time Chandra et al., 1973
and availability. g
43y High energy photons (620, 373) and high cost. Holman et al., 1973a
Rapid heart clearance. : Hurley et al., 1971
Zaret et al., 1973
Strauss et al., 1973
Ishii et al., 1973
Smith et al., 1972
Botti et al., 1973
MacIntyre et al., 1972
Poe, 1972 -
13

NH3 (gamma)

High. energy gammas (511 keV) from positron annihila-
tion leads to Tow resolution because of difficulties
in collimation. Need for cyclotron nearby.

“Harper et al., 1972

Monohan et al,, 1972

-99- -



Table 1. Cardiac Imaging (continued)

Isotope Limitations InVestigators
]_3NH3 (positron) Need for positron camera and hospital cyclotron. Hoop et al., 1973
8]Rb High energy (450-520) leads to low resolution due to Budinger et al., 1973

difficulty in collimation. Martin et al., 1974
82Rb (positron) Requires pos1tron camera of h1gh count rate capac1ty Yano and Anger, 1968
S for studies in man. Budinger et al., 1974
2001 hat14um Relative to other isotopes limitation is long half-1ife, Lebowitz et al:, 1973
75 hrs., obviating repeated studies. Compares well in
other respects.
]3]Ifatty acids Availability and statistics. Bontéketval;; 1973 ;
. S Low statistics per patient dose. Poe et al., 1973
99mTc -tetracycline Unavailability of radiopharmaceutical with sufficient . Holman et al., 1973b
activity. Accumulates in fresh infarcts only 3-7 days. Cook et al. 1974
9ngc pyrophosphate N | Bonte et al., 1974
CoronarxAInJect1on
43¢ Invasive, see 83y above. Holman et al., 1973a
Microspheres -
]311, 99mee " Invasive. Ashburn et al., 1971
' Weller et al., 1972
Jansen et al., 1973
Xe Invasive. Cannon et al., 1973

Pachinger et al., 1973

_Lg_



Table 1. Cardiac Imaging (continued)

Isotope Limitations

‘Investigators

Precordial Counting

Use of NaI(T) pkobe or positron coincidence systems.

A2y 86gp - No or limited spatial resolution capabilities.
Variable and unknown background contribution.
84Rb-(pos-itron) ~No or limited spatial resolution.

Love et al., 1954

Love et al., 1957
Donato et al., 1964

‘Levi and DeQliveira, 1961

Bing et al., 1964
Cohen et al., 1965
Luebs et al., 1966
Cohen et al., 1967
McHenry et al., 1967
Teb et al., 1969

_89-
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TABLE 2.
© PRELIMINARY SPECIFICATIONS

1. Physical

External Ring Diameter . 170 cm
Crystal Ring Diameter . 80 cm
Minimum Lead Collimator Diameter 40 cm
Crystal Size v 0.8cmx3cmX5cm‘
Total Number of Crystals 288
Sectiqns. | | - | 8
vaysta]s per Section 36
Photomultiplier Tubes per Section 9
Total Number of PMTs 72

CrystaTs in Coincidence with Opposite 62
Effective Diameter of Full Sensitivity ~ 30 cm

~ Weight of Ring Assembly and Shield - 600 kg

2. . Performance:
Resolution at Center 6mm FWHM
‘Slice Thickness at Center 5 to 15mm FWHM

Pulse Pair Resolving Time 1078 sec
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TABLE 3.

PROPERTIES OF A RING DETECTOR.SYSTEM?
FOR THREE ASSUMED ENERGY RESOLUTIONS

Quantity o Symbol 'Units Case I Case II Case 117
Energy resolution (FWHM) at 511 keV T % _none 30 15
“Energy threshold : E,  kev 100 #0P°¢ 4600>C
Approximate maximum scattering :
angle corresponding to Ep (Eq. 13) ep degrees 180 41 27
Effective maximum scattering angle ep deg}ees' 40 40 - 27
Minimum scattered gamma énergy .
corresponding to 6 _ (Eq. 14) E keV - 415 415 460

Average detection efficiency for
gamma ray energies from Em to
511 keV E - 5o 65 25 25

Detection efficiehcy fok o o
511 keV gammas ' € % 50 20 .20

Probability that a 511 keV gamma ray

will scatter and retain an energy: : : L

above Ep (Eq. 24) Pp % 63 . 20 10
Average detection efficiency for

gamma ray energies from EP to

511 keV €p % 80 25 25
Geometry factor - one gamma : v ( ' '
scatters (Eq. 16) 94 -- 0.31 0.31 - 0.23.
Geometry factor - both gammas | | '
scatter (Eq. 19) 95 - 0.19 0.19 0.13
Rate for unscattered coincident |
events (Eq. 5) C, events 6260 1000 1000
per sec

Sensitivity Co/p events 31 5 5

: _ per sec

per

[uCi/cm]
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Table 3. Propert1es of a ring detector. system for three assumed energy
: resolutions (cont1nued) N

Quantity - Symbol Units Case I Case II Case III

Coincidence rate for one gamma | C] events 1735 267 198
scatter (Eq. 15) - per sec A
Coincidence rate for two gamma - C, events 1190 176 -~ 120
scatter (Eq. 18) : per sec
S1ng]es rate for entire rlng C 105 10.2 1.83 1.46
3

(Eq 23) : i 7 - events

‘ ' per sec
Accidental coincidence rate for‘ Cy wevents 2290 74 a7
entire ring (Eq. 29) per sec
Total event rate .. - . . - events 11475 1517 1365
(C0 + C]-+ C2 + Ca) ' "7 per sec :

C]+C2+C
Background fract1on —_— 5 45 34 27
- Gty *lare,

Paralyzing deadtime tp nsec -+ 200 800 800
Fractioncof events lost due to
deadtime” (Eq. 32) fe % 5 23 23

aPhysica] specifications of assumed ring detector system are as follows:

c = detector ring radius = 40 cm -
S = shielding slit width = 2 cm
T = shielding slit depth = 20 cm

P_= probability of scattering on energing from the center of a
20 cm diam cylinder of water = 63%

f = 0.22 (for 288 crystals, each would be in coincidence with the
opposing 62 crystals) ,

ef= 40° maximum scattering angle imposed by coincidence requirement
(approximate)
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Table 3. Properties of a ring detector system for three assumed energy
: resolutions (continued)

a(continued).
p = activity density = 200 uCi per axial cm
t = time resolution = 20 nsec

dimension of crystals along gamma line of flight = 5 cm
dimension of crystals along ring axis = 3 cm

dimension of crystals transverse to ring axis = 0.8 cm

R

14 cm

radius of uniform geometrical sensitivity

gross singles rate per segment = 1.3 X 105j¢ounts'per'sec;

G

bCorresponds to a 7% photopeak loss, assuming that the photopeak has
a Gauss1an distribution.

“This event loss has not been included elsewhere in this table.
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TABLE 4.

, JHE GEOMETRICAL FACTORS 9y -AND 9,
AS A FUNCTION OF THE MAXIMUM EFFECTIVE SCATTERING ANGLE O

m 9

0° o 0
10° 0.10 1 0.05
20° 018 " 0.0
30° 0.26 0.15
40° 0.31 0.19
50° 0.36 - 0.23
60° 040 - . 0.26
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" FIGURE CAPTIONS

Transverse sect1on tomoqraphy of the human myocard1um, us1ng
]29Cs and mu]tlple v1ews taken by a Sc1nt111at10n Camera

with para]]e] channel co111mat1on

{

Transverse sect1on tomography of the myocardium of the dog, as
per F1g 1, “

. Gated s1ngle v1ew of the myocard1um us1ng 8]

Rb and a Sc1nt111at1on
Camera w1th p1nh01e

82 13

Comparison of “"Rb to "“N-ammonia myocardial imaging in a dog.
rNaI(Tl) crystal in 0.25 mm thick stainless .steel package manufactured

by'Harshaw Chemicals. ’Dimensions are 9.5 mm X 9.5 mm X 38 mm.
‘Schematic showing patient positioned inside the detector ring.

Example of assembly of crystals (inside 1ead_co]1imator) connected
- to light pipes and photomultiplier tubes (PMTs). Signals from
PMTs are checked for validity.of, code (to insure that detection

occurred in one crystal only) before energy selection.

.~ Example showing coding. scheme for 6 crystals and 4 photomultipliers.
Expansion- to. 36 crystals requires 5 additiona]vphotome]tip]iers.
Schematic of coincidence coding for 6 segment examp]e - Each
crysta] 1s requ1red to be in t1me co1nc1dence w1th a pre-

se]ected number of opnos1ng crysta]s |
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Schematic showing detector circle, collimator and geometrical

quantities used in Section 5.2

Axial response function - calculated coincident response for a
fixed angle ¢ (see Fig. 10) as an off-axis positron source is

moved parallel to the Z axis.

Axial response function (averaged over all gamma ray directions)

for various distances to the center of the detector circle.

Schematic showing that for off-axis points the transaxial resolution

depends on the gamma ray direction.

Schematic showing a portion of the detector ring and the geometrical

variables used in Section 5.6.

Trahsaxia] point spread function (averaged over all gamma ray
dikections) for various distances to the center of the detector

ring.

FWHM of transaxial point spread function (averaged over all gamma
ray directions) vs. the distance to the center of the detector

circle.

Axial response functions (on axis sources) for co-linear coincident
gamma ray pairs and for singTe gamma rays (or.non-co-Tinear

coincident pairs).

Il]ustration showing how Compton Scattering can contribute
backgrouqq to the coincident event raté. Although two photoné
are in time éoinCidence, they are not colinear and provide
erroneous spatial information. Unscéttered coincident events can

arise only from region between the dashed lines.
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Energy lost by a gamma ray during Compton scattering as a function

of the gamma ray séattering angle.

‘Cross section per unit solid angle for the Compton scattering.

of 500 keV gamma rays as a function of the gamma ray scattering

angle.

Comparison of four techniques for three-dimensional reconstruction —
back projection, simultaneous iterative reconstruction, least-
squares, and back projection of filtered projections (BPFP)~——

using lucite phahtoms and gngc.

Least-squares technique reconstruction of a phantom consisting
of the 1étters MLM MQM VY and the discrepancy bétween the

true image and the reconstruction.
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