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 Introduction

The goal of all cardiac nuclear imaging is to trace the fate of radioactively labeled biochemical 
compounds (tracers) within the body, usually in the myocardium or blood pool. One usually 
either makes a static image of the distribution of the radiotracer (e.g., technetium‐99m (99mTc) 
sestamibi (methoxyisobutylisonitrile or MIBI) or thalium‐201 (201Tl)) or follows the uptake and 
clearance of the tracer with time. In the former case, static imaging is all that is required, while 
in the latter a series of images, acquired dynamically over time, is necessary. Positron emission 
tomography (PET) has these same goals. Although PET works in a manner very similar to con-
ventional 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 
emphasize in this chapter.

 Positron Decay

PET tracers, as their name implies, decay by emission of a positron. Except for their opposite 
charge, positrons are nearly identical to ordinary negatively 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 electrons. When a positron and 
an electron are in close proximity for more than the briefest interval, both will disappear (an 
event called “annihilation”), and their masses will be converted into energy in the form of two 
gamma rays traveling in almost exactly opposite directions. The energy of each photon is 
0.511 MeV (precisely the equivalent energy corresponding to the mass of the electron or posi-
tron). 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 part of 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 
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1 Positron Emission Tomography2

as it does so. The final distance between the original atom and the annihilation point is called 
the “positron range.” Eventually (typically within a millimeter or so, depending on the radionu-
clide) it slows down enough to spend a significant time near an electron. As soon as this hap-
pens 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 the figure the 
annihilation photons are shown traveling in exactly opposite directions, occasionally photons 
are emitted a few tenths of a degree more or less than 180° apart.

PET scanners detect pairs of gamma rays resulting 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 were annihilated. 
However, if the positron has traveled far from its parent atom, the image will be inaccurate 
since the locus of the annihilating positron will not correspond to the locus of the radioactive 
atom. For this reason the initial speed (i.e., energy) of an emitted positron will affect the capac-
ity of the PET scanner to accurately define the position of radioactive atoms within the body 
(e.g. the myocardium). 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 (carbon, nitrogen, and oxygen) are the basic building blocks of all phys-
iologically important biochemical compounds. This has permitted researchers to label amino 
acids, glucose, and a host of other biochemical compounds. Unlike the case with 99mTc and 
other heavy metals used in SPECT imaging, the labeling of PET tracers can often be done 
without making any alterations to the biochemical structure of the compound of interest. 
That is, a nonradioactive 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 cyclotron. 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 later in this chapter), the two most clinically important 
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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 511‐keV photons traveling in opposite directions, as shown.
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1 Positron Emission Tomography 3

positron‐emitting isotopes for cardiology are the last two on the list, rubidium‐82 (82Rb) and 
fluorine‐18 (18F).

18F has a 2‐hour half‐life. This is long enough to allow production at a site up to an hour or 
two away. The recent dramatic increase in the use of fluorodeoxyglucose (18FDG) for tumor 
imaging has resulted in a large number of such commercial production sites, and one can easily 
arrange for daily delivery of unit doses. 18FDG has proven very valuable in assessing myocardial 
viability [2]. Its use for this purpose, in the past, was limited to large research institutions 
because of the lack of availability of 18FDG and a PET scanner. As mentioned, 18FDG is now 
widely available commercially, and there are a huge number of new PET scanners installed, the 
majority in nonresearch hospitals. Although most of these scanners were installed for oncology 
imaging, the machines are suitable for cardiac imaging as well.

The other clinically important radiopharmaceutical in Table 1.1 is 82Rb. This is a potassium 
analog and can be used to measure myocardial perfusion [3]. No labeling is required. Although 
it has a very short half‐life (76 seconds), it can be produced from a longer lived rubidium‐82 
(82Sr) generator, with a half‐life of 25 days. At the moment such generators are expensive, but 
their cost is dropping as 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 emis-
sion, rather than by other forms of decay whose emissions cannot be imaged with a PET scan-
ner. 11C, 13N, 15O, and 18F all decay nearly 100% of the time by positron emission, and 82Rb 
decays about 95% of 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 fraction (~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 increases radiation exposure slightly. Recent 
advances in coincidence processing takes into account this third photon to alleviate its impact 
in the final image quality [5]. There are other positron emitters (e.g., 94Tc, 124‐iodine (124I), 
several isotopes of copper, and many others) that have an even larger number of other emis-
sions 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 pro-
duce useful imaging information. Nonetheless, many of these isotopes have been used success-
fully in PET imaging.

The second factor one must consider when evaluating a radioisotope is the energy of the 
positron that is emitted. As mentioned earlier, this is important because what is being imaged 

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)

Half‐life (m: 
min, s: sec)

11C 0.96 0.386 0.56 4.1  20 m
13N 1.19 0.492 0.72 5.2  10 m
15O 1.72 0.735 1.1 8.1 124 s
68Ga 1.90 0.836 1.1 9.4  68 m
82Rb* 3.35 (83%) 1.52 2.4 16.7  75 s
18F 0.635 0.250 0.35 2.3 109 m

*82Rb 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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1 Positron Emission Tomography4

with a PET scanner is not the distribution of the radiotracer, but rather the distribution of the 
annihilation photons. Positrons are not emitted with a single characteristic energy, as are 
gamma rays. Instead, they have a range of possible energies from zero up to a characteristic 
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 emitted 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 posi-
trons that are considerably more energetic 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 ~4–6 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 under-
stand how tomographic images are made and how they are “reconstructed” from the radioac-
tivity seen by the ring of detectors surrounding the patient. Many treatises have been written 
dealing with the mathematical steps necessary to produce cross‐sectional images with emis-
sion tomographs [6]. Here we will describe the reconstruction process in a physical, rather than 
mathematical, way.

To define the three‐dimensional (3D) shape of an object, one must first be able to look at the 
object from all sides. This may be an evolutionary advantage of binocular vision: each eye’s 
slightly different view of the same object, 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 extrapolate (often incorrectly) using the informa-
tion from the two angles we can see in order to visualize the object’s full appearance. In a simi-
lar 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 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 attenu-
ation) to its radiation.

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 
determination 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 reconstruction process (i.e., the method 
for producing tomographic slices) is based on acquiring these projections. PET, SPECT, and 
even computed tomography (CT) must acquire a minimum number of projection images, and 
in fact all use a similar method for reconstructing the 2D projection images into the tomo-
graphic slices that comprise the 3D volume. The main 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 (Figure 1.3)). We will see 
shortly how PET accomplishes the same thing, creating a planar image of the positron annihila-
tion 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 usually reconstructed from fewer 
than 100 angles, while several hundred different views, each at a different angle, are usually 
acquired for PET.
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1 Positron Emission Tomography 5

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 [6] 
are unimportant for understanding the rest of this chapter. They may be considered simply as 
mathematical operations that convert the many projection images into a single tomographic 
section or slice.

Problem: Collimators block about 999/1000
photons. Very low sensitivity device

Collimator tells us where gamma ray came from

Extrinsic collimation

270°

Need to know where photons came fromFigure 1.2 In single photon tomography a collimator 
is needed to tell the direction from which the 
gamma ray came. The camera must then rotate 
around the patient (the solid line with the arrow 
shows the rotation) in order to measure the 
projection images at every angle.

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 (a) In X‐ray computed tomography the X‐ray tube must move around the body to acquire 
projection images just as the gamma camera must move around the body in SPECT. (b) One sample planar 
projection. The tomographic image can be reconstructed from a set of these projections at all angles.
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1 Positron Emission Tomography6

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 remembering 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 [7]. 
All photons that do not strike the camera perpendicular to its face are blocked by the collima-
tor. 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 zero 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 99.9% of the photons emitted by 
the radioactive atoms in the patient. That is the price one pays for using a collimator to deter-
mine which direction the photons came from. PET can get the same information—how many 
photons were emitted and which direction they came from—without a collimator, potentially 
making PET far more sensitive than SPECT. How is this done? Consider Figure 1.4a, showing 
a ring of detectors surrounding the patient; although a real PET imager has many hundreds of 
detectors, we have simplified the figure showing just 36 enlarged detectors.

Imagine that a 511‐keV photon has just struck detector 8, 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 another photon traveling in the opposite direction. Therefore, if a 511‐keV pho-
ton struck detector 8 and simultaneously (i.e., in “coincidence”) another 511‐keV photon struck 
detector 24, then the computer would realize that this pair of photons must come from a posi-
tron that annihilated somewhere along the line B connecting the two detectors; similarly, when 
detectors 24 and 13 detect one photon each simultaneously, the positron must have annihilated 
somewhere along line A. This is useful information: we know that an annihilation occurred and 
we know from which direction the two photons came; this is the so‐called “line of response” 
(LOR) for that photon. On the contrary, when one of the photons is not detected for whatever 
reason (dashed line in annihilation C) the LOR cannot be identified. This method of determin-
ing where the photons came from, without a collimator, is called “coincidence imaging” [8]. In 
reality the two photons may not be detected truly simultaneously. For example, the annihila-
tion may occur closer to one of the detectors than the other (d1 < d2), and so may reach that 
detector first. This small misalignment (on the order of a billionth of a second or less) of the 
arrival times is the difference of the “time of flight” (TOF) of each photon, and its relevance will 
be addressed in a later section. 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 window” 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, C‐3, 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. A schematic diagram of coincidence detection among the 
crystals of one ring of detectors is shown in Figure 1.4c, depicting a human torso in craniocau-
dal view at the heart level; the numbered blue segments represent the detectors, and the blue 
lines depict coincidences between A‐B and C‐D.
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1 Positron Emission Tomography 7

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 spac-
ing between lines and increases the number of possible angles (and therefore the number of 
views). Of course, increasing the total number of possible coincidences in this way increases 
the number of crystals, coincidence circuits, and other electronic components required, 
 making the PET scanner more costly.
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Figure 1.4 (a) The direction from which a photon came can be determined in positron emission tomography 
by the use of coincidence detection. When detectors 8 and 24 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 8 and 24, as shown. (b) 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) A craniocaudal view of a human torso at the level of the heart 
showing a schematic diagram of coincidence detection among the crystals of one ring of detectors. (d) Sagittal 
cross‐section of the gantry showing three detector rings, the three direct slices, and the two crossed slices.

0004280060.INDD   7 05/09/2019   11:47:19 AM
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A factor that limits the number of crystals employed in a PET scanner is the number of pho-
todetectors required (photomultiplier tubes or semiconductor detectors). When a detector 
“detects” a gamma ray, it produces a small flash of light that is converted to an electronic pulse 
by a photodetector. Ideally each crystal would be attached to one photodetector, but these 
devices cannot be made arbitrarily small and are expensive. Thus, manufacturers have devised 
schemes to allow one photodetector to share many crystals. Most scanners for cardiac imaging 
use several rings of detectors, often separated by high atomic number shielding (e.g., lead or 
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 scanner still produces 3D data. As will be discussed later, most new scan-
ners, since they were designed for oncology, operate without the septa. Those scanners are said 
to be operating in “3D” mode [9–12]. To increase the number of slices, coincidences are often 
recorded between one detector in one ring, and an opposing detector in an adjacent ring. Such 
a slice would be called a “cross” slice (darker slices in Figure 1.4d). With three rings of detectors 
(numbered I, II, and III in the figure) 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 
opposing 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 constitutes a cross slice and what constitutes a direct slice is obvious. Other 
scanners have crystals so close together 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: the transaxial, in‐plane resolution in one slice, and the number of, and 
spacing between, slices.

PET scanners usually reconstruct transaxial slices. The number and spacing of the slices is 
usually such that at least a 15‐cm axial distance is encompassed by the slices—a quite adequate 
size for cardiac imaging—large enough to include the entire 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 visualized 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 pres-
ently available can be positioned to yield true cardiac short‐axis slices directly. Rather, one 
reformats the transaxial slices into short‐ or long‐axis views.

It is important to understand the quantity being measured in the reconstructed image 
obtained from a PET scan. Each of the projections described previously measures simply the 
total number of coincidences 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, C‐3, etc. The quantity measured by each detector pair in this LOR is the number of 
coincidences per second seen along the line, for example that formed by A‐1. This “line” is not 
an infinitesimally thin line, but has a width that defines a “tube of response” (TOR) rather than 
just a line because the detector pair A and 1 both have finite width (Figure 1.4b). The number 
of coincidences seen by the pair A and 1 are those produced by all the radioactive material lying 
in the volume (the TOR) between them. The units of the measurement are therefore coinci-
dences/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 coinci-
dences/second/volume. Finally, it is assumed that the number of coincidences/second meas-
ured in a volume is directly proportional to the amount of radioactive material (usually 
measured in Bequerels (Bq) or Curies (Ci)) in that same volume. Providing all the corrections 
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1 Positron Emission Tomography 9

described below are made, this assumption is correct. The units of the PET scan can therefore 
be any of the following: coincidences/second/cc, Bq (or nCi)/cc, or grams of radiolabeled mate-
rial/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 (t1/2) is known. For that, we just need to remember that the 
activity (number of disintegrations per second) is equal to the product of the number of atoms 
N times its decay constant λ: A (Bq) = N · λ; and since the decay constant is related to the half‐
life as λ = 0.693/t1/2, the number of grams of radioactive material per cc, M, can be written as

M
A m t

N
Bq a

A

1 2

0 693
/

.  (1.1)

where ABq is the activity concentration in Bq/cc, ma is the molecular mass of the tracer, and NA 
is Avogadro’s number.

 Photodetection and Sensitivity

PET imagers detect the high‐energy (511 keV) photons produced by the positron annihilation 
using an electronic detector that comprises a scintillator crystal combined with a photomulti-
plier. The selection of those two components has a direct effect on the system specifications, 
mainly on the image resolution and sensitivity. Thin detectors (see Figure 1.4b) produce, in 
general, systems with better resolution (see section “Resolution”), while thicker detectors pro-
duce systems with increased sensitivity.

High sensitivity is paramount in order to obtain acquisitions with high statistics in the 
minimum time and the lowest dose to the subject [13]. The sensitivity of a PET imager is 
determined by the product of the geometric efficiency and intrinsic efficiency of the detec-
tor. The most efficient detector will have a very high sensitivity for capturing 511‐keV pho-
tons and it will produce an intense and fast flash of light (scintillation light) for each gamma 
photon. The photodetector will output an electrical pulse proportional to the light intensity 
in the minimum amount of time, and an ensemble of those electrical pulses will define the 
LOR and the energy of the gamma ray. The way the scintillator is designed (shape, mono-
lithic or segmented crystal, type of reflector that covers it) and the scintillation material 
defines the efficiency of the gamma ray to light conversion. Crystals made from bismuth 
germanate (BGO) were often preferred due to their high density and atomic number [14], 
which made them efficient for detecting the high‐energy 511 annihilation photons. BGO has 
a low light production and slow decay time when compared to newer scintillators (lutetium 
oxyorthosilicate (LSO), lutetium yttrium oxyorthosilicate (LYSO), gadolinium oxyorthosili-
cate (GSO), and others [15]) but they do not have quite as high a sensitivity per centimeter of 
thickness as BGO. On the other hand, these newer scintillators have a faster response and 
higher light output and properties that could provide an improvement in both random and 
scatter rejection. These newer detectors, therefore, may enable the scanner to better handle 
the higher count rates and larger scatter encountered in the “3D septa‐out” PET scanners 
often used in oncology studies [16].

The geometric efficiency is determined by how the detectors are arranged around the 
subject: the closer to the subject the detector is placed, the larger the solid angle it will sus-
tain, and therefore the probability of the photon reaching one of the detectors increases. 
However, PET imagers must accommodate large, even obese subjects, so the gantry diam-
eter is a compromise between the total number of detectors to be used (and therefore the 
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1 Positron Emission Tomography10

cost of the system), the geometric efficiency, and the maximum patient size that can be 
scanned. In fact, manufacturers offer different configurations optimized for whole‐body 
[17] or brain imaging [18], or even for pediatric patients [19,20]. There is another disadvan-
tage to making the detector ring small: the angle of incidence of the gamma rays impinging 
upon the detector becomes more oblique for annihilations far from the center, causing an 
artifact called the “parallax error,” which causes resolution to be poorer near the edges of 
the scanner. Having an image resolution that varies across the scanner could have negative 
consequences not only on visualization, but also on quantification. Modern detectors ini-
tially developed for small animal imaging implement techniques called “depth of interac-
tion” corrections that can ameliorate the parallax artifact (Figure 1.5). The technique relies 
on the combination of different, modern scintillators bound in sandwich style, called a 
“phoswich” [21,22], or by using several photodetectors for reading the scintillation light at 
both ends of the crystal [23].

The use of semiconductor detectors, originally developed for experimental or preclinical 
systems, is now spreading to clinical scanners. The so‐called APDs (avalanche photodi-
odes), and the SiPM (silicon photomultiliers) in all its different versions including digital 
ones (PDPCs), are being used in new clinical systems. This technology impacts the system 
performance by increasing the intrinsic efficiency and producing a faster time response. 
These characteristics could improve count rate performance and sensitivity, characteristics 
that will benefit 82Rb or 15O studies and also potentially improve the performance of “3D 
septa‐out” systems that often have worse count rate performance than “2D septa‐in” sys-
tems, due to the greatly increased singles and scatter in “septa‐out” imaging. Semiconductor 
photodetectors are also compatible with high magnetic fields, and save space and power, 
and these unique features have, in part, made possible the implementation of PET/magnetic 
resonance imaging (MRI) systems [24].

(a) (b)(c)(c)

Figure 1.5 The detector sensitivity 
is directly proportional to the crystal 
thickness, but thicker crystals 
produce larger cross‐section tube of 
responses (TORs), deteriorating the 
resolution from the center (a) 
towards the edges (b). However, a 
scintillator crystal that can resolve 
the depth of interaction (DOI) by 
any means defines several TORs for 
the same non‐DOI TOR, as depicted 
here where two‐layer crystals (left, 
the thick black lines separate the 
front and back layers) define two 
narrow TORs (c).
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 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 1.6 illustrates such a case. Only one of the photons from annihilation A has reached a 
detector; 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 consid-
ered to be in coincidence. 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 1.6). Such a false coincidence is called an “accidental” 
or “random” coincidence. Random coincidences produce background activity in the recon-
structed image that varies slowly in magnitude at different positions over the image, depending 
on the radioisotope distribution.

Accidental coincidences between unrelated photons must be distinguished from “true” coin-
cidences between pairs of annihilation photons. The probability that an accidental coincidence 
will occur depends on the duration of the resolving time interval, τ, a property of the system 
electronics mainly: 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. The resolving time τ is typically several nano (10–9) seconds (ns) for PET scanners, 
although the latest systems that implement TOF techniques can achieve up to 0.4 ns or less.

A second factor influencing the number of accidental events recorded is the amount and 
location of activity detected by the PET scanner. If the activity 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 four, i.e., as the square of activity. This has important rami-
fications. At sufficiently high levels of activity (e.g., for 82Rb scans [10,12,25]), the number of 
accidental coincidences may equal or even exceed true coincidences. With administration of 
excessive amounts of tracer, the patient may, therefore, be exposed to a higher radiation risk 
without a comparable increase in the amount of useful information obtained. The amount of 
activity constituting an excess varies with the machine used; it may be only a few millicuries in 

B
A

B

2

1False coinc
detector

1

A

detector
2

Randoms

• Two single, unrelated photons are accidentally detected
   at same time
• Randoms number proportional to (activity)2

Figure 1.6 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.
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the field of view or as much as 50 mCi or more. Many manufacturers 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 
consideration of Figure 1.6. Suppose that detector 1 measures S1 counts/second, independent 
of whether these counts were in coincidence with any other detector. The count rate observed 
by a single detector, as opposed to a coincident pair of detectors, is called the singles count rate 
of that detector. Suppose also that detector 2 measures a singles rate of S2 counts/second. 
Consider that one photon has just struck detector 1. If an unrelated photon were to hit detector 
2 within the next τ seconds or has already hit detector 2 within the previous 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 second, 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 
photons striking detector 1 every second. Therefore the total number of accidental coinci-
dences/second is:

accidental coincidences 2 1 2S S  (1.2)

If the activity in the patient is doubled, the singles rate for every detector is also doubled, so 
both S1 and S2 double, giving a factor of 4 increase in accidental coincidences.

Consideration of the above equation suggests a way to correct for accidental coincidences. If 
the singles rate is measured at every detector, the number of accidental coincidences can be 
computed for every detector pair, and this number, multiplied by 2*τ can be subtracted from 
the measured true events. Although measured singles rates include some counts from true 
coincidences, singles rates usually greatly exceed true coincidence rates. Thus, the error intro-
duced by such a correction scheme is usually quite small.

Another approach to correction for random coincidences is the delayed coincidence method. 
Consider a single pair of opposing detectors as 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 coincidence 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 delayed 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 electronics much later than the unde-
layed signal from the opposing detector. Any coincidences measured by this second, delayed 
coincidence circuit would, therefore, only be accidental coincidences and not true coincidences, 
and they represent an estimate of the randoms rate for that detector pair. They could, therefore, 
be subtracted from the total number of coincidences measured with the undelayed standard 
circuits of both detectors to yield the number of true coincidences. The delayed coincidence 
method is quite accurate. However, it is limited by low signal‐to‐noise ratios because the 
number of randoms measured by the second delayed circuit is often quite small, which may 
introduce additional statistical fluctuations 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  difficulties, 
and requires measurement of τ, which is subject to inaccuracies.
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 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 photons would pass completely through the 
brick unaltered [26]. 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 effect,” which involves both 
an atomic electron and the nucleus of the lead atom. In this process, the photon completely disap-
pears. 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) [27]. In this process, the photon strikes one of the atomic electrons surrounding the 
atom, the gamma ray is deflected from its original direction and continues in a new direction 
with reduced energy. The bigger the angle of deflection, the more energy the gamma ray 
will have lost. A photon undergoing such a collision is said to have scattered. In lead, the two 
processes—complete absorption or stopping, and scattering—are both likely. In soft tissue, 
 complete absorption almost never occurs. Instead, essentially all interactions result in the photon 
scattering. Even in bone, 511‐keV photons are absorbed only rarely. Instead they mostly scatter.

Now consider photons emitted by a small region of myocardium. Some small fraction of the 
annihilation 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 prob-
ability 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 occurred in the absence of interven-
ing tissue, now does not occur. The photons emanating from this small section of the myocar-
dium 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 with the thickness (d) of interposed tissue:

n n ereaching D heading D_ _
d (1.3)

where nreaching_D is the number of photons reaching the detector, and nheading_D is the number of 
photons headed for the detector, and the constant μ is the linear attenuation coefficient, and it 
has a value of ~0.096 cm−1 for 511‐keV photons in soft tissue. As can be seen by applying the 
equation 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 attenuated 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 attenuation would be much more sig-
nificant 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, incor-
rect. In a PET scan, both photons in a pair must reach their respective detectors. As illustrated 
in Figure 1.7a, a photon headed toward detector D1 must travel through a thickness of tissue 
X1 without interaction, and the photon going in the opposite direction must travel through 
thickness X2 to reach detector D2. The total attenuation can be expressed as a function of the 
probability P(Di) of each photon i heading for the detector; then, the number of coincidences 
detected in a LOR defined by detectors Det1 and Det2 will be the number of events falling in 
that LOR multiplied by the probability of detecting both gamma rays:

n P Pcoinc number of s headed to Det and Det Det Det1 2 1 2
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that mathematically is expressed as:

n n P Ptcoin Det De Det Det1 2 1 2:  (1.4)

For a gamma belonging to that LOR the probability of being detected is the probability of not 
being attenuated, that can be written as:

P eDeti
Xi (1.5)

Then the total probability of detecting the coincidences can be expressed as:

n n e e n e ncoin Det Det Det Det Det1 2 1 2
1 2 1 2

: :
X X X X

11 2:Det e D (1.6)

where ncoin is the number of coincidences detected, nDet1:Det2 is the number of photons headed 
for detectors Det1 and Det2, and D is the total distance, X1 + X2, through the body.

An immediate outcome of this equation is that 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; however, this piece of information is usually unknown and unmeasurable.

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 1.7 (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.
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For typical chest thicknesses most of the 511‐keV photons will be attenuated. Often only 
~10–30% will make it through the body unscattered. Photons traveling in other directions 
toward other detectors and those originating from other sections of the myocardium may be 
more or less extensively attenuated. In a 75‐kg subject, attenuation by factors of 5–20 is not 
uncommon. Attenuation can be even greater in obese subjects. Obviously, attenuation has sig-
nificant 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 correc-
tion is not possible because the attenuation correction factor, e 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. 
There are several options for making this measurement: older systems perform a “blank” scan 
and an “attenuation” scan (often called a transmission scan). Figure 1.7b illustrates this approach 
for one detector pair [8,28]. Before the patient to be imaged is placed in the ring, a small posi-
tron‐emitting source is placed at one side (as in Figure  1.7b) and the number of photons 
detected is recorded (just as in Figure 1.7b 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 1.7b. Again, the number of photons is recorded. The difference in the 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 1.7b before 
the patient was in place, then S e D  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 D , which is the factor needed to correct for attenuation for this particular 
detector pair. Making the same measurement for all detector pairs permits complete attenua-
tion 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 1.8). 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 (germanium‐68 (68Ge), which decays to gallium‐68 
(68Ga)). The rod is first made to rotate without the patient, giving the “blank” scan counts 
(Figure  1.8a). Then the patient is positioned and the measurement repeated (Figure  1.8b), 

Rotating
rod

source

(a) (b)
Rotating

rod
source

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

Figure 1.8 Illustrating how the process 
described in Figure 1.7 can be 
implemented [8]. (a) The “blank” scan is 
taken with a source and no patient. (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.
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 giving the transmission scan. The ratio of the counts in the blank to the counts in the transmis-
sion 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 elimi-
nated. With proper correction software, this also permits the transmission measurement to be 
made even after activity has been injected [29,30]. Some manufacturers use instead an isotope 
that emits only a single photon (e.g., 137Cs). This makes it more difficult to remove scattered 
events, but in general both methods have been shown to work satisfactorily.

Alternatively to this blank/transmission technique, modern PET imagers integrate 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: (i) obtain a blank scan (usually only done once per day or 
week); and (ii) 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 either immediately prior or 
immediately following the emission scan. This minimizes motion between the transmission 
and emission scans. For dynamic scanning, the transmission scan can be taken prior to injec-
tion or following the scan. As mentioned above, to perform the transmission scan after injec-
tion requires that hardware and software are available for correcting for emission activity 
present during the transmission scan. This is fairly straightforward when positron emitters 
(and coincidence detection) are used for the transmission source. It is often more difficult 
when single photon 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 appreciable errors in the uptake image [31].

 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, and the great majority 
of scattered photons never reach a detector. A small percentage of scattered photons, how-
ever, may still hit a detector in the ring and register coincidences, as shown in Figure 1.9. 
When this occurs, the PET camera erroneously computes the position of the radioactive 
atom (dashed line). Such mispositioning of events can cause false counts to appear in cold 
areas of an image when a hot region is nearby. In general, the phenomenon slightly blurs 
sources of radioactivity from hot regions into cold regions (even those several centimeters 
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 gen-
eration scanners BGO crystals are used. The energy resolution of these detectors is not very 
good, making it more difficult to reject scatter. Other crystal types (LSO, LYSO or GSO) in 
theory have better energy resolution, and in practice should achieve slightly better scatter 
rejection than the BGO scanners. In PET scanners with septa (2D scanners), scatter is usually 
fairly small anyway. However, as will be seen later, scanners without septa (3D mode) have 
several times higher scatter, and so the problem is more severe. If a scanner operates with an 
energy threshold of 360 keV, it can reject all photons that have been scattered by more than 
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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°. However, raising the threshold also raises the fraction of unscattered photons 
that will be rejected. Energy rejection can, therefore, be used to reduce large‐angle scattering, 
but can only eliminate smaller angle scattering at the expense of eliminating unscattered pho-
tons 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 implement relatively sophisticated algorithms for correcting for this residual 
scatter [32–34]. 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 later), there is still discussion 
as to whether septa‐out imaging might be a poorer choice than 2D (septa‐in) imaging for some 
cardiac investigations [10–12,35].

 Deadtime

Quantitatively accurate PET studies require that the number of true coincidences be directly 
proportional to the concentration of radioactivity. In addition to physical phenomena such as 
scatter and accidental coincidences, a significant electronic effect in PET cameras can alter this 
relationship. Every time a photon produces a scintillation in a detector, a complex series of 
electronic events must occur: 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 coincidence; 
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 arrive before the processing of the previous 
pulse is complete, the second pulse may be lost. There is, therefore, a time interval after a 

Scattered
coincidence

Figure 1.9 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 p.m. position in 
the detector ring), the PET scanner will 
erroneously think the positron was 
emitted along the dashed line. 
A “scattered coincidence” will have 
occurred.
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 photon has interacted 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 number of coinci-
dences/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, or even a reduction of the count rate on certain systems in which 
the electronics may “paralyze” when exposed to a high activity source.

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 system must process single photons (each 
one of which must be analyzed to see if it meets the energy requirements and to see if it is in 
temporal “coincidence” with another photon, etc.). The singles rate recorded by a detector is 
often one or more orders of magnitude greater than the coincident rate. Often the deadtime 
loss of a detector can be predicted 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 dead-
time. The corrections can be quite large, especially with imaging techniques that require bolus 
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 two. Activity 
levels greater than this will result in increased radiation exposure to the patient without a com-
parable 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 dead-
time, 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 activity from the myocardium, or 
to measure arterial activity as a function of time by monitoring the activity in the atrial or ven-
tricular cavities [36]. 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‐minute post‐injection static cardiac scans in which only a small 
percentage of the injected dose is in the field of view. The PET camera’s deadtime characteris-
tics (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 
requires more careful definition. The spatial resolution 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 scanner’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 aluminum), then compari-
son of the apparent size of the object in the image and the actual size of the object allows cal-
culation 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 or aluminum prevents the positrons 
from leaving the needle. The needle or rod is placed in the scanner, with its long axis perpen-
dicular to the plane of the ring as shown in Figure 1.10a. Data are acquired and the image is 
reconstructed as shown in Figure 1.10b; the top right of this figure shows a plot of the number 
of coincident events as a function of distance across the image (horizontal dashed line on the 
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image). Typically such a plot follows a bell‐shaped, approximately Gaussian curve. By conven-
tion, 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 measurement 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 center; this effect is 
called the “parallax error” and it is caused by the depth of interaction of the photon in the scin-
tillator. A detailed description of these effects can be found in reference [21]. 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 1.10a is made up of crystals with a width, w, length, l, in the 
axial or Z direction, and a depth, d. As pointed out previously 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 resolu-
tion 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 image made. Progressively moving the source 
of activity 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 num-
ber 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 1.10b. The FWHM resolution 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 or transaxial resolution (made up of the resolution in the vertical 
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 axial 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 typical clinical PET scanners resolution may vary widely as reported in 
reference [37]; in‐plane transverse resolution at the center of the field of view varies between 
3.5 and 5 mm, while these values increase to 4.5 to 5.8 mm at 10 cm. Similarly, axial resolution 
may vary between 4.5 to 5.6 mm at the field of view center, and 4.8 to 6.4 mm at 10 cm. These 
resolutions are before any post‐imaging smoothing is performed. The variation in PET image 
resolution is determined by: (i) the design of the machine (including crystal size and spacing, 
ring diameter, as well as other factors); and (ii) physical factors such as the finite range of posi-
trons in tissue and the deviation of annihilation photons from exact collinearity. Any additional 
smoothing or similar processing, performed during or after reconstruction [13,38–42] will also 
worsen the resolution. The effects of image processing 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 
number of positrons detected is plotted as a function of distance in tissue from the source, the 
number decreases approximately exponentially with distance [39]. Some of the positrons 
therefore travel relatively far, altering the resolution curve from its usual Gaussian shape. The 
resolution curve produced by radioisotopes emitting very energetic positrons is a combination 
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Figure 1.10 (a) Placement of rod source to measure in‐plane resolution [8]. (b) Upper left: a transaxial image of 
the rod source. Upper right and lower left: profiles through the transaxial image. FWHM, full width at half 
maximum.
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of the typical Gaussian curve illustrated in Figure  1.10b and the approximately exponential 
curve associated with positron penetration [40]. Therefore, the curve is roughly Gaussian in 
shape near the center, but exhibits a long, roughly exponential, tail. The degradation in resolu-
tion 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 1.356R D2 22  (1.7)

where R is the intrinsic resolution of the scanner 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 an intrinsic 5‐mm resolution as measured with 18F, the 
resolution expected with the use of 82Rb will be worsened because of the large average distance 
an 82Rb positron travels (D), 2.4 mm. The intrinsic resolution of the 82Rb scan (before any filter-
ing or smoothing) can be calculated from equation 1.7. This calculation shows that the initial 
5 mm FWHM is worsened to approximately 7.5 mm FWHM—50% worse than if a lower energy 
positron emitter had been used. This 7.5 mm FWHM is increased still more because the noisy 
Rb scan must often be further smoothed either by the noise reduction usually inherent in the 
reconstruction process, or by post‐reconstruction smoothing. The factor of 1.356 is entered 
into equation 1.7 in consideration of the fact that the number of positrons decreases with dis-
tance in an exponential rather than a Gaussian manner. Because the resolution curve is not 
Gaussian 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 posi-
trons will travel much farther than the average. Some 82Rb positrons will travel more than 
1 cm 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 often 
measured in addition to FWHM.

To reduce the point‐to‐point random statistical fluctuations (called “noise”) that are invari-
ably present in a PET image, an image is often “smoothed” by averaging adjacent picture ele-
ment (pixel) values together. Although this reduces image noise, it degrades resolution. Various 
filters can be used at the time of reconstruction to facilitate smoothing. “Filtering” is the name 
given to the process of averaging neighboring 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 neighbors’ values, so that the weighting factors for this filter would be 1/2 and 1/8. Such 
a filter will produce 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 reso-
lution and exaggerate noise. Unfortunately, it is a consequence of the basic laws of physics that 
it is impossible to simultaneously reduce noise and improve resolution. 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/gram injected is high (dosimetry is frequently not a limit-
ing factor in animal imaging) [43]. Resolution recovery can then be used, at the expense of 
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slightly worsening statistical fluctuations, to achieve the higher resolution often required for 
small animal imaging. Some resolution recovery techniques are most easily built in to so‐called 
“iterative reconstruction” programs [44]. These techniques have different names depending on 
the implementation, and most of them are based on the so‐called “expectation maximization” 
(EM) algorithms. They have been shown to provide a qualitatively superior image quality to 
those of conventional analytic reconstruction techniques, and have some desirable properties 
such as conservation of the number of counts, properties that aid difficult quantitation tasks as, 
for example, in the myocardium. However, their high computational costs and their implemen-
tation‐dependent quantitative properties are still a drawback for their full integration in clini-
cal use since there still are some concerns about standardized uptake value (SUV) accuracy. 
Nevertheless, modern computers with higher performance and careful evaluation of the quan-
titative properties using NEMA (National Equipment Manufacturers Association) guidelines 
have made iterative image reconstruction viable, at least without the “resolution recovery” 
option, and it is routinely used in most commercial PET scanners.

Clinical PET scanner software usually gives the investigator a choice of which smoothing 
filter to use at the time of image reconstruction. It should be noted that iterative reconstruction 
techniques also have inherent “smoothing” (noise reduction combined with resolution worsen-
ing) built into them. In general, the more iterations (or iterations × subsets), the better the reso-
lution 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 parameters 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. 
Imagine a PET scanner with 7 mm in‐plane resolution (i.e., 7 mm FWHM) and a 41‐cm 
transaxial 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 comprise 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 matrix. 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 pixels 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 occupy-
ing 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 contained in such regions yields either the 
total number of events/second occurring within the region (proportional to the total activity in 
the region), or the mean number of events/second/voxel (proportional to the average concen-
tration 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 ROI, and the true anatomic 
size of the structure imaged all influence the accuracy of such measurements. Collectively, such 
influences are often described by a parameter called the “partial volume effect” [42,45].
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To better understand what the partial volume effect is, assume that a “perfect” PET scan-
ner 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 scanner would produce 
an image like the one shown in Figure 1.11a. All pixels within the cylinder would have nearly 
the same value (apart from small statistical fluctuations which we will ignore), and all pixels 
outside it would have the value zero. Placing a 2‐cm diameter ROI around the image of the 
cylindrical object would give the total number of coincidences/second coming from the 
object (i.e., 1000 coincidences/second). All of the coincidences that were detected would 
occur within the ROI.

If the same 2‐cm diameter cylinder of radioactivity were imaged with an imperfect PET scan-
ner (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 1.11b). Pixels near the center of the cylinder would not be 
affected as much because 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 ROI (shown as a dashed circle in Figure 1.11b) would now produce a value of only 785 
events/second, the other 215 coincident events/second being spread out over pixels outside the 
ROI. The percentage of the counts retained in the ROI is termed the “recovery coefficient”: 785 
of 1000 or 78.5% in this case.

The term “partial volume effect” describes this effect [42,45]. The poorer the resolution, the 
more blurred the data will be and the smaller the fraction of counts “recovered” within a given 
region of interest will be. As can be seen in Figure 1.11, a larger fraction of the total events can 
be recovered by enlarging the ROI to more than the true 2‐cm object size. If the ROI were 
increased to 2.4 cm, 914 of the original total 1000 events/second would be recovered. If the 
region were sufficiently large, all the original events would be recovered. Unfortunately, in 
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Figure 1.11 (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 red 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.
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patients, the size of the region drawn may be limited by the presence 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 con-
centration measurements. It will reduce the measured counts/second/pixel by increasing the 
total number of pixels. Again, consider the 2‐cm diameter cylinder shown in Figure 1.10b. The 
“ideal” PET scanner might, for example, yield 1000 events/second total within the 2‐cm diam-
eter. 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 ROI would begin to include some pixels with 0 nCi/mL. For the 7 mm 
FWHM PET scanner producing the image in Figure 1.11b, the 2.0‐cm ROI would yield too low 
a 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 1.11, 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 concentra-
tion 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 standard deviation) to increase. Conversely, if 
the ROI is too large (larger than the object being imaged), the mean “nCi/mL” value drops. A 
rule of thumb is that if the edge of the ROI is more than two FWHM interior to the object’s 
anatomic borders, the influence of the partial volume effect will be small. Unfortunately, myo-
cardial walls are typically no thicker than 1–2 cm (except in certain disease states), whereas 
FWHMs are typically no less than 0.7 cm. It will often be impossible to draw a region that is 
even one FWHM from both epi‐ and endocardial borders. Accordingly, myocardial PET images 
are significantly influenced by partial volume effects. In general, recovery coefficients are sig-
nificantly less than 100%. Even worse, since the myocardial wall varies in thickness around the 
heart, the thinner regions will artifactually appear to have lower activity than thick regions, 
even when the true underlying concentration is homogeneous.

In summary:

1) To measure only the total activity within an organ, the region of interest should be drawn 
very generously around the whole organ being imaged. This can only be done if there are no 
nearby structures containing activity. Ideally, edges of the ROI should be at least two FWHM 
larger than the true organ borders. This will lead to recovery of nearly all events that have 
“blurred out” of the organ.
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2) To measure radioactive concentrations within an organ rather than simply total activity: (i) the 
edges of the region should ideally be interior to the edges of the organ by two FWHM (this is 
of course often impossible), otherwise, recovery will be flawed; and (ii) 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 considerations 
mentioned above for the x and y directions, also apply to the z direction.

It has been assumed that the activity concentration 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 [45]. 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 if the object has not moved during the imaging procedure. 
Unfortunately, the effects of cardiac wall motion also come into play. Sections of myocardium 
may move into and out of a region of interest as the ventricle contracts. Motion (wall motion 
in the cardiac application) therefore produces its own “blurring” which influences the partial 
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 earlier consist of separate rings of detectors, each of which is 
separated by a thin strip of high atomic number material (e.g., lead, tungsten), called the sep-
tum (Figure 1.12a). 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 1.12a, lines A and D. In addition, the septa reduce the number of photons from out of 
the field of view (e.g., from a “hot” organ or the bladder) which can hit the detectors (Figure 1.12a, 
line A). With the septa in place, only coincidences from crystals in the same ring (or a few adja-
cent rings) of detectors will be admitted. So the pair of annihilation photons B do not make it 
through the septa, 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 discrimination, are able to reduce scatter in heart 
scans to about 10–15%—a quite clinically acceptable number. This remaining small scatter is 
easily, albeit approximately, corrected for by using software algorithms [46].

The interslice septa not only reduce scatter, but also reduce sensitivity. By restricting the 
coincidences to within a single ring or pair of adjacent rings, one has eliminated not only 
 scattered photons, but also many of the photons that might have given valid coincidences 
between non‐neighboring rings, for example line B in Figure  1.12a. 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 with 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 
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the septa between rings, PET is still very much more sensitive 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 determination of the direction of the incident photons. PET uses coin-
cidence 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‐quality 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 post‐injection), 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 detectors, rather than by the coincident count 
rate. The presence of the septa greatly limits the number of singles events/second, making 2D 
imaging advantageous for high‐activity studies. The use of septa, then, greatly reduces scatter, 
as well as random and deadtime corrections.

Despite the good performance of 2D scanners for cardiac imaging, the need to perform 
whole‐body oncology scans made manufacturers look for ways to increase sensitivity. Cardiac 
imaging would also benefit from a sensitivity increase, provided it could be accomplished with-
out sacrificing other machine characteristics important to cardiac imaging. A gain in sensitiv-
ity would permit either shorter imaging time (less of an issue for cardiac imaging than for 
whole‐body imaging), or increased total counts (useful for producing 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 operating in “3D” mode [47–50] (Figure  1.12b). However, removing the septa greatly 
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Figure 1.12 (a) 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 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. (Source: Bacharach [47].)
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increases scatter, increases the effect of out‐of‐field activity, greatly increases randoms, and 
greatly increases the potential for deadtime. Comparing Figure 1.12a and 1.12b illustrates why 
this is so. In 2D mode (Figure 1.12a) only one of the four photon pairs (C) was detected. In 
Figure  1.12b 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 
subjects. 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 correction is many times bigger for 3D mode than 2D. Scatter is especially impor-
tant when imaging cold areas near hot regions, such as a defect surrounded by normal uptake 
tissue. In such situations, scatter artifactually increases the counts in the defect region. If the 
scatter correction algorithm is not perfect, the defect size and extent can be significantly 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 reduce the additional scatter caused by removing the septa. While these detec-
tors 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 crystals was suc-
cessful in reducing random events by roughly a factor of 1.5–2.

Despite the difficulties, the removal of the septa has been clinically acceptable for oncology 
imaging—the reduced scan time compensating for a greater difficulty in quantifying uptake. 
For cardiac imaging much work is still being done to determine under what circumstances 3D 
imaging might be acceptable. Certainly it will be useful when dosimetry considerations dictate 
a low injected dose (e.g., for multiple sequential studies), or if only a limited amount of the 
tracer was available (e.g., for some hard to produce radiopharmaceuticals). 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 prob-
lematic. 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 generation scanners can only function in 3D mode (i.e., 
the septa do not exist, and so 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 1.12b. 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 loca-
tion. 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 that incorporate time of flight information in the 
acquisition process [51,52]. Time of flight refers to measuring the precise time difference 
between the times the two 511‐keV annihilation photons are detected. In Figure  1.4a it is 
assumed that the photon that hits detector 24 also hits 13 “simultaneously,” where by “simulta-
neously” we mean that the two events occur within the resolving time of the coincidence 
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 circuits. A real “simultaneous” coincidence will only occur when the disintegration A is pro-
duced just at the center of the segment defined by the two detectors involved. Obviously, since 
detector 24 is closer (d1) to the origin of the photons than detector 13 (d2 > d1), in theory detec-
tor 24 would see the photon slightly sooner than detector 13. However, as the photons travel at 
the speed of light this time difference is much smaller than the resolving time of most current 
generation PET scanners. The coincidence between 24 and 13 then only tells us that the anni-
hilation (and therefore the radiotracer) lies somewhere along the line between 24 and 13. 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 coincidences from all detector pairs, and 
then reconstruct the data. If, however, one could measure this small time difference between 
when detector 24 was struck compared to when detector 13 was struck, it would be possible to 
determine exactly where along the line the photon originated, making reconstruction unneces-
sary. It can be demonstrated [51] that this small time difference is:

T d
c

2  (1.8)

where d is the distance of the scintillation to the center of the segment defined by the two 
detectors, and c is the speed of light. Let us assume that the best available detector and instru-
mentation technology can provide a timing resolution of 400 ps (10–12 s). According to this 
equation, this time difference translates into a 6‐cm distance between the scintillation location 
and the center of the segment. This distance is the uncertainty with which we can locate the 
annihilation event, and obviously it is not small enough to directly reconstruct a 4‐mm resolu-
tion image; for that we would need a resolving time of 27 ps, and current detector and instru-
mentation technology is not nearly good enough to measure this time accurately. Still, some 
new machines are able to roughly measure this time difference, and so pin down the approxi-
mate location of where the annihilation occurred along the coincidence line, at least within a 
few millimeters. Such approximate information unfortunately is insufficient to avoid the recon-
struction process. But by adding even such crude timing information, it is possible to improve 
the statistical quality of the data (i.e., reduce the noise), and perhaps in the future reduce scatter 
[53]. Machines with this ability have only recently been introduced, so their clinical utility is 
still being determined. Still, as electronics and detectors get faster, this approach may prove 
increasingly useful. It should be noted that the idea of adding TOF information to PET 
scanners is actually quite old, but thanks to the new developments in fast scintillators and 
semiconductor photodetectors (also known as “silicon photomultipiers” or “silicon avalanche 
photodetectors”) the idea has been revisited [54].

In practice, the outcome from clinical TOF‐PET imaging is an improvement in image quality 
that enhances detectability mainly due to noise reduction, more noticeable in patients with a 
high body mass index [55], as well as a general improvement in uniformity and better signal to 
noise [56]. Alternatively, the benefits provided by TOF imaging could be used to reduce the 
scan time or to improve the patient dosimetry.

 Use of PET/CT in Cardiology

Most of the new PET scanners being sold today are combined with a CT scanner. The CT scan 
can be used to replace the much slower rotating 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 a small amount of additional noise into the corrected 
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PET images. The CT images are by comparison nearly noise free. The two scanners are physi-
cally located in the same gantry, but do not perform scans simultaneously. Instead one usually 
first acquires (for oncology) a rapid spiral CT scan (perhaps 20 seconds for a head to thigh 
scan) and then the much slower PET scan (several minutes/bed position). 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 
information 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. CT attenuation correction saves only 3–6 minutes for a cardiac scan. 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 [57]. 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 angiog-
raphy) 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 epicardial 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 com-
pared with another. In addition, while gated FDG PET is adequate for global measures of ven-
tricular function [12,58–63], the gated CT would also allow measurement of myocardial 
thickening—a very useful adjunct to PET physiological (metabolic or perfusion) imaging.

Unfortunately, there are at present some unresolved 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 already described, when using a PET scanner, transmission‐related noise can be nearly elimi-
nated by using the CT data to perform the attenuation correction. The physics of the process has 
been described in detail previously [64–67]. In short, a CT scan is taken of the patient immedi-
ately prior to the PET scan: 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 1.13. The CT scan is assumed 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 1.13). The CT scan is resampled to the same size as 
the PET data, is suitably blurred, and scaled [47] so as to convert the pixel values from Hounsfield 
units to the attenuation coefficients which would be obtained at 511 keV. The scaled, resampled 
CT data is then used to correct the PET data prior to reconstruction.

This procedure works reasonably well for oncology 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 literature concerning the 
accuracy and reliability of CT attenuation correction for tumor imaging [64,68,69], and there is 
also is a growing body of corresponding data examining the validity of the method for cardiac 
imaging [67,70,71].

0004280060.INDD   29 05/09/2019   11:47:29 AM



1 Positron Emission Tomography30

The two principal areas of concern for CT attenuation correction in cardiac PET are the 
following.

1) Scaling the CT Hounsfield units to 511‐keV attenuation coefficients. The X‐ray beam from 
the CT scanner is of much lower energy than the 511‐keV photons being imaged. In addi-
tion, the X‐ray beam produces a continuous 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 
attenuation experienced by the 511‐keV annihilation photons. To correct for this the atten-
uation values produced by the CT scanner have to be converted 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 [64,69,72], 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 [68,69,73–75], or if metallic objects (e.g., clips, shoulder or 
arm prostheses) are in the plane of the cardiac images. When arms are not up (i.e., arms at 
the side), some artifacts 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 motion between the time of the CT 
and emission acquisitions) or “effective” misalignment due to patient respiration and myo-
cardial motion during the cardiac cycle. We assume here that the PET and CT portions of 
the machine itself have been previously determined to be in accurate mechanical alignment. 
The effects of a misalignment between the attenuation scan and the emission scan have 
already been investigated for PET [31]. Prior to PET/CT the only cause of this misalignment 
was whatever inadvertent 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 
between low‐ and high‐attenuation regions. For oncology studies this is usually at the dome 

Scout

CT

(a) (b)

(c)

Rotating rod
transmission image

Figure 1.13 (a) Scout view (single planar 
projection) taken with the stationary X‐ray 
tube of a computed tomography (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) A transmission image taken with a 
rotating 68Ge rod source. Obviously the CT 
slice has much better statistics.
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of the liver. For heart studies it is all regions of the myocardium surrounded by lungs. In 
addition, not only does the heart itself appear to move with respiration, 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 1.14 illustrates the effect, showing a CT slice captured at  normal 
tidal end‐inspiration and normal tidal end‐expiration.

Several studies have examined the effects of respiratory motion on PET/CT in oncology 
[76–80] 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 respira-
tory motion is large and there is an air–tissue interface. In one study [80], 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 with the 
emission PET. Similar effects occur with the free wall of the heart [70,81]. A tissue–lung inter-
face exists, and there is indeed respiratory motion (as well as cardiac motion, depending on the 
speed of the CT scanner). The magnitude of such effects in the heart can be significant [70]. 
Previous results describing the effects of misalignment between attenuation and emission data 
are germane [31]. Much work remains to be done in using CT images to correct for attenua-
tion. 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 [82,83]. While this may lengthen the scan 
unacceptably 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 one or more respiratory cycles, 
and then average the cine frames together. This avoids the CT artifact problem. Still another 
solution would be to use respiratory gating [84,85], or even 4D imaging [76]. Respiratory gating 
of the PET data, however, reduces the counts in the PET data, producing noisier PET images.

All of these solutions at present may add considerable complexity to the acquisition, but 
manufacturers are rapidly realizing the necessity for making such corrections in a clinically 
feasible fashion.

It should be noted that many CT scanners routinely scan fast enough to capture only a por-
tion of the cardiac cycle itself. Again, problems similar to those described here may occur. 
Here, however, the motion (and so potential misalignment) is presumably smaller. In addition 
a reduction in CT scan speed would average several cardiac cycles together; low‐dose, slow‐
rotation protocols are being proposed for thorax and abdomen imaging in order to achieve 
movement‐free attenuations corrections [86–88].

(a) (b)Figure 1.14 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.

0004280060.INDD   31 05/09/2019   11:47:29 AM



1 Positron Emission Tomography32

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 physiological data (metabolism, blood flow, etc.) with CT angiographic data, cou-
pled 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.

 PET/MRI in Cardiology

PET/MRI systems offer the opportunity of combining the quantitative, functional capabilities of 
PET with the high morphological soft tissue contrast offered by MRI. Furthermore, MRI can 
provide a wealth of information that could be combined with PET in different clinical applications 
in order to provide a more accurate analysis of physiological and metabolic parameters [89]. 
Dynamic MRI can help identify myocardial segments with decreased perfusion, and, com-
bined with the quantitative data from PET, provides the information required for assessing 
tissue viability [90]. Although PET imaging still is the gold standard in many cardiovascular 
diseases like coronary artery disease, cardiac MRI can produce complementary data that could 
increase the accuracy and even the reproducibility of the measurements, especially in systemic 
diseases and the inflammatory processes, in the evaluation of the rupture risk of atheroscle-
rotic plaques, or in the tracking of stem cells used in novel therapeutic protocols.

Two types of PET/MR systems are currently offered by the manufacturers. The first ones are 
tandem, in‐line systems in which two different imagers share a patient transport system that 
allows sequential (one after the other) acquisitions of registered PET/MRI data sets. The  second 
type of systems integrate both scanners in a unique gantry that can operate simultaneously, 
acquiring the two data sets registered in time and space. In‐line systems have the advantage of 
integrating top‐performing PET and MRI imagers, while integrated, coaxial PET/MRI has some 
performance limitations due to the engineering restrictions required for integration in the same 
gantry [85]. However, integrated systems can undertake simultaneous PET and MRI, a require-
ment that may be essential in some applications, and cardiac uses may be one where, for exam-
ple, perfusion and metabolism are needed.

PET/MRI created a new challenge for attenuation correction: the exquisite MRI soft tissue 
contrast does not directly provide an image from which attenuation correction factors could be 
measured reliably, and this problem constitutes an important research topic [91,92]. PET/MRI 
is still in its early stages, and at this writing much work remains to be done before it can be 
established as a widespread, cost‐effective clinical tool for cardiac imaging.

 References

 1 ICRP. Radionuclide Transformations—Energy and Intensity of Emissions. IRCP Publication No. 
38. New York: Pergamon Press, 1983.

 2 Dilsizian V. Myocardial Viability: A Clinical and Scientific Treatise. New York: Futura Publishing 
Company, Inc., 2000.

 3 Bacharach SL, Bax JJ, Case J, et al. PET myocardial glucose metabolism and perfusion imaging: 
Part 1. Guidelines for data acquisition and patient preparation. J Nucl Cardiol. 
2003;10(5):543–56.

0004280060.INDD   32 05/09/2019   11:47:29 AM



1 Positron Emission Tomography 33

 4 Lederer CM, Shirley VS. Table of Isotopes, 7th edn. New York: Wiley, 1978.
 5 Lage E, Parot V, Moore S, et al. Recovery and normalization of triple coincidences in PET. 

Med Phys. 2015;42(3):1398–410.
 6 Parker JA. Image Reconstruction in Radiology. Boca Raton: CRC Press; 1990.
 7 Maass‐Moreno R, Bacharach SL. Imaging instrumentation. In: Iskandrian AE, Garcia EE (eds). 

Nuclear Cardiac Imaging: Principles and Applications. New York: Oxford University Press; 
2008, pp. 31–59.

 8 Bacharach SL. The physics of positron emission tomography. In: Bergmann SR, Fox KAA, 
Geltman EM, Sobel BE (eds). Positron Emission Tomography of the Heart. Mount Kisco, NY: 
Futura Publishing Co., 1995, p. 13–44.

 9 Bacharach SL. The new‐generation positron emission tomography/computed tomography 
scanners: implications for cardiac imaging. J Nucl Cardiol. 2004;11(4):388–92.

 10 Knesaurek K, Machac J, Krynyckyi BR, Almeida OD. Comparison of 2‐dimensional and 
3‐dimensional 82Rb myocardial perfusion PET imaging. J Nucl Med. 2003;44(8):1350–6.

 11 Knes̆aurek K, Machac J, Krynyckyi B, Almeida O, Parisi J, Kim C. Comparison of 2D and 3D 
myocardial PET imaging. J Nucelar Med. 2001;42(Suppl 46P):170.

 12 Machac J, Mosci K, Almeida OD, et al. Gated rubidium‐82 cardiac PET imaging: evaluation of 
left ventricular wall motion. J Am Coll Cardiol. 2002;39:393.

 13 Peng BH, Levin CS. Recent development in PET instrumentation. Curr Pharm Biotechnol. 
2010;11(6):555–71.

 14 van Eijk CWE. Inorganic scintillators in medical imaging. Phys Med Biol. 2002;47:R85–106.
 15 Pepin CM, Berard P, Perrot A‐L, et al. Properties of LYSO and recent LSO scintillators for 

phoswich PET detectors. IEEE Trans Nucl Sci. 2004;51(3):789–95.
 16 Surti S, Karp JS. A count‐rate model for PET scanners using pixelated Anger‐logic detectors 

with different scintillators. Phys Med Biol. 2005;50(23):5697–715.
 17 Zhang X, Zhou J, Cherry SR, et al. Quantitative image reconstruction for total‐body PET 

imaging using the 2‐meter long EXPLORER scanner. Phys Med Biol. 2017;62(6):2465–85.
 18 Perez‐Benito D, Chil R, Udias JM, et al. SiPM‐based PET detector module for a 4π span 

scanner. Nucl Inst Methods Phys Res A. 2018. https://doi.org/10.1016/j.nima.2018.10.179 
(accessed January 2019).

 19 Shulkin BL. PET applications in pediatrics. Q J Nucl Med. 1997;41(4):281–91.
 20 Nadel HR. Where are we with nuclear medicine in pediatrics? Eur J Nucl Med. 

1995;22(12):1433–51.
 21 Green MV, Ostrow HG, Seidel J, Pomper MG. Experimental evaluation of depth‐of‐interaction 

correction in a small‐animal positron emission tomography scanner. Mol Imaging. 
2010;9(6):311–8.

 22 Seidel J, Vaquero JJ, Green MV. Resolution uniformity and sensitivity of the NIH ATLAS small 
animal pet scanner: comparison to simulated LSO scanners without depth‐of‐interaction 
capability. IEEE Trans Nucl Sci. 2003;50(5):1347–50.

 23 Ren S, Yang Y, Cherry SR. Effects of reflector and crystal surface on the performance of a 
depth‐encoding PET detector with dual‐ended readout. Med Phys. 2014;41(7):072503.

 24 Herzog H, Van Den Hoff J. Combined PET/MR systems: an overview and comparison of 
currently available options. Q J Nucl Med Mol Imaging. 2012;56(3):247–67.

 25 Votaw JR, White M. Comparison of 2‐dimensional and 3‐dimensional cardiac 82Rb PET 
studies. J Nucl Med. 2001;42(5):701–6.

 26 Murphy PH. Radiation pysics and radiation safety. In: Iskandiran AE, Verani MS (eds). Nuclear 
Cardiac Imaging: Principles and Applications. New York: Oxford University Press, 2003, pp. 7–27.

 27 Thompson CJ. The problem of scatter correction in positron volume imaging. IEEE Trans Med 
Imaging. 1993;12(1):124–32.

0004280060.INDD   33 05/09/2019   11:47:29 AM



1 Positron Emission Tomography34

 28 Bacharach SL. Attenuation correction: practical considerations. In: Schwaiger M (ed). Cardiac 
Positron Emission Tomography. Boston: Kluwer Academic Publishers, 1996, pp. 49–64.

 29 Carson RE, Daube‐Witherspoon ME, Green MV. A method for postinjection PET transmission 
measurements with a rotating source. J Nucl Med. 1988;29(9):1558–67.

 30 Thompson CJ, Ranger NT, Evans AC. Simultaneous transmission and emission scans in 
positron emission tomography. IEEE Trans Nucl Sci. 1989;36(1):1011–6.

 31 McCord ME, Bacharach SL, Bonow RO, Dilsizian V, Cuocolo A, Freedman N. Misalignment 
between PET transmission and emission scans: its effect on myocardial imaging. J Nucl Med. 
1992;33(6):1209–14; discussion 1214–5.

 32 Bendriem B, Soussaline F, Campagnolo R, Verrey B, Wajnberg P, Syrota A. A technique for the 
correction of scattered radiation in a PET system using time‐of‐flight information. J Comput 
Assist Tomogr. 1986;10(2):287–95.

 33 De Jong HW, Lubberink M, Watabe H, Iida H, Lammertsma AA. A method to measure PET 
scatter fractions for daily quality control. Med Phys. 2009;36(10):4609–15.

 34 Polycarpou I, Thielemans K, Manjeshwar R, Aguiar P, Marsden PK, Tsoumpas C. Comparative 
evaluation of scatter correction in 3D PET using different scatter‐level approximations. Ann 
Nucl Med. 2011;25(9):643–9.

 35 MacDonald LR, Schmitz RE, Alessio AM, et al. Measured count‐rate performance of the 
Discovery STE PET/CT scanner in 2D, 3D and partial collimation acquisition modes. Phys Med 
Biol. 2008;53(14):3723–38.

 36 Bacharach SL, Carson RE. In hot blood: quantifying the arterial input function. JACC 
Cardiovasc Imaging. 2013;6(5):569–73.

 37 Saha GB. Basics of PET Imaging. New York: Springer, 2010.
 38 Hoffman EJ, Phelps ME. Resolution limit for positron—imaging devices—reply. J Nucl Med. 

1977;18(5):491–2.
 39 Evans RD, Noyau A. The Atomic Nucleus. New York: McGraw‐Hill, 1955.
 40 Phelps ME, Hoffman EJ, Huang S‐C, Ter‐Pogossian MM. Effect of positron range on spatial 

resolution. J Nucl Med. 1975;16(7):649–52.
 41 Bacharach SL. Image analysis. In: Wagner HN, Szabo Z, Buchanan (eds). Principles of Nuclear 

Medicine. Philadelphia: W.B. Saunders, 1995, pp. 393–404.
 42 Hoffman EJ, Huang S‐C, Phelps ME. Quantitation in positron emission computed tomography: 

1. Effect of object size. J Comput Assist Tomogr. 1979;3(3):299–308.
 43 Jagoda EM, Vaquero JJ, Seidel J, Green M V, Eckelman WC. Experiment assessment of mass 

effects in the rat: implications for small animal PET imaging. Nucl Med Biol. 2004;31(6):771–9.
 44 Lange K, Carson R. EM reconstruction algorithms for emission and transmission tomography. 

J Comput Assist Tomogr. 1984;8(2):306–16.
 45 Soret M, Bacharach SL, Buvat I. Partial‐volume effect in PET tumor imaging. J Nucl Med. 

2007;48(6):932–45.
 46 Bergström M, Eriksson L, Bohm C, Blomqvist G, Litton J. Correction for scattered radiation in 

a ring detector positron camera by integral transformation of the projections. J Comput Assist 
Tomogr. 1983;7(1):42–50.

 47 Bacharach SL. The new generation PET/CT scanners: implications for cardiac imaging. J Nucl 
Cardiol. 2005;12(3);141–52.

 48 Muehllrhner G, Karp JS, Surti S. Design considerations for PET scanners. Q J Nucl Med. 
2002;46(1):16–23.

 49 Alessio AM, Kinahan PE, Cheng PM, Vesselle H, Karp JS. PET/CT scanner instrumentation, 
challenges, and solutions. Radiol Clin North Am. 2004;42(6):1017–32, vii.

 50 Surti S, Karp JS, Kinahan PE. PET instrumentation. Radiol Clin North Am. 2004;42(6): 
1003–16, vii.

0004280060.INDD   34 05/09/2019   11:47:29 AM



1 Positron Emission Tomography 35

 51 Lewellen T. Time‐of‐flight PET. Semin Nucl Med. 1998;28(3):268–75.
 52 Conti M. State of the art and challenges of time‐of‐flight PET. Phys Med. 2009;25(1):1–11.
 53 Conti M, Hong I, Michel C. Reconstruction of scattered and unscattered PET coincidences 

using TOF and energy information. Phys Med Biol. 2012;57(15):N307–17.
 54 Vaska P, Cao T. The state of instrumentation for combined positron emission tomography and 

magnetic resonance imaging. Semin Nucl Med. 2013;43(1):11–8.
 55 Daube‐Witherspoon ME, Surti S, Perkins AE, Karp JS. Determination of accuracy and 

precision of lesion uptake measurements in human subjects with time‐of‐flight PET. J Nucl 
Med. 2014;55(4):602–7.

 56 Lois C, Jakoby BW, Long MJ, et al. An assessment of the impact of incorporating time‐of‐flight 
(TOF) information into clinical PET/CT imaging. J Nucl Med. 2010;51(2):237.

 57 Schaap J, de Groot JAH, Nieman K, et al. Added value of hybrid myocardial perfusion SPECT 
and CT coronary angiography in the diagnosis of coronary artery disease. Eur Heart J 
Cardiovasc Imaging. 2014;15:1281–8.

 58 Schaefer WM, Lipke CSA, Nowak B, et al. Validation of an evaluation routine for left 
ventricular volumes, ejection fraction and wall motion from gated cardiac FDG PET: a 
comparison with cardiac magnetic resonance imaging. Eur J Nucl Med Mol Imaging. 
2003;30(4):545–53.

 59 Rajappan K, Livieratos L, Camici PG, Pennell DJ. Measurement of ventricular volumes and 
function: a comparison of gated PET and cardiovascular magnetic resonance. J Nucl Med. 
2002;43(6):806–10.

 60 Khorsand A, Graf S, Eidherr H, et al. Gated cardiac 13N‐NH3 PET for assessment of left 
ventricular volumes, mass, and ejection fraction: comparison with electrocardiography‐gated 
18F‐FDG PET. J Nucl Med. 2005;46(12):2009–13.

 61 Block S, Schaefer W, Nowak B, et al. Comparison of left ventricular ejection fraction calculated 
by EGG‐gated PET and contrast left ventriculography. J Nucl Med. 2001;42(5):734.

 62 Willemsen AT, Siebelink HJ, Blanksma PK, Paans AM. Automated ejection fraction 
determination from gated myocardial FDG‐PET data. J Nucl Cardiol. 1999;6(6):577–82.

 63 Cooke CD, Folks RD, Oshinski JN, et al. Determination of ejection fraction and myocardial volumes 
from gated FDG PET studies: a preliminary validation with gated MR. J Nucl Med. 1997;38(5):198.

 64 Burger C, Goerres G, Schoenes S, Buck A, Lonn AHR, Von Schulthess GK. PET attenuation 
coefficients from CT images: experimental evaluation of the transformation of CT into PET 
511‐keV attenuation coefficients. Eur J Nucl Med Mol Imaging. 2002;29(7):922–7.

 65 Koepfli P, Wyss CA, Hany T, et al. CT‐transmission for attenuation correction in quantitative 
myocardial perfusion measurements using a combined CT‐PET scanner: a pilot dose‐finding 
study for different CT energies. Circulation. 2001;104(17):2778.

 66 Kinahan PE, Hasegawa BH, Beyer T. X‐ray‐based attenuation correction for positron emission 
tomography/computed tomography scanners. Semin Nucl Med. 2003;33(3):166–79.

 67 Koepfli P, Hany TF, Wyss CA, et al. CT attenuation correction for myocardial perfusion 
quantification using a PET/CT hybrid scanner. J Nucl Med. 2004;45(4):537–42.

 68 Nakamoto Y, Chin BB, Kraitchman DL, Lawler LP, Marshall LT, Wahl RL. Effects of nonionic 
intravenous contrast agents at PET/CT imaging: phantom and canine studies. Radiology. 
2003;227(3):817–24.

 69 Visvikis D, Costa DC, Croasdale I, et al. CT‐based attenuation correction in the calculation of 
semi‐quantitative indices of [18F]FDG uptake in PET. Eur J Nucl Med Mol Imaging. 
2003;30(3):344–53.

 70 Le Meunier L, Maass‐Moreno R, Carrasquillo JA, Dieckmann W, Bacharach SL. PET/CT 
imaging: effect of respiratory motion on apparent myocardial uptake. J Nucl Cardiol. 
2006;13(6):821–30.

0004280060.INDD   35 05/09/2019   11:47:29 AM



1 Positron Emission Tomography36

 71 Vass M, Sasaki K, Pan T. Investigation of heart motion with multi‐slice cardiac CT for 
attenuataion correction of PET emission data. Radiology. 2002;225:520.

 72 Nakamoto Y, Osman M, Cohade C, et al. PET/CT: comparison of quantitative tracer uptake 
between germanium and CT transmission attenuation‐corrected images. J Nucl Med. 
2002;43(9):1137–43.

 73 Dizendorf E, Hany TF, Buck A, von Schulthess GK, Burger C. Cause and magnitude of the 
error induced by oral CT contrast agent in CT‐based attenuation correction of PET emission 
studies. J Nucl Med. 2003;44(5):732–8.

 74 Cohade C, Osman M, Nakamoto Y, et al. Initial experience with oral contrast in PET/CT: 
phantom and clinical studies. J Nucl Med. 2003;44(3):412–6.

 75 Antoch G, Jentzen W, Freudenberg LS, et al. Effect of oral contrast agents on computed 
tomography‐based positron emission tomography attenuation correction in dual‐modality 
positron emission tomography/computed tomography imaging. Invest Radiol. 
2003;38(12):784–9.

 76 Pan T. Comparison of helical and cine acquisitions for 4D‐CT imaging with multislice CT. Med 
Phys. 2005;32(2):627–34.

 77 Beyer T, Antoch G, Blodgett T, Freudenberg LF, Akhurst T, Mueller S. Dual‐modality PET/CT 
imaging: the effect of respiratory motion on combined image quality in clinical oncology. Eur J 
Nucl Med Mol Imaging. 2003;30(4):588–96.

 78 Goerres GW, Kamel E, Heidelberg T‐NH, Schwitter MR, Burger C, von Schulthess GK. 
PET‐CT image co‐registration in the thorax: influence of respiration. Eur J Nucl Med Mol 
Imaging. 2002;29(3):351–60.

 79 Goerres GW, Burger C, Kamel E, et al. Respiration‐induced attenuation artifact at PET/CT: 
technical considerations. Radiology. 2003;226(3):906–10.

 80 Osman MM, Cohade C, Nakamoto Y, Wahl RL. Respiratory motion artifacts on PET emission 
images obtained using CT attenuation correction on PET‐CT. Eur J Nucl Med Mol Imaging. 
2003;30(4):603–6.

 81 Bacharach SL. PET/CT attenuation correction: breathing lessons. J Nucl Med. 
2007;48(5):677–9.

 82 Pan T, Mawlawi O, Nehmeh SA, et al. Attenuation correction of PET images with respiration‐
averaged CT images in PET/CT. J Nucl Med. 2005;46(9):1481–7.

 83 Cook RAH, Carnes G, Lee T‐Y, Wells RG. Respiration‐averaged CT for attenuation correction 
in canine cardiac PET/CT. J Nucl Med. 2007;48(5):811–8.

 84 Koivumäki T, Nekolla SG, Fürst S, et al. An integrated bioimpedance‐ECG gating technique for 
respiratory and cardiac motion compensation in cardiac PET. Phys Med Biol. 
2014;59(21):6373–85.

 85 Slomka PJ, Berman DS, Germano G. New cardiac cameras: single‐photon emission CT and 
PET. Semin Nucl Med. 2014;44(4):232–51.

 86 Nam WH, Ahn IJ, Kim KM, Kim BI, Ra JB. Motion‐compensated PET image reconstruction 
with respiratory‐matched attenuation correction using two low‐dose inhale and exhale CT 
images. Phys Med Biol. 2013;58(20):7355–74.

 87 Huang T‐C, Wang Y‐C, Kao C‐H. Thoracic tumor volume delineation in 4D‐PET/CT by low 
dose interpolated CT for attenuation correction. PLoS One. 2013;8(9):e75903.

 88 Sun T, Wu T‐H, Wang S‐J, Yang B‐H, Wu N‐Y, Mok GSP. Low dose interpolated average CT for 
thoracic PET/CT attenuation correction using an active breathing controller. Med Phys. 
2013;40(10):102507.

 89 Ratib O, Nkoulou R. Potential applications of PET/MR imaging in cardiology. J Nucl Med. 
2014;55(Suppl 2):40S–46S.

0004280060.INDD   36 05/09/2019   11:47:29 AM



1 Positron Emission Tomography 37

 90 Young AA, Prince JL. Cardiovascular magnetic resonance: deeper insights through 
bioengineering. Annu Rev Biomed Eng. 2013;15:433–61.

 91 Delso G, Fürst S, Jakoby B, et al. Performance measurements of the Siemens mMR integrated 
whole‐body PET/MR scanner. J Nucl Med. 2011;52(12):1914–22.

 92 Catana C, van der Kouwe A, Benner T, et al. Toward implementing an MRI‐based PET 
attenuation‐correction method for neurologic studies on the MR‐PET brain prototype. J Nucl 
Med. 2010;51(9):1431–8.

0004280060.INDD   37 05/09/2019   11:47:29 AM


