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1 CHAPTER 1

Positron Emission Tomography

Stephen L. Bacharach
University of California, San Francisco, CA, USA

The goal of all cardiac nuclear imaging is to trace
the fate of radioactively labeled biochemical com-
pounds (tracers) within the body, usually in the my-
ocardium or blood pool. One usually either makes
a static image of the distribution of the radiotracer
(e.g., 18F-fluorodeoxyglucose (18FDG) or thallium-
201 (201Tl)) or follows the uptake and clearance of
the tracer with time. In the former case, static imag-
ing is all that is required, while in the latter a series
of images, acquired dynamically over time, is nec-
essary. Positron emission tomography (PET) has
these same goals. Although PET works in a manner
very similar to conventional tomographic nuclear
imaging techniques (e.g., single photon emission
computed tomography or SPECT), there are some
very significant differences. It is these differences
that make PET of great potential value in nuclear
cardiology, and it is these differences we will em-
phasize in this chapter.

Positron Decay

PET tracers, as their name implies, decay by emis-
sion of a positron. Except for their opposite charge,
positrons are nearly identical to ordinary nega-
tively charged electrons (which in fact are often
called “negatrons”). They have the same mass and
behave similarly when passing through the body.
Positrons, however, are the “antimatter” of elec-
trons. When a positron and an electron are in
close proximity for more than the briefest inter-
val, both will disappear (called “annihilation”),
and their masses will be converted into energy

in the form of two gamma rays traveling in al-
most exactly opposite directions. The energy of
each photon is 0.511 meV (exactly the equivalent
energy corresponding to the mass of the electron
or positron). These photons are sometimes called
“annihilation” photons. The two photons travel
in nearly exactly opposite directions in order to
conserve momentum. The entire process is illus-
trated in Figure 1.1. In this figure it is assumed that
a positron emitter (in this case carbon-11 (11C)) is
emitted by a tracer somewhere in the body (e.g., the
myocardium). When the positron is emitted from
the nucleus it is traveling at very high speed—nearly
the speed of light. It moves through the tissue just
as an electron would, bouncing off many of the
atoms and losing energy as it does so. Eventually
(typically within a millimeter or so, depending on
the radionuclide) it slows down enough to spend
a significant time near an electron. As soon as this
happens the two annihilate and the two gamma
rays (each with 0.511 meV) are emitted, as shown
in Figure 1.1, each going in nearly the exact opposite
direction. Although in Figure 1.1 the annihilation
photons are shown traveling in exactly opposite di-
rections, occasionally photons are emitted a few
tenths of a degree more or less than 180◦ apart.

PET scanners detect pairs of gamma rays result-
ing from annihilation. By determining where these
two gamma rays (and all other pairs of gamma
rays) originated, the PET scanner can produce an
image showing the location in the body where the
positrons have annihilated. However, if the positron
has traveled far from its parent atom, the image
will be inaccurate—the locus of the annihilating
positron will not correspond to the locus of the
radioactive atom. For this reason the initial speed
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Positron emission and annihilation

Gamma ray
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β−

Gamma rayOne to several
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Figure 1.1 A positron is shown being emitted from the
nucleus of 11C. It is assumed that the 11C atom is located in
tissue. The positron is initially emitted at a speed which is a
significant fraction of the speed of light. As it passes
through the tissue, it gradually slows down, as it bounces
off the atoms in the tissue. Eventually it slows down
sufficiently so that it spends significant time near an
atomic electron—its antimatter equivalent. When this
happens the electron and the positron both annihilate—
their mass being converted to energy in the form of two
photons traveling in opposite directions, as shown.

(i.e., energy) of an emitted positron will affect the
capacity of the PET scanner to accurately define
the position of radioactive atoms within the my-
ocardium. This in turn affects the ultimate spatial
resolution of the images that can be obtained with
a PET scanner.

There are many radioisotopes that emit
positrons, and so would be suitable for use with
a PET scanner. Several of the most important ones
are listed in Table 1.1, along with their half-lives and
some characteristics of the positron that is emitted

[1]. One of the reasons why PET has played such
an important role in basic research is that several
of the radioisotopes that are positron emitters (car-
bon, nitrogen, and oxygen) are the basic building
blocks of all physiologically important biochemical
compounds. This has permitted researchers to label
amino acids, glucose, and a host of other biochem-
ical compounds. Unlike the case with technetium-
99m (99mTc), the labeling can often be done without
making any alterations to the biochemical structure
of the compound of interest. That is, a nonradioat-
ive 12C atom can be replaced with a 11C atom, so that
the resultant radiolabeled biochemical compound
behaves just like the unlabeled one. The difficulty
with 11C, nitrogen-13 (13N) and oxygen-15 (15O)
is that their half-lives are very short. This means
they must be produced locally with an on-site cy-
clotron. It also means that the chemist in charge
of labeling the biochemical compound of interest
has very little time to do so. For these reasons (and
others discussed below), the two most clinically im-
portant positron-emitting isotopes for cardiology
are the last two on the list, fluorine-18 (18F) and
Rubidium-82 (82Rb).

18F has a 2-hour half-life. This is long enough to
allow production at a site up to a few 100 km away.
The recent dramatic increase in the use of 18FDG
for tumor imaging has resulted in a large number of
such commercial production sites in the US (and to
a lesser extent abroad). One can easily arrange for
delivery of daily unit doses of 18FDG. 18FDG has
proven very valuable in assessing myocardial via-
bility [2]. Its use for this purpose has, in the past,
been limited to large research institutions because

Table 1.1 Positron energies and ranges (in tissue).

Isotope

Maximum energy

(meV)

Average energy

(meV)

Average distance

positrons travel (mm)

Maximum distance

positrons travel (mm)

18F 0.635 0.250 0.35 2.3
11C 0.96 0.386 0.56 4.1
13N 1.19 0.492 0.72 5.2
15O 1.72 0.735 1.1 8.1
88Ga 1.90 0.836 1.1 9.4
82Rba 3.35 (83%) 1.52 2.4 16.7

aRb emits two different positrons. Eighty-three percent of the time it emits a 3.35-meV maximum energy positron and

12% of the time a 2.57-meV positron.
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of the lack of availability of 18FDG and a PET scan-
ner. As mentioned, 18FDG is now widely available
commercially, and there are a huge number of new
PET scanners which have been installed, the ma-
jority in nonresearch hospitals. Although most of
these scanners were installed for oncology imaging,
the machines are often suitable for cardiac imaging
as well.

The other clinically important radiopharmaceu-
tical in Table 1.1 is 82Rb. This is a potassium ana-
log and can be used to measure myocardial perfu-
sion [3]. No labeling is required. Although it has a
very short half-life (76 seconds), it can be produced
from a longer lived 82Sr generator, with a half-life of
25 days. At the moment such generators are fairly
expensive, but the cost is expected to drop substan-
tially if demand increases.

Aside from half-life, two other factors must
be considered when determining the utility of a
positron-emitting isotope. First, it is important that
nearly all the decays are by positron emission, rather
than by other forms of decay whose emissions can-
not be imaged with a PET scanner. 11C, 13N, and
15O all decay nearly 100% of the time by positron
emission, and 82Rb decays about 95% of the time
by positron emission [4]. The remaining fraction
of the decays is by electron capture—a process that
produces radiation that cannot be imaged with a
PET scanner. In addition, for 82Rb a small frac-
tion (∼12%) of the positrons are accompanied by
an additional high-energy gamma ray (0.778 meV)
which can produce some interference with imaging
the 0.511-meV annihilation photons and which in-
creases radiation exposure slightly. There are other
positron emitters (e.g., 94Tc, 124I, several isotopes of
Cu, and many others) that have an even larger num-
ber of other emissions and other significant modes
of decay. This often results in poorer dosimetry for
the patient because these emissions may increase
the patient’s radiation exposure, but do not produce
useful imaging information. Nonetheless, many of
these isotopes have been used successfully in PET
imaging.

The second factor one must consider when eval-
uating a radioisotope is the energy of the positron
that is emitted. As mentioned above, this is im-
portant because what one images with a PET scan-
ner is not the distribution of the radiotracer, but
rather the distribution of the annihilation photons.

Positrons are not emitted with a single characteris-
tic energy as are gamma rays. Instead they have a
range of possible energies from 0 up to a charac-
teristic maximum energy. Each positron-emitting
radionuclide has its own characteristic maximum
and average energy of positron emission, as shown
in Table 1.1. Because of this, and because the path
of the positron as it slows down is quite tortuous
(e.g., Figure 1.1), not all the positrons emitted by a
given type of atom travel the same distance—some
travel quite far and others do not. Table 1.1 also
shows the average distance from the parent atom
each positron travels in tissue. The positrons emit-
ted by 18F have a very low energy. Thus, on average
they travel only a very small distance away from
the parent atom (about 0.35 mm). In contrast, 15O
emits positrons that are considerably more ener-
getic and travel an average of 1.1 mm. Positrons
from 82Rb travel an average of 2.4 mm. Because
the spatial resolution in a cardiac PET image can
be as good as ∼5–7 mm, the extra blurring caused
by the range of travel in tissue can be significant
for isotopes such as 82Rb, and to a lesser extent,
15O.

Before we can further discuss the characteristics
of PET scanners, it is necessary to understand how
tomographic images are made and how they are
“reconstructed” from the radioactivity seen by the
ring of detectors surrounding the patient. Many
treatises have been written dealing with the math-
ematical steps necessary to produce cross-sectional
images with emission tomographs [5]. Here we will
describe the reconstruction process in a physical,
rather than in a mathematical, way.

To define the three-dimensional (3D) shape of
an object, one must first be able to look at the ob-
ject from all sides. This may be an evolutionary
advantage of binocular vision (two eyes, not one).
Each eye’s slightly different view of the same ob-
ject, when processed by the brain, allows formation
of a 3D image of the object’s surface. Because our
eyes are not placed very far apart we cannot see
all sides of an object at once, and so we must ex-
trapolate (often incorrectly) using the information
from the two angles we can see in order to visualize
the object’s full appearance. In a similar manner, a
physician may wish to examine several planar 201Tl
scans, each taken at a different angle, in an effort to
mentally reconstruct the 3D distribution of 201Tl in
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Problem: Collimators block about 999/1000
photons. Very low sensitivity device.

Collimator tells us where gamma ray came from

Extrinsic collimation

Need to know Where photons came from

Figure 1.2 In single photon tomography (SPECT) a
collimator is needed to tell the direction from which the
gamma ray came. The camera must then rotate around the
patient (the dashed line shows the rotation) in order to
measure the projection images at every angle.

the myocardium. The situation in this case is more
complex because nuclear medicine images portray
not just the surface of an object, but its interior as
well. That is, the object is transparent (except for
attenuation) to its radiation.

X-ray tube

(a)

(b)

Arc of detectors

One planar projection at angle shown (anterior)

CT Scanner (one projection)

Width of the 16 rows

16 detector rows Figure 1.3 In X-ray computed
tomography (CT) the X-ray tube must
move around the body (a) to acquire
projection images just as the gamma
camera must move around the body in
SPECT. Image (b) shows one planar
projection. The tomographic image can
be reconstructed from a set of these
projections at all angles.

Just as all sides of an object must be seen by the
eye and brain to appreciate its 3D surface, many
two-dimensional (2D) planar views, each taken at
a different angle, are necessary to allow determi-
nation of the 3D interior activity concentration of
an object. Each of these 2D views at a particular
angle is referred to as a “projection.” The recon-
struction process (i.e., the method for producing
tomographic slices) is based on acquiring these pro-
jections. PET, SPECT, and even computed tomog-
raphy (CT) must all acquire projection images, and
in fact all use a similar method for reconstructing
the 2D projection images into tomographic slices.
The only difference is in how each modality obtains
its projection images. In SPECT these “projection”
images are obtained by rotating a gamma camera
around the object being imaged, as in Figure 1.2.
In CT the views are obtained by rotating an X-ray
tube around the patient and measuring how many
photons are able to get through the body (so each
projection is just a planar X-ray image—see Figure
1.3). We will see shortly how PET accomplishes the
same thing—creating a planar image of the positron
annihilation radiation at each angle.

In theory, an infinite number of projections are
necessary to define the 3D distribution of activity
in an object. In practice, cardiac SPECT images are
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usually reconstructed from fewer than 100 angles,
while several hundred different views, each at a dif-
ferent angle, are usually acquired for PET.

Once the PET (or SPECT or CT) scanner has
collected data from all these projections, or views,
several steps are necessary to create a tomographic
slice. The details of these steps [5] are unimpor-
tant for understanding the rest of this chapter. They
may be considered simply as mathematical opera-
tions that convert the many projection images into
a single tomographic section or slice.

PET scanners can simultaneously obtain all the
views necessary to reconstruct a tomographic image
with the use of a ring (or multiple rings) containing
hundreds or thousands of detectors that encircle the
patient. The mechanical assembly holding all these
detectors is called the “gantry.” The means by which
the ring of detectors acquires data for the many
views required can be explained by first remember-
ing the basic information that is needed to perform
the reconstruction, i.e., the projection images. A
projection image is made up of all the photons that
came from a certain direction (projection angle).
In the SPECT example of Figure 1.2 the camera
is able to show from which direction the photons
have come by using a collimator [6]. All photons
that do not strike the camera perpendicular to its
face are blocked by the collimator. So in Figure 1.2
the number of gamma rays detected at each point
on the gamma-camera face must have come only
from 270◦ (numbering angles clockwise, with 0 at
the top). Unfortunately, blocking all the photons
arriving from other angles is a very inefficient way
to make a projection image. Many collimators block
more than 999 out of every 1000 photons emitted by
the radioactive atoms in the patient. Such a SPECT
device would therefore waste over 99.9% of all the
photons emitted by the patient. That is the price
one pays for using a collimator to determine what
direction the photons came from. PET can get the
same information—how many photons were emit-
ted and what direction they came from—without a
collimator, potentially making PET far more sensi-
tive than SPECT. How is this done? Consider Figure
1.4a, showing a ring of detectors surrounding the
patient. Only four of the hundreds of detectors are
shown (and those four are shown greatly enlarged
for clarity). Imagine that a 511-keV photon has just
struck detector 3, as in Figure 1.4a. If this were the

only piece of information that the PET scanner had,
it would not be of any use. We would know that an
annihilation had occurred, but we would not know
from which direction it had come. It could have
come from almost any direction. However, recall
that for annihilation photons, there is always an-
other photon traveling in the opposite direction.
Therefore, if a 511-keV photon struck detector 3
and simultaneously (i.e., in “coincidence”) another
511-keV photon struck detector 2, then the com-
puter would realize that this pair of photons must
come from a positron that annihilated somewhere
along the line B connecting the two detectors (see
Figure 1.4a). This is useful information—we know
an annihilation occurred and we know from which
direction the two photons came. This method of de-
termining where the photons came from, without
a collimator, is called “coincidence imaging” [7]. In
reality the two photons may not be detected truly
simultaneously. For example, the annihilation may
occur closer to one of the detectors than the other,
and so may reach that detector first (although the
difference in time is usually on the order of a bil-
lionth of a second). One therefore usually accepts
any pair of photons that occur within a narrow time
interval as being in “coincidence.” This window is
called the “coincidence window” or “timing win-
dow” or the “resolving time” of the scanner, usually
designated by the symbol τ. It is typically 5–20 ns
wide, depending on the scanner.

The pairs of detectors in Figure 1.4b connected by
solid lines (A-1, B-2, etc.) provide one “view” of the
object at a given angle. Coincidences between A-2,
B-3, C-4, etc. (dashed lines on Figure 1.4b) provide
another view of the object, at a slightly different
angle. The PET camera has electronic circuits that
can distinguish coincidences from every possible
pair of detectors in the field of view of the camera.

In Figure 1.4b, the solid lines comprising one
“view” or projection are spaced rather far apart. To
allow the PET scanner to distinguish small objects
from one another, it is desirable that these lines be
as close together as possible. This is accomplished
by making the width of each detector small and
placing the detectors as close together as possible.
This decreases the spacing between lines and
increases the number of possible angles (and there-
fore the number of views). Of course, increasing
the total number of possible coincidences in this
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PET does not need a collimator
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Figure 1.4 (a) Showing how the direction from which a
photon came can be determined in positron emission
tomography (PET) by use of coincidence detection. When
detectors 2 and 3 both detect a photon at the same time,
the computer deduces that the pair of photons must have
come from an annihilation along the line connecting
detectors 2 and 3, as shown. (b) Showing how groups of

detector pairs can form a projection image at a particular
angle. Two projection angles are shown—the solid line
shows the anterior–posterior projection, while the dashed
lines show a projection about 10◦ shifted. (c) Showing a
schematic diagram of coincidence detection among the
crystals of one ring of detectors.

way increases the number of crystals, coincidence
circuits, and other electronic components required,
making the PET scanner more costly.

A factor that limits the number of crystals em-
ployed in a PET scanner is the number of photomul-
tiplier tubes required. When a detector “detects” a
gamma ray, it produces a small flash of light that
is converted to an electronic pulse by a photomul-
tiplier tube. Ideally each crystal would be attached
to one photomultiplier tube, but the tubes cannot
be made arbitrarily small and are quite expensive.
Thus, manufacturers have devised schemes to allow
one photomultiplier tube to share many crystals. A
schematic diagram of coincidence detection among

the crystals of one ring of detectors is shown in Fig-
ure 1.4c.

Most scanners for cardiac imaging use sev-
eral rings of detectors, often separated by high
atomic number shielding (e.g., lead, tungsten)
called “septa,” to acquire data for multiple slices.
When a PET scanner is operated with septa between
rings it is said to be operating in “2D” mode. This
is a bit of a misnomer, since of course such a scan-
ner still acquires 3D data. As will be discussed later,
some scanners operate without the septa. Those
scanners are said to be operating in “3D” mode
[8–11]. To increase the number of slices, coinci-
dences are often recorded between one detector in
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one ring, and an opposing detector in an adjacent
ring. Such a slice would be called a “cross” slice.
With three rings of detectors (numbered I, II, and
III) five slices could be produced. The first would
consist of all coincident events from opposing pairs
of detectors in ring I (a direct slice); the second
would be a cross slice consisting of all coincident
events between one detector in ring I and an op-
posing detector in ring II (or vice versa); the third
would be formed from events only in ring II, and so
on. Some PET scanners have completely separate
rings of detectors. With this design, what consti-
tutes a cross slice and what constitutes a direct slice
is obvious. Other scanners have crystals so close to-
gether in the Z-axis that the concept of physically
separate rings no longer applies. What is important
in any case is the final spatial resolution obtained
(in all three directions) and the number of, and
spacing between, slices.

Cardiac PET scanners reconstruct transaxial
slices. The number and spacing of the slices is usu-
ally such that at least a 15-cm axial distance is en-
compassed by the slices—a quite adequate size for
cardiac imaging—large enough to include the en-
tire left ventricle in nearly all subjects. Depending
on the scanner anywhere between 30 and 70 slices
or more cover this ∼15-cm axial field of view. It is
often desirable to include some of the left atrium in
the image also (even though it is not usually visu-
alized well) to allow arterial blood concentrations
of tracer to be measured. Some scanners permit a
slight rotation and tilt of the gantry, but no scanner
presently available can be positioned to yield true
cardiac short-axis slices directly. Rather, one refor-
mats the transaxial slices into short- or long-axis
views.

It is important to understand the quantity be-
ing measured in the reconstructed image obtained
from a PET scan. Each of the projections described
previously measures simply the total number of co-
incidences seen by each detector pair at a given angle
during a specific time period (the scan time). For
example, in Figure 1.4b, one projection is formed
by the solid lines A-1, B-2, etc. The quantity mea-
sured by each detector pair in this projection is
the number of coincidences/second seen along the
line, for example that formed by A-1. This “line”
is not an infinitesimally thin line, but has a width,
because the detector pair A and 1 both have fi-

nite width. The number of coincidences seen by
the pair A and 1 are those produced by all the
radioactive material lying in the volume between
them. The units of the measurement are therefore
“coincidences/second/volume.” These projection
data are reconstructed to determine the number
of coincidences arising from each point in the final
reconstructed image. Since each point in the image
also represents a small volume in the object being
imaged, the units are again coincidences/s/volume.
Finally, it is assumed that the number of coinci-
dences/second measured in a volume is directly
proportional to the amount of radioactive material
(usually measured in Bq (Bequerels) or Ci (Curies))
in that same volume. Providing all the corrections
described below are made, this assumption is cor-
rect. The units of the PET scan can therefore be any
of the following: coincidences/s/cc, Bq (or nCi)/cc,
or grams of radiolabeled material/cc. Use of the last
unit is possible because Bq can be easily converted
to number of atoms or grams as long as the half-life
is known.

Accidental Coincidences

Unfortunately, it is possible for two photons that
did not come from the same annihilation event
to be erroneously identified, quite by accident, as
having occurred “simultaneously,” that is, within
the resolving time τ of the PET scanner.

Figure 1.5 illustrates such a case. Only one of the
photons from annihilation A has reached a detec-
tor; the other missed the ring. At nearly the same
time atom B decayed. Only one of its photons was
detected, the other also missing the ring. If these
two separate events happen to occur at nearly the
same time within the resolving time of the PET
scanner, they will be considered to be in coinci-
dence. The PET scanner then will falsely treat the
detection of the two photons as if they resulted
from a single annihilation that took place along
the line between the two detectors (the dashed line
in Figure 1.5). Such false coincidence is called an
accidental or random coincidence. Random coin-
cidences produce background activity in the recon-
structed image that varies slowly in magnitude at
different positions over the image, depending on
the radioisotope distribution.
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   at same time
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Figure 1.5 Illustrating how if by
accident, two separate annihilation
events (A and B) are detected at nearly
the same time a false or “accidental”
coincidence can occur. This accidental
(or “random”) coincidence causes the
PET camera to erroneously think the
annihilation occurred along the dashed
line indicated.

Accidental coincidences between unrelated pho-
tons must be distinguished from “true” coinci-
dences between pairs of annihilation photons. The
probability that an accidental coincidence will oc-
cur depends on the duration of the resolving time
interval, τ: if it is very long, it becomes much more
likely for two unrelated photons to be accidentally
in coincidence. The resolving time of a PET scanner
is therefore an important parameter, defining how
well the scanner will distinguish true coincidences
from accidental ones.

A second factor influencing the number of acci-
dental events recorded is the amount and location
of activity detected by the PET scanner. If the activ-
ity within the patient is doubled, the number of true
coincidences will of course double also. The number
of accidental coincidences, however, will increase by
a factor of 4, i.e., as the square of activity. This has
important ramifications. At sufficiently high levels
of activity (e.g., for 82Rb scans [9,11,12]), the num-
ber of accidental coincidences may equal or even
exceed true coincidences. With administration of
excessive amounts of tracer, the patient may, there-
fore, be exposed to a higher radiation risk without
a comparable increase in the amount of useful in-
formation obtained. The amount of activity con-
stituting an excess varies with the machine used; it
may be only a few millicuries in the field of view
or as much as 50 or more mCi. Many manufactur-
ers specify the concentration of activity that when
placed in a specified phantom will produce equal
numbers of true and accidental coincidences. This

is useful to help evaluate the maximum activity that
one might inject in a patient from the point of view
of excessive randoms.

The reason that accidental events increase as the
square of activity can be discerned from consid-
eration of Figure 1.5. Suppose that detector one
measures S1 (S refers to “singles”) counts/second,
independent of whether these counts were in co-
incidence with any other detector. The count rate
observed by a single detector, as opposed to a coin-
cident pair of detectors, is called the singles count
rate of that detector. Suppose also that detector 2
measures a singles rate of S2/second. Consider that
one photon has just struck detector 1. If an unre-
lated photon were to hit detector 2 within the next τ

seconds or has already hit detector 2 within the pre-
vious τ seconds, it will be in accidental coincidence
with the event recognized by detector 1. Because
there are S2 events detected by detector 2 each sec-
ond, the number of these that will occur during the
τ seconds before or the τ seconds after the event
in S1 is S2 × 2 × τ. For every photon that strikes
detector 1, there are therefore 2 × τ × S2 accidental
coincidences/second. However, there are S1 pho-
tons striking detector 1 every second. Therefore the
total number of accidental coincidences/second is:

Accidental coincidences/second = 2 × τ × S1 × S2

If the activity in the patient is doubled, the sin-
gles rate for every detector is also doubled, so both
S1 and S2 double, giving a factor of 4 increase in
accidental coincidences.
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Consideration of the above equation suggests a
way to correct for accidental coincidences. If the
singles rate is measured at every detector, the num-
ber of accidental coincidences can be computed for
every detector pair, and this number can be sub-
tracted from the measured true events. Although
measured singles rates include some counts from
true coincidences, singles rates usually greatly ex-
ceed true coincidence rates. Thus, the error intro-
duced by such a correction scheme is usually quite
small.

Another approach to correction for random co-
incidences is the delayed coincidence method. Con-
sider a single pair of opposing detectors in Figure
1.4. The output of detectors is split. One of the
signals goes to the coincidence circuitry as usual.
The other goes to a special circuit (or even a long
length of wire) that causes a prolongation of travel
time for the signal, perhaps of several 100 ns. This
second wire is connected to the usual circuit, which
determines whether the two pulses (one from the
delayed signal from the second wire of one detector,
and the second from the undelayed, first wire of the
opposing detector) occurred within time τ of each
other. If a true coincidence event occurs, the de-
layed signal traveling down the second wire will not
register as a coincidence with the undelayed signal
of the opposing detector. The signal traveling down
the long wire would reach the coincidence electron-
ics much later than the undelayed signal from the
opposing detector. Any coincidences measured by
this long wire would, therefore, only be acciden-
tal coincidences and not true coincidences. They
could, therefore, be subtracted from the total num-
ber of coincidences measured with the undelayed
standard short wires of both detectors to yield the
number of true coincidences. The delayed coinci-
dence method is quite accurate. However, it is lim-
ited by low signal-to-noise ratios because the num-
ber of randoms measured by the second delayed
wire is often quite small, which may introduce ad-
ditional noise into the final corrected image. On
the other hand, use of the singles method discussed
previously adds little noise to the image because the
number of singles recorded by each detector is so
high. However, the singles method has its own dif-
ficulties, and requires measurement of τ, which is
subject to inaccuracies.

Attenuation Correction

If 511-keV annihilation gamma rays were made to
travel through a substance with a very high atomic
number, such as a lead brick, only a few of the pho-
tons would pass completely through the brick unal-
tered [13]. Most of the photons would interact with
the atoms of lead. Of those that interacted, some
would do so by a process called the photoelectric ef-
fect, which involves both an atomic electron and the
nucleus of the lead atom. In this process, the pho-
ton completely disappears. It is totally absorbed or
“stopped” by the lead, its energy transferred to the
nucleus and a fast-moving atomic electron. Other
gamma rays passing through the lead brick would
interact by a process called scattering (or more
properly Compton scattering, after A H Compton,
its discoverer). In this process, the photon strikes
one of the atomic electrons surrounding the atom,
the gamma ray is deflected from its original di-
rection and continues in a new direction with re-
duced energy. The bigger the angle of deflection, the
more energy the gamma ray will have lost. A pho-
ton undergoing such a collision is said to have scat-
tered. In lead, the two processes—complete absorp-
tion or stopping, and scattering—are both likely. In
soft tissue, complete absorption almost never oc-
curs. Instead, essentially all interactions result in the
photon scattering. Even in bone, 511-keV photons
are absorbed only rarely. Instead they most simply
scatter.

Now consider photons emitted by a small region
of myocardium. Some small fraction of the anni-
hilation photons will be headed in a direction such
that both photons would strike a detector in the
ring. As these photons travel toward the detector,
they must pass through the tissue of the body. If
either of the photons scatters, it will no longer be
headed toward the detector. In all probability it will
miss the ring entirely, or on those occasions that
it does not, its energy may be too reduced to be
detected. A coincident event that would have oc-
curred in the absence of intervening tissue, now
does not occur. The photons emanating from this
small section of the myocardium are said to have
been attenuated, and the loss of detected events due
to interactions with atoms of the intervening tissue
is called attenuation. The number of photons that
make it through unscathed decreases exponentially
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with the thickness (d) of interposed tissue:

Number of photons reaching the detector

= Number of photons headed for detector × e−µd

The constant µ is the attenuation coefficient and
has a value of ∼0.096 cm−1 for 511-keV photons
in soft tissue. As can be seen by applying the equa-
tion above, only half of the photons will make it
through 7.2 cm of tissue. Lower energy protons
such as those emitted by 99mTc (140 keV) are at-
tenuated more easily, because µ is higher at lower
energies. It takes only 4.6 cm of tissue to stop half
the photons of 99mTc from reaching their original
destination. It would, therefore, seem that attenu-
ation would be much more significant for SPECT
scans than for PET scans, because the lower energy
99mTc photons used for SPECT scintigraphy are so
much more easily attenuated. This presumption is,
however, incorrect. In a PET scan, both photons
in a pair must reach their respective detectors. As
illustrated in Figure 1.6a, a photon headed toward
detector D1 must travel through a thickness of tis-
sue X1 without interaction, and the photon going
in the opposite direction must travel through thick-
ness X2 to reach detector D2. The total attenuation
is then:

Number of coincidences

= (Number of photons headed for D1 and D2)

× (probability photons gets to D1)

× (probability photon gets to D2)

= (Number of photons headed for D1 and D2)

× e−µ(X 1) × e−µ(X 2)

= (Number of photons headed for D1 and D2)

× e−µ(X 1+X 2)

= (Number of photons headed for detector)

D1 and D2 × e−µD

where D is the total distance, X1 + X2, through the
body.

Attenuation

(a)

D1 α e – µX1

D2 α e – µX2

Coinc α e – µX1 . e – µX2

α e – µ(X1 + X2)

X1 X2

D2

(X1 + X2) = thickness of patient. So it does not
matter how deep the tracer is in body!

D1

Attenuation correction

(b)

D1 α S
D2 α Se – µ(X1 + X2)

# Coinc = ( )e – µ(X1 + X2)

D2D1
S

X1 + X2

Figure 1.6 (a) The attenuation suffered by the pair of
photons does not depend on where in the body that pair
of photons originated. No matter where they originate,
together they have to traverse a thickness X1 + X2 of
tissue. (b) Because of this, the same attenuation is
experienced by a radioactive source placed outside the
body, permitting the attenuation to be measured. One
simply measures the number of pairs of photons detected
without the patient and compares this to the number
detected when the patient is present.

Therefore the attenuation of the pair of photons
depends only on D, the total amount of tissue the
pair of photons has to traverse. It does not depend
on where in the body the annihilation occurred.
One does not need to know X1 and X2, only the
attenuation resulting from its sum, D. This is not
the situation for SPECT, in which only one photon
is detected. In the SPECT case one needs to know
what depth (e.g., X1) the photon came from. This
is a piece of information that is usually unknown
and unmeasurable.

For typical chest thicknesses most of the photons
will be attenuated. Often only ∼10–30% will
make it through the body. Photons traveling in
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other directions toward other detectors and those
originating from other sections of the myocardium
may be more or less extensively attenuated. In a
70-kg subject, attenuation by factors of 5–20 is not
uncommon. Attenuation can be even greater in
obese subjects. Obviously, attenuation has signif-
icant effects on the results of cardiac PET scans.
Although this problem is serious with PET because
both photons in a pair must survive intact, accurate
attenuation correction is possible. In contrast, with
methods such as SPECT in which only one photon
is involved, such correction is not possible because
the attenuation correction factor, e−µ(X1), depends
on measurement of the depth at which the isotope
is located in tissue. This measurement cannot be
made before imaging. The value necessary for
attenuation correction of PET images, however, is
(X1 + X2). This quantity is independent of how
deep the isotope is located in the body and depends
only upon the attenuation through the total body
thickness, which can be measured accurately. The
most common method for making this measure-
ment involves performance of a “blank” scan and
an “attenuation” scan (often called a transmission
scan). Figure 1.6b illustrates this approach for one
detector pair [7,14]. Before the patient to be imaged
is placed in the ring, a small positron-emitting
source is placed at one side (as in Figure 1.6b)
and the number of photons detected is recorded
(just as in Figure 1.6b but without the patient).
The position of the source is maintained, and the
patient is positioned in the ring (before injection of
the isotope) as in Figure 1.6b. Again, the number
of photons are recorded. The difference in the

Rotating
rod

source

(a) (b)

Rotating
rod

source

“Blank” scan Attenuated image
= blank * e–µx

Figure 1.7 Illustrating [7] how the
process described in Figure 1.6 can be
implemented. In panel (a) the “blank”
scan is taken with a source and no
patient. In panel (b) the same source is
used with the patient in place. For every
possible pair of detectors the ratio of
detected events with and without the
patient is compared to compute the
attenuation correction factor.

counts detected in the blank and transmission
scans is of course caused by attenuation through
the patient. For example, if S coincident counts
were recorded by the detector pair shown in Figure
1.6b before the patient was in place, then S × e−µD

counts would be recorded by the same detector
pair when the patient was interposed. The ratio of
the counts without the patient (called the “blank”
scan counts) to the counts with the patient in place
(called the “transmission” scan counts) gives the
factor e+µD, which is the factor needed to correct
for attenuation for this particular detector pair.
Making the same measurement for all detector
pairs permits complete attenuation correction.

In order to make the measurement of attenuation
for all detector pairs, often a rod of activity is used
with its long dimension oriented along the Z-axis
(Figure 1.7). Such a rod is attached to a mechanism
that rotates it at a fixed speed around the gantry.
The rod is usually filled with a relatively long lived
positron emitter (68Ge which decays to 68Ga). The
rod is first made to rotate without the patient, giv-
ing the “blank” scan counts (Figure 1.7a). Then
the patient is positioned and the measurement re-
peated (Figure 1.7b) giving the transmission scan.
The ratio of the counts in the blank to the counts
in the transmission for every detector pair gives the
attenuation correction factor for that detector pair.

As the rod rotates, only those detectors that lie
on the line formed by the detector, the rod, and the
opposing detector can possibly be in coincidence.
By turning on only the appropriate detectors as the
rod rotates around the gantry, most accidental and
scatter coincidences can be eliminated. With proper
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correction software, this also permits the transmis-
sion measurement to be made even after activity
has been injected [15,16]. Some manufacturers use
instead an isotope which emits only a single pho-
ton (e.g., 137Cs). This makes it more difficult to
remove scattered events, but in general both meth-
ods have been shown to work satisfactorily. Many
modern PET scanners have been combined with
a CT scanner, and in this case the CT scan (after
suitable processing) can be used to perform attenu-
ation correction. This will be discussed further later
in this chapter.

A typical scanning sequence is: (1) obtain a blank
scan (usually only done once per day or week); (2)
for static FDG imaging, inject the patient, wait for
uptake (typically 1 hour) then position the patient
in the gantry and obtain a transmission scan ei-
ther immediately prior or immediately following
the emission scan. This minimizes motion between
the transmission and emission scan. For dynamic
scanning, the transmission scan must be taken prior
to injection (or it can be done following the scan).
As mentioned above, to perform the transmission
scan after injection requires that hardware and soft-
ware be available for correcting for emission activity
present during the transmission scan. This is fairly
straightforward when positron emitters (and co-
incidence detection) are used for the transmission
source. It is often more difficult when single pho-
ton emitters are used for the transmission source.
No matter what scheme is used, it is important to
prevent patient motion between the transmission
and emission scans. Such motion can produce ap-
preciable errors in the uptake image [17].

Scatter

When annihilation photons pass through tissue,
they frequently collide with electrons and scatter.
The photon is deflected from its original direction
and loses some fraction of its energy. The higher
the angle of deflection, the greater the energy loss.
The great majority of scattered photons never reach
a detector, as illustrated in Figure 1.8. A small per-
centage of scattered photons, however, may still hit
a detector in the ring and register coincidences, as
shown in Figure 1.8. When this occurs, the PET
camera erroneously computes the position of the
radioactive atom (dotted line in Figure 1.8). Such

Scattered
coincidence

Scatter

*

Figure 1.8 Illustrating the effect of scattered radiation. If
one of the pair of photons originating in the heart (shown
as an asterisk in the free wall of the myocardium) scatters
and is detected (as shown at about the 1-pm position in
the detector ring), the PET scanner will erroneously think
the positron was emitted along the dotted line. A
“scattered coincidence” will have occurred.

mispositioning of events can cause false counts to
appear in cold areas of an image when a hot re-
gion is nearby. In general, the phenomenon slightly
blurs sources of radioactivity from hot regions into
cold regions (even those a few cm away). This is
of particular importance in cardiac imaging, since
the observer is frequently trying to detect defects
of uptake in segments of myocardium adjacent to
normal regions (and perhaps adjacent to a hot
liver).

Most PET scanners are designed to reduce the
effects of scattered photons by rejecting those
photons whose energy is below a certain threshold
value. In most older, and some newer generation,
scanners bismuth germinate (BGO) crystals are
used. The energy resolution of these detectors is not
very good, making it more difficult to reject scatter.
Other crystal types (lutetium oxyorthosilicate
(LSO) or gadolinium oxyorthosilicate (GSO)) in
theory have better energy resolution, but in practice
have yet to achieve much better scatter energy rejec-
tion than the new generation BGO scanners. In PET
scanners with septa (2D scanners), scatter is usually
fairly small anyway. However, as will be seen later,
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scanners without septa (3D mode) have several
times higher scatter, and so the problem is more se-
vere. If a scanner operates with an energy threshold
of 360 keV, it can reject all photons that have been
scattered by more than about 57◦, but not those
scattered less than this. Because photons are more
likely to scatter at small angles, a large number of
scattered photons will still be detected. Attempts to
raise the energy threshold to, for example, 400 keV
(as is being done in some of the scanners with
LSO or especially GSO crystals) would result in the
rejection of photons that had scattered by more
than about 44◦, but of course the higher one raises
the threshold, the larger the fraction of unscattered
photons that are rejected as well. Energy rejection
can, therefore, be used to reduce large-angle
scattering, but can only eliminate smaller angle
scattering at the expense of eliminating unscattered
photons as well. This situation will improve if the
energy resolution of the scanner can be improved.
Meanwhile, more empirical methods must be
applied to correct for the remaining scatter. Most
modern scanners have relatively sophisticated
algorithms for correcting for this residual scatter
[25]. However, especially for cardiac imaging
(with its mixture of lungs and adjacent soft tissue)
the algorithms are not perfect. The situation for
septa-out (3D) imaging is more problematic, and
for this and other reasons (as discussed further
below), there is still discussion as to whether septa
out imaging might be a poorer choice than 2D
(septa-in) imaging for cardiac [9–12].

Deadtime

Quantitatively accurate PET studies require that the
number of true coincidences be directly propor-
tional to the concentration of radioactivity. In ad-
dition to physical phenomena such as scatter and
accidental coincidences, a significant electronic ef-
fect in PET cameras can alter this relationship. Every
time a photon produces a scintillation in a detec-
tor, a complex series of electronic events must oc-
cur: The light must be converted into an electronic
pulse; the exact time of occurrence of the electronic
pulse must be determined for use in timing co-
incidence; and the magnitude of the pulse must be
computed to allow rejection of scattered events, etc.
All of this takes time. If a second photon should ar-

rive before the processing of the previous pulse is
complete, the second pulse may be lost. There is,
therefore, a time interval after a photon has inter-
acted with a crystal during which the PET scanner
electronics may be unable to process further pulses.
Pulses that occur during this interval, termed the
“deadtime,” are lost. The higher the count rate, the
larger will be the fraction of lost pulses. The num-
ber of coincidences/second at first increases linearly
with activity, but at high activities it deviates from
linearity due to this deadtime. Successive increases
in activity produce successively smaller increases in
coincidence rate.

The principal source of deadtime is often not
the number of coincident events the machine must
process per se, but rather the rate at which the sys-
tem must process single photons (each one of which
must be analyzed to see if it meets the energy re-
quirements and to see if it is in temporal “coinci-
dence” with another photon, etc.). The singles rate
recorded by a detector is often one or more or-
ders of magnitude greater than the coincident rate.
Often the deadtime loss of a detector can be pre-
dicted quite accurately as a function of the singles
rate measured by the detector. This relationship is
the basis for one effective method for correcting
for deadtime. The corrections can be quite large,
especially with imaging techniques that require bo-
lus injections of isotope (e.g., 82Rb). It is probably
best to limit the amount of activity injected so that
the required deadtime correction during imaging
will be less than a factor of 2. Activity levels greater
than this will result in increased radiation expo-
sure to the patient without a comparable increase
in true coincidences. In addition, the accuracy of
larger correction factors may be suspect.

In many circumstances cardiac PET studies are
especially susceptible to the effects of deadtime,
particularly with septa-out (3D) scanners. This is
particularly true with dynamic cardiac studies that
attempt to measure the wash-in or wash-out of ac-
tivity from the myocardium, or to measure arterial
activity as a function of time by monitoring the
activity in the atrial or ventricular cavities. During a
bolus injection or even during a 1-minute infusion
of isotope, the PET camera field of view may
contain a large fraction of the entire injected dose.
This is in marked contrast to the 60 minutes postin-
jection static cardiac scans in which only a small
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percentage of the injected dose is in the field of view.
The PET camera’s deadtime characteristics (as well
as random coincidences) may sometimes limit the
amount of activity that can be administered. Again,
the problem is far more severe when operating PET
scanners in septa-out (3D) mode than in septa-in
(2D) mode.

Resolution

The term “resolution” is one of many parameters
used to characterize PET scanners. The term re-
quires more careful definition. The spatial resolu-
tion of a PET scanner is a measure of how well the
scanner can distinguish two small objects placed
closely together. Certain standard measurements of
resolution have been adopted. With one, a very
small spot of radioactivity is placed in the scan-
ner’s field of view and is imaged. If the range of the
positron is very small (e.g., that of a positron from
an isotope such as 18F embedded in plastic or alu-
minum), then comparison of the apparent size of
the object in the image and the actual size of the ob-
ject allows calculation of the scanner’s resolution.
However, very small point sources of radioactive
material are hard to construct. Instead, often a thin
rod of radioactive material, for example a long thin
needle or capillary tube filled with 18F, may be used.
Steel prevents the positrons from leaving the nee-
dle. The needle or rod is placed in the scanner, with
its long axis perpendicular to the plane of the ring
as shown in Figure 1.9a. Data are acquired and the
image is reconstructed as shown in Figure 1.9b. The
top right of the figure shows a plot of the number of
coincident events as a function of distance across the
image. Typically such a plot follows a bell-shaped,
approximately Gaussian curve. By convention, the
width of this curve at half its maximum height (full
width at half maximum, or FWHM) is used as a
measure of spatial resolution. Since the initial mea-
surement is obtained within one slice, or plane, it
is called the “in-plane” resolution of the scanner.
The in-plane resolution will usually be somewhat
larger (perhaps a few millimeters or so, depending
on the scanner) when the measurement is made at
the edge of the field of view, rather than at the cen-
ter. Because the free wall or apex of the myocardium
may be 10 cm or more from the center of the field
in a cardiac PET study, it is useful to know the PET

scanner’s resolution not just at the center, but also
10 or 15 cm from the center. In addition, at a given
distance from the center of the scanner’s field of
view, the resolution in the anterior–posterior or Y
direction may not be the same as that in the lateral,
or X direction.

The scanner shown in Figure 1.9a is made up of
crystals with a width, W length, L, in the axial or
Z direction, and a depth, D. As pointed out previ-
ously the width, W, of the detectors influences the
in-plane resolution. Similarly the length, L, of the
detector in the Z direction determines, in part,
the resolution of the scanner in the axial direction.
To measure the resolution in this direction, a small
“dot” of radioactive material, placed on the bed of
the gantry, might be used. An image could be made
of this dot of activity, the source could be moved
through the gantry by 1 or 2 mm, and a second im-
age made. Progressively moving the source of activ-
ity through the scanner in 1 or 2 mm steps, making
an image at each location, would result in a series
of images as a function of the Z-axis position of the
source. Plotting the number of coincident events
in each image as a function of the Z-axis position
(clinically, the bed position), would produce a plot
similar to those in Figure 1.9b. The FWHM reso-
lution in the Z-axis direction is sometimes called
the “slice thickness” because it is a measure of how
far into the Z-axis the slice extends. A PET scanner,
then, has at least two (possibly very different) spa-
tial resolutions: The in-plane resolution (made up
of the resolution in the anterior–posterior direction
and the lateral directions,) and the Z-axis, or axial
resolution.

The axial resolution, or slice thickness, should
not be confused with the separation between slices.
The spacing between slices may be greater or
less than the “thickness” (i.e., FWHM in the ax-
ial direction) of each slice. If the spacing between
slices is less than the thickness of the slice, then the
slices may be considered to partially overlap. Even
if the spacing between slices is greater than the slice
thickness, some overlap will be present because the
“edges” of a slice are not sharp but are Gaussian
shaped.

The resolution of a PET image is determined by:
The design of the machine (including crystal size
and spacing, ring diameter, among other factors);
physical factors such as the finite range of positrons
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Figure 1.9 (a) Showing placement of rod source to measure in-plane resolution [7]. (b) Upper left: a transaxial image of
the rod source. Upper right and lower left: profiles through the transaxial image.
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in tissue and the deviation of annihilation photons
from exact colinearity, and processing, including
whatever smoothing is performed during or after
reconstruction [19–23]. The effects of image pro-
cessing are to some extent controllable. Positron
range is of course a function of the isotope used.
Its effects can be estimated as follows. If the num-
ber of positrons detected is plotted as a function
of distance in tissue from the source, the number
decreases almost exponentially with distance [20].
Some of the positrons therefore travel relatively far,
altering the resolution curve from its usual Gaus-
sian shape. The resolution curve produced by ra-
dioisotopes emitting very energetic positrons is a
combination of the typical Gaussian curve illus-
trated in Figure 1.9b and the approximately expo-
nential curve associated with positron penetration
[21]. Therefore, the curve is roughly Gaussian in
shape near the center, but exhibits a long, roughly
exponential, tail. The amount of degradation in res-
olution that would occur with use of a positron with
a relatively long range in tissue, such as 82Rb, can
be estimated as follows:

Final resolution = (R2 + 1.89 × (2 × D)2)0.5

(1.1)

where R is the resolution of the scanner (including
any smoothing) measured with a nearly zero-range
positron source (e.g., when 18F in a thin steel needle
is used) and D is the average distance the positron
travels, as shown in Table 1.1.

For example, with a scanner having 7-mm use-
able resolution as measured with 18F, the resolu-
tion expected with the use of 82Rb is based on
the average distance an 82Rb positron travels (D),
2.3 mm. The resolution of 82Rb scan can be cal-
culated from the equation above to yield a final
resolution of approximately 9.4 mm FWHM—a
significant increase compared with that of a lower
energy positron emitter. The factor of 1.89 is en-
tered into Equation (1.1) in consideration of the
fact that the number of positrons decreases with
distance in an exponential rather than a Gaussian
manner. Because the resolution curve is not Gaus-
sian with an isotope such as 82Rb, specifying the
FWHM does not tell the full story. The number
of positrons decreases exponentially with distance
from the source, so many positrons will travel much
farther than the average. Some 82Rb positrons will
travel more than a centimeter before annihilating.

This produces an exponential tail on the resolution
curve, in turn causing a small fraction of the counts
in one part of an image to blur into other, distant
parts of the image. To describe this effect, the full
width at tenth maximum (FWTM) is measured in
addition to FWHM.

To reduce the point-to-point random statisti-
cal fluctuations (called “noise”) that are invari-
ably present in a PET image, an image is often
“smoothed” by averaging adjacent picture element
(pixel) values together. Although this reduces image
noise, it degrades resolution.

Various filters can be used at the time of recon-
struction to facilitate smoothing. “Filtering” is the
name given to the process of averaging neighbor-
ing pixels together [22] by replacing a pixel value
with a weighted average of itself and its neighbors.
For example, one commonly used filter replaces a
pixel value with one-half times its own value plus
one-eighth times each of its four nearest neigh-
bors’ values, so that the weighting factors for this
filter would be 1/2 and 1/8. Such a filter will pro-
duce a less noisy image, but one with poorer spatial
resolution. Filters are often given names (e.g., the
“Hanning” and “Butterworth” filters). Despite their
specialized names, all filters do nothing more than
average neighboring pixels together; they differ only
in their weighting factors, which may be positive or
negative.

In addition to filters that reduce noise but worsen
resolution, filters exist that improve resolution and
exaggerate noise. Unfortunately, it is a consequence
of the basic laws of physics that it is impossible to si-
multaneously reduce noise and improve resolution,
and because of statistical fluctuations caused by the
limited numbers of coincident events, PET images
almost always must be filtered with a smoothing,
rather than a resolution-improving, filter. Some 3D
small animal PET scanners are the exceptions to
this rule. In these scanners there are often plenty of
coincident events, because the dose/gm injected is
high (dosimetry is frequently not a limiting factor
in animal imaging). Resolution recovery can then
be used, at the expense of slightly worsening statis-
tical fluctuations, to achieve the higher resolution
often required for small animal imaging. Some res-
olution recovery techniques are most easily built-in
to so-called “iterative reconstruction” programs.

Clinical PET scanner software usually gives the
investigator a choice of which smoothing filter to
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use at the time of image reconstruction. It should be
noted that iterative reconstruction techniques also
have inherent “smoothing” (noise reduction com-
bined with resolution worsening) built into them.
In general, the more iterations (or iterations × sub-
sets) the better the resolution and the worse the
noise. In addition, some filtering is often applied
post-reconstruction. It is important for the user of
a PET scanner to be able to estimate the resolution
of the final image, given the reconstruction parame-
ters selected. Comparing two images reconstructed
with different parameters can result in misleading
clinical conclusions.

It is important to clarify the difference between
resolution and the distance between pixels. Imag-
ine a PET scanner with 7 mm in-plane resolution
(i.e., 7 mm FWHM) and a 41 cm in-plane field of
view. The reconstructed image could be stored in
an array (i.e., a digitized image) of 256 × 256 pixels.
Each pixel would be 41 cm/256 or 1.6 mm apart. The
7 mm FWHM would therefore correspond to about
4.4 pixels. If instead the reconstructed image were
stored in a 512 × 512 matrix, each pixel would com-
prise 41 cm/512 or 0.8 mm. The resolution would
remain 7 mm FWHM which, with this matrix size,
would be represented by 8.8 pixels. Resolution is
a function of the scanner and the reconstruction
and filtering processes; it cannot be improved by
increasing the number of pixels in the image ma-
trix. Below a certain number of pixels/centimeter,
however, the image will no longer be able to reflect
the resolution inherent in the scanner. In general,
with PET images acquired in vivo, at least three pix-
els should be available for every FWHM [3]. So for
example, if the final resolution of the image is to be
9 mm, then the pixel size must be 3 mm or smaller.

Pixels are spaced a fixed distance apart in the x
and y direction and so occupy an area. Nearly all
scanners are of course multislice machines. A pixel,
then, can also be thought of as occupying a volume
in space, in which case it is referred to as a voxel.

Partial Volume Effect

Quantitative data are usually extracted from PET
images with the aid of regions of interest (ROIs)
drawn on the images. Analysis of the data con-
tained in such regions yields either the total num-
ber of events/second occurring within the region
(proportional to the total activity in the region), or

the mean number of events/second/voxel (propor-
tional to the average concentration of activity in the
region). Sometimes the maximum value within the
ROI is also used. The resolution of the PET scanner,
the size and placement of the region of interest, and
the true anatomic size of the structure imaged all
influence the accuracy of such measurements. Col-
lectively, such influences are often described by a
parameter called the partial volume effect [23,24].

To better understand what the partial volume ef-
fect is, assume that a “perfect” PET scanner exists,
and it is used to image a 2-cm diameter cylinder
of radioactivity. Assume further that after imaging
for 100 seconds, 100,000 coincident events would
be detected (therefore 1000 events/second) in a
transaxial slice of the cylinder. The perfect scan-
ner would produce an image like the one shown in
Figure 1.10a. All pixels within the cylinder would
have nearly the same value (apart from small sta-
tistical fluctuations which we will ignore), and all
pixels outside it would have the value zero. Placing a
2-cm diameter region of interest around the image
of the cylindrical object would give the total num-
ber of coincidences/second coming from the object
(i.e., 1000 coincidences/second). All of the coinci-
dences that were detected would occur within the
region of interest.

If the same 2-cm diameter cylinder of radioac-
tivity were imaged with an imperfect PET scanner
(e.g., one with 7 mm FWHM resolution), the same
100,000 coincidences (or 1000/second) would be
detected, but some of the coincidences would be
blurred or spread outside the true dimensions of
the cylinder (Figure 1.10b). Pixels near the center
of the cylinder would not be affected as much be-
cause just as many counts would be blurred out as
blurred into them from neighboring pixels, whereas
pixels near the edge would be particularly affected.
The same 2-cm diameter region of interest (shown
as a dashed circle in Figure 1.10b) would now pro-
duce a value of only 785 events/second, the other
215 coincident events/second being spread out over
pixels outside of the region of interest. The percent-
age of the counts retained in the region of interest
is termed the “recovery coefficient”: 785 of 1000 or
78.5% in this case.

The term “partial volume effect” describes this
effect [23,24]. The poorer the resolution, the more
blurred the data will be and the smaller the frac-
tion of counts “recovered” within a given region
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Figure 1.10 (a) A transaxial image of a 20-cm diameter
uniform cylinder, taken with a “perfect” PET camera.
(b) The same image taken with a real PET scanner, with
7 mm FWHM resolution. Note the blurry edges. (c) Line
profile through the ideal image (dashed line) and through
the real image (solid line). A region of interest (as shown

in (b)) would recover only a portion of the activity in the
image—the remaining activity would have blurred outside
the region. The y-axis is a relative scale proportional to the
counts/second at each pixel in the profile. FWHM, full
width at half maximum.

of interest will be. As can be seen in Figure 1.10, a
larger fraction of the total events can be recovered
by enlarging the region of interest to more than
the true 2 cm object size. If the region of interest
were increased to 2.4 cm, 914 of the original total
1000 events/second would be recovered. If the re-
gion were sufficiently large, all the original events
would be recovered. Unfortunately, in patients, the
size of the region drawn may be limited by the pres-
ence of substantial amounts of activity in structures
close to the organ being imaged.

In the discussion so far, it has been tacitly
assumed that the only quantity of interest is the
total activity in the region, or the total number
of events/second occurring in the “organ” (in this
case, the cylinder). More commonly, the average
concentration of activity within a region is sought
and so the counts/second/number of pixels in the
ROI is measured. This is in fact the unit most
commonly produced by PET scanners (usually
converted to MBq/cc).

We must now reconsider what impact the
partial volume effect will have on accuracy of

measurements of average concentrations of activity
within an ROI. Drawing “too large” a region in an
effort to recover all the counts will actually have
the opposite effect on mean activity concentra-
tion measurements. It will reduce the measured
counts/second/pixel by increasing the total number
of pixels. Again, consider the 2-cm diameter cylin-
der shown in Figure 1.10b. The “ideal” PET scanner
might, for example, yield 1000 events/second total
within the 2 cm diameter. Let us also suppose that
this value could be converted to a concentration of
activity of perhaps 5 nCi/mL. The ideal PET scanner
would, therefore, yield a value of 5 nCi/mL at every
pixel within the 2 cm diameter, and zero outside.
The mean value within any region of interest of
2.0-cm diameter or smaller would give the same
value of 5 nCi/mL. If the region were enlarged to
more than the true size of the object, however, the
measured nanocuries/milliliter would fall because
the region of interest would begin to include some
pixels with 0 nCi/mL. For the 7 mm FWHM PET
scanner producing the image in Figure 1.10b, the
2.0-cm region of interest would yield too low a
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value for concentration of activity because events
near the edge of the object would smear out to
pixels outside the region. For the situation depicted
in Figure 1.10, the drop would be from 5 to 3.9
nCi/mL, again with a recovery coefficient of 78.5%.
If the region of interest were decreased in size,
however, it would no longer include pixels near
the edge and the concentration of activity would
approximate the correct value of 5 nCi/mL. If the
region of interest were 1.8 cm in diameter, the
average counts/second/pixel would correspond
to 4.3 nCi/mL (85% recovery), and if the region
of interest were decreased still further to 1.6 cm,
the value would be 4.5 nCi/mL (90% recovery).
For measurements in nanocuries/milliliter or
counts/second/pixel then, as the region of interest
gets smaller, the average value within the region
approaches the correct value.

Unfortunately, as the region of interest gets
smaller, so does the total number of events con-
tained in it, causing statistical fluctuations (the stan-
dard deviation) to increase. Conversely, if the region
of interest is too large (larger than the object be-
ing imaged), the mean “nCi/mL” value drops. A
rule of thumb is that if the edge of the region of
interest is more than 2 FWHM interior to the ob-
ject’s anatomic borders, the influence of the partial
volume effect will be small. Unfortunately, myocar-
dial walls are typically no thicker than 1–2 cm (ex-
cept in certain disease states), whereas FWHMs are
typically no less than 0.7 cm. It will often be im-
possible to draw a region that is even one FWHM
from both epi- and endocardial borders. Accord-
ingly, myocardial PET images are significantly influ-
enced by partial volume effects. In general, recovery
coefficients are significantly less than 100%. Even
worse, since the myocardial wall varies in thickness
around the heart, the thinner regions will artifactu-
ally appear to have lower activity than thick regions,
even when the true underlying concentration is
homogeneous.

In summary: (1) To measure only the total ac-
tivity within an organ, the region of interest should
be drawn very generously around the whole or-
gan being imaged. This can only be done if there
are no nearby structures containing activity. Ide-
ally, edges of the region of interest should be at
least two FWHM larger than the true organ bor-
ders. This will lead to recovery of nearly all events
that have “blurred out” of the organ; (2) To measure

radioactive concentrations within an organ rather
than simply total activity: (a) the edges of the re-
gion should ideally be interior to the edges of the
organ by two FWHM (this is of course often im-
possible); otherwise, recovery will be flawed, and
(b) thin myocardial walls will in general give lower
recovery than thick walls. The above discussion was
focused on drawing regions within a slice. However,
it should be remembered that partial volume effects
occur in all three directions. The same considera-
tions mentioned above for the x and y directions,
also apply to the z direction.

It has been assumed that the activity concentra-
tion is uniform within the region of interest. If this is
not the case, results should be interpreted with care
because the mean value within a region of interest
will depend on the position of the region within the
heterogeneous structure.

It is possible to correct for the partial volume
effect [24]. If the true anatomic dimensions of the
object being imaged and the resolution of the PET
scanner (and reconstruction process) producing
the image are known, it is possible to calculate the
recovery coefficients and use them to correct the
data. Unfortunately, the effects of cardiac wall mo-
tion also come into play. Sections of myocardium
may move into and out of a region of interest as
the ventricle contracts. Wall motion therefore pro-
duces its own “blurring” which influences the par-
tial volume effect in exactly the same way as does the
“real” blurring (i.e., the resolution) of the scanner
itself.

2D versus 3D PET scanners

The PET scanners described above consist of sep-
arate rings of detectors, each of which is separated
by a thin strip of high atomic number material
(e.g., lead, tungsten), called the septum, Figure
1.11a. The septa act as a sort of coarse collimator.
The purpose of the lead septa between rings is to
reduce the number of scattered photons seen by
the detector, as shown in Figure 1.11a, line “D.” In
addition, the septa reduce the number of photons
from out of the field of view (e.g., from the bladder)
which can hit the detectors, Figure 1.11a, line “A.”
With the septa in place, only coincidences from
crystals in the same ring (or a few adjacent rings) of
detectors will be admitted. So the pair of annihila-
tion photons “B” do not make it through the septa,
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Figure 1.11 (a) Illustrating a multislice PET camera with
septa (misleadingly called a “2D” scanner). The septa stop
scattered photons, like (D), out of field photons like (A) as
well as valid photons that happen not to produce
coincidences within the crystals in a single ring (or nearby
rings). Only photon pair (C), shown in black, is detected.

(b) The same scanner operating in “3D” mode, i.e.,
without the septa. Now both valid photons (B) and (C) are
detected, increasing the sensitivity. However, this is at the
expense of detecting lots of nonvalid photons such as the
scattered pair (D) and the out of field photon (A). (figure
re-drawn from Bacharach [26].)

while the annihilation pair of photons “C” do. As
mentioned above, this mode of operation, with the
septa in place, is called “2D” mode, or “septa-in”
mode. The name “2D” is slightly misleading, since
the data from a multislice PET scanner operating in
2D mode, is of course 3D. The nomenclature refers
to the fact that the lead septa attempt to keep out
any photons not originating from within a single
detector ring (or a few adjacent rings). Together, the
septa, combined with the limited energy discrim-
ination, are able to reduce scatter in heart scans to
about 10–15%—a quite clinically acceptable num-
ber. This remaining small scatter is easily, albeit
approximately, corrected for by using software
algorithms [25].

The interslice septa not only reduce scatter, but
also reduce sensitivity. By restricting the coinci-
dences to within a single ring or pair of adjacent
rings, one has eliminated not only scattered pho-
tons, but also many of the photons that might have
given valid coincidences between non-neighboring
rings, for example line B in Figure 1.11a. Typically,
by using the scatter reducing septa, sensitivity for
coincident photons is reduced by about a factor
of 3–7 (depending on scanner design) compared
to the situation if the septa had not been present.
This is not nearly as big a reduction as incurred
in SPECT by using a collimator (typically a SPECT
collimator might reduce sensitivity by a factor of
1000 or more). Therefore even with the lead septa
between rings, PET is still very much more sensi-
tive than SPECT. This is because SPECT requires a
honeycomb of lead holes as its collimator, since the
function of the SPECT collimator is to permit deter-

mination of the direction of the incident photons.
PET uses coincidence detection to determine the
location of the gamma rays, in principle requiring
no collimator.

PET scanners with septa (i.e., 2D mode) actually
work quite well for cardiac imaging. The sensitivity,
despite the septa, is sufficient to obtain good qual-
ity images using 10–15 mCi FDG injections with
5–15 minutes of acquisition time. The septa keep
random events and deadtime at acceptable levels,
even for high-dose studies, such as 40–50 mCi 82Rb
injections (imaging 90 seconds postinjection), or
20 mCi 13N-ammonia injections. This is true even
for relatively slow crystals such as BGO. The septa
are able to accomplish this because random events
(and deadtime) are greatly affected by the number
of “singles” events/second. That is random events
are determined by the count rate for individual de-
tectors, rather than by the coincident count rate.
The presence of the septa greatly limits the num-
ber of singles events/second, making 2D imaging
advantageous for high-activity studies. The use of
septa, then, greatly reduces scatter, as well as ran-
dom and deadtime corrections.

Despite the good performance of current gener-
ation 2D scanners for cardiac imaging, the need to
perform whole-body oncology scans made manu-
facturers look for ways to increase sensitivity. Car-
diac imaging would also benefit from a sensitivity
increase, provided it could be accomplished with-
out sacrificing other machine characteristics im-
portant to cardiac imaging. A gain in sensitivity
would permit either shorter imaging time (less of
an issue for cardiac imaging than for whole-body
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imaging), or increased total counts (useful for pro-
ducing gated images), or better dosimetry, or some
compromise between these factors.

Most new generation scanners have attempted to
increase sensitivity by removing the septa, and op-
erating in “3D” mode [26–29], Figure 1.11b. How-
ever, removing the septa greatly increases scatter,
increases the effect of out of field activity, greatly
increases randoms, and greatly increases the po-
tential for deadtime. Comparing Figure 1.11a and
Figure 1.11b illustrates why this is so. In 2D mode
(Figure 1.11a) only one of the four photon pairs
(the black one) was detected. In Figure 1.11b all
four were detected. Only two of them (B and C)
actually carry valuable information.

Typically, removal of the septa increases scatter
in cardiac imaging to 50% or more for large sub-
jects. Software to correct for scatter is available, but
the accuracy of the correction is not nearly as good
in 3D mode as in 2D mode for thoracic imaging,
and of course the magnitude of the necessary cor-
rection is many times bigger for 3D mode than 2D.
Scatter is especially important when imaging cold
areas near hot regions, such as a defect surrounded
by normal uptake tissue. In such situations, scat-
ter artifactually increases the counts in the defect
region. If the scatter correction algorithm is not
perfect, the defect size and extent can be signifi-
cantly biased. Scatter correction is thought to be
slightly less important for hot spot tumor imaging,
but of course even in this situation, scatter can result
in inaccurate quantitation, or even artifacts. It was
hoped that the better energy resolution of the newer
crystal types (e.g., LSO and GSO) might greatly re-
duce the additional scatter caused by removing the
septa. While these detectors have slightly improved
the scatter problem, they have not yet proven to
be the panacea originally hoped for. On the other
hand, the faster response time of these new crys-
tals was successful in reducing random events by
roughly a factor of 1.5–2.

Despite the difficulties, the removal of the septa
seems to have been clinically acceptable for oncol-
ogy imaging—the reduced scan time compensat-
ing for a greater difficulty in quantifying uptake.
For cardiac imaging much work is still being done
to determine under what circumstances 3D imag-
ing might be acceptable. Certainly it will be use-
ful when dosimetry considerations dictate a low

injected dose (e.g., for multiple sequential stud-
ies), or if only limited amount of the tracer was
available (e.g., for some hard to produce radio-
pharmaceuticals). For static FDG imaging it may
well prove perfectly acceptable (providing scatter
can be adequately corrected). For dynamic imaging
(e.g., bolus injections of 82Rb or 13N-ammonia) 3D
imaging is more problematic. Much work is needed
to determine the optimum activity levels that will
be acceptable for 3D scanners, and whether 2D or
3D imaging is better in such circumstances. This is
very important work, because many current gen-
eration scanners can only function in 3D mode
(i.e., the septa cannot be inserted or retracted at
will).

An additional problem with removing the septa
is that the axial sensitivity rapidly decreases from a
maximum at the center of the axial field of view, to
the end slices. This is because in 3D coincidences
are allowed between many rings of detectors, as in
Figure 1.11b. This is fine in the center of the field,
but as one approaches the edge of the field of view,
there are fewer and fewer adjacent rings, causing
the sensitivity to drop. This loss of sensitivity at
the edges means that the effective overall sensitivity
is not as high as one might predict. For oncology
studies it means that significant overlap must occur
between the axial fields of view at each imaging
location. For cardiac studies it simply means that
the noise will increase rapidly for slices further from
the center of the axial field of view.

PET Time of Flight Imaging

Recently machines have been introduced which in-
corporate “time-of-flight” information in the ac-
quisition process. Time of flight refers to measur-
ing the precise time difference between the times
the two 511-keV annihilation photons are detected.
In Figure 1.4 it is assumed that the photon that
hits detector A also hits B “simultaneously,” where
by “simultaneously” we mean that the two events
occur within the resolving time of the coincidence
circuits. This resolving time is relatively coarse. Ob-
viously, since detector A is closer to the origin of the
photons than detector B, in theory detector A would
see the photon slightly sooner than B. However, as
the photons travel at the speed of light this time
difference is much smaller than the resolving time
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of most current generation PET scanners. The co-
incidence between A and B then only tells us that
the annihilation (and therefore the radiotracer) lies
somewhere along the line between A and B. It does
not tell us where along that line the annihilation
occurred. To determine where along the line the
radiotracer lies, we need to examine all the coin-
cidences from all detector pairs, and then recon-
struct the data. If, however, one could measure this
small time difference between when detector A was
struck compared to when detector B was struck, it
would be possible to determine exactly where along
the line the photon originated, making reconstruc-
tion unnecessary. Unfortunately, current detector
and instrumentation technology is not nearly good
enough to achieve this accuracy of time measure-
ment. Still, some new machines are able to roughly
measure this time difference, and so pin down the
approximate location of where the annihilation oc-
curred along the coincidence line, at least within
10s of cm. Such approximate information unfor-
tunately is insufficient for avoiding the reconstruc-
tion process. But by adding even such crude timing
information, it should be possible to improve the
statistical quality of the data (i.e., the noise), and
perhaps in the future reduce scatter. Machines with
this ability have only recently been introduced, so
their clinical utility is at present unclear. Still, as
electronics (and perhaps detectors) get faster, this
approach may prove useful. It should be noted that
the idea of adding “time-of-flight” information to
PET scanners is actually quite old. But only recently
has the idea been revisited.

Use of PET/CT in Cardiology

The vast majority of new PET scanners being sold
today are combined with a CT scanner. The CT
scan can be used to replace the much slower ro-
tating 68Ge rod source transmission scan thereby
reducing scan time by 3–6 minutes/field of view. In
addition the rotating rod transmission source, due
to limited counts, introduced noise into the cor-
rected PET images. The CT images are by compar-
ison nearly noise free. The two scanners are physi-
cally located in the same gantry, but do not perform
scans simultaneously. Instead one usually first ac-
quires (for oncology) a rapid spiral CT scan (per-
haps 20 seconds for a head to thigh scan) and then

the much slower PET scan (several minutes/bed po-
sition). With the rotating rod source method scans
of 4–6 minutes/bed position were commonly used.
This resulted in 24–36 minutes of extra scan time for
a six-bed position oncology whole-body scan. With
CT this is reduced to ∼20 seconds. In addition it
soon became clear that much valuable clinical infor-
mation was present in the fused CT and PET images.

Transmission scan time is much less an issue with
cardiac scans, because they are acquired at a single
bed position. The reduced attenuation correction
noise would, however, be beneficial. In addition,
it is possible that combining CT cardiac data with
PET metabolic or perfusion data, as obtained from
PET/CT machines, will be of clinical value. There
have been several reports in the past of the clinical
utility of fusing coronary angiograms with SPECT
perfusion data. Recently 64 slice CT scanners have
begun to be marketed with PET scanners. Many of
these scanners are fast enough to permit CT cardiac
gating, and will even operate with commercially
available CT coronary angiography software. Many
of the other cardiac CT procedures (aside from an-
giography) that could be used with PET often still
involve contrast media. For example, even with very
low concentrations of contrast media in the blood,
it is reasonably easy to identify the endo- and epi-
cardial borders using gated CT images. Thus one
could correct the PET data for any partial volume
effects, for example caused by thinning of one part
of the myocardium compared to another. In addi-
tion, while gated FDG PET is adequate for global
measures of ventricular function [30–36], the gated
CT would also allow measurement of myocardial
thickening—a very useful adjunct to PET physio-
logic (metabolic or perfusion) imaging.

Unfortunately, there are at present some unre-
solved issues associated with using a high speed CT
scan for attenuation correction of cardiac images.
A few of these are discussed briefly below.

Use of CT Images for Attenuation
Correction

As described above, when using a PET scanner,
transmission related noise can be nearly eliminated
by using the CT data to perform the attenuation
correction. The physics of the process has been
described in detail previously [37–40]. In short, a
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Figure 1.12 (a) Scout view (single planar
projection) taken with the stationary
X-ray tube of a CT scanner. A single PET
field of view (the box) is selected in
order to produce CT tomographic slices,
one of which is shown in (b). (c) Shows a
transmission image taken with a
rotating 68Ge rod source. Obviously the
CT slice has much better statistics. CT,
computed tomography.

CT scan is taken of the patient immediately prior
to the PET scan. Usually a quick scout acquisition
is first taken, and from this scan, one can accurately
position both the axial CT scan, and the subsequent
PET imaging, over the cardiac chambers. Typical
images are shown in Figure 1.12. The CT scan is as-
sumed to be aligned with the subsequent PET scan,
just as the conventional transmission scan obtained
with a 68Ge rod source is assumed to be aligned. The
CT scan, even at relatively low exposure settings
(e.g., 140 kVp, 80 mA, 1.5 pitch, rotation speed of
0.8 seconds) has far less noise than does the typical
68Ge rod source transmission scan (Figure 1.12).
The CT scan is resampled to the same size as the
PET data, is suitably blurred, and scaled [26] so as
to convert the pixel values from Hounsfield units
to the attenuation coefficients, which would be ob-
tained at 511 keV. The scaled, resampled CT data is
then used to correct the PET data prior to recon-
struction.

This procedure works reasonably well for oncol-
ogy whole-body imaging, although there are some
difficulties. Some of these difficulties are potentially
exacerbated when the process is applied to cardiac
imaging. There is a small but growing body of lit-
erature concerning the accuracy and reliability of
the CT attenuation correction for tumor imaging
[37,41,42]. There is a growing body of correspond-
ing data validating the method for cardiac imaging
[39,43,44].

The two principal areas of concern for CT atten-
uation correction in cardiac PET are listed below:

1 Scaling the CT Hounsfield units to 511-keV at-
tenuation coefficients.
The X-ray beam from the CT scanner is of much
lower energy than the 511-keV photons being im-
aged. In addition, the X-ray beam produces a con-
tinuous spectrum of energies all the way up to the
peak (kVp). The attenuation of these lower energy
CT photons is therefore much greater than the at-
tenuation experienced by the 511-keV annihilation
photons. To correct for this the attenuation val-
ues produced by the CT scanner have to be con-
verted to 511-keV attenuation values. This aspect
of PET/CT has been well validated in oncology
imaging, and has been shown to work quite well
in general [37,41,42], with only a few caveats. The
only potential difficulties that might occur during
cardiac imaging are if contrast media has been used
during or prior to the CT scan [42,45–49], or if
metallic objects (e.g., clips, shoulder or arm pros-
theses) are in the plane of the cardiac images. When
arms are not up (i.e., arms at the side), some arti-
facts and noise can be introduced into the CT scan.
There may also be some small concern caused by
the proximity of the myocardium to the ribs.
2 Misalignment between CT and emission data
Misalignment between the CT data and the PET
data is a potential problem when using CT data
to perform attenuation correction for PET. The
misalignment can be inadvertent (i.e., patient mo-
tion between the time of the CT and emission ac-
quisitions) or “effective” misalignment due to pa-
tient respiration and myocardial motion during the
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cardiac cycle. We assume here that the PET and
CT portions of the machine itself have been pre-
viously determined to be in accurate mechanical
alignment.

The effects of a misalignment between the atten-
uation scan and the emission scan have already been
investigated for PET [17]. Prior to PET/CT the only
cause of this misalignment was whatever inadver-
tent patient motion might have occurred between
the two scans. Relatively small misalignments can
cause a myocardium with uniform uptake to appear
nonuniform. In PET/CT the misalignment comes
not only from inadvertent patient motion, but also
from the motion of the internal organs caused by
respiration. The CT scan is usually acquired quite
rapidly, perhaps taking less than 1 second/slice. The
CT therefore captures the chest at one phase of
the respiratory cycle. The PET emission data, on
the other hand, is acquired over many minutes, and
so is an average over many respiratory cycles. The
two data sets therefore do not overlay each other.
The problem is most severe at the boundaries be-
tween low and high attenuation regions. For on-
cology studies this is usually at the dome of the
liver. For heart studies it is all regions of the my-
ocardium surrounded by lungs. In addition, not
only does the heart itself appear to move with res-
piration, so too does the liver. As the liver moves
into or out of the cardiac slices, the attenuation for
those slices can change substantially. Figure 1.13
illustrates the effect, showing a CT slice captured
at normal tidal end-inspiration and normal tidal
end-expiration.

(a) (b)

Figure 1.13 Two coronal CT views at
exactly the same level: (a) taken at
normal end-expiration; (b) at normal
end-inspiration. Note movement of the
dome of both the liver and the heart.

Several studies have examined the effects of res-
piratory motion on PET/CT in oncology [50–55]
and it is useful to consider how those findings might
apply to cardiac imaging. In oncology applications,
one of the most notable effects is at the dome of the
liver, where respiratory motion is large and there
is an air-tissue interface. In one study [55], nearly
all (84%) subjects exhibited a cold artifact at the
top of the liver, with 16% of the subjects having a
defect categorized as moderate. The source of the
defect was thought to be the incorrect attenuation
correction, due to inconsistencies at the lung/liver
interface in the CT compared to the emission PET.
Similar effects occur with the free wall of the heart
[43,56]. A tissue/lung interface exists, and there is
indeed respiratory motion (as well as cardiac mo-
tion, depending on the speed of the CT scanner).
The magnitude of such effects in the heart can
be significant [43]. Previous results describing the
effects of misalignment between attenuation and
emission data are germane [17]. Much work re-
mains to be done in using CT images to correct for
attenuation. One solution would be to slow down
the CT scan (using very slow rotations and low mA)
so as to average a few respiratory cycles together
[57,58]. While this may lengthen the scan unaccept-
ably for multilevel oncology imaging, it should be
quite practical for cardiac imaging. It can, however,
produce artifacts in the CT data. Another excellent
solution that has been put forth, is to acquire a very
low dose CT cine of the heart over 1 or more res-
piratory cycles, and then average the cine frames
together. This avoids the CT artifact problem. Still
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another solution would be to use respiratory gat-
ing or even 4D imaging [50]. All of these solutions
at present may add considerable complexity to the
acquisition, but manufacturers are rapidly realiz-
ing the necessity for making such corrections in a
clinically feasible fashion.

It should be noted that many CT scanners rou-
tinely scan fast enough to capture only a portion
of the cardiac cycle itself. Again, problems similar
to those described above may occur. Here, how-
ever, the motion (and so potential misalignment)
is presumably smaller. In addition only a minimal
reduction in CT scan speed would average several
cardiac cycles together.

In summary, combining CT with PET imaging
is likely to prove even more valuable for cardiac
imaging than for oncology imaging. The additional
information associated with overlaying physiologic
data (metabolism, blood flow, etc.) with CT
angiographic data, coupled with wall thickness and
thickening measurements would seem to portend
significant advances in the field of cardiac imaging.
However, the problems associated with respiratory
motion are likely to be much worse for cardiac
imaging than for oncology imaging. Considerable
work has been done to address these problems,
and cardiac PET/CT is rapidly achieving its full
potential.
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