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Series preface

Advances in the science and technology of medical imaging and radiation therapy are more profound and 
rapid than ever before since their inception over a century ago. Further, the disciplines are increasingly 
cross-linked as imaging methods become more widely used to plan, guide, monitor, and assess treatments in 
radiation therapy. Today, the technologies of medical imaging and radiation therapy are so complex and so 
computer driven that it is difficult for the persons (physicians and technologists) responsible for their clinical 
use to know exactly what is happening at the point of care when a patient is being examined or treated. The 
persons best equipped to understand the technologies and their applications are medical physicists, and these 
individuals are assuming greater responsibilities in the clinical arena to ensure that what is intended for the 
patient is actually delivered in a safe and effective manner.

The growing responsibilities of medical physicists in the clinical arenas of medical imaging and radiation 
therapy are not without their challenges, however. Most medical physicists are knowledgeable in either radia-
tion therapy or medical imaging and expert in one or a small number of areas within their discipline. They 
sustain their expertise in these areas by reading scientific articles and attending scientific talks at meetings. 
In contrast, their responsibilities increasingly extend beyond their specific areas of expertise. To meet these 
responsibilities, medical physicists periodically must refresh their knowledge of advances in medical imag-
ing or radiation therapy, and they must be prepared to function at the intersection of these two fields. How to 
accomplish these objectives is a challenge. 

At the 2007 annual meeting of the American Association of Physicists in Medicine in Minneapolis, this 
challenge was the topic of conversation during a lunch hosted by Taylor & Francis Group and involving a 
group of senior medical physicists (Arthur L. Boyer, Joseph O. Deasy, C.-M. Charlie Ma, Todd A. Pawlicki, 
Ervin B. Podgorsak, Elke Reitzel, Anthony B. Wolbarst, and Ellen D. Yorke). The conclusion of this discussion 
was that a book series should be launched under the Taylor & Francis banner, with each volume in the series 
addressing a rapidly advancing area of medical imaging or radiation therapy of importance to medical physi-
cists. The aim would be for each volume to provide medical physicists with the information needed to under-
stand technologies driving a rapid advance and their applications to safe and effective delivery of patient care. 

Each volume in the series is edited by one or more individuals with recognized expertise in the technologi-
cal area encompassed by the book. The editors are responsible for selecting the authors of individual chapters 
and ensuring that the chapters are comprehensive and intelligible to someone without such expertise. The 
enthusiasm of volume editors and chapter authors has been gratifying and reinforces the conclusion of the 
Minneapolis luncheon that this series of books addresses a major need of medical physicists. 

Imaging in Medical Diagnosis and Therapy would not have been possible without the encouragement and 
support of the series manager, Lu Han of Taylor & Francis Group. The editors and authors, and most of all I, 
are indebted to his steady guidance of the entire project.

William Hendee
Founding Series Editor

Rochester, Minnesota
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Preface

Hybrid cardiovascular imaging holds incredible promise for preclinical research and clinical practice, pro-
viding simultaneous acquisition and coregistration of anatomical, functional, and molecular data from a 
target of interest and achieving extraordinary comprehensive information about the targeted object. Over 
the past decade, the developments of hybrid imaging technology have drawn tremendous attention from the 
research and clinical communities, particularly in the area of molecularly targeted imaging. With recent 
advancements of imaging system design and computing power, multiple imaging systems with different 
functionalities can be integrated into one system to simultaneously acquire the composite information about 
the object, from the macro level of organs (e.g., heart) to microcellular details (e.g., myocytes). The innovation 
of high-sensitivity detectors and fast circuitry associated with improved iterative image reconstruction algo-
rithms further enables the acquisition and reconstruction of high-quality images with reduced acquisition 
and processing time. These innovative hybrid imaging technologies and reconstruction algorithms have also 
propelled the field of quantitative analysis of molecularly targeted imaging to the next level, increasing the 
reliability and reproducibility of hybrid imaging data.

Although hybrid imaging techniques have been introduced and developed over several decades with appli-
cation in both the clinical or research settings, to our knowledge, a textbook encompassing a wide spectrum 
of hybrid imaging systems and applications is not currently available. We hope that this book will provide not 
only comprehensive reviews on the principles and techniques of various hybrid imaging modalities but also 
up-to-date applications and clinical and preclinical cases illustrations with an emphasis on cardiovascular 
medicine. While this book, as reflected from its title, is mainly focused on the latest multimodality imaging 
technology and quantification for the detection of cardiovascular diseases, applications of the hybrid imaging 
instrumentation and technology described herein are not limited to cardiovascular medicine per se. More 
specifically, other clinical and preclinical studies of hybrid imaging are also covered by this book in which 
image illustrations and quantitative results of preclinical and clinical studies from in vitro or in vivo stud-
ies in experimental animal models or human subjects are presented. Due to the wide range of the contents 
and more general applicability, it is also our expectation that this book will be beneficial to basic research 
scientists and engineers, as well as a large audience of medical specialists in radiology, medicine, and surgery.

This book contains a total of 20 chapters, contributed by 50 distinguished authors who are renowned 
experts in their respective fields. The book is divided into four parts and organized as follows: There are nine 
chapters in Part I dedicated to the review of the principles, instrumentation, techniques and applications 
of hybrid imaging with specific case illustrations, including single-photon emission computed tomography 
(SPECT)-computed tomography (CT) (Chapter 1), positron emission tomography (PET)-CT (Chapter 2), 
SPECT-magnetic resonance imaging (MRI) (Chapter 3), PET-MRI (Chapter 4), CT-MRI (Chapter 5), x-ray-
optical (Chapter 6), x-ray fluoroscopy-echocardiography (Chapter 7), photoacoustic imaging (Chapter 8), 
and intravascular imaging (Chapter 9). Part II includes two chapters focused on multimodality probes for 
hybrid imaging; preclinical evaluation of multimodality probes (Chapter 10) and multimodality probes for 
molecular imaging (Chapter 11). The methods and illustrations for quantitative image analyses are described 
and presented in Part III, which contains six chapters (Chapters 12 through 17) dedicated to numerous state-
of-the-art quantitative analytic methods and computer algorithms for quantification of the images acquired 
using the hybrid imaging systems and probes described in Parts I and II of this book. Finally, the book is 
concluded with Part IV, on future challenges of hybrid imaging, which elaborates on potential challenges 
associated with hybrid imaging (Chapter 18) and some concerns of radiation safety (Chapter 19) and suggests 
future directions for the developments and applications of hybrid imaging techniques (Chapter 20).



xii  Preface

Potential readership and usage of this book may include but is not limited to (1) medical physicists, 
chemists, molecular biologists, and other basic scientists, (2) medical students, interns, fellows, research-
ers, and clinical professionals whose primary interests and practices are in cardiovascular imaging, and 
(3) engineering/science graduate students focused on instrumentation development and studies of medical 
physics and/or imaging science. Additionally, this book can be used as a textbook for a graduate-level course, 
potentially entitled, “New Techniques and Applications for Advanced Hybrid Medical Imaging Systems and 
Quantitative Analyses.” For a full-year course, an instructor can make good use of all the materials covered 
by this book and offer the entire course in two semesters, the first focused on Parts I and II and the second 
on Parts III and IV. However, as an alternative, the course can also be offered in a condensed manner in one 
semester with a specific focus on one or two of the major sections or selected chapters from the book. The use 
of this book in a graduate course would provide students a detailed and up-to-date review of multimodality 
medical imaging techniques and new quantitative analytic methods with abundant preclinical and clinical 
cases and illustrations having high relevance to both basic scientists and medical specialists in training.

Yi-Hwa Liu
Albert J. Sinusas
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4  Principles and instrumentation of SPECT/CT

1.1 � INTRODUCTION

Single-photon emission computed tomography (SPECT) is technology for creating three-dimensional (3-D) 
images of the distribution of radioactively labeled substances within a subject. The energy of the radiation 
emitted is high enough to penetrate the patient tissues, allowing visualization of structures at all depths inside 
the patient. The energy is too high to be seen directly with the human eye and so a specially designed high-
density detector is used to measure the emitted signals. The detector provides a 2-D picture of the radiation. 
By rotating the detector around the patients, a collection of pictures is obtained that can be converted into a 
3-D image of the radioactivity distribution. Because the radioactive label is attached to a substance, the images 
track where that substance goes after being injected into the body. Thus, images of the radioactivity distribu-
tion can provide information on the function of different organs and physiologic systems with respect to the 
injected substance. For example, images of the distribution of 99mTc-tetrofosmin indicate how well blood is 
flowing to the myocardial tissues. The information in the images is degraded, however, by interactions of the 
emitted radiation with the surrounding tissues in the patient. Computed tomography (CT) can provide an 
accurate picture of the patient’s anatomy, which can be used to significantly enhance the quality of the SPECT 
information. The combination of these two modalities thus provides a powerful tool for evaluating the heart. 
This chapter will describe the principles and instrumentation behind hybrid imaging with SPECT/CT.

1.2 � RADIOISOTOPES USED IN SPECT

The radioisotopes used in SPECT imaging decay through either the direct emission of gamma rays from a 
meta-stable state (isomeric transition [IT]); the emission of electrons from the nucleus (β− particles) followed 
promptly by gamma-ray emission (β−,γ); internal conversion (IC), whereby the excess energy of the nucleus 
is transferred to an inner-shell electron, which is subsequently ionized; or by electron capture (EC) wherein 
an inner-shell electron is absorbed by the nucleus. Internal conversion and EC result in characteristic x-ray 
production as an outer-shell electron fills the vacancy left by the ionized or absorbed inner-shell electron. The 
energies of the gamma-rays or characteristic x-rays that are of use in nuclear medicine are between 69 keV 
and 364 keV. These energies are high enough that the photons have a reasonable probability of exiting the 
patient without interacting with the patient tissues and yet are low enough that they are efficiently detected 
by the gamma camera. The most common isotope used in gamma-camera imaging is 99mTc. It is used in 
approximately 85% of nuclear medicine tests (Eckelman 2009). Some of the more common isotopes used in 
SPECT cardiac imaging are given in Table 1.1. The half-life of an isotope is the time required for the activity 

Table 1.1  Properties of common radionuclides used in SPECT imaging

Isotope

Half-life 

(hour) Emission energies (keV)

Decay 

mode Production Typical uses

99mTc 6.02 140.5 (89%) IT Generator Sestamibi (perfusion)

Tetrofosmin (perfusion)

Red-blood cells 

(ventricular function)
201Tl 72.9 γ-rays: 167 (10%), 135 (3%)

X-rays: 69–70 (73%), 80–82 (20%)

EC Cyclotron Tl-chloride (perfusion)

123I 13.3 159 (83%), 529 (1.3%) EC Cyclotron MIBG (heart failure)
131I 192.5 364 (82%), 637 (7%), 284 (6%) (β−,γ) Nuclear 

Reactor

Alternative to 123-I

111In 67.3 171 (90%), 245 (94%) EC Cyclotron Oxine (cell-labeling)

Note:	 MIBG, metaiodobenzylguanidine.
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of an isotope to decay to half of its original value. Half-lives for SPECT isotopes range from hours to days, 
which facilitates distribution of the isotopes and avoids the need for on-site production facilities. Isotopes like 
201Tl and 123I are produced in high-energy cyclotrons, but 99mTc is usually obtained from a generator system. 
The parent isotope in the 99mTc generator is 99Mo, which is typically produced in a nuclear reactor. The 99Mo 
(66-hour half-life) is bound to an alumina column. Once it decays, it no longer binds and 99mTc can be eluted 
from the column with a simple saline rinse. The elute, 99mTc-pertechnetate, is then bound to a pharmaceuti-
cal using preformulated chemistry kits that only require the pertechnetate to be injected into the precursor 
vial, mixed, and possibly heated for a short period of time. The effective patient dose from the tracers used in 
cardiac SPECT usually range from 6 mSv (for 99mTc-labeled red blood cells) to 11 mSv for (99mTc-sestamibi) but 
can be as high as 32 mSv for 201Tl stress-reinjection perfusion protocols (Einstein et al. 2007).

1.3 � THE GAMMA CAMERA

The camera used in SPECT imaging is the gamma camera. The gamma camera was invented by Hal Anger in 
1958 (Anger 1958) and is often referred to as the Anger camera. The camera can be divided into four primary 
components: the scintillation detector, an array of photomultiplier tubes (PMTs), processing electronics, and 
a collimator (Figure 1.1).

1.3.1 � NaI(Tl) scintillation detector

As aforementioned, the typical energies emitted by isotopes used in nuclear medicine are between 69 and 
364 keV. Detecting photons in this energy range requires a thick, dense material. The most commonly used 
detector for nuclear medicine is the thallium-doped sodium iodide (NaI(Tl)) scintillation crystal. Scintillation 
crystals convert the high-energy gamma ray into a shower of lower-energy light photons that can in turn be 
converted into an electrical signal, which can be measured and recorded. The incoming gamma ray transfers 
its energy by raising electrons in the crystal from their ground state up into an excited state. The difference 
in energy between these two states is only a few eV, and so it takes many interactions before the gamma ray is 
fully absorbed or stopped by the detector. For NaI crystals, the energy required to excite an electron is ~20 eV. 
The energy states of a pure crystal are discrete, and when an excited electron drops back down to the ground 
state, it would release all of its energy, creating a photon that is typically beyond the visible range. To improve 
the efficiency of de-excitation and to create visible light photons, impurities, called activators, are introduced 

Patient Camera Computer

Radioactive
sources

Collimator

Crystal
PMT
array Electronics

Figure 1.1  The gamma camera. The camera has four components. The collimator acts as the lens of the cam-
era and fixes the direction of the detected gamma rays. The scintillation crystal converts the gamma ray into 
a shower of light photons. The PMTs convert the light signal into an amplified electrical signal, which is then 
processed by the electronics to determine the position that the gamma ray was detected at. Electronic data 
are then stored in a computer for further processing and display.
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into the crystal. This creates energy states between the ground and excited states and facilitates de-excitation. 
The energy difference between the activator states and ground state is much less, ~3 eV for NaI(Tl), and so 
leads to the generation of blue light photons at 410 nm (Melcher 2000). NaI is a popular crystal because it 
is bright, generating 38 photons/keV of gamma-ray energy absorbed. Also, the strength of the signal from 
the crystal, the number of photons, is proportional to the energy of the gamma ray absorbed by the crystal. 
Finally, NaI is dense (3.67 g/mL), giving it a good stopping power, and it is relatively inexpensive to manufac-
ture. Some disadvantages of NaI are that it is fragile and hydroscopic, meaning that it reacts easily with water. 
For this reason, the crystal must be sealed to prevent exposure to the air. Contact with moisture renders the 
crystal opaque and degrades its performance.

1.3.2 � Photomultiplier tubes

Though NaI(Tl) is considered a bright crystal, it still only emits a very dim glow when it is struck by gamma 
rays. Manipulating this light signal requires both conversion into an electrical signal and amplification. The 
photomultiplier tube (PMT) performs this function. The PMT is a vacuum tube that uses a series of large 
potential differences to amplify an electrical signal (Figure 1.2). The light photons are absorbed by the pho-
tocathode and their energy causes an electron to be ionized. The light conversion process is imperfect and 
only one to three electrons are generated for every 10 light photons incident on the photocathode. The ionized 
electrons are then accelerated by an electric field created with a stepped high-voltage applied to a series of 
dynodes. Dynodes act as anodes in one direction and cathodes in the other. The electrons ionized at the pho-
tocathode are accelerated toward the first dynode. When they collide with the dynode, their kinetic energy 
is transferred to other dynode electrons, ionizing them in turn. About six electrons are ionized for every one 
that strikes the dynode. This group of electrons is then accelerated by a potential difference toward the second 
dynode and the process repeats itself down the chain. At the end of the dynode chain is an anode from which 
the output signal from the PMT is read. A typical PMT has 10–12 dynodes and so the net amplification of the 
PMT is on the order of 107 or 10 million times.
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Figure 1.2  The PMT. Incident light photons are absorbed by the photocathode and their energy is used to 
ionize electrons. The electrons are accelerated across an electrical potential to the first dynode, where their 
kinetic energy ionizes approximately six electrons. These are accelerated to the next dynode, where the pro-
cess repeats. The signal is read out from the anode at the end of the dynode chain.
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1.3.3 � Positioning electronics

The key idea that Anger had that allowed him to create a 2-D detector was what is now known as Anger logic 
(Figure 1.3). He realized that the light shower created by the interaction of the gamma ray in the scintillation 
crystal spread out as it travelled to the PMT. As such, if one placed an array of PMTs on the back of a crystal, 
the signal from a gamma-ray interaction would be distributed over the set of PMTs. The closer the event was 
to the center of a given PMT, the larger the fraction of the light shower it would capture, and the stronger 
would be the signal generated. Thus, by taking a weighted combination of the PMT signals, one could esti-
mate the position of the event in the crystal. Consider the 1-D case illustrated in Figure 1.3. The sum of the 
signals is weighted according to how close it is to the left (W−) or right (W+) side of the array, generating a left 
signal (X−) and a right signal (X+). The difference in these two signals, normalized by the total signal strength, 
gives the fractional distance from the center to the edge of the crystal. Recall that the total signal strength 
is proportional to the gamma-ray energy absorbed by the crystal, and so, without normalization, the posi-
tion would depend on the energy of the source radiation. The signal is separately measured in two orthogo-
nal directions, giving its coordinates on the 2-D surface of the crystal. This positioning logic was originally 
implemented with analogue circuitry, but modern camera now tends to convert the analogue PMT signal 
into a digital one and then use maximum likelihood algorithms to estimate the position of the event. Though 
the implementation is more sophisticated, the principle remains the same; the 2-D position of the event is 
estimated by comparing the relative strengths of the signals from an array of PMTs.

1.3.4 �E nergy and spatial resolution

The uncertainty in the measured signal strength determines the energy resolution and intrinsic spatial reso-
lution of the camera. There are statistical fluctuations in the different steps of the signal detection process. 
There is variation in the number of photons produced per keV of the gamma ray, the number of electrons 
generated per light photon at the photocathode, and the number of secondary electrons ionized per primary 
electron striking the dynode of the PMT. There is also variation in sensitivity over the surface of the photo-
cathode and variation in sensitivity of the PMT array to light emitted from different locations in the crystal. 
Finally, there are variations in the high voltages applied to the dynodes and electronic noise in the PMT ampli-
fier. All of these factors introduce uncertainty into the signal measured by each PMT, which degrades the accu-
racy of spatial positioning, and the total signal put out by the PMT array, which degrades energy resolution. 
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Figure 1.3  Anger logic. The position where the incident gamma ray interacts with the NaI scintillation crystal 
is determined using the weighted sum of the signals from the PMT array. An X+ and X− signal is generated by 
weighting the signal according to how close the PMT is to the right (+) or left (−) side of the array. The differ-
ence in these values, normalized by the sum, gives the position on the crystal. A 1-D example is illustrated.
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The typical spatial positioning accuracy (Rint) for 140 keV photons with a NaI detector is 3–4 mm, while the 
typical energy resolution is 10%. The total number of light photons is proportional to the energy of the gamma 
ray, so statistical uncertainty decreases with increasing gamma-ray energy. If uncertainty was due entirely 
to the number of light photons produced in the scintillation crystal, the resolution would change as E–1/2, but 
other contributing factors cause the resolution to vary slightly from this relationship (Cherry et al. 2003).

1.3.5 �C ollimators

Detecting the position of an event on the face of the detector crystal is one component of making a picture. 
Another is focusing on the object of interest. For optical imaging, the object is brought into focus with lenses. 
For the gamma camera, the lens is the collimator. The collimator defines the direction that the detected 
photons are travelling in. It is a large block of highly absorbing material, typically lead or tungsten, with 
well-defined holes passing through it. The collimator specifies photon direction by blocking or absorbing any 
photons that are not travelling in the specified direction. Collimators are classified according to their focal 
length, the photon energy they’re designed for, and their sensitivity/resolution trade-off. The most common 
collimator used for cardiac imaging is the low-energy parallel-hole collimator.

1.3.5.1 � PARALLEL-HOLE COLLIMATORS

As its name implies, the holes in a parallel-hole collimator are all aligned parallel to one another and typi-
cally run perpendicular to the surface of the scintillation crystal. The important parameters of this collima-
tor are the length (L) and diameter (d) of the holes and the thickness (T) of the walls between them—the 
septa (Figure 1.4). The spatial resolution of the collimator is determined by the hole length and diameter. 
Any photon travelling at an angle less than tan−1(d/L), the acceptance angle, will pass through the collimator 
hole and reach the crystal. Thus, the full-width half-maximum (FWHM) of the point-spread function (PSF) 
of a collimator is given by Rpar = d (Leff + b)/Leff, where b is the perpendicular distance of the source from the 
collimator surface and Leff is the “effective” hole length (Cherry et al. 2003). Leff takes into account the prob-
ability of photons penetrating through the corner of the collimator at either end of the hole: Leff = L − 2/μ, 
where μ is the linear attenuation coefficient for the collimator material. The collimator resolution thus falls 
off linearly with distance from the collimator. The spatial resolution of the camera (Rsys) is a combination 
of the collimator and intrinsic resolutions. As these are independent uncertainties, R R Rsys par int

2 2 2= + . The 
spatial resolution of the camera is dominated by the collimator resolution at distances typical of clinical 
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Figure 1.4  The parallel-hole and pinhole collimators. The characteristics of the parallel-hole collimator are 
determined by the hole length (L), the septal thickness (T), and the hole diameter (D). The acceptance angle (θ) 
is given by tan−1(D/L). The magnification (M) of the collimator is one. The performance of the pinhole collima-
tor is determined by the pinhole diameter (Dp), the opening angle (α), and the focal length of the collimator 
(F). Magnification (M) depends on the source distance (b) and sensitivity depends on b and the angle ϕ of the 
source from the central axis of the pinhole (see text).
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imaging and a low-energy high-resolution collimator usually has a FWHM of 7 mm at 10-cm distance from 
the collimator.

The thickness of the septa is designed to minimize the septal penetration of the gamma ray and thus 
depends on the gamma-ray energy. The purpose of the collimator is to ensure that the photons that reach 
the crystal must have passed through a hole. If a photon passes through a septum, then the accuracy of the 
directional information is reduced. Attenuation of photons is exponential, and therefore, it is never possible 
to completely stop all penetration and instead the collimator is designed to have a maximum of 5% septal 
penetration. The geometry of the collimator then requires that T > 6d/(μL−3) (Cherry et al. 2003).

The sensitivity of the camera depends on the thickness of the detector crystal and the collimator geometry. 
A 9-mm-thick NaI crystal stops more than 90% of 140 keV photons. The geometric sensitivity (Gpar) of the col-
limator is the fraction of photons exiting the source that pass through the collimator to the detector crystal. 
The number of photons per unit area falls off as 1/r2, but the area of the crystal illuminated by the source (the 
PSF) goes as r2(D/Leff) 2. The area of the collimator that photons can pass through is reduced by the thickness 
of the septa. Therefore, Gpar = k(d/Leff) 2 (d/[d + T]) 2, where the proportionality constant k depends on the hole 
shape and is 0.0676 for hexagons (Cherry et al. 2003). For dimensions of d = 1 mm, Leff = 2.06 cm, and T = 0.15 mm, 
this gives a camera efficiency of 1.2E-4, or about 0.02% for a dual-head gamma camera. Of note is that the 
geometric efficiency of the parallel-hole collimator does not depend on source distance, whereas the resolu-
tion degrades with distance, suggesting that the best image quality will be obtained with the camera placed 
as close to the patient as possible. Also, note that Gpar is proportional to R par

2 , and so as collimator sensitivity 
goes up, collimator resolution degrades. Higher-resolution collimators have worse sensitivity and vice versa.

1.3.5.2 � PINHOLE COLLIMATORS

The original design proposed by Hal Anger in 1958 was based on pinhole collimators; it was not until 1964 
(Anger 1964) that he proposed the use of parallel-hole collimators. Though the parallel-hole collimator is 
used almost exclusively for SPECT imaging, recent development of dedicated cardiac cameras (Slomka et 
al. 2009b) has brought back a number of different collimator designs, including the pinhole collimator. 
Multipinhole imaging has been used for small-animal imaging to capitalize on the magnification properties 
of the collimator (Franc et al. 2008), but human pinhole cameras use the collimator to shrink the image to fit 
on a smaller detector.

A pinhole collimator has a single hole through which all of the detected gamma rays must pass. The 
defining parameters for a pinhole collimator (Figure 1.4) are the diameter of the pinhole (dp) and the 
focal length (F). Because all of the detected-photon paths pass through the pinhole, this collimator 
inverts the image of the source in both the axial and transverse directions and changes the size of the 
image depending on the distance of the source from the pinhole. The magnification (M) is given by M = 
−b/F, where b is the perpendicular distance from the collimator. The resolution of the collimator (Rpin) 
is given by the FWHM of the image of a point source, corrected for the magnification of the collima-
tor. Rpin = [deff (b + F)/b] × M = deff (b + F)/F. deff is the effective pinhole diameter, taking into account 
penetration of photons at the edge of the pinhole. deff = dp + ln(2)tan(α/2)/μ, where α is the opening 
angle of the pinhole (Accorsi and Metzler 2004). The geometric sensitivity of the pinhole collimator is 
Gpin = deff,G

2  cos3 (ϕ)/(16b2), where ϕ is the angle of the source away from the pinhole axis and deff,G is the 
effective diameter for geometric sensitivity. deff,G

2  = d[d + (2/μ]tan(α/2]) + [(2/μ2)tan2(α/2]) (Smith and 
Jaszczak 1997). Unlike the parallel-hole collimator, the geometric sensitivity is not constant with source 
distance but rather falls off as the square of the distance from the pinhole (Figure 1.5). For an effective 
hole diameter of 2.5 mm and a focal length of 10 cm, the sensitivity on axis at 6.2-cm distance is 0.012%. 
Close to the pinhole aperture, the sensitivity can exceed that of a parallel-hole collimator with similar 
resolution, but it has lower sensitivity at typical organ-camera distances for cardiac imaging. Like the 
parallel-hole collimator, the pinhole collimator still has a tradeoff between resolution and sensitivity 
with respect to the pinhole diameter.

For cardiac imaging, the field of view (FOV) of interest is typically less than 20 cm across. It is possible, 
therefore, to fit multiple FOVs onto a modern camera detector surface of 40 × 50 cm. The magnification 
properties of the pinhole collimator can be used to shrink images and further increase the number of 
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FOVs. The use of multiple pinholes increases the overall sensitivity of the system by roughly the number of 
pinholes used and is a technique used to improve sensitivity in small-animal imaging (Franc et al. 2008). In 
2006, Funk et al. showed that one could use a nine-pinhole collimator to image the human heart and obtain 
a sensitivity approximately 5× that of a parallel-hole collimator of the same resolution (Funk et al. 2006). 
The multipinhole approach was adopted by GE Healthcare in the design of their dedicated cardiac camera.

1.3.6 �C admium-zinc-telluride detectors

Cadmium-zinc-telluride (CZT) detectors have been introduced as an alternative detector for nuclear medi-
cine applications. CZT is a semiconductor that can operate at room temperatures and directly converts the 
gamma ray into electron-hole pairs that can be read out by dedicated electronics. Thus, the CZT detector 
replaces both the NaI scintillation crystal and the PMT of the standard gamma camera. The advantage of 
CZT is that the energy required to create an electronic-hole pair is only ~4.5 eV, compared to ~20 eV for 
NaI. In addition, only one in five light photons is converted back into an electron by the photocathode. 
So, the initial charge available for amplification is >20× higher for CZT than for the NaI-PMT combina-
tion. The stronger signal translates into an improved energy resolution for the CZT-based camera (6%) 
compared to the standard NaI-based system (10%). The density of the CZT material is higher (5.81 g/cm3) 
than NaI (3.67 g/cm3) giving it a higher stopping power per unit length, but the detector thickness used for 
nuclear medicine applications is 5 mm, giving it an intrinsic efficiency for 140 keV 99mTc photons of 80%, 
which is very similar to the 85% obtained with a 9-mm-thick NaI crystal. The CZT detectors are manufac-
tured as a pixilated array with a 2.5-mm pitch and the intrinsic spatial resolution is equal to the pixel size 
(Erlandsson et al. 2009; Bocher et al. 2010). One disadvantage of the CZT material is that partial charge 
collection at the edge of pixels, electron-hole trapping, and other effects lead to a low-energy tail (Blevis et 
al. 2004; Wagenaar 2004). The energy spectrum of a source is not a symmetric Gaussian, but instead has an 
increased number of photons detected with lower energies. This leads to a small decrease in the peak effi-
ciency, the fraction of unscattered photons detected in the photopeak energy window. A large advantage of 
this detector is its compact size, allowing cameras to be designed that have many detectors mounted onto 
a single gantry (Erlandsson et al. 2009; Bocher et al. 2010). A large number of detectors means that these 
cameras are able to sample enough angles simultaneously to perform 3-D image reconstruction with little 
or no gantry rotation.
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Figure 1.5  Collimator resolution and sensitivity. Spatial resolutions (FWHM) of the parallel-hole and pin-
hole collimators (solid lines) fall off linearly at typical imaging distances. The sensitivity (dashed lines) of the 
parallel-hole collimator is constant, whereas that of the pinhole collimator falls off as the square of the source 
distance.
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1.4 � 3-D IMAGE RECONSTRUCTION

1.4.1 �S ampling requirements

The gamma camera creates a 2-D view of the tracer distribution inside the patient. By acquiring many such 
2-D views, called projections, from different angles around the patient, it is possible to reconstruct a 3-D 
SPECT representation of the tracer distribution. Accurately describing a point in the image requires views 
from “all” angles around that point. For parallel-hole collimated imaging, this requires rotating the camera 
over a range of 180° around the patient (Defrise et al. 1995). A rotation of less than this risks introducing 
artifacts into the image reconstructed because of structures that are not adequately resolved by any of the 
acquired views. The resolution of the image is dictated by the density of samples taken, in the angular as 
well as in the axial and transverse directions. Accurately representing a resolution requires approximately 
three samples per FWHM, that is, a projection pixel size of FWHM/3. The angular sampling density follows 
a similar rule-of-thumb. The distance between samples on the circumference of the desired FOV should be 
FWHM/3 (Cherry et al. 2003). Thus, for a FOV diameter of dFOV, the number of projections (N) required 
for a resolution of FWHM is N = 3πdFOV/(2 FWHM). For example, supporting a system resolution of 1 cm 
FWHM over an FOV of 20-cm diameter requires projection pixels that are 3.3 mm and 94 projections over 
180°.

1.4.2 � Filtered backprojection

For many years, the most common way to reconstruct 3-D SPECT images was to perform filtered backpro-
jection (FBP). FBP makes use of the Central Section Theorem (Keinert 1989) which states that the Fourier 
transform of a projection through an object at an angle θ corresponds to the values along a line through the 
Fourier transform of the object at angle θ (Figure 1.6). With a parallel-hole collimator, as the camera rotates 
around the source object, a radial sampling of Fourier space is obtained like spokes on a wheel. For an ideal 
parallel-hole collimator, each axial row of the projection data set can be considered independent, and thus, 
the 2-D image for each row can be reconstructed separately and then stacked back together to form a 3-D 
volume. With this assumption, the reconstruction problem simplifies to the reconstruction of a 2-D image 
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Figure 1.6  Central section theorem. If the Fourier transform of an activity distribution f(x,y) is F(vx,vy) and the 
projection, pθ(xθ), is the sum of f(x,y) along the direction yθ = ycos(θ) − xsin(θ), then the Fourier transform of 
F[pθ(xθ)] = Pθ(vθ) is the line through F(vx,vy) at angle θ.
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from a set of 1-D projections. So, if the source distribution is described in 2-D by the function f(x,y), then a 
projection at angle θ is pθ(xθ).
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where δ is the Dirac delta function and (xθ,yθ) refers to the Cartesian coordinate system rotated by θ with 
respect to the original coordinate system (x, y), e.g., xθ = x cos(θ) + y sin(θ). The full set of projections acquired 
is then p(xθ,θ), where p(xθ,θ)|θ=ϕ = pϕ(xϕ). The Central Section Theorem says that a line through the Fourier 
transform of the image F(vx,vy) = F(f(x,y)) at the angle θ given by Pθ(vθ) is
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The full set of projections in the Fourier domain is then denoted P(vθ,θ) and samples Fourier space 
radially, which produces a variable sampling density. Because the number of “spokes” (projections) is con-
stant, as the radius of the wheel (spatial frequency) increases, the sampling density falls as 1/|v|, where 
v = +( )√ v vx y

2 2 . To correct for this, the Fourier domain image is filtered by multiplying it with the function 
h v v( , )x y x yv v v= +( ) =√ 2 2 . This filter is referred to as the ramp filter because of its simple shape in the Fourier 
domain. The inverse Fourier transform of the filtered image gives us an image of the tracer distribution.
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Although this discussion has been done in the context of 2-D reconstruction from parallel-hole collimators, 
the theory can be adapted to converging collimators like the pinhole collimator as well (Datz et al. 1994).

1.4.3 � Iterative reconstruction

The FBP algorithm inherently assumes that the projection data are consistent. In other words, FBP assumes 
that projection at each different angle is a sum of the same object. However, this assumption is violated 
by noise. Each projection is a sum of the object plus noise and the noise is random and hence different in 
each projection. Other factors like attenuation, scatter, distance-dependent collimator resolution, and patient 
motion (Section 1.5) introduce further inconsistencies between the projections. This has led to the develop-
ment of alternative methods of reconstruction. Because the data are inconsistent, the solution is often pur-
sued using iterative methods (Figure 1.7) that try to find the solution that is the best compromise between 
the measured data, something that minimizes the errors. The most popular algorithm used clinically is the 
ordered subset expectation maximization (OSEM) algorithm (Hudson and Larkin 1994) that is a variant on 
the maximum likelihood expectation maximization algorithm that was introduced into nuclear medicine by 
Shepp and Vardi (1982). This algorithm is built on the assumption that the noise in the data is Poisson distrib-
uted. The idea of iterative reconstruction is illustrated in Figure 1.7. An estimate is made of the distribution 
of activity. Having no other information available, it is usually initially assumed that the activity is uniformly 
distributed throughout the FOV, though any positive, nonzero distribution is a valid starting point. Using 
an understanding of the geometry of the camera and how photons travel from points within the FOV to the 
detector, a set of projections are computed that show what the camera would have measured given the current 
estimate of the activity distribution (the forward projection). Then the calculated projections are compared 
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to the ones measured with the camera. Where the calculated values are higher than the measured ones, we 
reduce the activity in the object that contributes to that part of the projections. Where the calculated values 
are lower, we increase our estimate. This is done by backprojecting the ratio of measured over calculated pro-
jections. The backprojected ratios are used to rescale the original estimate and generate a better one. We then 
repeat or iterate the process until the estimate stops changing, giving us our reconstructed image.

Mathematically, if fi
k( )  denotes the value of the image at voxel i and iteration k, then the OSEM algorithm 

is written as
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where pj is the measured value of projection pixel j, Aij is the projector/backprojector function that defines the 
probability that a photon emitted from image voxel i will be detected in projection pixel j, and gj is the calcu-
lated value of projection pixel j given the current image estimate f(k). At each iteration k, only the projection 
pixels j from subset J of the full projection data set are projected and backprojected to update f(k) to f(k+1). The 
algorithm then cycles through all of the subsets as it iterates.

Because the algorithm is derived with the assumption that the projection data are Poisson distributed, 
OSEM weights the projection values appropriately. This changes the noise characteristics of the image. 
Whereas FBP produces noise levels that are similar over the entire image, OSEM produces an image with noise 
that is correlated with the amplitude of the underlying signal (Barrett et al. 1994). Thus, in OSEM images, 
the noise in low-count regions is lower than the noise in high-count regions. Another feature of the OSEM 
reconstruction is positivity. Because the algorithm always scales the estimate by a positive number (the ratio of 
measured and calculated projections is always greater than or equal to zero), if the initial estimate of activity is 
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Figure 1.7  Iterative reconstruction. An estimate of the activity distribution is used to calculate its correspond-
ing projection data. These calculated projections are compared to those measured from the true source dis-
tribution in the camera. If the projections are not the same, then the differences or ratios are used to update 
the estimate and a new set of calculated projections are generated. Once the projections are the same, then 
the estimate has converged and is the reconstructed image of the source.
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nonnegative, it will always remain so. In contrast, the ramp filtering of the FBP algorithm can lead to areas of 
“negative activity” in the image, particularly close to the very “hot” structures that contain high concentrations 
of radioactivity. This is the source of the so-called ramp artifact, which can suppress activity in the inferior wall 
of the heart when a liver with very high activity levels is nearby (Burrell and MacDonald 2006).

The greatest advantage of the iterative algorithms, though, is that they allow accurate correction of various 
significant image degrading factors like attenuation, scatter, and resolution loss due to the geometry of the 
collimator. By including these effects into the forward projector (Aij), the acquisition process of the camera 
is more accurately modeled, and thus, the underlying estimate is adjusted to compensate for these effects. 
Because the distributions of the tracer activity and of the patient tissues are estimated, the variable effects 
of attenuation and scatter and the distance-dependent nature of the collimator resolution can be applied 
accurately.

1.5 � FACTORS THAT INFLUENCE SPECT IMAGE QUALITY

1.5.1 �A ttenuation

There are many factors that influence the appearance of the image acquired by the gamma camera. The most 
significant is photon attenuation. As the gamma rays emitted by the tracer transit the patient en route to the 
detector, they can interact with the patient tissues. The two primary types of interaction of interest in nuclear 
medicine are photoelectric absorption and Compton scattering. Photoelectric absorption occurs when a gamma 
ray is completely absorbed by an atom and its energy transferred to an electron which is then ejected from the 
atom. In Compton scattering, the gamma ray transfers only some of its energy to the electron. The electron is 
again ejected from the atom, but the photon is not completely absorbed and instead travels on in a new direction, 
with reduced energy. Both types of interaction combine to produce attenuation (loss of photons with the origi-
nal energy of emission, e.g., for 99mTc, loss of 140 keV photons). The probability of attenuation is given by the 
linear attenuation coefficient (μ), which depends on both the energy of the gamma ray (E) and the atomic num-
ber of the attenuating material (Z) and has units of 1/distance. The fraction of gamma rays that pass through a 
material unattenuated (I/I0) is given by I/I0 = exp(−μ(E,Z) t), where t is the thickness of the material.

The loss of signal is greater for structures that are deeper within the patient and so the effects of attenua-
tion produce a depression in the apparent activity concentration in the center of the patient. The presence of 
a large amount lower-abdominal tissue can cause greater attenuation of signals from the inferior wall of the 
heart and thereby generate an apparent reduction or attenuation artifact (more commonly seen in males). In 
contrast, the presence of breast tissue that shadows the top half of the heart can increase the attenuation of 
the anterior wall, producing a breast attenuation artifact (more commonly seen in females) (Figure 1.8). Both 
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Figure 1.8  Breast attenuation artifact. The shadow of the breast can cause an apparent reduction in the ante-
rior wall of the heart (arrow), which is not present with attenuation correction.
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of these artifacts make it more difficult to interpret the images, reducing reader confidence. Two approaches 
are used to compensate for attenuation: prone imaging (Germano et al. 2007) and transmission-based attenu-
ation correction (AC) (Garcia 2007). In prone imaging, the patient is imaged in both the supine and prone 
positions. An attenuation artifact will tend to reduce because the change in orientation will shift the attenu-
ating structures with respect to the heart. A true area of reduced myocardial tracer-uptake will not move, 
allowing the reader to distinguish between the two. Transmission-based AC removes the effects of attenua-
tion by modeling it in the reconstruction. This requires a patient-specific transmission measurement of the 
attenuating structures, which is now most commonly acquired from an x-ray CT image.

1.5.2 �S catter

Gamma rays with Compton scatter in the patient may still be detected by the camera. Presence of scattered 
photons in the image degrades the accuracy of the information as the direction that the photon is detected 
as coming from does not correspond to the direction of the source that originally emitted the photon. This 
leads to reduced contrast in the image and an overcorrection for attenuation when linear attenuation coef-
ficients are used for AC. More specifically, the linear attenuation coefficient assumes that a scattered photon 
is lost—attenuated—and not detected by the camera. The magnitude of scatter is less than that of attenuation, 
but when AC is applied without scatter correction (SC), scatter artifacts can become apparent. The most com-
mon of these artifacts in nuclear cardiac imaging is an apparent brightening of the inferior wall (Figure 1.9) 
caused by photons from the liver, which pass through the lungs and then scatter into the inferior wall of the 
heart toward the detector (King et al. 1995).

Energy discrimination is the primary method of reducing the number of scattered photons detected. 
However, due to the 10% energy resolution of NaI detectors, rejection of scattered photons is imperfect. To 
avoid loss of primary (unscattered) photons, an energy window of ±10% (or ±7.5%) is chosen, accepting 98% 
(or 92%) of the expected distribution of photons. However, a ±10% window means that photons with a 10% 
true loss in energy still have a 50% chance of being accepted. For 99mTc photons, 126 keV (140 keV − 14 keV) 
is the energy of a photon that has Compton scattered through 53° (Cherry et al. 2003). Improving the energy 
resolution of the camera can be beneficial because it allows reduction of the acceptance window without loss 
in the number of primary photons detected. Narrowing the acceptance window will reject a larger number 
of scattered photons, and those scattered photons that are accepted within the window will have on average a 
smaller scattering angle and thus less error in their position information.

Removal of scatter artifacts and accurate quantification of the activity concentration measured in images 
requires correction for the residual scatter not rejected by the primary (photopeak) energy window. Many 
approaches to estimating the scatter in an image that have been proposed include energy-window-based, 
modeling, and other scenarios (Hutton et al. 2011). The energy-window methods use the distribution of 
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Figure 1.9  Inferior wall scatter artifact. When AC is applied with no SC, scatter from sub-diaphragmatic 
sources can cause an apparent increase in counts in the inferior wall (arrows).
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photons detected at energies outside the photopeak to estimate the scatter detected within the photopeak. The 
modeling approaches use an estimate of the activity distribution and knowledge of the scattering medium to 
calculate the scatter distribution. The modeling methods tend to be the most accurate but are computation-
ally intensive and take longer to generate a scatter estimate. Once scatter has been estimated, the two most 
common approaches to correcting it are to either subtract it from the projection data prior to reconstruction 
or include it within the projectors of the reconstruction algorithm. The latter approach has been shown to 
provide a more accurate and precise image (Beekman et al. 1997) but also can significantly increase the time 
required for reconstruction.

1.5.3 �D istance-dependent collimator resolution

The resolution of the gamma camera is described by the system PSF, which is simply the image created by the 
gamma camera from a point source of activity. The system PSF is dominated by the collimator resolution, 
which depends on the distance from the source to the collimator (Figure 1.5). The gamma camera is a 2-D 
imaging system and so the PSF introduces blurring in both the transverse and the axial directions. An impor-
tant consequence of this is that the activity in one transverse plane contributes to the signal detected at other 
transverse planes on the detector. The signals from the different planes are intermingled and accurate recon-
struction must take this into consideration: SPECT reconstruction is a 3-D problem, not an independent set 
of 2-D problems. Compensation for the system PSF has the potential to recover lost resolution in the images 
and so is often referred to as resolution recovery. While efforts have been made to include compensation for 
distance-dependent resolution in FBP reconstruction (Glick et al. 1994), accurate correction is usually done 
within an iterative reconstruction algorithm. The inclusion of resolution compensation (or system PSF mod-
eling) within the reconstruction improves the accuracy of the camera model used in the projector and leads 
to better image quality (Narayanan et al. 2003). Resolution recovery also associates each voxel in the image 
to a larger number of pixels in the projection data, making the image less sensitive to noise. This aspect has 
been capitalized on to reduce the time required for imaging (Ali et al. 2009; Bateman et al. 2009; DePuey et 
al. 2011) or equivalently reduce the amount of activity injected into the patient and hence the patient effective 
dose. Dose reductions of 50% or more are possible with currently available clinical software (DePuey et al. 
2011; Slomka et al. 2012).

1.5.4 � Patient motion

Movement of the patient during imaging introduces inconsistencies into the projection data as projections 
are acquired sequentially while the camera rotates around the patient. These inconsistencies can lead to arti-
facts in the reconstructed images (Botvinick et al. 1993). Motion of this sort can be seen and often corrected 
for by examining the projection data as a function of projection angle (O’Connor et al. 1998; Matsumoto et 
al. 2001). Movement in the axial direction is most easily corrected by translation of the affected projections 
to realign the activity sources. However, movement in the transverse direction and rotation about the axis of 
the camera are more difficult to accurately identify and correct.

Movement during acquisition of the projection, whether voluntary motion or involuntary motions such as 
cardiac contraction and respiration, are more difficult to detect and also cause image blur. The effects of peri-
odic movement like cardiac contraction and respiration can be minimized by gating. Gating uses a signal such 
as the electrocardiogram (ECG) to generate a repeating trigger signal, corresponding to a particular point 
within the motion cycle, and thereby allow the camera to sort the data acquisition based on the time from 
the most recent trigger event. Dividing the data into separate gates in this fashion minimizes the movement 
within each gate and can provide valuable information about the motion. For example, cardiac ECG-gating 
of SPECT perfusion and blood-pool images allows measurement of wall motion and ejection fraction and 
has proven to be incrementally beneficial over ungated imaging alone (Mansoor and Heller 1999). However, 
subdividing the data set also decreases the number of detected counts in each image and hence increases the 
noise. The increase in noise can be eliminated by measuring the motion between gates and then coregistering 
the gates to a fixed reference frame or incorporating the motion within the reconstruction algorithm to create 
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a single motion-compensated image (Gravier et al. 2006; Gilland et al. 2008; Slomka et al. 2009a). Methods 
are similarly being developed to compensate for respiratory motion (Kovalski et al. 2007; McNamara et al. 
2009). Further discussions on motion corrections are described in Chapters 14 and 16 of this book.

1.6 � COMPUTED TOMOGRAPHY

Correcting for attenuation and using model-based methods of scatter compensation require knowledge of 
the distribution of patient tissues. This is typically acquired through a transmission scan. Though many 
approaches were suggested that used radioisotope transmission sources (King et al. 1995), the most common 
approach being employed today is to use an x-ray CT scan of the patient.

1.6.1 �B asics of CT
The CT scan uses a beam of x-rays as a source for transmission imaging. The x-ray beam is created with an 
x-ray tube (Figure 1.10). A current is run through a wire filament to heat it and generate a cloud of loosely 
bound electrons. Applying an electric potential between the filament and a target strips the electrons off of 
the filament and accelerates them toward the target. When the accelerated electrons strike the target, most of 
their energy (99%) is converted to heat in the target material, but only a small amount of the energy produces 
x-rays, either by characteristic x-rays or bremsstrahlung radiation.

Characteristic x-rays are produced when energy is transferred to an inner-shell electron of the target 
atom, in this case by collision with incoming electron. The collision does not involve direct physical contact, 
but rather a collision of their respective electric fields: the two electrons have the same charge and so there 
is an electro-static repulsive force between them. The inner-shell electron is ionized and so escapes from the 
atom, leaving behind a hole in the electron shell. An electron from a higher-energy shell drops down to fill 
this hole, releasing a photon with energy equivalent to the difference in energy between the two shells. This 
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Figure 1.10  The x-ray tube. A current If is run through a filament to generate a source of electrons. The accel-
erating potential pulls the electrons from the filament and accelerates them toward the target. When the elec-
trons strike the target, x-rays are generated in the form of characteristic x-rays and bremsstrahlung radiation. 
The tube current, Itube, is a measure of the flow of electrons from the filament to the target and is proportional 
to the intensity of the x-ray beam.
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photon is called a characteristic x-ray as the energy-level structure, and hence, the x-ray energies are specific 
to the target atom.

Bremsstrahlung or “braking” radiation is emitted when the incoming electron interacts with an electric field 
of the positively charged nucleus of a target atom and is decelerated and changes direction. The energy lost in 
this process is emitted as x-rays. Because the amount of deceleration depends continuously on how close the 
electron happens to pass to the atom, the bremsstrahlung radiation has a continuous spectrum of energies up 
to the maximum energy of the incoming electron and peaks at roughly one third of the maximum energy. 
Because the very low-energy x-rays are less able to penetrate the body, they contribute significantly to patient 
dose. To reduce dose and increase the mean energy of the x-ray beam, the low-energy x-rays are preferentially 
attenuated by filtering the beam with a thin layer (few mm) of aluminum (Al) or similar material. The pref-
erential attenuation of lower-energy x-rays is called beam hardening, and prefiltering of the beam serves to 
reduce the effects of beam-hardening in the patient. Beam hardening can lead to depression of the CT signal 
in the middle of the patient, similar to the attenuation artifact seen in SPECT imaging. The intensity of the 
x-ray beam is proportional to the tube current, the number of electrons flowing from the filament to the tar-
get, and depends on the filament current (how tightly bound electrons are to the filament) and the accelerat-
ing potential (how strongly electrons are being pulled toward the target).

The CT scanner is configured with the x-ray tube opposite a detector array. The x-ray beam is collimated 
to produce a fan of x-rays that matches the width of the detector. The relative positions of the x-ray source 
and detector are fixed, but the whole unit rotates rapidly around the patient. Modern CT scanners rotate in 
times as low as 0.3 s. The intensity of the x-ray beam with a patient in the scanner is compared to that acquired 
without the patient. The log of that ratio (ln(I/Io)) equals the line integral of the linear attenuation through the 
patient. As the scanner rotates around the patient, projections are acquired at many different angles exactly 
analogous to the SPECT data acquisition process described previously (Section 1.4). The projection data are 
then reconstructed to create a tomographic image of attenuation. The CT numbers correspond to the linear 
attenuation in each pixel of the image and are often given in terms of Hounsfield units (HU; after Godfrey 
Hounsfield, the inventor of CT), which relates the attenuation back to attenuation of water.

	 HU /material water water= × −1000 ( )µ µ µ 	 (1.6)

In HU, water is always 0 and vacuum (or air) is −1000.
Image reconstruction is frequently done with FBP. The assumptions of the algorithm are better satisfied 

by CT data than they are by SPECT data. Rather than counting photons, CT detectors measure a photon cur-
rent and the count rate in CT is many orders of magnitude higher than that in SPECT. Thus, the statistical 
noise in the CT data sets is correspondingly less. With SPECT, the signal being measured is the number of 
photons emitted from the radioactive tracer and so photon attenuation introduces inconsistencies into the 
projections.  With CT, attenuation is not a problem for the FBP algorithm because the incident X-ray intensity 
is known and the signal being measured is the amount that the X-rays are attenuated. Also, the fraction of 
scattered photons detected tends to be less as the fan-beam design of CT allows use of scatter rejection grids 
at the detector. Nevertheless, iterative reconstruction has gained popularity for CT reconstruction as com-
puters have increased in speed, making CT iterative reconstruction times practical. Iterative reconstruction 
has improved the signal-to-noise in CT images, allowing a corresponding reduction in the patient exposure 
delivered during imaging (Kordolaimi et al. 2013).

Images with CT are usually obtained with a helical or spiral acquisition. In this mode, the patient bed 
slides continuously through the scanner while the detector is rotating around the patient. Thus, the detector 
describes a helical path around the patient. The advantage of this acquisition mode is that it greatly decreases 
the scanning time. The alternative approach of step-and-shoot accelerates the patient to move them between 
scan positions and then halts their motion for each acquisition. Inertia causes the patient tissues to oscillate, 
blurring the image unless the acquisition is delayed until the oscillations damp out. The delay at each step 
can significantly increase the total scanning time. The disadvantage of helical scanning is that it introduces 
inconsistencies between the acquired projections. Because the patient is continuously moving, each projec-
tion looks like a projection from a “different patient” rather than a projection acquired later in the rotation. 
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The inconsistency is corrected by interpolating between successive rotations to generate a full set of consistent 
projections at a specified axial location on the patient. The interpolation approach also allows image planes to 
be chosen at arbitrary intervals, which facilitates coregistration with nuclear medicine images.

Gating is also used in CT acquisitions to reduce patient motion or to examine how the CT image of the 
heart changes over the course of the cardiac or respiratory cycle. As with gating in SPECT, the trigger signal is 
generated based on the ECG and an image or a set of images is created of a specific time interval following the 
ECG-triggered signal. Thus, an image can be acquired, for example, of a particular phase of the cardiac cycle. 
It is possible to gate in a fashion similar to SPECT, acquiring data over the full duration of the cycle, sorting 
the data according to the time since the trigger signal, and then reconstructing images for all of the phases 
throughout the cardiac cycle (retrospective gating). However, unlike SPECT, where the radiation exposure to 
the patient is fixed regardless of how many images are acquired, with CT, radiation exposure increases when 
images from more phases are taken. An alternative approach is to turn down the tube current, except dur-
ing the phase of interest (prospective gating), and thereby obtain a high-quality image at one predetermined 
cardiac phase while minimizing patient exposure over the rest of the cardiac cycle.

A significant advance in CT technology has been the introduction of multislice detectors. Multiple rows of 
detectors in the axial direction has increased axial coverage and thus decreased the scanning times as more 
of the patient is imaged with each rotation of the scanner. The increase in axial detector size has changed 
the CT scanner geometry from a 2-D fan-beam to a 3-D cone-beam geometry, which has complicated the 
reconstruction problem. However, algorithms have been developed to compensate for this, providing true 
3-D reconstruction (Defrise et al. 1995; Kachelrieß et al. 2004). Vendors now provide scanners with up to 320 
detector rows, providing greatly expanded coverage for cardiac imaging. High-speed rotation (up to 0.3 s/
rotation) and the introduction of dual-source CT systems further reduce the effective scanning time, making 
it possible to accurately track a contrast bolus through the coronary arteries and perform CT-based coronary 
angiography (CTA) (Flohr et al. 2009).

1.6.2 �C T-based correction of nuclear medicine images

One of the primary uses of CT for cardiac SPECT imaging has been to provide a patient-specific attenuation 
map for attenuation correction (CT-AC). The CT scan directly measures photon attenuation properties of the 
tissue; however, a few processing steps are required before this information can be used to apply attenuation 
correction in a SPECT reconstruction. The CT scan is based upon a polyenergetic x-ray beam. As the linear 
attenuation coefficients are dependent on both the energy of the photon and attenuating material, the CT 
numbers need to be converted into the attenuation coefficients appropriate to the energy of the gamma ray(s) 
emitted by the SPECT isotope. Unfortunately, due to the different effective atomic numbers of different tis-
sues in the body, a single conversion factor is insufficient. In particular, although most soft tissues scale in a 
fashion very similar to water, bone does not; the effective atomic number of bone is 12.3 compared to water 
at 7.5. A common approach to solving this problem is to reconstruct the CT image, separate each pixel into 
fractions of water and bone based on the CT number, scale the “water” and bone images independently, then 
recombine them (Seo et al. 2008). In practice, this can also be easily implemented using a look-up table of 
conversion values. An additional complication is the presence of contrast. Iodinated contrast has a very high 
atomic number (Ziodine = 53) and so greatly attenuates the x-ray beam. In a simple segmentation scheme, it 
can be included in the bone image, but its attenuation is proportionately much different at the energies used 
in nuclear medicine. Thus, care needs to be taken if a contrast-CT image is to be used to generate an attenu-
ation map.

The CT image has much higher spatial resolution than the nuclear medicine image, which is very helpful 
when locating the site of nuclear medicine tracer accumulation (as is done in cancer imaging), but can also 
introduce AC artifacts if it is not matched to the SPECT resolution (Meikle et al. 1993). The poor resolution 
of the SPECT image causes the apparent source of activity to blur from one region into the next (for example, 
from the heart to the lung). If the source appears to come from a region of lower attenuation, it will be under-
corrected, and if it appears to be from a region of higher attenuation, it will be overcorrected. This is easily 
avoided by smoothing the CT to match the SPECT image resolution.
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Finally, the CT image needs to be registered to the emission data set. Like the problem of mismatched 
resolution, if the emission data are registered to the wrong region, it can lead to overcorrection or under-
correction. In cardiac imaging, the most problematic error occurs if the emission image of the myocardial 
wall extends into the lung. The reduced attenuation of the lung can suppress the apparent activity in the 
myocardium, causing the artifactual appearance of reduced tracer uptake. Hybrid SPECT/CT imaging sys-
tems where the patient is on the same imaging pallet and CT and SPECT imaging are performed in rapid 
succession reduce the chance of patient movement between scans and facilitates the SPECT/CT coregistra-
tion. However, even with the hybrid systems, the coregistration needs to be confirmed prior to attenuation 
correction as movement, for example, respiratory motion, can occur. Part of the problem in registering CT 
images to SPECT images is that the CT FOV may be smaller than the SPECT FOV and truncation can occur. 
Truncation can lead to artifacts in the CT image, which may propagate into the corrected SPECT image 
(Lalush and Tsui 2000; Chen et al. 2005). Algorithms are available with many hybrid systems to extend the 
FOV of the CT reconstruction and minimize the CT artifacts (Beyer et al. 2006), but effort should be made 
to minimize truncation if possible and care should be taken in evaluating images near the edge of the true 
FOV.

1.6.3 �H ybrid SPECT/CT camera designs

Software coregistration of a CT scan acquired on a separate scanner can be used to perform CT-AC for 
SPECT (Wells et al. 2012). However, combining a CT and a SPECT camera to create a hybrid imaging system 
greatly increases the ease with which the CT can be applied to the SPECT reconstruction. Hybrid imaging 
protocols reduce the time between scans and allow the patient to be imaged on the same bed in exactly the 
same position, which minimizes changes in the patient orientation between the CT and SPECT images. There 
are a wide variety of hybrid systems available for SPECT/CT imaging. The CT component divides roughly 
into two categories: slow-rotation (nondiagnostic) and fast-rotation (diagnostic) scanners as described in the 
next sections.

1.6.3.1 � SLOW-ROTATION CT

The slow-rotation systems mount the CT x-ray tube and detector on the same gantry as the SPECT detectors. 
The rotation speed of these systems is therefore much slower than that of a dedicated CT gantry. Typical 
rotation speed is 2–5 rotations/min and acquisition time for a cardiac FOV are as long as 2–3 min. The x-ray 
tube current is reduced to keep patient exposure low despite the long acquisition times, and the effective dose 
for these studies is similar to that from a diagnostic scanner attenuation map acquisition (~0.4 mSv). Two 
examples of this type of approach are the Hawkeye system (GE Healthcare) that uses a four-slice CT detector 
with a 2-cm axial FOV and the XCT system (Philips Medical Systems) which uses a 30 × 40-cm flat-panel CT 
detector with a 14-cm axial FOV. With a slow-rotation CT, image quality for a static phantom is very good, 
but respiratory motion can introduce significant CT artifacts into images of the thorax. Nevertheless, these 
CT images are sufficient for AC of SPECT data and no significant clinical difference was observed between 
images corrected with a slow-rotation CT attenuation map and those corrected by a map based on a diagnostic-
quality CT scan (Wells et al. 2012).

1.6.3.2 � FAST-ROTATION CT

The other approach to hybrid SPECT/CT systems is to use separate gantries for SPECT and CT. The two scan-
ners are bolted back to back and a single bed moves the patient from one scanner to the next. Decoupling 
the gantries allows the technology developed for diagnostic CT to be applied and rapid-rotation multislice 
CT scanners are available. Scanners in SPECT/CT hybrid systems have as many as 64-slice detectors, and 
subsecond rotation speeds are typical. The use of high-speed, multislice detectors means that acquisitions of 
only a few seconds are required for a full cardiac FOV. This greatly reduces respiratory-motion artifacts in 
the CT images. Although the cost of these systems tends to be higher than that of the slow-rotation scanners, 
the image quality is better. The higher-end fast-rotation systems are equivalent to diagnostic CT scanners 
and thus capable of diagnostic CT protocols like calcium scoring and angiography (CTA). This allows both 
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nuclear and CT diagnostic evaluation of a patient in a single imaging session, and acquisition of CTA on the 
same camera as the SPECT may facilitate coregistration of the resulting datasets. Examples of this type of sys-
tem include the Discovery 670 (GE Healthcare) and the 64-slice Lightspeed CT available with the Ventri and 
Discovery NM 570c cameras (GE Healthcare); the Symbia series of SPECT/CT systems (Siemens Medical), 
which offers from 2- to 16-slice CT scanners; and the Precedence system (Philips Medical Systems).

1.6.4 �A dvantages and disadvantages of SPECT/CT
Compared to radioisotope transmission systems, the advantages of using a CT scan to provide the attenua-
tion map for SPECT AC are speed of acquisition, low noise, lack of interference with the emission data, and 
no decay of the radioactive sources. Even the slow-rotation CT system produces images in a few minutes, 
which is still faster than the 5–10 min typically needed for transmission scanning. The high-speed CT scan-
ners can acquire images in a few seconds, which makes the time for transmission imaging negligible next to 
the time required for the SPECT study. CT images also have considerably lower image noise than radioiso-
tope transmission studies. However, the calculation of attenuation factors is based on a line integral through 
the attenuation map, so noise in the attenuation map is averaged, and at typical count levels, the noise in 
the attenuation-corrected image remains dominated by emission noise even with radioisotope transmission 
scans (Tung and Gullberg 1994). Nevertheless, as transmission sources decay, the noise levels increase and 
they must be replaced periodically to ensure the noise does not propagate into the corrected images. Noise 
in the CT images is much less than that in the SPECT images, so its contribution to the corrected emission 
image is negligible. Because the CT x-ray beam intensity is orders of magnitude higher than the SPECT 
emissions, the interference of the radioisotope emission signal into the CT signal is also negligible. The CT 
is turned off when the SPECT image is acquired, so there is no interference from the CT into the emission 
image either. Finally, radioisotope transmission sources require periodic evaluation for radioisotope leakage 
and damage and require replacement as they decay, which increases exposure to staff and requires constant 
adjustments to correct for changing source activity levels.

An advantage of the hybrid camera over CT images acquired on a separate camera, as mentioned previ-
ously, is that coregistration is much easier and more accurate. Patient movement between imaging sessions 
is reduced and hardware coregistration accurately aligns the image coordinate systems of the two cameras.

A disadvantage of the CT is that the faster speed compared to the SPECT acquisition can introduce addi-
tional artifacts due to respiratory motion mismatch. In addition, artifacts in the CT image, such as those from 
metal implants, contrast, or truncation, can propagate into the attenuation corrected image. The addition of 
a second imaging modality to the camera increases the complexity of the system, which increases the main-
tenance required, the quality assurance needed, and the likelihood of downtime simply because there are 
more things that can go wrong. The higher image quality of the CT scan comes with greater patient radiation 
exposure. Though the effective dose from attenuation-map CT scans is relatively low (~0.4 mSv), the dose is 
still more than 10× higher than that from radioisotope transmission imaging. However, compared with the 
effective dose from a standard cardiac perfusion SPECT rest/stress study, the dose remains quite small.

A disadvantage of the hybrid camera compared to using a separate system to acquire the CT scan is that 
only one modality is being used at once. On a SPECT/CT camera, while the SPECT acquisition is taking place, 
the CT system sits idle. With a separate CT system, scheduling of CT-only studies could fill in these idle peri-
ods, making the use of the CT scanner much more efficient and hence cost-effective.

1.6.5 �S ynergy of SPECT and CT
Most of the discussion in this chapter has focused on the use of CT to compensate for degrading aspects of 
SPECT imaging, primarily for attenuation correction but also for model-based approaches to scatter com-
pensation. There is potentially a much greater synergy that could be achieved with the two systems. Though 
not as important in cardiac SPECT as it is in oncology, localization of tracer uptake is helpful in assessing 
biodistribution during the development of new tracers with, for example, small-animal SPECT/CT. There, 
the use of attenuation correction has less impact due to the smaller subject size, but tracer distributions 
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may not be well identified, and thus, the CT can provide a useful reference. More importantly, high-quality 
CT provides a great deal of valuable information on its own, including coronary calcium scores and CTA. 
Integration of this information may improve risk stratification of patients undergoing stress perfusion imag-
ing (Slomka et al. 2009a; Ghadri et al. 2012; Kirisli et al. 2014; Mouden et al. 2014). The fusion of anatomi-
cal information from CT and physiologic information from SPECT can also help identify stenoses that are 
hemodynamically significant. Physiologically guided intervention has been shown to be beneficial (Pijls et 
al. 2010; De Bruyne et al. 2012) and nuclear medicine techniques may be able to noninvasively provide that 
information (Phillips et al. 2013).

1.7 � CONCLUSION

SPECT is a tracer-based imaging technology that provides valuable information on cardiac function. The 
accuracy of its images is degraded by photon interactions within the patient tissues, the distance-dependent 
collimator resolution, and patient motion. Transmission-based methods can be incorporated into iterative 
reconstruction algorithms to accurately compensate for many of these effects. The CT component of hybrid 
SPECT/CT systems is most commonly used to provide the required transmission maps. CT scanning is less 
noisy, faster, and avoids the interference of radioisotope transmission approaches, which has led to increased 
interest in SPECT/CT hybrid systems. Integration of diagnostic quality CT scanners also offers future oppor-
tunities to synergistically combine SPECT perfusion with CT-based calcium scoring and angiography. The 
combination of high-quality anatomical detail with cardiac physiologic imaging makes hybrid SPECT/CT a 
versatile and powerful diagnostic tool.
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2.1 � POSITRON EMISSION TOMOGRAPHY PRINCIPLES

2.1.1 �R adiotracers

Positron emission tomography (PET) is the leading tool in nuclear cardiology for noninvasive assessment 
of molecular function. Images are obtained via detection of positrons emitted from the decay of an injected 
radiotracer. Radiotracers are either short-lived isotopes themselves, such as 82Rb, or isotopes that have been 
incorporated into biological or drug compounds, such as 18F-fluoro-deoxyglucose or 11C-methyl-losartan, 
respectively. The amount of tracer injected is low enough such that it does not affect the physiological process 
being imaged. Most isotopes are produced in a cyclotron and undergo radiochemical synthesis to be incorpo-
rated into a tracer molecule, requiring an onsite or local cyclotron due to the short half-lives. There has been 
a shift toward simpler and more cost-effective onsite alternatives, such as the generator-produced tracer 82Rb. 
Some of the most common clinical and research-based cardiac PET tracers, their characteristics, applica-
tions, and the associated imaging protocols are listed in Table 2.1 (Zober et al. 2006; Thackeray and Bengel 
2013; Danad, Raijimakers, and Knaapen 2013).

2.1.2 �C oincidence detection

PET is built on the technique of coincidence photon detection. When a positron is emitted as the radioisotope 
nucleus decays, it travels a short distance in the surrounding tissue, referred to as the positron range (Table 2.1), 
until it annihilates with an electron, resulting in the production of two 511 keV photons propagating in nearly 
opposite directions (Figure 2.1). Longer positron ranges result in lower reconstructed image spatial resolu-
tion. Upon leaving the body, if the photons are detected within the short interval of the coincidence timing 
window (3 to 12 ns), a prompt coincidence is recorded. Due to the finite width of the timing window, four 
types of coincidences can be detected: true (unscattered), Compton scattered, random (accidental), and cas-
cade (prompt-gamma). True coincidences are recordings of photon pairs that originated from a single decay 
event and did not undergo any scatter or attenuation by molecules in the body. Scattered events are recorded 
when one or both of the photons from a single decay event are Compton scattered within the tissue and sub-
sequently misaligned. Random coincidences are the result of two photons from separate decay events simul-
taneously striking opposing detectors (Figure 2.1) by chance. Cascade prompt-gamma coincidences occur 
when an annihilation photon is detected together with a scattered cascade gamma photon. Prompt-gamma, 
random, and scattered coincidences increase image noise and decrease contrast, depending on the amount of 
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radioactivity present in the scanner field of view (FOV), as well as the mass, density, and extent of the tissue 
traveled through. Corrections for these physical effects are required to obtain an accurate representation of 
the radiotracer distribution in the subject.

To detect many annihilation photons, a PET scanner is typically constructed of multiple circular rings of 
scintillation crystal detector blocks stacked together, allowing line of response (LOR) projections through the 

Table 2.1  Commonly used cardiovascular PET tracers

Radiotracer Half-life

Positron 

range (RMS) Physiologic application Imaging protocol

Clinical
82Rb-rubidium 1.27 min 2.6 mm Perfusion Rest/stress and gated
13N-ammonia 9.97 min 0.57 mm Perfusion Rest/stress and gated
18F-FDG 110 min 0.23 mm Glucose metabolism Rest/gated

Research
15O-water 2.07 min 1.0 mm Perfusion Rest/stress
15O-carbon monoxide 2.07 min Blood volume/contractile 

function

Rest/gated

18F-flurpiridaz 110 min 0.23 mm Perfusion Rest/stress and gated
18F-FTHA 110 min Fatty acid metabolism Rest and gated
11C-palmitate 20.4 min 0.39 mm Fatty acid metabolism Rest
11C-acetate 20.4 min Oxidative metabolism Rest/stress and gated
11C-KR31173 20.4 min Angiotensin II type I receptor Rest
11C-hydroxyephedrine 20.4 min Adrenergic receptor Rest

Source:	 Zober TG, Mathews WB, Seckin E et al. Nucl Med Biol, 33, 5–13, 2006; Thackeray JT, Bengel FM. J Nucl Cardiol, 20, 
150–165, 2013; Danad I, Raijmakers PG, Knaapen P. J Nucl Cardiol, 20, 874–890, 2013.

Coincident
event

d

a

b

c

β+

γ

γ

e–

Figure 2.1  Upon radioisotope decay (inset), a positron (β+) is emitted from the atomic nucleus, which travels 
through the tissue until it annihilates with an electron (e−). The resultant collinear annihilation photons (solid 
black lines) escape from the body and are detected as a coincidence event, indicating that the decay occurred 
along the LOR (dashed lines) connecting the two detectors. Four types of coincidences can be registered: 
(a) true (unscattered), (b) Compton scattered, (c) random, and (d) prompt-gamma (dotted line).
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subject to be obtained simultaneously at all angles around the object. The crystals are most often coupled to 
photomultiplier tubes that convert incoming scintillation photons to photoelectrons, which can then be pro-
cessed by the coincidence timing circuitry to determine if a valid event occurred, that satisfies the minimum 
energy and timing requirements. In the two-dimensional (2D) imaging mode used on previous generations 
of PET scanners, thin septa were placed between adjacent crystal rings to attenuate scattered photons, so 
that coincidences were only recorded using detectors within the same ring (direct-plane LORs) or in closely 
neighboring rings (cross-plane LORs). On current 3D PET systems, the septa have been removed, allowing 
for coincidence events along all oblique LORs to be recorded (Figure 2.2). While this mode increases the 
sensitivity of the system to true coincidences allowing for higher image quality, the sensitivity to scattered 
and random events is also increased so accurate corrections are even more essential compared to the older 
2D imaging mode.

2.1.3 �D ata storage, correction, and image reconstruction

A coincidence event indicates that an annihilation occurred somewhere along the line between two PET 
detectors, implying that the radioactive atom that decayed should be located along that same LOR. Using 
this method, coincidence events are recorded in projection LORs, defined by a particular radial and angular 
coordinate corresponding to each possible detector pair. Data from the LORs can then be organized into 
a histogram, where each bin corresponds to a unique radial and angular location in the FOV. A common 
histogram format is referred to as a sinogram, indicating that a point source of activity traces a sinusoidal 
shape when stored in this matrix form. Coincidence events can alternatively be stored in list-mode format, 
where each detector pair defining the LOR, along with the corresponding time of arrival, are stored as sepa-
rate entries. Multiple sinograms can then be created retrospectively as desired following data acquisition.

To correct for random, scattered, and prompt-gamma coincidences, subtraction of their measured or mod-
eled event rates from the total measured prompts is performed prior to image reconstruction, or addition of 
their event rates during reconstruction. Another physical effect that must be corrected is photon attenuation. 

Figure 2.2  Axial cross-section of a multiring PET system illustrating subsets of direct (dashed line), cross-
plane (dotted lines), and oblique (solid lines) LORs.
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Annihilation photons can be scattered out of the scanner FOV or absorbed (attenuated) by the tissue, decreas-
ing the probability that they will exit the body and be detected. To correct for this effect, acquired data are 
scaled using a map of the tissue attenuation coefficients in the FOV, typically obtained via a fast, low-dose 
coregistered computed tomography (CT) scan. Additionally, data must be corrected for the decrease in activ-
ity over time due to the effect of radioisotope decay.

Further corrections are required to account for the detector-related effects of nonuniform efficiency and 
dead-time losses. To ensure optimal detection sensitivity, daily quality assurance is required to check that the 
detector response has not drifted in comparison to an established reference scan. Dead time is dependent on 
the type of scintillation material used and is defined as the period during which the detector (and associated 
electronics) is processing an event, rendering it unable to detect any additional events, resulting in an under-
estimation of tracer activity. The lost counts can be compensated using a model of the scanner’s response to 
a range of measured count rates acquired during a decaying-isotope calibration scan. All of these previous 
corrections must be performed as part of the tomographic reconstruction process to obtain accurate images 
of isotope activity concentration (Bq/cc).

To obtain an image of the tracer distribution from a sinogram, 2D image reconstruction can be per-
formed. In this approach, each tomographic plane of data is treated independently and a single transaxial 
plane is reconstructed at a time. While analytic filtered back projection (FBP) has been the most common 
reconstruction method, it has been largely replaced by iterative techniques including maximum likelihood 
expectation maximization and ordered subset expectation maximization, due to the availability of more 
powerful computers and the shift to 3D imaging technology.

Iterative reconstruction techniques provide images with decreased noise in comparison to FBP by 
modeling the Poisson noise from the raw coincidence counts, particularly within areas of high tracer 
uptake. With 3D reconstruction, additional information about the detector geometry and timing of the 
coincidence events can also be incorporated to yield more accurate images. When a photon near the edge 
of the transaxial FOV strikes a detector, it does so at an angle and may first travel through (or be scattered 
in) an adjacent crystal, causing a distortion in the placement of the LOR. To compensate for this effect, 
the detector point spread function (PSF) can be incorporated into the reconstruction algorithm. The PSF 
describes the response of each detector to a point source, and it can be obtained analytically, through 
simulations or experimental measurements. Once incorporated into the reconstruction algorithm, the 
recorded counts can be more accurately positioned in their original spatial locations, thereby improv-
ing spatial resolution. Furthermore, fast detectors with high light output can provide picosecond timing 
resolution, allowing the approximate location of the coincidence event along the LOR to be determined 
using the difference in arrival times of the two annihilation photons. This technique is referred to as 
time-of-flight (ToF), and it allows the spatial locations of individual events to be constrained to a shorter 
distance along the LOR during reconstruction, resulting in a higher image signal-to-noise ratio for the 
same number of recorded counts. Both ToF and PSF modeling results in better quality images and provide 
higher accuracy for estimates of physiologic quantities, including myocardial blood flow (MBF), metabo-
lism, and cell signaling (Akamatsu et al. 2012; Armstrong, Tonge, and Arumugam 2014).

2.1.4 �Q uantification

From the reconstructed tomographic images, the spatial and temporal distributions of the radiotracer in the 
organ of interest are obtained. With the appropriate corrections, calibration, and knowledge of the specific 
activity (GBq/mmol) of the administered tracer, the isotope activity or tracer molar concentration per unit 
of tissue volume (Bq/cc or mmol/L) can be assessed quantitatively. Semiquantitative biodistribution analysis 
can also be performed, where the activity concentration is normalized by the total amount of activity injected 
and the subject body weight to determine the standard uptake value in g/cc or g/mL. Additionally, dynamic 
PET imaging can be used to assess in vivo physiology, biochemistry, or receptor binding of a tracer by quan-
tifying properties such as organ perfusion (mL/min/g), substrate metabolism (mol/min/g), receptor density 
(pmol/cc), or receptor-ligand binding potential (Bmax/Kd) (Beauregard et al. 2007).
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2.2 � X-RAY CT PRINCIPLES

2.2.1 �H istory

First invented by Godfrey Hounsfield in the 1960s, the CT scanner produces tomographic slices of the object 
in the FOV. The CT consists of a rotating gantry with an x-ray source that “illuminates” the subject and an 
array of x-ray detectors that measure the x-ray intensity that penetrates the subject. The detected signal forms a 
projection (shadow) that corresponds to the integral attenuation by the subject along lines between the corre-
sponding sources and detector, as in radiography. The rotating gantry, depicted in Figure 2.3a, enables imaging 
from all projection angles, which are then used to reconstruct transaxial images (tomograms) of the relative 
attenuation distribution within the FOV. Using a combination of multislice detectors and a moving patient 
bed, many tomograms can be stacked to generate a volume image of the subject anatomy (Kalender 2005).

2.2.2 � X-ray sources

X-ray (initially called Röentgen) radiation is created by bombarding a target material (e.g., tungsten) with 
electrons that have been accelerated across an electrically charged gap. Most commonly, an x-ray tube such 
as depicted in Figure 2.3b is employed. A filament coil is heated using an electric current generating a cloud 
of excited electrons. A strong electric field is induced between the cathode (negatively charged) filament and 
the anode (positively charged) target, which accelerates the electrons toward the target. The target is typically 
devised as a rapidly rotating disk coupled to a heat-dissipating material (e.g., copper) and liquid cooled.

As the electrons bombard the target, they undergo physical interactions, resulting in the production of 
x-radiation emission. A fraction of the electrons will “knock out” orbital electrons in the target material, and 
as these vacancies become filled by free electrons, discrete, characteristic energy photons are emitted. The 
majority of the photons are produced by scattering of the electrons within the target material, producing a 
broad spectrum of photon energies called Bremsstrahlung radiation. The maximum energy photons (and the 
photon energy spectrum) are determined by the tube voltage measured in kV, and the quantity (flux) of pho-
ton is determined by the electric tube current measured in mA; these two parameters are important controls 
of the x-ray radiation used during imaging. Higher kV and mA values result in higher-quality images, but 
also increased radiation dose to the patient.

Since low-energy photons are readily absorbed by the body, they do not contribute to the imaging process 
but greatly increase the patient radiation dose; a hardening filter (typically made of aluminum) is used to 

X-ray
source

FOV

Detector
array

Filament
supply
voltage

Cathode
filament

Anode
target

mA kV

– +

e– stream

Beam hardening filter
Bowtie filter

Beam collimator

(a) (b)

Figure 2.3  (a) Typical CT scanner configuration consisting of a rotating gantry with x-ray source and curved 
detector array defining the transaxial FOV. (b) X-ray source diagram consisting of the x-ray tube, filters, and 
collimator. The tube voltage (kV) and current (mA) are important controls in a CT scanner.
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attenuate these low-energy photons, while transmitting most of the high-energy photons. A bow-tie filter 
may also be employed to reduce beam intensities at the edge of the FOV, so as to reduce radiation exposure 
to the extremities, which are thinner than the torso. Finally, a beam collimator is used to absorb all photons 
that are outside of the detector coverage.

2.2.3 � X-ray detectors

Current CT detectors are typically composed of an array of fast scintillating materials coupled to semicon-
ductor detectors (Kalender 2005). Most commonly, the detectors are arranged in a long row (arc with ~1 m 
radius centered about the x-ray source) consisting of hundreds of individual detector elements, enabling to cap-
ture projections of a single slice through the patient. The detectors are coupled to an antiscatter collimator, 
which is designed to reject off-axis photons that have scattered in the patient and are a source of image noise. 
Variability in the sensitivity of each detector element is expected due to inconsistent manufacturing and 
geometric efficiency. A periodic air calibration scan, without anything in the FOV, is conducted as part of 
a quality assurance system to account for the relative sensitivity of each detector element (Goldman 2007).

2.2.4 � 2D reconstruction (full-scan and half-scan)
CT instrumentation measures the integral x-ray attenuation along finely spaced line integrals or projections 
between the x-ray source and the detector elements. Projections from all (360°) angles are fed into a computer 
algorithm to reconstruct images of the FOV. The realization that opposing line integrals offer redundant 
information has resulted in the use of half-scan (180° + ½-scan-angle) over full-scan (360°) image reconstruc-
tion (Kalender 2005). Half-scan imaging can be used to increase axial sampling (with x-ray source focal spot 
axial shifting) and improve temporal resolution.

Image reconstruction is developed as an integral part of any CT scanner and must account for the specific 
scanner geometries. FBP has been used in CT reconstruction since its conception (Webb 1992). Prior to “smear-
ing” the projection signal back onto the image space, it is ramp-filtered to correct for the higher sampling density 
at the center of FOV (rotation) compared to the radial edges. Additional (low-pass) filtering may be applied to 
reduce image noise. With modern parallel computers, FBP tomographic image slices are reconstructed in a frac-
tion of a second.

2.2.5 �R adiodensity quantification (HU)
CT images represent the relative attenuation, or radiodensity, of the materials in the FOV. Image intensity is 
commonly scaled to Hounsfield units (HU), which is defined to be 0 for distilled water at standard room tem-
perature and pressure and −1000 HU for air, thus giving consistent numbers for soft tissues as demonstrated in 
Figure 2.4 (Mark et al. 2010). Accurate conversion between HU and linear attenuation coefficients is typically 
not possible due to the polyenergetic spectrum of x-ray sources (as illustrated for aluminum). Nonlinear con-
version to electron-density units (e.g., for the purpose of proton therapy planning), however, has been demon-
strated (Matsufuji et al. 1998). CT images are usually represented on a 12-bit scale of −1000 (air) to 3091 (dense 
bone) HU; however, depending on the FOV and organ of interest, the image intensity can be “windowed” 
to increase image contrast. Contrast agents (e.g., iodine-based to highlight blood) may be administered to 
enhance contrast between tissues or to evaluate physiologic function (e.g., ventilated lung volume with xenon 
gas, perfusion with iodinated blood contrast) (Lusic and Grinstaff 2013). The contrast-enhanced HU values are 
dependent on the in vivo contrast concentration.

2.2.6 �D ata acquisition

Data acquisition commences with positioning of the patient on the scanner bed and determining the axial range 
for imaging. Based on multiple considerations such as organ of interest, camera type, patient size, radiation dose, 
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image quality, and temporal resolution, exposure parameters must be preconfigured prior to data acquisition. 
For all imaging modes, the tube voltage (kV), tube current (mA), and gantry rotation time (ms) are required.

In order to acquire images with large axial range (e.g., whole body), the step-and-shoot acquisition mode 
was first introduced, in which the bed is shifted at fixed intervals and remains stationary during acquisition, 
as illustrated in Figure 2.5a. To shorten scans with long axial extents and to increase spatial resolution, spiral 
(or helical) acquisition was later developed. The bed moves at a constant velocity through the scanner, as the 
gantry is rotated continuously, resulting in spiral coverage of the patient, as illustrated in Figure 2.5b. The rate 
at which the bed moves compared to the gantry rotation time is referred to as the pitch. Large pitches result in 
shorter scan times at the expense of poorer spatial resolution and possible gaps in the coverage.

Dynamic-cine acquisitions (Figure 2.5c) can be used to monitor changes in the FOV over time, especially 
as a contrast agent is administered and distributed. The bed remains stationary throughout the imaging ses-
sion and a series of images is acquired at different times, generating a cine-graph. Variations of the dynamic 
acquisition exist in which the bed is “rocked” between two positions, increasing the FOV at the expense of 
temporal resolution.

Cardiac CT has seen tremendous growth in recent years and requires special considerations due to cardiac 
motion (Mark et al. 2010). Gantry rotation speeds (3 to 0.5 rotations per second) are on the order of a resting heart 
rate (HR) (1 beat per second). Thus, image reconstruction using a single continuous acquisition results in imaging 
artifacts associated with projections being acquired at different phases of the cardiac cycle (Mark et al. 2010). In 
order to synchronize all projections to the same heart phase, electrocardiography (ECG) gating is recorded dur-
ing data acquisition. ECG gating can be used either prospectively or retrospectively (Moorees and Bezak 2012).

In prospectively gated acquisitions, the x-ray beam is modulated based on the ECG to turn on only during 
predefined phases of the cardiac cycle (e.g., 70%–80% of the R–R interval associated with end-diastole, in 
which dilation is maximal and motion is minimal), resulting in reduced radiation dose to the patient. Since 
several heart cycles are required for a single acquisition of any slice, prospective acquisitions are used in the 
step-and-shoot mode.

Retrospectively gated acquisitions consist of continuous x-ray acquisition (and beaming) with simultane-
ous ECG signal recording. After acquisition is complete, any cardiac phase may be reconstructed, affording 
the ability to monitor heart wall motion, but at the cost of greater radiation dose to the patient. Retrospective 
gating can be performed with spiral CT and a low pitch, to avoid large gaps in the projection data of each 
cardiac phase (Mark et al. 2010).

To reduce patient radiation doses, the tube current can be modulated to the parts of the image acquisi-
tion that are of interest and to achieve a target signal to noise ratio. In prospective gating, the x-ray beam is 
switched on only for portions of the cardiac cycle that are on interest (e.g., 70%–75% of the R–R interval) 
(Goldman 2007; Mark et al. 2010). Current modulation is further applied based on gantry rotation angle so 
that higher beam intensities are used to image thick cross-sections and lower intensities are used for thin 
cross-sections (e.g., sagittal vs. coronal views of the thorax), thus producing a relatively constant detected 
signal intensity for all projection angles.

2.2.7 �M ultislice detection geometry

Modern clinical scanners employ multirow detectors enabling to reconstruct multiple slices from a single bed 
position. While the number of detector rows is an important property of a CT scanner, vendors often report 

(a) (b) (c)

Figure 2.5  CT acquisition modes with rings representing scanner projection angles over the scan time (rang-
ing from dark to light). (a) Step-and-shoot, (b) spiral-helical, and (c) dynamic-cine.
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the number of reconstructed slices, which can be doubled by longitudinally shifting the z-ray source slightly 
throughout the gantry rotation. The total detector width determines the volume of coverage of the scanner, 
and the number of rows (and their corresponding width) is an important factor of the axial spatial resolution. 
Typically, detector rows are (0.5–1.5 mm) wide and may vary from thin (center) to wide (axial extents) in 
order to account for varying angles of intersection of the x-ray beam with the detector (Kalender 2005). On 
single-slice scanners, axial coverage is therefore as small as 5 mm; however, with multislice (as many at 320) 
scanners, axial coverage as large as 12 cm is now available, enabling to image the entire heart within a single bed 
position—which is particularly advantageous for contrast imaging of rapid concentration changes.

2.2.8 �D ual-source and dual-energy systems

CT scanners with two sets of sources and detectors have seen increased interest in recent years due to their 
improved temporal resolution and ability to image at two tube voltages (energies) simultaneously. The improved 
temporal resolution of dual-source systems is especially of interest in cardiac applications, enabling motion artifact 
free imaging in patients with elevated HRs due to disease or stress conditions. While numerous applications of 
dual-energy CT imaging have been demonstrated (e.g., reducing beam-hardening artifacts, tissue characteriza-
tion, contrast enhancement, and virtual enhancement) and are possible with sequential imaging on a single-source 
scanner, dual-source scanners can simultaneously acquire both energy projections, improving data coregistration, 
especially in the presence of motion (cardiac, respiratory, patient, and contrast distribution) (Silva et al. 2011).

2.2.9 �C one-beam reconstruction

Fan-beam image reconstructions has been successfully employed for decades on single-slice CT and scan-
ners with few slices, where the x-ray beam can be assumed to be thin in the axial direction. However, with 
multislice CT (>four slices) with large axial coverage, the x-ray beam covers a conical volume in order to 
illuminate all the detectors. Off-center objects are projected onto different rings as the gantry is rotated, 
and therefore, standard 2D reconstruction produces artifacts (Kalender 2005). Specialized cone-beam recon-
struction is required for cone-beam geometries; typically, these algorithms “rebin” the projection data into 
parallel off-axis slices before employing fast 2D reconstruction algorithms to generate slice images.

2.2.10 � Iterative and model-based reconstruction

More advanced iterative reconstruction methods have been developed that model the imaging physics (e.g., 
beam hardening and photon scatter) more accurately, producing images with improved spatial resolution 
and reduces noise (Pan, Sidky, and Vannier 2009). Due to significantly more complex computations, special-
ized computing hardware is required to iteratively reconstruct images within a reasonable time that would 
not adversely impact clinical workflow. The higher quality of iteratively reconstructed images compared to 
FBP can be traded off to reduce patient radiation exposure while maintaining desired image quality. Iterative 
image reconstruction is typically offered as an optional add-on and therefore is not available in all installa-
tions (Pan, Sidky, and Vannier 2009).

2.3 � PET IMAGING TECHNIQUES

Several imaging modes are used commonly in clinical practice and research studies to measure myocardial 
perfusion, metabolism, and cell signaling:

	 1.	 Whole-body/static imaging of relative organ distribution after blood clearance
	 2.	 ECG-gated cine-imaging of contractile function after blood clearance
	 3.	 Respiratory-gated cine-imaging of respiratory motion after blood clearance
	 4.	 Dynamic imaging of temporal kinetics during blood clearance and organ distribution
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List-mode imaging is standard on current PET-CT systems, recording individual coincidence counts in a file 
that can be “replayed” to reconstruct images in any/all of the modes listed previously, from a single injection 
(Figure 2.6). This allows tremendous flexibility for clinical applications and research.

2.3.1 � Whole-body imaging of tracer biodistribution

High-throughput PET imaging studies are typically performed in static imaging mode, after clearance from 
the blood and following stable uptake into the tissues/organs of interest. Routine clinical perfusion/viability 
studies are a typical example, as shown in Figure 2.7. The tracer (e.g., fluorodeoxyglucose [FDG] for viability) 
can be administered to the patient outside the scanner, and after some time is allowed for tissue/organ uptake 
(40–60 min delay), the patient is positioned on the scanner bed for imaging (2–20 min scan). If the heart is 
the only organ of interest, a single bed position is sufficient to complete the scan. However, if other organs are 
targeted, then multiple (overlapping) bed positions are scanned, reconstructed, and assembled into a “whole-
body” image with the prescribed axial coverage (Figure 2.8a). The scan time depends generally on the injected 
activity and desired spatial resolution; therefore, the radiation dose to the patient can be minimized in some 
cases by injecting less activity, at the expense of longer scan times and/or lower resolution images recon-
structed with more spatial filtering. For some short half-life perfusion tracers such as 82Rb and 13N-ammonia, 
the uptake time is very short (1–2 min) so the injection is typically performed with the patient on the scanner 
bed for added convenience.

2.3.2 �ECG -gated imaging of ventricular function

If cardiac triggers are recorded in the list-file from the R-wave of the ECG signal, then each R–R interval 
can be divided into a number of equally spaced phases or “gates.” When scanned over many heartbeats, the 
counts in each cardiac phase are used to reconstruct cine-loop images of the beating heart, in a single-bed-
position scan. The number of gates depends on the desired image quality, again determined by the injected 
activity and scan time. For perfusion imaging, 8–16 gates/cycle are generally sufficient for analysis of left and 
right ventricle ejection fractions, regional wall-motion, and wall thickening. For blood-pool imaging, 24–32 
gates/cycle have been used to also evaluate second-order contractile effects such as atrial-kick. ECG-gated 
perfusion imaging with 82Rb or 13N-ammonia is used commonly to measure the stress-rest left ventricle 
(LV) ejection fraction reserve, reflecting the immediate contractile effects of ischemia at the exact time 
of peak-stress.

CTAC PET rest imaging PET stress imagingCTAC or CAC CAC/CTA

CTAC: computed tomography attenuation correction
CAC: coronary artery calcium (CT)
CTA: computed tomography angiography

Vasodilatation stressor

Contrast agent

Optional 40–60 min

82Rubidium or
13N-ammonia

82Rubidium or
13N-ammonia

PET viability imaging

18F-FDG

Oral glucose loading

or
Optional

Figure 2.7  Integrated cardiac PET/CT protocol for myocardial perfusion/viability imaging.
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2.3.3 �R espiratory-gated imaging

Analogous to cardiac-gating, a breathing monitor such as pressure-belt or fiducial-marker tracking system 
can be used to record respiratory-gated triggers into the list-data and reconstruct cine-loop images showing 
heart displacement over the respiratory cycle. This is extremely useful to detect inferior-wall artifacts that 
may result from excessive breathing motion such as upward-creep following exercise stress, or in patients 
with chronic obstructive pulmonary disease or large breathing response to pharmacologic stress. The nor-
mal incidence of respiratory-motion artifacts appears to be low (~1%–2%) for routine clinical rest-stress 
perfusion imaging. Dual cardiac- and respiratory-gating has the potential to improve PET image resolution 
using “motion-frozen” techniques developed originally for single photon emission computed tomography 
(SPECT).

CT attenuation correction (CTAC) is an integral component required for accurate PET-CT imaging. For 
most cardiac applications, a fast (1–2 s) normal-end-expiration CT scan is adequate in patients with quiet 
shallow breathing because more time is spent in the expiratory- vs. inspiratory-phase during the PET acqui-
sition. In some cases, end-expiration PET or respiratory phase-matched PET-CTAC has been suggested to 

(a)

(b) (c)

SA
MPR

HLA
MPR

VLA
MPR

Figure 2.8  FDG PET-CT images of cardiac sarcoid in a 56-year-old woman with newly diagnosed third-degree 
atrioventricular block due to cardiac sarcoidosis. (a) whole-body MIP image shows multi-focal FDG uptake in 
the mediastinal and hilar lymph nodes, heart, and spleen. (b) Transaxial slice of fusion PET-CT shows focal 
myocardial FDG uptake in the basal interventricular septum and lateral wall. (c) Cardiac fusion FDG + perfu-
sion images demonstrate focal FDG uptake in the septal, anterior, inferior, and lateral walls (color), while Rb-82 
perfusion is normal (grey).
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improve accuracy, for example, following treadmill exercise or hyper-capnea stress. Phase-matched attenu-
ation correction also requires respiratory-gated 4D-cine-CT, which can increase the radiation dose to the 
patient, unless additional CT dose-reduction strategies are employed. For vascular imaging applications 
(e.g., aortic plaque), small offsets in the PET-CTAC misalignment outside the heart can produce apparent 
uptake in the vessel wall that may be misinterpreted as physiologically relevant.

2.3.4 �D ynamic imaging for quantification of physiologic 
and molecular function

An important PET advance on static imaging is to characterize the behavior of the radiotracer with dynamic 
imaging starting immediately from the time of injection to assess quantitative kinetic physiologic rate. The 
dynamic PET molecular imaging can characterize rate of perfusion, substrate metabolism, and receptor bind-
ing. To obtain the tissue response, the PET kinetic analysis needs usually the assessment of the radioactivity in 
arterial blood vs. time, the input function, and a physiological model describing the behavior in the myocardial 
tissue, the kinetic model. Compartment models convolving the input function with a tissue response equa-
tion, Patlak graphical analysis for an irreversible radiotracer like 18F-FDG phosphorylated and trapped within 
the cell (Logan 2000), and Logan graphical analysis for a reversible binding radiotracer like 11C-epinephrine 
to assess sympathetic neuronal activity (Bengel 2011) are the main PET cardiac quantitative kinetic analysis.

2.3.4.1 � PERFUSION

Myocardial perfusion imaging (MPI) is the most common test used to diagnose coronary artery disease (CAD) 
using relative tracer uptake (0%–100% of maximum) (Figure 2.9a). Absolute MBF uses tracer kinetic modeling 
to assess quantitative perfusion (mL/min/g) as illustrated in Figure 2.9b. This approach is helpful to characterize 
the difference between normal and abnormal perfusion or specific diseases where relative imaging cannot dis-
tinguish between normal and globally reduced perfusion, such as balanced triple-vessel disease or microvascu-
lar disease. There is a distinction in the imaging protocol used to perform MPI or MBF imaging; measurement 
of the early phase (first-pass) of the radiotracer transit, when the maximum activity is in the blood, is critical 
for accurate assessment of MBF using dynamic imaging. The ideal characteristics of a radiotracer to assess MBF 
are high first-pass extraction and subsequent retention in the myocardial tissue, combined with a fast clearance 
from the blood. 15O-water, 13N-ammonia, and 82Rb-chloride can reliably assess quantitative MBF. The first-pass 
extraction and net retention fractions are well known (Figure 2.10) in comparison to 18F-flurpiridaz, which 
appears to be a promising cardiac perfusion radiotracer (Danad, Raijmakers, and Knaapen 2013).

Coronary atherosclerosis limits the vasodilatation capacity of the arterial vessels. Performing PET perfu-
sion scans at rest and stress combined with a CT scan for attenuation correction (and coronary artery calcium 
[CAC] or angiography [CTA]) is a highly accurate technique to assess CAD. Pharmacological stressors for 
coronary vasodilatation of the epicardial vessels and the microcirculation are typically used rather than exer-
cise due to the short half-lives of PET perfusion tracers. The common stressor drugs are adenosine, adenosine 
triphosphate (ATP), regadenason, dipyridamole, and dobutamine (Table 2.2).

Adenosine and regadenason primarily induce vasodilatation of the vascular smooth muscle in the epi-
cardial and microcirculation; indirectly, this also causes vascular endothelium-mediated vasodilatation 
in response to shear stress to obtain maximal MBF response (Lupi et al. 1997). Dipyridamole acts indi-
rectly by inhibiting adenosine reuptake, and this increased intramyocardial adenosine concentration acti-
vates the coronary A2A adenosine receptors (Kjaer et al. 2003). With a different mechanism, dobutamine 
acts through the adrenergic receptor system, as a strong β1, moderate β2, and mild α1 agonist to increase 
myocardial work and oxygen demand (Miyashiro and Feigl 1993; Craig, Haskins, and Hildebrand 2007). 
Dobutamine increases the HR and contractility, in turn increasing the oxygen demand, and thus induces 
coronary vasodilatation to supply the required blood and nutrients. The maximal MBF evaluation mea-
sured using these pharmacological stressors gives a measure of the absolute perfusion reserve (stress/rest 
ratio), which is an indicator of the health of the coronary vasodilator function or ability to provide blood 
according to the cardiac demand. The cutoff used to describe an abnormal flow reserve is typically a value 
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lower than 2.0 mL/min/g, but there are many factors such as resting hemodynamics and age that should also 
be taken into consideration when interpreting myocardial flow reserve.

2.3.4.2 � METABOLISM

The mechanism of cardiac metabolism is important for understanding how to assess normal and disease 
adaptations of the heart. Energy metabolism and control are complex and good knowledge of those pathways 
and the cardiac remodeling pattern can improve the cardiovascular imaging investigation. ATP reserve in 
the myocardial cells supports only a few heartbeats before failure, and this could explain why the heart easily 
adapts itself to be able to burn a broad range of energy substrates (Stanley, Recchia, and Lopaschuk 2005). 
Oxidation of the fatty acids and carbohydrates are the most predominant energy sources for the heart and to 
a lesser degree the ketones, lactate, pyruvate, and amino acids. The strength of cardiovascular PET-CT imag-
ing is the ability to evaluate MBF through the coronary arteries and microcirculation and the assessment of 
heart metabolism. Several PET radiotracers are available to perform those studies (Figure 2.10 and Table 2.1). 
13N-ammonia, 82Rb-rubidium, and 18F-FDG are the most common and clinically accepted radiotracers used 
to diagnose CAD and myocardial viability. For cardiac research, the same radiotracers can be used; others are 
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Figure 2.10  (a) PET radiotracer uptake rate (MBF × extraction-fraction = K1) and (b) retention rate (MBF × 
retention-fraction) as a function of MBF.

Table 2.2  Pharmacologic stress agents for PET MPI

Stressor Target Mechanism Dose Half-life

Adenosine Purinergic (P1) receptor 

agonist

Systemic smooth 

muscle vasodilatation 

0.14 mg/kg/min for 

4–6 min

~30 s

Dipyridamole Adenosine reuptake 

antagonist

Systemic smooth 

muscle vasodilatation

0.14 mg/kg/min for 

4–5 min

3–12 

min

Regadenason A2A adenosine receptor 

agonist

Coronary smooth 

muscle vasodilatation

0.4 mg single injection 2–3 min

Dobutamine Strong β1 agonist, 

moderate β2, and mild 

α1 adrenergic receptor 

agonist

Coronary neuronal and 

metabolic mediated 

vasodilatation

10, 20, and 40 μg/kg/

min incremental doses 

± atropine

2 min
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mentioned in the Table 2.1 and many more are available to investigate more specific receptor targets, pathol-
ogy pathways or metabolism to increase our knowledge about cardiac disease, therapy, and novel treatment.

Normal heart oxidative metabolism is usually one-third glucose oxidation and two-thirds fatty acid 
beta-oxidation. Glucose is converted to pyruvate and the fatty acids to acyl-Coenzyme A (CoA), and both 
of them turn to acetyl-CoA to be metabolized in the Krebs cycle to generate energy (ATP) through oxi-
dative phosphorylation (Lopaschuk et al. 2010). Under ischemic conditions, when there is reduced blood 
supply, lactate production and anaerobic glucose consumption (glycolysis) are promoted (Yoshinaga and 
Tamaki 2007). Repetitive ischemic episodes lead to an adaptation of the myocardial cell to down-regulate 
its contractile function and metabolism to preserve viability. 18F-FDG uptake reflects only the initial steps 
of exogenous glucose metabolism (transport and phosphorylation) and stops before the process of oxida-
tion or glycogen formation. PET-CT viability imaging assesses the regions of the heart where perfusion is 

VLA
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VLA
MPR

HLA
MPR

HLA
MPR HLA

VLA

13N-ammonia perfusion + 18FDG metabolism

(a) (b)

LV 73% LV 90%
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Figure 2.11  13N-ammonia (grey) and 18FDG (color) perfusion + metabolism (or viability) images (a) and LV 
polar-maps (b) demonstrating substantial hibernating myocardium (metabolism–perfusion “mismatch”) in the 
basal anterior and lateral walls (red), with nontransmural scar (perfusion + metabolism “match” defects) and 
minimal hibernating myocardium at the apex and distal inferior walls (yellow and blue). FDG uptake is assumed 
to be normal (viable myocardium) in the basal inferoseptal wall, which is the region of maximal perfusion.
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Figure 2.12  Cardiomyocyte mechanisms of uptake and clearance for the principal cardiac PET radiotracers 
used for perfusion and metabolism imaging.
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decreased at rest, compared to uptake of 18F-FDG, indicating the difference between cell survival (viability) 
or fibrotic tissue (scar), to determine recommendations for the benefit of revascularization (Figure 2.11). 
The ideal radiotracer for myocardial viability imaging should have the following characteristics: trapping 
inside the myocyte, inert after one metabolic step, high extraction from the blood, and fast blood clearance. 
If dynamic scanning is performed starting from the time of injection, then techniques of compartmental 
modeling can be used to assess the metabolic rate of radiotracer uptake used to generate energy to fuel car-
diac contractile work.

In cardiac research, several radiotracers are used to assess different pathways of energy metabolism 
(Figure 2.12). For instance, 11C-acetate is used to assess total oxidative metabolism (clearance rate) and also 
MBF (uptake rate). 18F-FDG is used to measure rate of exogenous glucose uptake (μmol/min/g). Fatty acid 
uptake or beta-oxidation rates can be evaluated with 18F-FTHA or 11C-palmitate, respectively. These and other 
tracers are used with PET-CT imaging, which is a powerful tool for assessing the improvement, localization, 
survival, and metabolic adaptation in regions of myocardial infarction (MI) before/after therapy.

2.3.4.3 � CELL SIGNALING

Beyond MBF and metabolism, the sympathetic nervous system, a component of the autonomic nervous system, 
can also be studied using PET-CT. Heart adrenergic receptor imaging of the sympathetic nerves has been used 
in diabetic, ischemic, and cardiac transplant states. Receptor density and function assessment may help improve 
the diagnosis and management of patients with heart failure following MI. Using the false neurotransmitter 
11C-hydroxyephedrine (11C-HED), PET-CT dynamic imaging has shown that reduced retention (regional dener-
vation) may be an early marker of CAD without evidence of MI (Thackeray and Bengel 2013) and i s associated 
with poor prognosis in patients receiving implantable cardioverter defibrillator (ICD) for primary prevention 
of ventricular fibrillation. As a second example, the renin-angiotensin system (RAS) is implicated in heart fail-
ure progression and cardiac remodeling following MI. Interest is increasing to develop strategies to mitigate 
the maladaptive mechanisms following myocardial injury. Medical therapies targeted at the RAS have demon-
strated an outcome benefit after MI, whereas overexpression of angiotensin II type I (AT1R) has been associated 
with hypertrophy and fibrosis observed in the heart. 11C-KR31173 imaging of AT1R receptor density has been 
shown to predict the risk of adverse cardiac ventricular remodeling (Zober et al. 2006).

2.4 � CT IMAGING TECHNIQUES

2.4.1 �C oronary CT angiography

Coronary CT angiography (CCTA) can be performed with prospective (single-phase) or retrospective (mul-
tiphase) ECG-gating (Abbara et al. 2009). A critical difference between these two techniques is the radi-
ation exposure, with a reduction of up to 90% using prospective gating. During retrospective gating, the 
x-ray source is on continuously, and only data with the least cardiac motion are selected for reconstruction 
and/or interpretation. With prospective gating, the x-ray source is only active during a prespecified cardiac 
phase, typically during diastole, in which there is less motion (Dilsizian, Pohost, and Nieman 2010). The 
introduction of prospective gating has seen a significant decrease in the radiation dose and hence has made 
CCTA more readily considered as an initial diagnostic test. The disadvantage of prospective gating is that 
image reconstruction is possible only during the limited prespecified phases. No assessment of ventricular 
contractile function can be made due to the fact that images are unavailable from the entire cardiac cycle. 
Retrospective gating is now typically reserved for patients who need assessment of ventricular function and 
who might be at risk of ventricular arrhythmias, where beat-by-beat ECG-editing can be used to select the 
most appropriate phase of the cardiac cycle to reconstruct for optimal visualization of the coronary arteries.

The importance of HR is shown by the improved accuracy seen with HRs <60 bpm on some cardiac CT 
scanners (Abbara et al. 2009). Beta-blockers have superseded calcium channel blockers as the drug of choice 
to lower the HR, except in patients with specific contraindications. Metoprolol is the most widely used beta-
blocker due to its safety profile in congestive heart failure patients and chronic obstructive pulmonary disease 
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patients. Atenolol may be used for patients with hepatic dysfunction. Esmolol is advantageous with its short 
half-life (9 min). Lanodiolol has an even shorter half-life and offers better potency compared to metoprolol. 
Metoprolol can be administered in one of two ways: 100 mg given 1 hour before the scan or 50 mg given 
12 hours prior to the scan and another 50 mg 1 hour before the scan. Intravenous (IV) metoprolol can be 
used to supplement oral metoprolol or as the sole agent. Increments of 5 mg IV metoprolol can be given 
until achievement of the target HR. As a general rule, active bronchospastic diseases are a contraindication 
to beta-blockers. Administration should also be avoided in patients with advanced heart block (especially 
known or suspected sick sinus syndrome), unexplained presyncope or collapse, and concurrent use of other 
antiarrhythmics (especially calcium channel blockers, digoxin, or amiodarone).

Nitrates are typically administered immediately prior to CTA for coronary vasodilatation and enhance-
ment of image quality; 400–800 μg of sublingual nitrates is given a few minutes prior to the scan (Abbara 
et al. 2009). Hypotension is to be expected, but as the procedure is performed in a supine position, this is 
generally safe. Contraindications to nitrates include erectile dysfunction medications: sildenafil, vardenafil, 
or tadalafil, or sildenafil taken for pulmonary hypertension. Other contraindications relate to deleterious 
consequences of systemic vasodilatation. These are inferior wall MI with right ventricle involvement, pro-
nounced hypovolemia, raised intracranial pressure, cardiac tamponade, constrictive pericarditis, severe aor-
tic stenosis, and hypertrophic obstructive cardiomyopathy. Breath-holding at end-inspiration is important 
with regard to minimizing respiratory motion; explicit instructions with a practice scan are recommended.

Acquisition data padding is defined as the time the x-ray beam is on, beyond the minimum time required 
to acquire an image of the heart at a single point in the middle of diastole (Labounty et al. 2010). While it 
would be logical to expect a higher duration of exposure to result in better interpretation due to the acquisi-
tion of more cardiac phases, this is not necessarily the case. LaBounty et al. (2010) showed in their study that 
there was no statistically significant improvement in image interpretability associated with the increase in 
radiation dose due to padding duration. Critical to the no-padding approach that was reinforced in this study 
was the importance of adequate HR control; all the patients had a HR < 65 bpm.

In the current era of “imaging gently,” radiation exposure has come under increased clinical focus and 
also public awareness, and strategies to reduce the radiation dose are important to maximize the benefit-
to-risk ratio. In addition to prospective gating and zero padding, reducing the energy of the scans has been 
explored. Decreasing the maximum energy of the x-ray beam from 120 kVp to 100 or 80 kVp has also seen 
significant reductions in radiation dose (Abbara et al. 2009), proportional to the square of the tube voltage 
change. It may be appropriate in rare circumstances to use 140 kVp in extremely obese patients, but reducing 
to 100 or 80 kVp sees a 30%–50% reduction in dose in small patients, with preservation of adequate contrast-
to-noise ratio. Increase in tube current is proportional to radiation dose. Larger patients will need higher 
tube current to reduce image noise and overcome higher tissue attenuation. This should be balanced carefully 
according to the patient body habitus and minimal diagnostic image quality.

Intravascular iodine contrast agents are often used to improve vessel opacification and improve contrast 
to noise ratios (Abbara et al. 2009). Optimal images require intra-arterial opacification with target values 
>250 HU. Lower contrast viscosity and higher injection rates at lower injection pressures are possible with 
warming of the contrast agent. Injection duration should be as long or slightly longer than the scan duration. 
In patients with higher cardiac output, the injection rate should be increased to maintain optimal timing of 
arterial opacification. The typical contrast volume load ranges from 50 to 120 mL. Dual-head power injectors 
are preferred to single-head pumps, allowing contrast to be followed by a saline-push injection or followed by 
a mixture of contrast with saline. Biphasic or triphasic protocols are recommended in different clinical set-
tings. Biphasic protocols have two stages, with the initial phase of 4–7 mL contrast (dependent on scan length) 
and a second injection of 40–50 mL saline push. This protocol is optimal for left ventricle cavity and coronary 
artery imaging, but the right heart cavities will not be enhanced. If the opacification of the right heart is 
desired, the saline flush may be replaced by a mixture of contrast with saline. Triphasic protocol consists of 
an initial high flow rate contrast injection (4–7 mL/sec), with a second injection of either contrast with saline 
mixture, or contrast injection at a slower flow rate, followed by a third injection of a lower volume saline push.

Test bolus vs. bolus tracking: Accurate timing of the scan to the arrival of the IV contrast to the structures 
of interest is crucial. Vascular enhancement has to be maintained for the duration of the scan. Due to the 
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short duration of the CCTA scans, timing errors of 5–10 s can make a crucial difference in image quality. As 
a general rule, the scan delay should equal the contrast travel time from the injection vein to the ascending 
aorta, plus the addition of 2–3 s. Three strategies can be utilized to determine the vein-to-aorta time (called 
the delay time). (1) Easiest in implementation but with the least reliability is the 22–25 second best-guess 
rule. (2) Bolus tracking is preferred where there is automatic scan triggering; a region of interest (typically 
the ascending or descending aorta) is sampled every 2 s after the initiation of the contrast bolus infusion. 
Exceeding a preset imaging value (typically 100 HU) will start the diagnostic scan. (3) Test bolus is where 
a small bolus injection (typically 10–20 mL of contrast followed by saline push of 50 mL, both at a rate of 
4–7 mL/s) is given with end-inspiration breath-holding; sampling at the level of the ascending aorta every 1–2 s, 
the delay time can be accurately determined. The benefits of this strategy include lower risk of false-starts or 
delays, identifying contrast dilution, IV line patency, and assessment of patient breath-holding ability prior 
to the actual diagnostic scan.

2.4.2 �C oronary artery calcium

Coronary artery calcification (CAC) was initially measured with electron beam CT but has now been replaced 
with fast-rotation multislice cardiac CT. The relationship between CAC and coronary artery stenosis is direct 
and strong; higher calcium scores are correlated with the likelihood of obstructive CAD and major adverse 
cardiovascular events. Measurement of CAC can be by the mass score, calcium volume method, and the 
Agatston score, which is most commonly used. CAC is evaluated with a noncontrast CT scan, quantifying 
both the spatial extent and density of calcium in several ranges (140,200,400,800 HU). Prospective triggering 
is used to minimize the radiation dose, with the diastolic cardiac phase typically acquired between 65% and 
80% of the R–R interval.

2.4.3 �C T myocardial perfusion imaging (CTP)
2.4.3.1 � PROTOCOL

An attractive property of iodinated contrast as a perfusion tracer is the property that it remains predomi-
nantly intravascular during first-pass circulation and that the iodine concentration is directly proportional 
to the attenuation (HU values) produced (Techasith and Cury 2011). With dynamic imaging, rates of myocar-
dial enhancement at rest and stress are collected for the left ventricle myocardium and aorta and then MBF 
(perfusion) is derived by mathematical modeling. This is the basis of quantitative assessment of myocardial 
perfusion. Delayed myocardial contrast enhancement can also be captured by the late-time pharmacokinet-
ics of iodine, which is relatively excluded from the intracellular spaces of intact myocardium but accumulated 
into the extracellular space within recently infarcted myocardium. Similarly to SPECT studies, patients are 
advised to abstain from caffeine, a nonselective competitive inhibitor of the adenosine receptor. Antecubital 
veins are typically used for high-volume and flow-rate IV administration of contrast and stress agents (ade-
nosine, dipyradimole, or regadenoson). Beta-blockers are administered using oral and/or IV metoprolol to 
achieve the desired HR of <60 bpm to minimize cardiac motion artifacts (Ko et al. 2011). While there is a 
potential concern that beta-blockers may mask the true extent of ischemia in exercise perfusion protocols, 
recent studies have shown that no such effects are realized in vasodilator stress SPECT MPI or CTP studies.

Similar to nuclear MPI studies, CTP studies consist of a rest and stress phase. If imaging of myocardial 
scar is desired, then a delayed phase acquisition can be performed looking for late contrast enhancement. A 
disadvantage of a short time interval between the two studies is that contrast from the first acquisition may 
still be present in the myocardium when the second phase is performed. This could result in the decrease of 
the sensitivity for the detection of infarcted and/or ischemic myocardium.

2.4.3.2 � REST VS. STRESS OR STRESS VS. REST

Rest-first CTP studies are advantageous in that they parallel real life, where the patient will only proceed to have the 
stress portion if coronary stenoses of at least moderate severity are identified. Stress-first allows for the optimiza-
tion of ischemia detection by paralleling nuclear MPI protocols with stress and rest imaging. The administration 
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of nitrates is recommended only with rest-first imaging. An interval of at least 20 min between scans allows the 
washout of contrast from the myocardium. It has also been advocated that low-risk patients should undergo a rest-
first study while intermediate to high-risk patients should undergo stress-first studies.

In both cases, planar scout images are obtained to enable accurate positioning and definition of the axial 
scan FOV. The rest phase consists of 60–70 mL of contrast agent delivered at 5 mL/s and prospective gating 
at 70%–80% of the R–R interval, with tube current and voltage prescribed according to body mass index 
(BMI). The stress phase is performed with IV adenosine at 140 μg/kg/min for a period of up to 6 min (or 
0.140 mg/kg/min of dipyradimole infused over 4–6 min), and then the contrast agent is administered as for 
rest. Acquisition can be triggered by either bolus tracking or test bolus timing. Stress phase acquisition may 
use retrospective ECG-gated scanning with tube current modulation. BMI is the main determinant of tube 
voltage: 100 kVp for patients with BMI <30 kg/m2 and 120 kV for those with BMI >30 kg/m2. For stress-
first protocols, there should be a period of 20 min of delay for the resolution of the pharmacologic effects 
of the stress phase before rest imaging. Return of the HR to baseline and symptom resolution can be used 
as surrogate markers to confirm the end of the stress phase. Rest acquisition again sees a similar volume of 
contrast at a similar rate, with the main difference being prospective gating but with unchanged tube volt-
age and current settings. Assessment of coronary arteries and rest perfusion is carried out. Assessment for 
delayed contrast enhancement is carried out 5–10 min after the second phase, which can be either rest or 
stress. No additional contrast is required as the dose used for the second phase is allowed to redistribute into 
the extracellular space. Similar to the rest scan, it is prospectively triggered, using 100 kVp and unchanged 
current settings.

2.4.4 �C T-fractional flow reserve

The use of computational fluid dynamics and image-based modeling is the basis of fractional flow reserve (FFR) 
CT (Nam et al. 2011). CCTA images are acquired as per normal with at least 64-slice CT (Min et al. 2012) and then 
sent to a computational core lab to estimate discrete lesion FFR. The main disadvantage is that it takes 6 hours 
minimum for the processing in the core lab and that the software is currently proprietary and relatively expen-
sive. This computational method models only the flow-limiting effects of epicardial disease, not accounting for 
the autoregulatory effects of microvascular vasodilatation or dysfunction. Early studies have been encouraging, 
with the results of the diagnosis of ischemia-causing stenoses obtained via noninvasive fractional flow reserve 
(DISCOVER-FLOW) trial showing that there was incremental benefit to FFR-CT compared to CT alone.

2.5 � CLINICAL APPLICATIONS OF HYBRID PET/CT

At present, all major vendors manufacture PET systems in conjunction with a CT scanner, and therefore, 
hybrid imaging has become the convention for cardiac PET. There are multiple applications of this combined 
imaging modality from a cardiovascular perspective, although in the majority of scenarios, the primary 
application for CT is accurate attenuation correction of the PET images. However, with the use of higher-
resolution CT scanners (64-slice and above) and IV iodinated contrast agents, hybrid imaging with PET and 
CT can be used to provide a detailed anatomical assessment of the cardiovascular system complimented by 
either functional or metabolic information provided by PET.

2.5.1 �C oronary artery disease

As described previously, there are several PET radiotracers that can be used for MPI, namely, rubidium-
82-chloride (82Rb), nitrogen-13-ammonia (13NH3), and oxygen-15-water H O2

15( )  and each has distinct advan-
tages and disadvantages (Table 2.1). There is now over three decades of experience using PET MPI, and there 
is a wealth of published data demonstrating its diagnostic accuracy for obstructive CAD (Parker et al. 2012; 
Mc Ardle et al. 2012) as well as its incremental prognostic value for risk stratification (Danad et al. 2013; 
Yoshinaga et al. 2006; Herzog et al. 2009; Fiechter et al. 2013).
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Despite the higher diagnostic accuracy of PET MPI when compared to other noninvasive modalities such 
as SPECT or echocardiography (Bateman et al. 2006), the lack of anatomical delineation of the coronary 
anatomy limits the comparison of PET with invasive coronary angiography (ICA), which remains the con-
ventional gold standard for diagnosis of obstructive CAD.

As described previously, CCTA can provide high-quality images of the epicardial coronary vessels and 
provides information not only on the degree of stenosis within the vessel but also regarding atherosclerotic 
plaque extent and morphology. While it has excellent negative predictive value for ruling out obstructive dis-
ease (Health Quality Ontario 2010), CTA tends to overestimate the severity of luminal stenosis, rendering it 
difficult to distinguish a truly flow-limiting lesion from moderate CAD. Based on the results of the fractional 
flow reserve versus angiography for multi-vessel evaluation (FAME)-1 and FAME-2 trials, it is now accepted 
that the outcome benefit following revascularization, particularly with percutaneous coronary intervention 
(PCI), is best predicted by physiologic as opposed to anatomical disease information (De Bruyne et al. 2012; 
Tonino et al. 2009).

Therefore, a combination of anatomical delineation with CTA and the physiologic information derived 
from PET MPI can offset the limitations of both modalities to a certain degree and provide a more com-
plete assessment of CAD. The accuracy of this combined assessment has been compared to stand-alone 
PET and stand-alone CTA in several observational studies (Danad et al. 2013; Kajander et al. 2010; Groves 
et al. 2009) and is highly accurate for diagnosis of obstructive CAD using either visual analysis of ICA (ste-
nosis >50% diameter) or invasive measurement of trans-stenotic pressures (FFR <0.8) as a gold standard. 
This improved accuracy is principally a result of improved specificity, whereby either a stenosis deemed to 
be obstructive on CTA subtends an area of normal perfusion or an area of apparent decreased perfusion 
is not associated with a stenosis of the artery supplying that territory, inferring the presence of microvas-
cular disease. In addition, there is evidence that the results of hybrid PET-CTA imaging can impact on 
subsequent referral for ICA, particularly in the presence of equivocal CTA findings, where the MPI results 
may act as a gatekeeper to downstream referral for ICA targeted at revascularization instead of diagnosis 
(Danad et al. 2014).

However, while evaluating both anatomy and function in the same imaging session increases overall accu-
racy, PET-CTA is associated with both greater cost and increased radiation exposure to the patient. This con-
cept is discussed in detail in later chapters, but it is noteworthy that recent advances in both PET (3D imaging 
and iterative reconstruction) and CT (128-slice hybrid PET-CT systems, prospective ECG gating, tube voltage, 
and current modulation) have enabled significant reductions in radiation dose from approximately 20 mSv to 
5 mSv or less (Herzog et al. 2011). Radiation dose can be expected to decrease further with improved hybrid 
systems that incorporate the latest CT technology (320-slice high-pitch multi-detector CT [MDCT]) and 
potential for stress-only or stress-first PET imaging.

2.5.2 �D etection of subclinical coronary disease

Our understanding of the subclinical course of CAD has increased greatly over the past two decades and has 
been enhanced by the use of noninvasive imaging modalities, including PET-CT. As described previously in 
this chapter, dynamic imaging with PET perfusion tracers allows quantification of MBF in absolute terms, 
and alterations in MBF have been shown to occur in asymptomatic patients with risk factors for CAD such 
as smoking (Kaufmann et al. 2000), dyslipidemia (Alexanderson et al. 2010), and hypertension (Brush et al. 
1988) and is reflective of endothelial dysfunction that is recognized as a precursor to the development of 
symptomatic overt CAD.

Moreover, the noncontrast CT scan for attenuation correction of the PET images may be used to visually 
assess coronary calcification and also to estimate the coronary artery calcium (CAC) score (Einstein et al. 2010; 
Mylonas et al. 2012). This can provide additional information, particularly in the setting of normal PET 
perfusion, whereby calcification identifies the presence of nonobstructive disease, which is of prognostic sig-
nificance (Schenker et al. 2008). The interplay between changes in MBF and CAC has been evaluated with 
studies showing rather poor correlation between the two parameters (Curillova et al. 2009). In symptomatic 
patients, MBF has been shown to be a better predictor of subsequent cardiac risk than CAC (Naya et al. 2013).
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2.5.3 � Imaging atherosclerotic plaque

Identification of plaque “vulnerability,” i.e., an atherosclerotic lesion with a thin fibrous cap at high risk of 
rupture that will result in a clinical event such as an acute coronary syndrome or a cerbrovascular accident, 
remains an elusive target, but the role of PET-CT in this area has garnered significant interest in recent 
years. Most experience has been with 18F-FDG to image plaque inflammation secondary to macrophage 
infiltration, which portends an elevated risk of rupture (Naghavi et al. 2003). FDG images are coregis-
tered with CT images, preferably following IV contrast, for accurate anatomic localization of uptake. In 
the carotid arteries, the degree of FDG uptake within areas of plaque, expressed as a ratio to the blood pool 
uptake, has been shown to correlate with macrophage infiltration based on CD-68 staining of specimens fol-
lowing subsequent endarterectomy (Rudd et al. 2007). In addition, increased FDG uptake within the aorta 
has been shown to correlate with an increase in adverse cardiovascular events in asymptomatic patients 
(Figueroa et al. 2013).

The ability of FDG to image plaque within the coronary arteries, however, is limited, both by the spatial 
resolution of PET as well as surrounding myocardial uptake despite suppression measures (low-carbohy-
drate, high-protein diet, prolonged fasting, and heparin) (Wykrzykowska et al. 2009). A recent observational 
study performed PET-CT imaging of the coronary arteries using both FDG and 18F-sodium fluoride (NaF), a 
marker of active calcification in patients with a history of recent MI or stable angina, and they found locali
zation of maximal NaF uptake to the culprit plaques in 93% of acute MI patients. Furthermore, they found 
significant correlation between NaF uptake and high-risk plaque morphology on intravascular ultrasound. 
FDG uptake was most commonly not discernible in the coronary arteries due to high background activity 
(Joshi et al. 2014). However, it should be noted that while these findings are of significant interest, their poten-
tial impact on clinical practice remains to be established.

2.5.4 �M etabolic and viability imaging of the myocardium

The role of revascularization with either coronary artery bypass surgery (CABG) or PCI in patients with 
ischemic cardiomyopathy has been an area of controversy in recent years following the publication of the 
surgical treatment for ischemic heart failure (STICH) trial (Velasquez et al. 2011), where the primary analysis 
failed to show a significant benefit for CABG over optimal medical therapy. The viability substudy also failed 
to show an association between the degree of viable myocardium and subsequent outcomes following revas-
cularization (Bonow et al. 2011). These results were in stark contrast to a wealth of observational evidence 
(Nam et al. 2011), and it is noteworthy that FDG PET-CT was not used for viability testing in the STICH trial 
(Allman et al. 2002).

PET-CT viability imaging is performed with a combination of a perfusion radionuclide such as Rb-82 
or 13NH3 to identify resting perfusion defects, compared with FDG, to identify areas of “viable” hibernat-
ing myocardium within the areas of decreased perfusion. A CT scan is performed for accurate attenuation 
correction. Hibernation refers to a phenomenon of altered metabolism within chronically ischemic myocar-
dium with contractile dysfunction, where there is an increase in anaerobic glycolysis. This occurs in response 
to repeated ischemic insults and is of clinical significance, as normal contractile function may be restored 
by revascularization of these areas, and the degree of hibernating myocardium has been shown to predict 
improved outcomes following successful revascularization (D’Egidio et al. 2009) and may be a better predic-
tor than inducible ischemia in these patients (Ling et al. 2013).

2.5.5 � Pulmonary arterial hypertension

Pulmonary arterial hypertension (PAH) is a progressive condition characterized by obliteration of the pul-
monary vasculature as a result of vasoconstriction and vascular remodeling. This results in an increase in 
pulmonary pressures, which culminates in hypertrophy and then dysfunction of the right ventricle. Survival 
in PAH patients is variable but is greatly reduced in those with signs of right ventricle (RV) dysfunction. 
Recently, there has been increasing interest in the potential role of metabolic alterations in the development 
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of RV dysfunction (Archer et al. 2013). Under normal conditions, the predominant substrate for myocardial 
metabolism is fatty acids. However, in the setting of RV hypertrophy, there is a shift toward anaerobic gly-
colysis, a less energy-efficient form of metabolism that is likely to be maladaptive. Using FDG PET-CT, several 
observational studies have shown a relationship between increased RV FDG uptake and pulmonary artery 
pressures, as well as echocardiography (ECHO) markers of RV dysfunction (Bokhari et al. 2011; Can et al. 
2011); a further study showed that a decrease in RV uptake following treatment with epoprostenol also cor-
related with improvements in RV strain patterns on ECHO (Oikawa et al. 2005).

2.5.6 �H eart failure

Beyond CAD imaging, there are several emerging applications for PET-CT in patients with heart failure that 
may influence patient management.

2.5.6.1 � SYMPATHETIC INNERVATION

The autonomic nervous system plays an integral role in mediating cardiac function, and several imaging 
techniques have been developed to evaluate it. Most experience has been reported with the use of iodine-123 
meta-iodo-benzylguanidine, a radionuclide used for planar SPECT imaging that reflects sympathetic 
innervation of the myocardium; reductions in uptake have been prospectively shown to be predictive of 
ICD-discharge risk in patients with implantable defibrillators (Boogers et al. 2010). More recently, the false 
neurotransmitter PET radionuclide 11C-HED was prospectively evaluated in conjunction with resting per-
fusion using 13NH3 and viability with FDG in 204 patients with heart failure (Fallavollita et al. 2014). They 
demonstrated that the extent of the reduction in HED uptake was independently predictive of sudden car-
diac death or ICD discharge. Furthermore, using HED measurements, the authors were able to identify a 
group of patients in whom the incidence of lethal arrhythmia was extremely low. While further study is 
required in this area, the ability to identify patients with a very low ejection fraction who remain at low risk 
for arrhythmia would be of significant clinical value for decision making surrounding the use of implant-
able defibrillators.

2.5.6.2 � RENIN-ANGIOTENSIN SYSTEM

The RAS plays a key role in the pathogenesis of heart failure, mediating interstitial fibrosis and myocardial 
apoptosis. A variety of PET-CT radionuclides have been developed to image the Angiotensin-1 (AT1) recep-
tor. One study using a 11C-labeled tracer demonstrated up-regulation of AT1 receptors in the area of MI in 
pigs. They also demonstrated uptake of the radionuclide in the myocardium of healthy human volunteers 
(Fukishima et al. 2012). Imaging of the AT1 receptor has the potential to improve our understanding of 
the pathophysiology of adverse cardiac remodeling following MI and may represent a novel target to assess 
response to therapies in the near future.

2.5.6.3 � CARDIAC STEM-CELL TRACKING

Development of viable cardiac stem cells remains an area of intense research, and methods to ascertain ade-
quate delivery and retention of these cells is of significant value in this process. PET-CT imaging of cells 
labeled with a variety of PET radionuclides has been attempted primarily in animal models with varying 
success. FDG has been employed most frequently (Zhang et al. 2008), although its short half-life of 110 min 
limits the ability to ascertain cell retention over long periods. Several copper- and gallium-based tracers with 
longer half-lives have been evaluated with some success in animal models (Wu et al. 2013).

2.5.7 � Inflammation

2.5.7.1 � CARDIAC SARCOIDOSIS

Cardiac sarcoidosis (CS) is an inflammatory condition characterized by the development of noncaseating 
granulomatous lesions within the affected organs. While lung involvement is the most frequent finding, 



2.5  Clinical applications of hybrid PET/CT  51

cardiac involvement is increasingly being recognized and is associated with significant morbidity and mor-
tality. Advanced imaging modalities including magnetic resonance imaging (MRI) as well as PET-CT have a 
significant role to play in the increasing recognition of CS, as it is a difficult diagnosis to make due to hetero-
geneity of patient presentation as well as the limited sensitivity of myocardial biopsy due to the patchy nature 
of the disease.

Most imaging protocols include both a whole-body FDG PET-CT scan in conjunction with a dedicated 
cardiac scan. A resting perfusion scan is usually performed during the same imaging session to assess viabil-
ity (Mc Ardle et al. 2013). Focal FDG uptake within the myocardium in a noncoronary distribution, with or 
without areas of decreased resting perfusion, is the PET-CT finding most commonly suggestive of active CS, 
and has been shown to be a sensitive method for accurate diagnosis (Youssef et al. 2012). More recently, vari-
ous quantitative measures of FDG activity have been shown to provide an estimate of response to immune-
suppressive therapy (Tahara et al. 2010), correlating also with patient presentation, and therefore may be 
a marker of risk of significant arrhythmia (Mc Ardle et al. 2013). At present, work is underway to develop 
criteria for reproducible diagnosis of CS that incorporate the results of advanced imaging with PET-CT and 
MRI together with clinical criteria.

2.5.7.2 � AORTITIS

PET-CT with FDG has been used for diagnosis and surveillance in patients with large vessel vasculitides such 
as giant-cell arteritis (GCA) as well as Takayasu’s arteritis. Hybrid imaging with a noncontrast whole-body 
CT scan coregistered with FDG PET can be used to localize focal FDG uptake within the ascending aorta and 
aortic arch as well as its large branches that is indicative of active inflammation in these areas. In GCA, the 
use of FDG PET-CT can aid in the diagnosis, and in atypical cases that do not involve the temporal arter-
ies (i.e., cases where temporal artery biopsy will be negative), PET-CT is the diagnostic modality of choice 
(Janssen et al. 2008). In addition, the degree of aortic FDG uptake has been shown to correlate with aortic 
dimension on follow-up CT scanning after a mean of 2 years (Blockmans et al. 2008).

In Takayasu’s arteritis the two largest observational studies to-date yielded conflicting results (Arnaud et 
al. 2009; Lee et al. 2009), with one study showing a correlation between FDG uptake and serum levels of acute 
phase reactants (Arnaud et al. 2009) and the other showing no relationship with either serum markers or MRI 
findings (Blockmans et al. 2008). At present, there is a further ongoing prospective study evaluating the use 
of PET-CT and MRI for this indication that was due to be completed in 2014.

2.5.7.3 � ENDOCARDITIS AND DEVICE INFECTION

Given the ability of FDG PET-CT to localize areas of inflammation, it is therefore of potential value to 
identify areas of infection. Infective endocarditis is frequently a difficult diagnosis to confirm, particularly 
in cases of prosthetic valve infection, where the sensitivity of the Duke Criteria (the current clinical gold-
standard) is low due to limitations of ECHO in imaging prosthetic valves and the low sensitivity of blood 
cultures. In addition, the mortality from prosthetic valve endocarditis is high, meaning that early diagnosis 
is essential. A recent study evaluated the use of FDG PET-CT in 72 patients with suspected prosthetic valve 
endocarditis, with the final diagnosis being based on the Duke criteria after 3 months of follow-up (Saby 
et al. 2013). They found that adding abnormal FDG uptake around the prosthetic valve as a new major cri-
terion increased the sensitivity of the modified Duke criteria at admission from 70% (52% to 83%) to 97% 
(83% to 99%) (p = 0.008).

For cases of possible implanted device infection, FDG PET-CT has potential value for localization of the 
site and extent of infection. While superficial skin erythema and purulent discharge are indicative of infec-
tion, these signs do not distinguish between superficial and deep pocket infection, which is clinically impor-
tant as the latter requires full device system extraction (Chen et al. 2014). Several observational studies have 
shown high sensitivity for detection of pocket infections (Bensimhon et al. 2011; Cautela et al. 2013; Ploux 
et al. 2011). However, there are conflicting results for detection of lead infection where some studies show 
decreased sensitivity (Bensimhon et al. 2011; Cautela et al. 2013) and others show high negative predictive 
value (Ploux et al. 2011).
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3.1 � INTRODUCTION

Despite the initial uncertainty and skepticism, both positron emission tomography (PET)/computed tomog-
raphy (CT) (Kinahan et al. 1998) and single photon emission (SPECT)/CT (Hasagawa et al. 1993) were quickly 
accepted as standard practice in both preclinical and clinical imaging. Since then, the importance of dual-
modality imaging techniques has grown as new applications continue to emerge and their success continues 
to flourish. At the same time, their successes have spurred active research in other multimodality imaging 
techniques, including different combinations of PET, SPECT, CT, optical, and ultrasound.
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Currently, the most exciting developments in multimodality imaging are dual-modality PET/magnetic 
resonance imaging (MRI) and SPECT/MRI. While x-ray CT provides anatomical information, it has several 
weaknesses. Foremost is the inability of CT to differentiate between soft tissues especially in the abdomi-
nal region. Second, especially in animal studies, extremely high doses of x-rays are needed to obtain high-
resolution or diagnostic quality CT images. Third, although reasonable anatomical context can be obtained 
with CT, it is often limited in extracting subtle anatomical information. On the other hand, MRI provides 
a unique capability to differentiate between soft tissues and provide high-contrast-resolution anatomical 
images with no damaging effects from ionizing radiation. High-resolution magnetic resonance (MR) images 
and their ability to differentiate between soft tissues can be exploited in quantitative PET and SPECT image 
reconstruction when partial volume effect from differential radioactivity uptake in adjacent tissues is impor-
tant. In addition, through the use of different contrast media and data acquisition pulse sequences, unique 
anatomical and functional information can be extracted from the MR images.

Multimodality images can be obtained from separate systems and fused using image registration. Despite 
the lower cost without the need of special instrumentation, there are several difficulties, including registra-
tion inaccuracy due to patient movement and incompatibility of scanning tables between different scanners 
and biological changes that may occur at different scanning times especially for functional studies. Modern 
PET/CT and SPECT/CT scanners, in a coplanar configuration, share the same gantry and the scanning table 
transports the patient between the different modalities. This provides a solution to the first two difficulties 
at some additional system cost, but the separate scanning time remains a limitation to these techniques. A 
multimodality scanner that allows simultaneous data acquisition from each component modality will pro-
vide the best coregistered images and truly multiplexed information, such as anatomical, functional, and 
biochemical, about the patient occurring at the same time.

The goal of simultaneous dual-modality PET/MR or SPECT/MRI is the development of a PET or SPECT 
subsystem or insert that can be operated inside an MRI system for simultaneous acquisition of PET or SPECT 
and MR image data from the same subject. The main challenges are the mutual interferences of the two sub-
systems that can significantly degrade the performance of the individual imaging systems and, if not taken 
care of, can generate significant image degradation, artifacts, and distortions. These challenges have been 
addressed in over 15 years of active research in PET/MRI, first in the preclinical and most recently in clinical 
areas.

The development of simultaneous SPECT/MRI lags behind the development of PET/MRI. In the early 
2000s, Gamma Medica, Inc., first integrated a cadmium zinc telluride (CZT) solid-state detector with a low 
power application-specific integrated circuit (ASIC) and developed a compact detector module to replace the 
scintillator–photomultiplier-tube-based detector found in typical SPECT systems (Wagenaar et al. 2006a, 2006b). 
The performance characteristics of the CZT detector module were found to be minimally affected by the pres-
ence of a strong magnetic field. The feasibility of using the MR-compatible CZT detector modules in SPECT/
MRI was evaluated (Meier et al. 2011; Nalciouglu et al. 2007). Recently, a small-bore SPECT/MRI system has 
been under development with spatial resolution down to ~500 microns (Meng, Tan, and Gu 2007; Tan, Cao, 
and Meng 2009). However, due to the high cost and system geometry, it is limited to image a mouse brain.

Our first-generation whole-body small-animal SPECT/MR insert was designed to be inserted inside a 
12-cm-diameter small bore of a small-animal 9.4T MRI system (Tsui et al. 2011). Three rings of eight CZT detec-
tor modules formed a cylindrical SPECT insert. Each detector ring had an outer diameter of less than 12 cm and 
consisted of eight CZT detector modules connected seamlessly. A 24-pinhole cylindrical collimator provided 
pinhole projection images of a 2.5-mm-diameter common volume-of-view (CVOV) within the detector ring 
onto the 24 CZT detector modules. In addition, an accurate system calibration method and a sparse-view image 
reconstruction method that incorporated the pinhole response function were developed. The SPECT/MR insert 
demonstrated the feasibility of simultaneous SPECT/MRI with both phantom and small-animal studies. 
However, the first-generation SPECT/MR insert had several limitations, including the relatively small system 
geometry and relatively large pixel size of the detector modules. They resulted in limited pinhole magnifica-
tion and a system resolution of ~3–5 mm that was insufficient for high-resolution SPECT imaging.
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In this chapter, we present the development of a second-generation small-animal SPECT-MR insert that 
overcomes the shortcomings of the first-generation insert. We describe its design, fabrication, and evaluation 
using phantom and small-animal studies to demonstrate the feasibility of simultaneous SPECT/MRI and its 
potential applications in preclinical molecular imaging.

The second-generation stationary ring-type SPECT/MR insert consisted of five rings of 19 each seam-
lessly connected 2.54 × 2.54 cm2, 16 × 16-pixel MR-compatible CZT detectors. It was designed to fit inside 
a standard gradient coil of a 4.7T MRI scanner with an inner core diameter of 20 cm. Two multipinhole 
(MPH) collimators were designed and constructed using a cylindrical shell filled with high-density tung-
sten powder and solid tungsten pinhole inserts to reduce eddy current pathways. Shielded birdcage (BC) 
quadrature transmit/receive radiofrequency (RF) coils were used for mouse imaging to fit inside the MPH 
collimator to maximize the MRI signal-to-noise ratio (SNR). Accurate system calibration and quantitative 
sparse-view three-dimensional (3-D) MPH reconstruction methods were developed for high-quality SPECT 
images.

The SPECT/MR insert was evaluated as a stand-alone high-performance small-animal SPECT system. 
The measured geometric efficiency and resolutions of both collimators agreed with their targeted designed 
values. With collimator-detector response modeling, the SPECT image resolution exceeded the target 
system resolution of the MPH collimators. Artifact-free high-quality MPH SPECT images were obtained 
from physical phantom studies and from small-animal studies using the SPECT/MR insert. The predicted 
Lorenz force effect on the CZT detectors in the presence of magnetic field was observed and corrected in 
the reconstruction. Placing the SPECT/MR insert inside a 3T clinical MRI system, we demonstrated its 
feasibility for simultaneous SPECT/MRI studies using physical phantoms. With minimized interactions 
between the two systems, e.g., SNR loss and distortions in MR images, and the use of less MR gradient 
demanding sequences, the simultaneously acquired SPECT, MR, and the fused SPECT/MR images were 
in good agreement. The SPECT/MR insert was further evaluated in simultaneous SPECT/MRI of mice in 
both static and dynamic acquisition studies. The results demonstrated the ability of the SPECT/MR insert 
to obtain small-animal whole-body dynamic studies and the feasibility of simultaneous small-animal 
SPECT/MRI.

3.2 � METHODS

3.2.1 �MR -compatible SPECT insert

The basic detector module used in the second-generation SPECT-MRI system was the same as that was used 
in the first-generation SPECT-MRI system (Tsui et al. 2011), the same 5-mm-thick and 25.4 mm × 25.4 mm 
square CZT solid-state detector (Kromek/eV Products, Inc., Saxonburg, PA, USA) coupled with an ASIC 
shown in Figure 3.1a. It was digitized into a 16 × 16 pixel array with 1.6-mm pixel pitch. The widths of the 
row of pixels along the edges of each detector module were reduced by ~0.1 mm. This reduction ensured that 
the pitch of the detector pixels remained the same across detector modules when they were tiled to form large 
detector arrays or imaging camera.

A stationary cylindrical SPECT insert was designed to fit inside an MRI system with a minimum bore 
diameter of 20 cm, which was the diameter of the inner bore of a standard gradient coil of a 4.7T Bruker pre-
clinical MRI system (Bruker BioSpin Corp., Billerica, MA, USA). It consisted of five rings of 19 CZT detector 
modules in each ring connected seamlessly as shown in Figure 3.1b. A cylindrical collimator with multiple 
pinholes, or MPH collimator, was placed inside the SPECT insert.

The small animal or object to be imaged was positioned inside the MPH collimator. The number and 
positions of the pinholes on the MPH collimator were designed to provide pinhole projections with a specific 
pattern onto the inner cylindrical surface of the SPECT insert. Figure 3.1c shows the unfolded cylindrical 
detector plane with the 5 × 19 CZT detector modules and a total of 5 × 19 × 16 × 16 = 24,320 detector pixels.
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3.2.2 �M PH collimator design

The cylindrical-shaped SPECT insert and the continuous detector surface with the seamlessly tiled CZT 
detector modules allowed different MPH collimator designs for mouse and rat imaging. The first two 
MPH collimators were designed and fabricated for mouse imaging. Both provided a CVOV with 30 mm 
diameter and target system resolutions of 1 mm and 1.5 mm at the center of the CVOV. The MPH collima-
tor designs were based on the theoretical formulation of the imaging characteristics of a MPH collimator, 
including the relationships between the pinhole diameter, the distances from the pinhole aperture to the 
detector plane and to the center of the CVOV, and the resolution and geometrical efficiency. Furthermore, 
the number of pinholes and their positions on the MPH collimator were optimized for maximum utiliza-
tion of the detector surface shown in Figure 3.1c by the pinhole projections with less than 18% multiplex-
ing or overlapping of the projection views. Among all possible MPH collimator designs with the targeted 
system resolution, the design that provided the highest geometric efficiency was chosen under the earlier 
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Figure 3.1  (a) The basic detector module used in the SPECT insert consisted of a 5-mm-thick and 25.4 mm × 
25.4 mm square CZT solid-state detector module coupled with an ASIC. (b) The stationary cylindrical SPECT 
insert consisted of five rings of 19 CZT detector modules connected seamlessly. A cylindrical MPH collimator 
was placed inside the cylindrical detector ring. The small animal or object to be imaged was positioned within 
the MPH collimator. It was designed to provide multiple pinhole projections onto the cylindrical detector sur-
face. (c) The unfolded detector surface showing the 5 × 19 CZT detector modules and a total of 5 × 19 × 16 × 
16 = 24,320 detector pixels.

Table 3.1  Design parameters and theoretical predicted imaging characteristics of two MPH collimator designs

Design 1 Design 2

Field-of-view 30 mm 30 mm

Target system resolution 1.0 mm 1.5 mm

Number of rows of pinholes 3 3

Total number of pinholes 18 36

Pinhole aperture size 0.3 mm 0.5 mm

Diameter of MPH collimator sleeve 49 mm 63 mm

Magnification of pinhole geometry 2.1 1.4

Geometric efficiency (%)a 0.026 0.069

a	 Based on Anger’s formulation with tungsten inserts, 122 keV photons and 100% absorption by detector.
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conditions. Table 3.1 shows the design parameters and theoretically predicted imaging characteristics of 
the two MPH collimators. The SPECT insert and the MPH collimator design allowed stationary SPECT 
data acquisition. The MPH collimator could rotate to two predetermined angular positions to obtain 
additional projections.

3.2.3 � Fabrication of MR-compatible MPH collimators

To reduce the anticipated pulsed eddy currents resulting from the MR gradient field effects of the MPH col-
limator during simultaneous SPECT/MRI (Samoudi et al. 2015), special materials and methods were used 
in its fabrication. Figure 3.2 shows the components and the processes used in the fabrication of the MPH 
collimator. A stereolithographic model of an MPH sleeve with a hollow interior shown in Figure 3.2a was 
designed and fabricated using rapid prototyping technique. The openings allowed accurate placement of 
pinhole inserts designed to provide the pinhole projections as described in the previous section. The hollow 
interior was tightly packed with high-density, coated tungsten powder in an effect to reduce the eddy current 
that could be generated in solid metal material in a magnetic field. Individual pinhole inserts were made of 
solid tungsten by precision machining as shown in Figure 3.2b. They were inserted into the MPH collimator 
sleeve as shown in Figure 3.2c. Figure 3.2d shows the final MPH collimator with the collimator sleeves and 
all the pinhole inserts in place.

3.2.4 � Transmit/receive quadrature BC RF coil design 
and fabrication

To acquire MR images, several iterations of transmit/receive shielded, quadrature (two feed cables) and linear 
(single feed cable) mode BC RF coils were used to fit inside the MPH collimator and to surround the small 
animal or the object to be imaged as shown in Figure 3.3a. The outer shield of the BC RF coil was later extended 
further and connected to the outer shield(s) of the coax cables to further reduce noise interference from the 
SPECT system in the MR acquisition. To preserve proper mode of operation for the BC, the linear mode BC 
coil with a single feed cable was later used for the dynamic SPECT mouse experiment (Rittenbach et al. 2012). 

(a)

(c) (d)

(b)

Figure 3.2  (a) A stereo-lithographic rapid prototyping model of an MPH sleeve with a hollow cavity. Pinholes 
were inserted into the openings and provided projections of the small animal or the object to be imaged. The 
hollow cavity was tightly packed with coated high-density tungsten powder. (b) Samples of the individual pin-
hole inserts made of solid tungsten by precision machining. (c) Sample pinhole inserts placed into openings of 
the MPH collimator sleeve. (d) The final MPH collimator with the collimator sleeves and all the pinhole inserts.
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The configuration allowed operable MR image quality. The BC RF coil was fabricated by etching plastic sheets 
covered with a thin copper layer to minimize the attenuation of gamma-ray photon emissions from the object 
to be imaged. Figure 3.3a shows an iteration of the quadrature BC RF coil with RF shield and the drive/output 
cables with the two baluns. Figure 3.3b shows the placement of the RF coil inside the MPH collimator sleeve. 
Figure 3.3c shows a phantom image of the rod phantom acquired using a prototype quadrature transmit/
receive BC RF coil in ~2.7 min with a prescribed slice thickness of 1.5 mm to initially demonstrate the image 
quality that can be obtained.

3.2.5 � The completed SPECT/MR insert

The completed SPECT/MR insert without its cover is shown in Figure 3.4a. It shows the five rings of 19 
CZT detector modules of the SPECT insert to the left and the data acquisition electronics to the right. 
The SPECT electronics were Faraday shielded to reduce radiation of noise to the RF coil and reciprocally 
to shield the SPECT data acquisition circuits from the magnetic field gradient and RF transmitter noise, 
which can produce false counts. Inside the SPECT insert are the MPH collimator and the transmit/receive 
quadrature BC RF coil described previously. The power consumption of each of the 95 low-power CZT 
detector modules was ~1 watt. To avoid overheating, cooling of the system was supplied by compressed air. 
Figure 3.4b shows the SPECT/MR from the back side with its cover and the four data cables and four air-
cooling hoses.

An imaging bed attached to a 3-D scanning stage was constructed to position a small animal or object 
inside the SPECT/MR system. The assembly was mounted on an optical table as shown in Figure 3.4c for sys-
tem evaluation and experimental phantom and small-animal studies outside of a magnetic field.

3.2.6 �S PECT system calibration and correction

To obtain high-quality SPECT images, the radiation detection and imaging properties of the CZT detector 
modules, including the photopeak position and energy resolution of each of the 24,320 detector pixels, were 
experimentally determined using radionuclides with known photon energies. The photopeak position of each 
detector pixel was carefully adjusted to center within the preset energy window. The detection sensitivities of 

(b) (c)

(a)

Figure 3.3  (a) A quadrature BC transmit/receive RF coil iteration with an RF shield and the drive/output cables 
and baluns. (b) The placement of the RF coil inside the MPH collimator sleeve. (c) Cropped MR image capture 
showing details of the hot-rod phantom obtained using the prototype quadrature BC transmit/receive RF coil 
shown in (a) that was placed inside the SPECT insert in a simultaneous SPECT/MR acquisition.
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the detector pixels were then measured using a specially designed cylindrical shell phantom with an annular-
ring cross-section that fit inside the cylindrical SPECT insert as shown in Figure 3.5. The precisely machined 
thin cylindrical shell with narrow width of the annular-ring was filled with liquid radioactivity (99mTc) to 
generate a flood image of the detector modules and pixels for the system uniformity measurement and detec-
tor non-uniformity correction.

(a) (b)

(c)

Figure 3.4  (a) The completed SPECT/MR insert without its cover. It shows the five rings of 19 CZT detector 
modules of the SPECT insert to the left and the data acquisition electronics to the right. (b) The back side of 
the SPECT/MR with its cover and the four data cable and four air-cooling hoses. (c) The SPECT/MR and an 
imaging bed attached to a 3-D scanning stage were mounted on an optical table for system evaluation and 
experimental phantom and small-animal studies outside of a magnetic field.

Figure 3.5  The specially designed cylindrical shell phantom can be fit inside the SPECT insert and is used in 
uniformity correction of the detector pixels. The precisely machined thin cylindrical shell is filled with radioac-
tive solution to provide a uniformity image of all the pixels of the cylindrical detector ring of the SPECT insert 
for nonuniformity correction.
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The SPECT/MR insert was carefully calibrated to determine the pinhole aperture positions using a 57Co point 
source. The estimated pinhole positions were used in a 3-D corrective MPH SPECT imaging reconstruction 
method described in the next section to provide high-resolution and artifact-free images (Rittenbach et al. 2012).

3.2.7 � 3-D corrective and sparse-view MPH SPECT image 
reconstruction method

A 3-D MPH image reconstruction method based on the iterative ML-EM algorithm was developed for the 
SPECT insert. It was used to reconstruct the MPH projection data acquired from the SPECT insert after 
pixel energy and uniformity corrections. It incorporated the model of the measured pinhole response 
function and the SPECT system misalignment parameters for high-resolution and artifact-free MPH 
SPECT images. The corrective MPH SPECT image reconstruction method was evaluated for its use in 
sparse-view reconstruction for the same reconstructed image quality with a reduced number of projec-
tion views.

3.2.8 �E valuation of the SPECT imaging characteristics 
of the SPECT/MR insert

After the SPECT system calibration and uniformity correction, the SPECT imaging characteristics of the 
SPECT/MR insert, including the spatial resolution and detection efficiency, were experimentally determined 
using point and line sources and compared to the corresponding theoretical predicted values (Rittenbach 
et  al. 2012). The image quality was evaluated using an Ultra-Micro Hot Spot Phantom (Data Spectrum, 
Durham, NC, USA), which consisted of an insert with six groups of hollow cylindrical channels and a cylin-
drical phantom as shown in Figure 3.6. The phantom was used in experimental studies while a digitized ver-
sion of the phantom was used in simulation studies to evaluate different aspects of the SPECT/MR inserts and 
the simultaneous SPECT/MRI techniques.

The 3-D corrective MPH SPECT image reconstructed method was used in the studies. The MPH SPECT 
images from the hot-rod phantom were compared to the known activity distribution in terms of accuracy 
and image artifacts. Comparison of results from the simulation study provided assessment of the standard 
3-D MPH SPECT image reconstruction method with perfect system configuration. Comparison of results 
from the experimental phantom study will demonstrate the accuracy of the system calibration methods and 
effectiveness of the corrective 3-D MPH SPECT image reconstruction method.
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Figure 3.6  (a) The Ultra-Micro Hot Spot Phantom (Data Spectrum, Durham, NC, USA) consists of an insert with 
six groups of hollow cylindrical channels with a channel height of 2.7 cm and inner diameters of 0.75, 1.0, 1.35, 
1.7, 2.0, and 2.4 mm and a cylindrical phantom with an inside diameter of 2.8 cm and inside height of 2.8 cm. 
(b) A cross-section through the insert showing the configuration of the hollow channels. The phantom can be 
filled with water with specific concentration of radioactivity for use in SPECT imaging.
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3.2.9 �E valuation of SPECT/MR insert for simultaneous static 
SPECT/MRI

The simultaneous SPECT/MRI capability of the SPECT/MR insert was evaluated using a clinical 3T MRI system 
(Rittenbach et al. 2013). Figure 3.7 shows the SPECT/MR insert with the phantom positioned on the scanning bed 
and imaged inside. The assembly was translated inside the bore of the MRI system for simultaneous SPECT/MRI.

The mouse RF coil of the SPECT/MR insert was connected to a special interface to the clinical MRI sys-
tem. The interface has a transmit/receive switch and a signal amplification stage to maintain good SNR. The 
thick cable in the foreground is connected to the power supply placed in a low-magnetic-field region of the 
MRI room. At the back side of the SPECT/MR insert, the air hoses were connected to the compressed air 
outlet in the MRI room. To preserve the MR room shielding, the Ethernet data cables were interfaced to an 
optical communication module where fiber optic cable passed through a waveguide through a wall of the 
MRI room and connected to a personal computer (PC) in the control room for SPECT data acquisition.

The evaluation consisted of two stages. In the first stage, the mutual effects of the SPECT and MRI instru-
mentation and data acquisition on the SPECT and MR images during a static imaging mode were evaluated. 
In the second stage, the mutual effects were evaluated in a dynamic simultaneous SPECT/MRI mode.

In the experimental evaluation of the static simultaneous SPECT/MRI mode, the 36-pinhole collima-
tor and the BC RF coil were placed inside the SPECT/MR insert. The ultra-micro-hot-spot phantom shown 
in Figure 3.5 was filled with a solution with ~3.5 mCi of 99mTc and Cu2SO4 and used in the simultaneous 
SPECT/MR acquisition. The 99mTc activity provided the 140 keV photons for SPECT imaging and the Cu2SO4 
provided decreased T1 relaxation time contrast for MRI. The phantom was first imaged with the standalone 
SPECT/MR insert (outside of the magnetic field) and the MRI system separately. The separately obtained 
SPECT and MRI images of the phantom were used as the reference images. The SPECT/MR insert with 
the phantom inside was then placed inside the bore of a clinical 3T MRI system. A SPECT data acquisition 
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Figure 3.7  The SPECT/MR insert was positioned on the patient bed of a clinical 3T MRI system. The phantom 
or small animal to be imaged was placed inside the SPECT/MR insert and the assembly was translated inside 
the bore of the MRI system for simultaneous SPECT/MRI. The long white box in the foreground is a special 
interface that connects the RF coil to the data acquisition electronics of the clinical MRI system. The thick 
cable in the foreground is connected to the power supply placed in a low-magnetic-field region of the MRI 
room. At the back side of the SPECT/MR insert, the air hoses were connected to a compressed air outlet in the 
MRI room; the Ethernet data cables were connected to an optical communication interface where finer optic 
cables passed through a waveguide through a wall of the MRI room to the control room and were connected 
to a PC for SPECT data acquisition.
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was obtained with the gradient field turned off. Then, a simultaneous SPECT/MR data acquisition was per-
formed with the gradient field turned on. The SPECT data at a single collimator position were acquired for 
~5 min while the MR images were acquired simultaneously using a 2-D gradient echo (GE) single-slice pulse 
sequence, which is not an aggressive gradient demanding sequence as compared to, for example, fast mul-
tislice turbo fast field with very short repetition time (TR) or the echo planar imaging sequences. The SPECT 
and MRI images obtained were compared with the corresponding reference images for possible image deg-
radation and image artifact generation. They were also scaled and registered to each other for evaluation of 
image distortion.

3.2.10 �E valuation of SPECT/MR insert for simultaneous 
dynamic SPECT/MRI

In the experimental evaluation of the dynamic simultaneous SPECT/MRI mode, the same SPECT/MR insert 
configuration as in the static acquisition was used. A catheter was inserted into the tail vein of a ~30 g normal 
anesthetized mouse to extend the reach of the injection site. The animal was then placed inside the SPECT/
MR insert, which in turn was positioned inside the MRI system with the kidneys of the mouse at the CVOV 
of the SPECT/MR insert.

The SPECT/MR insert was set to acquire list-mode SPECT data for 30 min. A multislice GE sequence was 
used to obtain dynamic MR images from five predetermined 1-mm-thick slices of the mouse’s kidney with 
a 0.75-mm gap between slices. A bolus of ~3.5 mCi of 99mTc MAG3 (mercaptoacetyltriglycine) was injected 
into the mouse through the catheter line immediately after the SPECT data acquisition began. The dynamic 
MR data acquisition began soon after at 80-sec intervals for a total of 22 data sets during the 30 min of total 
acquisition time.

The dynamic MPH SPECT list-mode data were rebinned into 10-sec timeframes and each reconstructed 
using the corrective 3-D MPH SPECT image reconstruction method with 10 iterations. The dynamic SPECT 
and MRI images obtained were inspected separately for possible image degradation and image artifacts. The 
10-sec frame dynamic 3-D MPH SPECT images were grouped into 80-sec time frames, from which five 1-mm-
thick coronal image slices that closely matched the five acquired dynamic MR image slices were selected. The 
SPECT images were appropriately scaled and registered to the corresponding dynamic MR images for evalu-
ation of possible image distortion. Finally, the dynamic SPECT and MR images were summed and registered 
for further evaluation.

3.3 � RESULTS

3.3.1 �S PECT system calibration and nonuniformity correction

The detection properties of the CZT detector modules within the cylindrical SPECT insert were measured 
using a cylindrical shell phantom filled with uniform 99mTc solution. Figure 3.8 shows a typical energy spec-
trum of a CZT detector pixel at a bias voltage of 500 volts and at 140 keV photon energy. The energy resolu-
tion was determined by fitting a Gaussian to the photopeak and calculating its full-width-at-half-maximum 
(FWHM). The average FWHM was found to be ~3.9% over 98% of the total 24,320 pixels.

The gain of each detector pixel was adjusted such that the photopeak was positioned at the center of a 
10% energy window. The MPH projection data of the shell phantom was acquired to obtain a flood image for 
detector uniformity correction. Figure 3.9a shows a sample of the cross-sectional reconstructed image of a 
uniform cylinder without uniformity correction. Figure 3.9b shows the reconstructed image after uniformity 
correction of the projection data with the flood image. To further improve the uniformity, counts at detector 
pixels that were nonresponsive and were either hyperactive or hypoactive, i.e., the photopeak counts within 
the selected 10% energy window was either more than 175% or less than 25% of the average pixel count, were 
replaced by a 2-D interpolated value of its eight neighboring pixels. After this additional correction (of ~2.5% 
of total number of detector pixels), the reconstructed uniformity image is shown in Figure 3.9c.



3.3  Results  67

3.3.2 � Imaging performance characteristics 
of the SPECT insert

After the energy calibration and uniformity correction of the CZT detector modules, the sensitivity and spa-
tial resolution of the SPECT insert were determined using a reference 57Co point source placed at the center 
of the CVOV and a 99mTc line source placed along the central axis, respectively (Rittenbach et al. 2013). Table 
3.2 shows the measured and analytically calculated sensitivity and spatial resolution of the SPECT insert.
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Figure 3.8  A typical energy spectrum of a CZT detector pixel. The energy resolution at 140 keV photon 
energy averaged over 98% of the total of 24,320 pixels is ~3.9%.

(a) (b) (c)

Figure 3.9  SPECT reconstructed images from the same sample slice through a cylindrical phantom filled with 
a uniform concentration of 99mTc solution obtained (a) without correction of detector pixel uniformity, (b) after 
uniformity correction using a flood image, and (c) with additional correction for nonresponsive, hyperactive, 
and hypoactive pixels.

Table 3.2  Comparison of the measured and analytically calculated sensitivity and spatial resolution at the 
center of the CVOV of the SPECT insert 

MPH collimator 

design

System detection sensitivity 

(cps/MBq)a
System spatial resolution in terms 

of FWHM (mm)b

Predicted Measured Predicted Measuredb

18-pinhole 197 172 1.0 1.1

36-pinhole 515 372 1.5 1.5

a	 Taking into account of the 75% absorption of the 122 keV photons by the 5-mm-thick CZT detector module. 
b	 A ~0.5-mm inner diameter capillary tube was used as the line source; measured resolution was corrected for the finite width 

of the line source.
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3.3.3 � 3-D corrective and sparse-view MPH SPECT image 
reconstruction method

Figure 3.10 shows comparisons of MPH SPECT images obtained from the same sample slice through the hot-
spot phantom (Figure 3.6) using the 3-D MPH SPECT image reconstruction methods with and without the 
pinhole response function modeling and with and without additional rotation of the 36-pinhole collimator 
used in the data acquisition. Comparison of images in rows (A) and (B) of Figure 3.10 shows the improve-
ment of image quality in terms of both lowered noise and improved spatial resolution by incorporating the 
pinhole response functions in the image reconstruction method. Comparing images in columns (a) and (b) of 
Figure 3.10, additional collimator rotation provides improved image quality when no pinhole response func-
tion modeling was used, but minimal improvement was found when pinhole response function modeling 
was applied. The result indicates that the corrective image reconstruction method allows stationary imaging 
without collimator or system rotation.

3.3.4 �E valuation of SPECT/MR insert for simultaneous static 
SPECT/MRI

The hot-spot phantom shown in Figure 3.6 was used in an experimental study to evaluate the SPECT/MR 
insert for simultaneous static SPECT/MRI. Figure 3.11a and b shows a comparison between the separately 
and simultaneously acquired SPECT images. Depending on the RF coil used, MR SNR loss up to a factor 
of ~8 was observed due to the SPECT electronics interference. Visually it is also not evident that connect-
ing the BC shield to the cable shield improved the general attained SNR. In addition, MR image geometri-
cal distortions that can be attributed to gradient field distortions for fast survey multislice sequences were 
also recorded as well as slice position shifts for GE sequences. Despite the later mentioned shifts, targeted 
slices were retracked in the presence of the SPECT system and good-quality MR images were obtained and 

(A)

(B)

(a) (b)

Figure 3.10  Comparisons of MPH SPECT images from the same sample slice through the hot-spot phantom 
shown in Figure 3.5, obtained using the 3D corrective MPH SPECT image reconstruction with 40 iterations: 
Row (A) without and row (B) with the pinhole response modeling, and column (a) without and column (b) with an 
additional rotational stop of the 36-pinhole collimator. All images have a reconstructed pixel size of 0.25 mm 
and image slice thickness of 2 mm.
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registered to SPECT images. Figure 3.11c shows the simultaneously acquired MR image of the same sample 
slice through the hot-spot phantom. Minimal distortion and artifact were found in the MR image, indicat-
ing minimal effect of the SPECT/MR insert on the MR image. Figure 3.11d shows the registered and fused 
SPECT and MR images.

3.3.5 �E valuation of the SPECT/MR insert for simultaneous 
dynamic SPECT/MRI

A dynamic 99mTc-MAG3 kidney function study of a mouse was conducted to evaluate the simultaneous 
dynamic SPECT/MRI capability of the SPECT/MR insert. Figure 3.12 shows the first four 80 sec/frame MR 
images (using 200 K-space line acquisition at TR = 200 ms with two averages per frame) of one of the four 
coronal slices through the mouse’s kidney from the 30-min simultaneous dynamic SPECT/MR data acquisi-
tion. The dynamic MR images show the good image quality and SNR that could be initially obtained from 
the SPECT/MR insert using a linear mode BC RF coil with extended shielding. No noticeable MR geometric 
distortions were observed at the organ of interest (albeit slice offsets) in this case, indicating the feasibility of 
the SPECT/MR insert for simultaneous dynamic SPECT/MR data acquisition.

Figure 3.13 shows the first eight 10 sec/frame MPH SPECT images of the corresponding coronal slice 
shown in Figure 3.12 from the 30-min simultaneous dynamic SPECT/MR acquisition. The activity from 
the ~2.5 mCi of 99mTc-MAG3 injection went through the inferior vena cava to the heart and subsequently 
accumulated in the kidneys before excreting to the bladder. The dynamic MPH SPECT images show the 

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

Figure 3.11  (a) MPH SPECT image of a sample slice through the hot-spot phantom obtained from the SPECT/
MR insert as a stand-alone system. The (b) MPH SPECT and (c) MR images of the same sample slice (with pre-
scribed slice thickness of 1 mm) through the hot-spot phantom as in (a) but obtained simultaneously with the 
SPECT/MR insert placed inside the bore of a clinical 3T MRI system using a two feed BC RF coil with extended 
shield that was connected to the cables’ shield. (d) The registered and fused SPECT and MR images from (b) 
and (c). [The Hot Iron color scale was used to display the MPH SPECT images from (b) in (d).]

Figure 3.12  From left to right are the first four 80 sec/frame MR images of one of the four coronal slices 
through the mouse’s kidneys from the 30-min simultaneous dynamic SPECT/MR data acquisition. All images 
have a reconstructed pixel size of 0.18 mm and prescribed image slice thickness of 1 mm. The signal loss in the 
upper part of the image may be attributed to distortions due to the presence of the SPECT system.
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high sensitivity and spatial resolution of the SPECT/MR insert. No noticeable distortion and artifacts were 
observed in the images, indicating minimal effect by the MRI system during simultaneous dynamic SPECT/
MR data acquisition.

The 10 sec/frame MPH SPECT images shown in Figure 3.13 were combined to form 80 sec/frame images 
that matched the corresponding MR images in Figure 3.13. The resultant registered and fused SPECT/MR 
images of the first four 80 sec/frame are shown in Figure 3.14. These images demonstrate the feasibility of 
simultaneous SPECT/MRI with minimal mutual interactions between the SPECT and MRI instrumentation 
in the dynamic data acquisition mode.

The twenty-two 80 sec/frame dynamic MR images from each of the four image slices were summed to 
form four static images with 1-mm-thick and separated by 0.75 mm gaps. These images are shown in the 
top row of Figure 3.15. The 10 sec/frame dynamic 3-D MPH SPECT images over the entire 30-min acquisi-
tion were also summed to form a static 3-D MPH SPECT image. Four coronal image slices that correspond 
to the four MR image slices were selected and shown in the middle row of Figure 3.15. In the bottom row 
of Figure 3.15, the registered and fused corresponding SPECT and MR images are shown. These images 
demonstrate minimal distortion and mismatch between the SPECT and MR images during static data 
acquisition.

1 2 3 4

6 7 8 9

Figure 3.13  From left to right and top to bottom: the first eight 10 sec/frame MPH SPECT images of a 
sample coronal slice through the mouse’s kidneys from the 30-min simultaneous dynamic SPECT/MR data 
acquisition. The 3-D MPH SPECT images were obtained using the 3-D ML-EM-based corrective MPH recon-
struction method with 10 iterations and a reconstructed pixel size of 0.25 mm and image slice thickness of 
1 mm.

Figure 3.14  From left to right are the first four 80 sec/frame registered and fused SPECT and MR images of 
the corresponding coronal slice in Figures 3.11 and 3.12. (The color scale is used to display the MPH SPECT 
images.)
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3.4 � SUMMARY AND CONCLUSIONS

A second-generation small-animal SPECT/MR insert was designed and constructed for simultaneous 
SPECT/MRI of small animals, including mice and rats. It was designed to fit inside a MRI system with a 
minimum bore size of 20-cm diameter, e.g., the diameter of the inner bore of a standard gradient coil of a 
4.7T Bruker preclinical MRI system. The same compact MR-compatible CZT detector modules used in the 
first-generation small-animal SPECT/MR system were connected seamlessly to form a stationary cylindrical 
SPECT insert.

Two cylindrical 18- and 36-pinhole collimators with optimized parameters and target system resolutions 
of 1.0 and 1.5 mm at the center of their CVOV were designed for mouse imaging. The MPH collimators can be 
rotated inside the SPECT to provide additional projection data. The MPH collimators were fabricated using 
a special MR-compatible high-density material with low conductivity to minimize their effects on the MRI 
system. A transmit/receive BC RF coil for MRI was designed to fit inside the cylindrical MPH collimator for 
good SNR imaging and was constructed using thin flexible sheets covered with thin copper layer to minimize 
its effect on the SPECT imaging. The SPECT insert with the RF coil forms the SPECT/MR insert.

A corrective sparse-view 3-D MPH image reconstruction method based on the iterative ML-EM algo-
rithm and incorporating model of the pinhole response function was developed to provide quantitative 
SPECT imaging with improved image quality in terms of both improved spatial resolution and lower noise. 
Also it allowed a reduced number of collimator rotations without loss of image quality.

The SPECT/MR insert with the two MPH collimators and RF coils was evaluated as a stand-alone small-
animal SPECT and inside an MR scanner using phantom studies. The results demonstrated its ability to 
provide MPH SPECT images with ~1 mm resolution and system sensitivity of ~170 cps/MBq or system sen-
sitivity at ~370 cps/MBq and resolution of ~1.5 mm.

Figure 3.15  From left to right are the four corresponding 1-mm-thick coronal slices of static (top row) SPECT 
images, (middle row) MR images, and (bottom row) registered and fused SPECT/MR images that were summed 
over the entire 30-min acquisition time resulting in SNR improvements.
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The SPECT/MR insert was also evaluated for its capability to provide simultaneous dynamic SPECT/
MRI in a phantom and a mouse study. With minimal interference observed in terms of MR image geometric 
distortions and SNR loss due to the effect of the SPECT instrumentation on MRI, simultaneously acquired 
SPECT and MR images were possible. The results successfully demonstrated the feasibility of simultaneous 
small-animal SPECT/MRI using the SPECT/MR insert.

The preliminary results from our study are encouraging to further explore the full capability and 
applications of SPECT/MR instrumentation and simultaneous SPECT/MRI. Future instrumentation 
enhancements will include new MPH collimators for rat studies and for imaging radiolabel agents with 
medium- to high-energy photon emissions. Other important future studies include investigating meth-
ods to reduce MR SNR loss due to SPECT electronics as well as correcting for any MRI geometric dis-
tortions due to the possible deformation in the gradients’ fields that may be eddy current dependent 
(Samoudi et al. 2015) and that may consequently enable using faster MRI sequences in the future. Most 
importantly, the search for potential applications of simultaneous SPECT/MR instrumentation and imag-
ing techniques to biomedical and clinical research for better understanding of biochemical processes and 
disease will be the guide for future studies.
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4

Integrated PET and MRI of the heart

CIPRIAN CATANA and DAVID E. SOSNOVIK

4.1 � INTRODUCTION

Positron emission tomography (PET) and magnetic resonance imaging (MRI) are widely used in cardiovas-
cular imaging and have very complementary attributes. MRI offers excellent anatomical and functional infor-
mation, while PET provides highly sensitive readouts of molecular and metabolic processes. Some degree of 
overlap does exist between the modalities: molecular MRI of selected targets, such as fibrin and macrophage 
infiltration, has been performed in human patients in vivo; magnetic resonance (MR) spectroscopy provides 
important insights into myocardial metabolism; and physiological gating of PET studies is introducing a 
functional dimension into the technique. Nevertheless, a compelling case can be made to combine the attri-
butes of MRI and PET into a single integrated instrument to further advance cardiovascular imaging.
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In the recent years, integrated scanners capable of simultaneously acquiring MRI and PET data have been 
developed, first for small-animal imaging and, more recently, for whole-body studies in humans. Simultaneous 
acquisition opens new opportunities for cardiovascular research and clinical applications. First, the quantification 
of PET data can be improved using the temporally and spatially correlated MR information. Second, various PET 
and MR methods can be cross-calibrated in an integrated scanner (Table 4.1). For example, fluorodeoxyglucose 
(FDG) PET and late gadolinium (Gd) enhancement MRI both provide extremely accurate assessments of myo-
cardial viability via highly different mechanisms. While qualitative myocardial perfusion is being increasingly 
used clinically, quantitative flow measurement by MRI is still challenging and would benefit from the valida-
tion provided by a simultaneous PET measurement. Since perfusion studies involve a pharmacological chal-
lenge and a highly dynamic signal, simultaneous acquisition of the PET and MRI data is needed to allow a 
true comparison of the techniques to be performed under identical conditions (Rischpler et al. 2013). Third, 
by providing both molecular MRI and PET readouts, PET-MRI could become the modality of choice for 
molecular imaging applications. Examples include the characterization of myocardial regeneration, throm-
bosis, and atherosclerotic plaque using dual-labeled PET-MRI probes (Ciesienski et al. 2013; Uppal et al. 2011).

The applications that could potentially benefit from this new imaging modality are discussed in more 
detail elsewhere in the book. Here, we focus on the technical challenges that need to be overcome to integrate 
these two imaging modalities and the approaches that have been proposed for this purpose. Significant atten-
tion is given to the need to obtain accurate attenuation maps of the heart and thorax directly from the MR 
data. Finally, we discuss several methodological opportunities, such as MR-assisted motion and partial vol-
ume effects correction and image-based radiotracer arterial input function estimation. These topics highlight 
both the challenges and opportunities of simultaneous PET-MRI.

4.1.1 �M otivation for simultaneous PET and MRI data 
acquisition

The most obvious motivation for integrating these two powerful imaging modalities is that they provide 
complementary data that are routinely analyzed concurrently in research and clinical applications. PET non-
invasively images the distribution in vivo of biomolecules (small molecules, peptides, antibodies, nanopar-
ticles, stem cells) labeled with radionuclides that undergo positron decay. Because of the high sensitivity of 
radioactive assays, PET can measure picomolar concentrations of labeled biomolecules. A wide variety of 
molecular targets and pathways have been imaged using PET radiotracers. However, the spatial resolution 
of PET is limited by physical factors due to positron physics and the difficulty of acquiring sufficient counting 
statistics. Furthermore, PET images often lack definitive anatomic information, thus making interpretation 
of the precise location of radiotracer accumulation difficult.

MRI can provide high spatial resolution anatomic images with exquisite soft tissue contrast by exploiting 
the differences in relaxation times of protons in different biochemical environments. The combination of high 
spatial resolution and contrast allows the anatomic consequences (e.g., cardiac wall motion abnormalities) of 
many disease processes to be visualized in patients and in animal models. More advanced MRI techniques can 
measure important physiologic parameters, including diffusion and permeability. The addition of passive con-
trast agents based on Gd or iron-oxide nanoparticles can further enhance contrast. MR spectroscopy, which 
measures the shift in frequency at which protons in different chemical environments resonate, allows the relative 

Table 4.1  Commonly used PET tracers and analogous approaches in MR spectroscopy and imaging

PET tracers MRI techniques

Metabolism 18FDG, 11C-Acetate Hyperpolarized 13C, 31P

Perfusion 13N-Ammonia, 82Rb First pass Gd

Viability 18FDG Late Gd enhancement

Inflammation 18FDG T2W MRI

Magnetic nanoparticles

Vascular/valve calcification NaF Ultra short TE (UTE) MRI
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concentrations of abundant metabolites and some drugs administered at mass levels to be measured. However, 
the sensitivity of MRI for different metabolites and tracers is micromolar to nanomolar and thus many orders of 
magnitude lower than that of PET, imposing significant restrictions on the kinds of targets that can be visualized.

The initial technical motivation for simultaneous PET-MRI was the potential reduction of the positron 
range, one of the two physical factors that limit the spatial resolution in PET, in a magnetic field. The positron 
range, defined as the distance from the site of positron emission to the line between the detectors in which the 
two annihilation photons were detected, is dependent on the energy of the emitted positrons because higher 
energy positrons travel a longer distance before losing their energy and undergoing annihilation. Since the 
positron’s trajectory (in the plane perpendicular to the field) becomes helical when moving in a magnetic 
field, it was shown that it annihilates closer to the place where it was emitted (Iida et al. 1986; Raylman 
1991). Based on the early Monte Carlo simulations and subsequent experimental measurements of the posi-
tron range for different positron emitters (Raylman, Hammer, and Christensen 1996; Wirrwar et al. 1997) it 
appears that magnetic fields higher than 7 T, high-energy positron emitters (e.g., 15O, 82Rb) (Table 4.2), and 
scanners with small-diameter and submillimeter scintillation crystals are needed for this effect to be relevant.

One alternative to combined PET-MRI hardware is to acquire data separately and then use sophisticated soft-
ware registration algorithms to merge them (Hayakawa et al. 2000; Minoshima et al. 1992; Woods et al. 1998). 
This approach has been widely and successfully applied in human imaging for tissues that can be approximated 
by rigid-body transformations (e.g., brain). However, in the case of nonrigid body structures such as the heart, 
nonlinear warping approaches are required, making accurate software registration a very difficult task. Even if this 
could be achieved, dynamic changes can occur between the two scans that would confound the spatial relationship 
of the two datasets. Another major drawback of this approach is that it removes the possibility of temporally 
correlating dynamic MR and PET signals or of comparing functional MRI with PET physiological measures.

4.1.2 � Technical challenges in integrating PET and MRI
The major obstacle to PET inside an MRI scanner (aside from the limited space) is the presence of the strong 
magnetic field, which completely degrades the performance of photomultiplier tubes (PMTs). On the other 
hand, solid-state photon detectors, such as avalanche photodiodes (APDs) and Geiger mode APDs (also called 
solid-state photomultipliers, silicon photomultipliers [SiPMs], or multiphoton pixel counters), are magnetic 
field insensitive and can be used as alternatives to the more popular PMTs for this application. However, one 
challenge in the case of these semiconductor-based detectors is that their performance is a strong function 
of temperature, which affects their gain (changes of up to 5%/°C has been reported [Kolb et al. 2010]), break-
down voltage, and capacitance (Conradi 1974). In addition to the heat produced by the PET electronics, there 
is another aspect that has to be considered in an integrated PET-MRI scanner. The switching MR gradients 
induce eddy currents in the PET detector shielding material that can lead to temperature increases in the 
detector enclosure (as well as image artifacts and spatial distortions in the MR images).

Mutual electromagnetic interference has to be considered whenever two devices work next to each other. 
Signals in the radiofrequency (RF) part of the spectrum, where the MR scanner operates, are of special con-
cern in this case as they could interfere with the operation of the PET and MR electronics, leading to spurious 

Table 4.2  Maximum positron energies (Emax) for several 
radioisotopes relevant for PET imaging

Radionuclide Emax (MeV)
18F 0.63
11C 0.96
13N 1.20
15O 1.73
68Ga 1.89
62Cu 2.93
82Rb 2.60, 3.38
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signals, artifacts, or decreased signal-to-noise ratio in the resulting images. For this reason, PET electronics 
are usually placed inside shielding enclosures (Faraday cages).

One requirement whenever materials have to be placed inside the MR scanner is that they minimally 
disturb the main magnetic field homogeneity. This could, for example, happen when diamagnetic or para-
magnetic materials are placed inside the bore. Since at least the scintillator arrays have to be placed inside the 
magnet for simultaneous PET data acquisition, their magnetic susceptibility had to be evaluated. Fortunately, 
both bismuth germanium oxide and lutetium oxyorthosilicate (LSO) demonstrated similar susceptibility to 
that of human tissue and only minimally affected the MR images. On the other hand, lutetium Gd oxyortho-
silicate caused significant artifacts and distortion in the MRI images (Yamamoto et al. 2003).

4.2 � INSTRUMENTATION—INTEGRATED PET-MRI SCANNERS

Recognizing the potential to combine the strengths of the two modalities, while mitigating some of their 
limitations, approaches to combine PET and MRI in a single scanner have been proposed for many years, but 
the progress in the field has been slower than that of the PET/computed tomography (CT) technology in the 
early stages of development (Townsend et al. 2004). In this section, we discuss some of those efforts that lead 
to the development of integrated PET-MRI systems capable of simultaneous acquisition.

4.2.1 �E arly approaches

The first attempts to combine PET and MRI were made in the 1990s. At the time, PMTs were the photon detec-
tors of choice in PET and the early efforts focused on overcoming their magnetic field sensitivity. This was ini-
tially accomplished by using ~4-meter-long optical fibers to couple LSO scintillator elements placed inside the 
magnet to multichannel PMTs and electronics placed outside a 0.2-T open magnet MRI system. The first pro-
totype, called McPET I, was used for proof-of-principle simultaneous data acquisition in phantoms (Shao et al. 
1997a). The second-generation prototype (McPET II) had a larger transaxial diameter (54 mm instead of 38 mm) 
(Shao et al. 1997b) and was used for simultaneously acquiring PET images and 31P NMR spectra from isolated, 
perfused hearts (Garlick et al. 1997) and performing in vivo rat brain studies. Subsequently, several designs have 
been proposed either for improving the sensitivity or spatial resolution uniformity by using multiple layers of 
crystals in the transaxial direction (Mackewn et al. 2005, 2010), increasing the axial coverage by bending the 
optical fiber bundles (Raylman et al. 2006, 2007) or using slanted light guides (Tatsumi et al. 2012; Yamamoto et 
al. 2010). Alternatively, minimally modified PET detectors were positioned in the gap of a 1-T MR split-magnet 
(Lucas et al. 2006) or integrated into a field-cycled MRI system (Bindseil et al. 2011; Peng et al. 2010).

4.2.2 �C urrent state-of-the-art

It was evident even from the early days that it would be impossible to use PMTs for building an integrated 
PET-MR scanner for routine human use. Fortunately, APDs have emerged as replacements for PMTs for this 
purpose and have been demonstrated to work inside MRI scanners at fields as high as 9.4 T (Pichler et al. 1997). 
An APD consists of a very thin, high-purity silicon wafer doped with impurities that creates regions with differ-
ent properties across the material. Electrical contacts are placed on the two surfaces and a reverse bias voltage is 
applied across the device. When a photon with enough energy interacts in the absorption region, electron-hole 
pairs are produced. Under the influence of the applied electric field, the charges are separated and the electron 
drifts toward the anode and the hole toward the cathode. In the multiplication region, where the applied field 
is significantly higher, the electrons and holes gain enough energy to create other electron-hole pairs through 
impact ionization in a repeating process so that in the end, an avalanche of charge carriers results.

When compared with PMTs, the APDs have lower gains (102–103 vs. 106), higher noise levels, and con-
sequently lower signal-to-noise ratio (SNR). Furthermore, the gain of an APD is strongly dependent on the 
temperature and bias voltage. However, they have similar timing and energy properties because of the higher 
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quantum efficiency (60%–80% vs. 15%–25% for PMTs). As already mentioned, the main advantage of APDs 
in the context of PET-MRI is that they are insensitive to magnetic fields.

Several APD-based PET-MRI scanners have been developed and used for in vivo small-animal studies. 
The first one was developed at University of California, Davis (Catana et al. 2006, 2008). It used position-
sensitive APDs (PSAPDs; RMD, Watertown, Massachusetts) as the photon detector and short bent optical 
fiber bundles to channel the light outside of the 7-T magnet’s imaging field of view where the PSAPDs were 
located, reducing the potential for interference in this way (Figure 4.1). In parallel, researchers from the 
University of Tubingen built an APD-based insert for a 7-T small-animal MR scanner (ClinScan, Bruker, 
Germany) (Judenhofer et al. 2007) without using optical fibers between the photon detectors and the scintil-
lator arrays (Judenhoper et al. 2008). Similarly, a PET insert for a Bruker 9.4-T MRI scanner was built at the 
Brookhaven National Laboratory (Woody et al. 2007) and proof-of-principle in vivo studies were performed 
in small animals, including rat gated mouse heart PET-MRI exams (Maramraju et al. 2011).

The first major equipment manufacturer to design and build an integrated PET-MRI scanner for human use 
was Siemens (Schlemmer et al. 2008). This prototype device, called BrainPET, is a head-only PET insert that 
fits into the standard 3-T MRI commercially available scanner (Magnetom Trio, Siemens, Erlangen, Germany) 
(Figure 4.2a). The first BrainPET scanner was installed in 2007 at the University of Tubingen, and three of these 
prototype devices are still in use. Numerous studies have been performed using these scanners for assessing 
the mutual interference (Chonde et al. 2013; Kolb et al. 2012), the performance of novel methods developed 
for addressing some of the specific challenges (Catana et al. 2010) or taking advantage of unique opportunities 
(Catana et al. 2011), and for exploring potential research and clinical applications (Catana et al. 2012; Catana, 
Guimaraes, and Rosen 2013; Frullano et al. 2010; Sander et al. 2013; Uppal et al. 2011).

Siemens also introduced the first fully integrated whole-body MR-PET scanner, called Biograph mMR, in 
2010 (Figure 4.2c). Similar to the BrainPET prototype, this scanner also uses APD technology, but the PET 
and MRI hardware and software are now fully integrated. The PET detectors are placed between the body RF 
coil and the gradient set of a modified Vario 3-T MR scanner and the two scanners share the same gantry. 
As an improvement over the BrainPET prototype, which was air-cooled, chilled water is used to control the 
temperature of the detectors and associated electronics. In terms of performance, the PET component of 
the Biograph mMR is similar to that of the commercially available PET/CT scanner (Siemens mCT) (Delso 
et al. 2011). Numerous reports that presented the initial experiences with this scanner at several institutions 
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Figure 4.1  MR-compatible APD-based PET scanner for small-animal imaging: (a) PET detector module; 
(b) complete PET insert consisting of 16 detector modules, shielding material (removed on the left side) and 
carbon fiber tube used for support. (From Catana C et al., J Nucl Med, 47, 1968–1976, 2006.)
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(a) (b)

(c) (d)

Figure 4.2  Integrated PET-MR scanners currently available for human use: (a) Siemens MR-BrainPET proto-
type, (b) Philips sequential TF PET/MR whole-body scanner, (c) Siemens Biograph mMR whole-body scan-
ner, and (d) General Electric Signa PET/MR whole-body scanner. ([a–c] From Catana C et al., J Nucl Med, 54, 
815–824, 2013.)

Figure 4.3  Integrated cardiac MRI and PET image in a human patient. The PET isotope injected was FDG. The 
MRI image was acquired with a turbo spin echo (RARE) sequence with a dual inversion (black blood) prepulse. 
Image courtesy of the authors.
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around the world and the potential applications have already been published. An example of an FDG-PET-
MRI cardiac study in a healthy volunteer using the scanner installed at our center is shown in Figure 4.3.

4.2.3 � Future developments

Recently, Geiger-mode APDs (GAPDs, a.k.a. SiPMs) have been proposed and tested for PET applications (Kolb 
et al. 2010; Roncali and Cherry 2011). These devices can be thought of as two-dimensional (2-D) arrays of very 
small APDs, called microcells, operated in Geiger-mode. This means that an avalanche occurs whenever an inci-
dent visible light photon produces an electron-hole pair in that microcell. The output signal of each microcell is 
not proportional to the number of these incident photons. However, the total output of the device is proportional 
to the number of microcells that fired and, under the assumption that the number of incident photons is signifi-
cantly smaller than the number of microcells, the output signal is thus proportional to the energy deposited in the 
scintillator (Roncali and Cherry 2011). Some of their characteristics (e.g., gain comparable to that of PMTs, mod-
erate bias voltage requirements, excellent timing properties, insensitivity to magnetic fields, etc.) make SiPMs 
very promising candidates for replacing APDs as the photon detector of choice for simultaneous PET-MRI.

Several groups have built prototype scanners using this technology and reported promising results in 
phantom and small-animal studies (Seong Jong et al. 2008; Yamamoto et al. 2011, 2012; Yoon et al. 2012). In 
a continued effort to minimize the interference with the MR, long flexible flat cables have been proposed for 
coupling the GAPDs to amplifiers located outside the 5-gauss line of the 7-T MRI scanner (Kang et al. 2011) 
or ~3-cm-long fibers were used to introduce gaps between the PET modules to allow the use of the standard 
body transmit coil of a 3-T MRI scanner (Hong et al. 2012).

In December 2013, General Electric introduced the first whole-body integrated PET-MRI scanner that 
uses digital SiPM technology, called SIGNA PET-MR (Figure 4.2d). The PET detector gantry has transaxial 
and axial fields of view of 60 cm and 25 cm, respectively. The PET detectors (Lutetium-based scintillators 
coupled to arrays of SiPMs) have excellent timing resolution (<400 ps was reported [Levin et al. 2013]), which 
enables time-of-flight PET image reconstruction. They were positioned between the body RF coil and the MR 
gradient set of the GE Discovery 750w 3-T MR scanner and each consists of five rings of 112 detector blocks. 
Interestingly, the SIGNA PET-MR scanner was designed to be fully upgradable from the stand-alone MR 
device on which it is based. The scanner includes active and passive mechanisms for controlling the tempera-
ture. Preliminary testing demonstrated interference-free operation both on the MR and PET side and very 
high PET sensitivity (21 cps/kBq).

4.3 � TECHNIQUES FOR MR-ASSISTED PET DATA CORRECTIONS

4.3.1 �MR -based photon attenuation correction

Since the early methods used in stand-alone PET or integrated PET/CT scanners for accounting for the reduc-
tion in the number of detected annihilation photons through interactions with the subject cannot be used in 
integrated PET-MRI scanners, for obvious reasons (e.g., limited space inside the MR bore, engineering chal-
lenges in integrating a rotating source mechanism given the MR environment, etc.), methods for obtaining 
similar information from the MR data had to be developed. Unlike x-ray CT, this is not a trivial task because 
the MR signal depends on proton density and tissue relaxation times, properties that are not directly related 
to tissue electron density, which is relevant for PET attenuation correction. Furthermore, imaging bone or 
lung tissue with conventional MR sequences is challenging, truncation artifacts are present in larger patients 
due to the limited field of view of MR, the annihilation photons can be absorbed in the RF MR coils located in 
the PET field of view, and subject motion leads to mismatches between the MR-derived attenuation map and 
the emission data. Several methods have been proposed for MR-based attenuation correction, ranging from 
those aimed at segmenting the body into a limited number of tissue classes to those that attempt to generate 
CT-like images from the MR data.
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4.3.1.1 � METHODS TO GENERATE DISCRETE-VALUED ATTENUATION MAPS

In this class of methods, a limited number of tissue classes (e.g., soft tissue, fat, bone, lung, air) are segmented and 
a single linear attenuation coefficient is assigned to each of these classes. These coefficients usually correspond to 
the average values measured from the CT- or transmission-based attenuation maps for all the segmented classes. 
Hence, the errors in the segmentation procedure and those introduced by the assumption that a predefined value 
represents the attenuation in the whole tissue class affect the accuracy of these methods. Furthermore, additional 
approximations need to be made because not all the tissue classes can easily be segmented from the MR data (e.g., 
bone segmentation is still very challenging) and the attenuation properties of tissue changes due to physiological 
factors (e.g., the lung attenuation is different in expiration versus inspiration), to give just a couple of examples.

In one of the first approaches proposed for whole-body MR-based attenuation correction, which was subse-
quently implemented on the Siemens Biograph mMR scanner, the body is segmented into four compartments 
(i.e., water, fat, lung, and air) (Martinez-Moller et al. 2009). From the MR data acquired in the coronal orientation 
using a two-point Dixon-VIBE sequence, the in-phase and out-phase images as well as water and fat images are 
obtained at each bed position. An air threshold is first determined from the in-phase images. Next, the lungs are 
segmented using connected component analysis. The voxels corresponding to soft and fat tissue are then obtained 
by applying thresholds to the water and fat images. Morphological operations are finally applied to remove noise 
and predefined linear attenuation coefficients (0, 0.022, 0.085, and 0.100 cm−1) are assigned to the four tissue 
classes (background air, lung, fat, and soft tissue, respectively). An example of an attenuation map generated 
using this method is shown in Figure 4.4. Bone, lung, and neck regions showed the largest standardized uptake 
value (SUV) changes (up to 13%) using this approach. While these changes did not affect the clinical interpreta-
tion, they would have to be carefully considered when interpreting longitudinal studies. Although no cardiac 
lesions were included, only minimal changes in the SUV of node metastases in the mediastinum were reported, 
suggesting that the method performs reasonably well in the thorax as well (Martinez-Moller et al. 2009).

Only three components (i.e., water, lung, and air) were segmented in the procedure implemented for the 
Philips Ingenuity TF PET-MRI sequential scanner (Figure 4.2b) (Schulz et al. 2011). The MR data used for seg-
mentation were acquired with a free-breathing 3-D T1-weighted spoiled gradient echo sequence in 6-cm-long 
slabs. To account for the drops in signal intensity at the edge of the 3-D slabs, the images were first smoothed in 
the axial direction. Next, a Laplace-weighted histogram (Wiemker and Pekar 2001) of the whole volume is used 
to automatically determine the thresholds to be used for segmenting the tissue classes. This step was required 
because using a fixed value (similar to the procedure used for segmenting CT images) would not work with MR 
data because of the larger intersubject variability in MR signal intensity compared to CT. Starting from these 
automatically determined thresholds and using region growing techniques, the body mask can be determined for 
each slice and it includes soft and bone tissue as well as air cavities. To separately segment the lungs, the coronal 

(b)(a)

Figure 4.4  Segmented attenuation map of the torso obtained using the method currently implemented on 
the Biograph mMR scanner: (a) Dixon-VIBE- and (b) the corresponding CT-based attenuation maps. Note the 
different positioning of the arms of the subject for the two examinations and the fact that a separate bone tis-
sue class is not included in the MR-based attenuation map. Images courtesy of the authors.
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slice most likely to contain lung tissue (e.g., that with the maximum body cross section) is automatically selected. 
Starting from this slice and using a clustering algorithm combined with size criteria (based on expected 
values for the lungs) and 3-D region growing techniques, the lungs can be extracted. The linear attenuation 
coefficients assigned to soft and lung tissue in this method are 0.094 and 0.024 cm−1, respectively. As expected, 
a tendency for underestimating the SUVs was again reported and it was attributed to the misclassification of 
bone as soft tissue (Sensakovic and Armato 2008).

Since segmenting additional tissue classes increases the complexity of the algorithms and the data acquisi-
tion times and reduces the reliability of the segmentation procedures, simulation studies have been performed 
to estimate the number of classes that need to be identified (Akbarzadeh et al. 2013; Keereman et al. 2011). For 
example, errors below 5% were reported when liver and adipose tissues were treated as soft tissue and only air, 
lung, soft tissue, spongeous, and cortical bone tissue classes were included separately in the attenuation map. 
Misclassifying lung tissue as air caused 45% bias in lung tissue and 17% in the thoracic spine. Not including 
cortical bone in the segmentation caused 20% errors. And a 30% bias in bone and adjacent tissue was reported 
when bone voxels were misclassified in a different study (Akbarzadeh et al. 2013).

Truncation artifacts in large patients are particularly relevant in PET-MRI for two reasons. First, the MR 
examinations are usually performed with the patients holding their arms down (as opposed to the arms-up 
procedure used for CT scanning). Second, the MR transaxial field of view of 50–60 cm is significantly smaller 
than that of stand-alone PET scanners. As a result, parts of the arms are missing from the MR-derived attenu-
ation maps, which leads to 10%–20% biases in the resulting PET images (Delso et al. 2010). To address this 
issue, a pair of “soft tissue” cylinders approximating the missing arms were added to the attenuation maps 
using the nonattenuation corrected PET images for guidance (Delso et al. 2010) or a more advanced algorithm 
was used to estimate the contour of the body from the same images (Kalemis et al. 2013). A more elegant solu-
tion to this problem involves iterative reconstruction algorithms and will be discussed later in this chapter.

4.3.1.2 � METHODS TO GENERATE CONTINUOUS-VALUED ATTENUATION MAPS

Atlas- or template-based methods have been successfully used for obtaining continuous-valued attenuation 
maps for brain imaging (Montandon and Zaidi 2005; Rota Kops and Herzog 2008), but they have proven more 
difficult to implement for whole-body applications given the anatomical variability and the larger susceptibility 
to errors in the image registration procedure. As a solution to address these issues, local pattern recognition 
combined with atlas registration was proposed first for brain (Hofmann et al. 2008) and subsequently for whole 
body imaging (Hofmann et al. 2011). The images in the atlas database (i.e., pairs of coregistered CT and MR 
images acquired in the same patients) are registered to the MR images of the patient of interest using a five-
class segmentation. The transformations derived from these registrations are applied to the corresponding CT 
images and a set of pseudo-CT predictions are generated. Instead of averaging these values, a Gaussian process 
regression is used to predict the pseudo-CT for each voxel based on the subvolume that most likely matches 
the subvolume of interest, thus including the information about the local anatomy in the prediction process. 
Finally, two additional steps are applied automatically for incorporating the additional information obtained 
from the Dixon sequence regarding fat and water voxels and for increasing the chance of segmenting voxels cor-
responding to gas pockets. When using this method, the relative change in PET quantification with respect to 
the CT-based attenuation correction was, on average, 7.7% ± 8.4%. For comparison, the average errors reported 
when using the continuous-valued approach in the same patients was almost double. The largest difference 
between the two methods was observed in the pelvis, followed by the abdomen. Interestingly, their performance 
was similar in the thorax, likely because of the larger lung density variability that was not sufficiently captured 
in the atlas generated from MR data acquired with conventional sequences not optimized for lung imaging.

A registration-based approach was also suggested for including bone tissue in the segmented MR-based atten-
uation maps. This was accomplished by selecting the most similar CT from a database based on various patient 
specific similarity metrics such as gender, height, age, etc., and nonrigidly coregistering it to the subject’s MRI. 
Only the voxels with Hounsfield units above 80 from the CT were selected and included in the pseudo-CT maps. 
Although the bias in volumes of interest that contained bone was dramatically reduced, the authors reported 
several limitations of their method that have to be addressed before it can be used routinely (Marshall et al. 2013).
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4.3.1.3 � METHODS USING THE EMISSION DATA TO ITERATIVELY IMPROVE 
THE ATTENUATION MAP

Relying only on the MR data or predefined atlases, it is extremely difficult to account for the large intersubject vari-
ability, particularly for whole-body applications. However, the PET emission data inherently contain information 
about the photon attenuation that could be used to overcome this limitation (Censor et al. 1979). The usefulness of 
these methods that involve the simultaneous estimation of both the emission and attenuation data was initially lim-
ited because of the cross-talk between the attenuation and emission estimation. However, this can be minimized by 
using the anatomical information provided by the MR in integrated PET-MR scanners or the time-of-flight infor-
mation (Censor et al. 1979; Mollet et al. 2012; Panin, Aykac and Casey 2013; Rezaei et al. 2012; Salomon et al. 2011).

Such an approach was proposed for completing the truncated attenuation maps using the emission 
data (Nuyts et al. 1999). The method implemented on the Siemens Biograph mMR scanner was shown to 
reduce the error in the SUV estimation from 15%–50% (Delso et al. 2010) to less than 5% (Nuyts et al. 2010). 
Alternatively, the time-of-flight information can be used to improve the estimation of the linear attenuation 
coefficients assigned to the different regions segmented from the MR data (Salomon et al. 2011).

4.3.1.4 � ADDITIONAL CONSIDERATIONS

There are other aspects that have to be considered for implementing an accurate whole-body MR-based atten-
uation correction method, particularly when focusing on the heart.

Estimating the lung attenuation map is very difficult because imaging the lungs with conventional MR 
sequences is very challenging. However, this is relevant because of the large variability in lung attenuation 
between subjects (Martinez-Moller et al. 2009; Schulz et al. 2011) as well as intrasubject, during the respira-
tory cycle, and in pathological conditions (Marshall et al. 2012).

Foreign objects present in the body often cause susceptibility artifacts, leading to signal voids in the MR 
images and the corresponding attenuation maps. As a simple solution, linear attenuation coefficients cor-
responding to the implant material could be manually assigned to the misclassified voxels (Ladefoged et al. 
2013). It was also suggested that atlas-based techniques are more robust in the presence of this type of artifacts 
than segmentation-based approaches because of the implicit assumptions made about the values expected at a 
specific location (Hofmann et al. 2011). Using the time-of-flight information might also help minimize these 
artifacts. On the MR side, several MR sequences that are less sensitive to susceptibility artifacts (Ai et al. 2012; 
Sutter et al. 2012) could be used to minimize the signal voids in the MR images.

The attenuation properties of several MR contrast agents (e.g., ferumoxil, gadobutrol, ferumoxytol) have 
been investigated, and none of the ones used routinely for cardiovascular applications has been shown to bias 
the resulting attenuation maps (Borra et al. 2013; Lois et al. 2012).

Given the fact that the MR data used for generating the attenuation maps are acquired in tens of seconds 
while the PET data acquisition takes minutes or longer, a misregistration between the emission volume and 
the attenuation map is introduced due to motion. This mismatch can, in principle, be reduced in an integrated 
PET-MR scanner by using the MR signal for tracking the motion of the subject dynamically during the PET 
acquisition and for correcting the PET data retrospectively, as discussed later in this chapter.

Another aspect specific to integrated PET-MR scanners is the annihilation of photons in the RF coils that 
are located between the subject and the PET detectors. The attenuation properties of the standard and fixed RF 
coils (e.g., head and neck, spine) that are delivered with the commercially available scanners have been char-
acterized by the scanner manufacturer and the corresponding attenuation maps are automatically selected 
during the PET data processing and image reconstruction step for each table position (Kalemis, Delattre, and 
Heinzer 2013). However, this is not the case for the body flexible arrays that are currently used for cardiac 
studies on these scanners. Fortunately, these coils have been designed to minimally attenuate the annihilation 
photons and can be ignored for routine applications. For advanced quantitative studies, fiducial markers can 
be used for determining the position of the coil in the PET field of view so that predefined coil attenuation maps 
can be included in the attenuation correction procedure (Paulus et al. 2012). Even regular MR coils such as the 
flexible anterior part of the cardiac coil used with the Philips scanner have been shown to introduce minimal 
bias when their position and attenuation properties are known and properly accounted for (Eldib et al. 2014).
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4.3.2 � Nonrigid body MR-assisted PET motion correction

Organ deformations related to the physiologic cardiac and respiratory motion (in addition to voluntary and 
involuntary subject motion) affect PET data quality and quantification in cardiac studies. The high-temporal-
resolution MR data acquired simultaneously with the PET data in integrated PET-MRI scanners can be used for 
deriving the information required for retrospectively performing PET motion correction. As opposed to the case 
of rigid-body motion estimation where characterizing the displacement of three noncollinear points is sufficient 
to describe the motion of the whole volume (i.e., head) (Catana et al. 2011), the displacements of all the voxels 
in the PET field of view have to be measured or estimated in the case of nonrigid body motion. The first dem-
onstration of nonrigid body PET motion correction was done using a PMT-based preclinical MR-compatible 
PET scanner (Mackewn et al. 2010) and a two-section phantom (Tsoumpas et al. 2010). While the central sec-
tion of the phantom was stationary, the outer one could be rotated, which generated nonrigid transformations 
between the two groups of rod sources located in each section. The MR images acquired at 10 positions were 
coregistered to the reference image using the Image Registration Toolkit Software (Rueckert et al. 1999) and 
the displacement vectors were applied to the corresponding PET images. Although artifacts were observed 
in the motion corrected images, these images were comparable to those obtained in the absence of motion.

Although both respiratory and cardiac motions are relevant and have to be addressed for quantitative 
cardiac PET studies, next we will discuss the solutions proposed for solving these issues separately.

4.3.2.1 � RESPIRATORY MOTION CORRECTION

First attempts to characterize the respiratory motion in the context of PET-MRI have focused on the abdomen 
(Guerin et al. 2011). This is not surprising because this is a region of the body where the effects of respiratory 
motion can be largely disentangled from those of cardiac motion. Simple techniques (e.g., respiratory bellows, 
1-D MR navigators for monitoring the position of the diaphragm, etc.) are currently used for respiratory gat-
ing in PET and MRI studies performed on stand-alone instruments. However, although these methods are 
useful for deriving a respiratory signal, they are clearly not sufficient for completely characterizing nonrigid 
organ deformations that accompany respiratory motion and more advanced MR techniques have been pro-
posed for this purpose, such as phase contrast MRI, tagged-MRI, displacement encoding with stimulated 
echoes, and harmonic phase imaging (HARP) (Ozturk, Derbyshire, and McVeigh 2003).

In the context of PET-MRI, tagged-MRI has been suggested for tracking the motion in the abdomen 
(Chun et al. 2012; Guerin et al. 2011; Ozturk, Derbyshire, and McVeigh 2003). The MR tags can be thought of 
as fiducial markers that are temporarily superimposed on the tissue of interest. The change in the tag shape 
(e.g., a grid is most commonly used) at different time points is directly related to the motion of the tissue. 
Two sequences are required to estimate the motion using this procedure: one for tagging the tissue of interest 
and another one for deriving the motion fields. The first task can be accomplished using a delay alternating 
with nutation for tailored excitation sequence in the case of small-animal imaging (Mosher and Smith 1990) 
or complementary spatial modulation of magnetization (C-SPAMM) sequence (Axel and Dougherty 1989) 
in the case of whole-body human studies. For the second task, a regularized HARmonic phase (r-HARP) 
(Osman, McVeigh, and Prince 2000) or B-spline nonrigid image registration algorithm can be used.

Once derived from the MR data, these motion fields are used to update the system matrix and the attenu-
ation map. A motion corrected list mode maximum likelihood expectation maximization algorithm is used 
to “register” each of the frames to the reference frame. Thus, a single reconstruction is performed for the 
whole data set, which means the motion of the organ of interest is “frozen” in the reference frame and all the 
recorded counts contribute to the final image, as opposed to standard gating techniques in which a large frac-
tion (i.e., 7/8th if eight gates are defined) of the events are discarded. Simulations and early proof-of-principle 
PET-MRI studies demonstrated that the PET image variance is considerably reduced after motion correction, 
which leads to improvements in SNR and contrast recovery coefficients.

One obvious disadvantage of the tagged-MRI-based approach is that the MRI data collected for tracking the 
motion cannot be used for clinical purposes. Recognizing the need to run other sequences simultaneously with 
the PET data acquisition, a method to model the subject-specific motion has been proposed (King et al. 2012). 
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Once defined based on 3-D dynamic data set, a simple 1-D or 2-D navigator sequence can be used to drive the 
model. Forming the model is not a trivial task because of the intracycle (the motion paths during inspiration are 
different from those observed during expiration) and intercycle (the motion paths are different from one respi-
ration to the next) variability. Sufficient 3-D dynamic MR data have to be acquired to characterize the motion of 
the thorax during each respiratory cycle and across different cycles. The motion fields with respect to a reference 
frame are then derived from these data. The continuously acquired 2-D navigator is used not only to apply the 
model but also to decide when a new set of dynamic 3-D MRI data is required to update the model.

Unfortunately, applying these methods in the thorax is still very challenging because of the reduced SNR 
of the lungs. Until MR methods for improving lung imaging are developed, the lung tissue could either be 
masked out to avoid introducing bias in adjacent regions (Guerin et al. 2011) or the lung motion fields could 
be interpolated from those estimated at the boundaries (King et al. 2012).

4.3.2.2 � CARDIAC MOTION CORRECTION

The motion of the heart is considerably more complex than the motion of the lungs or internal organs in the 
abdomen. MR tagging can again be used to characterize it and proof-of-principle studies were performed on 
the BrainPET scanner using a cardiac beating phantom (Petibon et al. 2013). To build this phantom, the space 
between two inflatable balloons was filled with a radioactive gel and a methylcellulose background surrounded 
the outer one. Additionally, cold gel inserts were placed at different locations within the “myocardial wall.” A 
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Figure 4.5  MR-based PET motion correction: (a) The PET images reconstructed using motion estimates 
derived from fully sampled (FS) and tagged-MR images accelerated using compressed sensing (CS) and paral-
lel imaging (PI) techniques compared to those reconstructed without motion correction (NMC); (b) differ-
ence map using the FS case as reference; (c) line profiles for the four cases for the line shown in the first image; 
and (d) the linear correlation coefficients of the lines profiles using the FS case as reference. (From Huang C 
et al., Med Phys, 42, 1087–1097, 2015. Reprinted with permission.)



4.3  Techniques for MR-assisted PET data corrections  87

ventilator was used to inflate/deflate the innermost balloon, which mimicked the motion of the wall. The MR 
tagging was achieved with a SPAMM sequence and a multislice/multiphase gradient recalled echo sequence 
was run to acquire multiple representative volumes during the cycle. The motion fields were estimated from the 
tagged-MRI volumes using a nonrigid B-spline registration algorithm (Ledesma-Carbayo et al. 2008) and were 
incorporated into a list-mode iterative reconstruction framework. The defect/myocardium contrast recovery 
and lesion detectability were improved after MR-based motion correction when compared to the motion uncor-
rected case by 34%–206% and 62%–235%, respectively. Further significant improvements were noted in both 
metrics when the point-spread function of the scanner was included in the reconstruction and partial volume 
effects were minimized (Petibon et al. 2014).

Accelerated tagged-MRI using either parallel imaging or compressed sensing techniques has been recently 
suggested for minimizing the acquisition time of the sequences used for motion characterization. The gener-
alized autocalibrating partially parallel acquisitions (GRAPPA) algorithm with different acceleration factors 
and the k-t focal underdetermined system solver (kt-FOCUSS) algorithm were used for parallel imaging and 
compressed sensing, respectively. The authors showed that the PET image quality corrected using motion 
fields obtained using this approach was similar to that obtained from fully sampled MR data for up to 4 times 
acceleration (Figure 4.5). Respiratory gating was performed in this study to minimize the influence of respi-
ratory motion (Huang et al. 2015).

Standard tagged-MRI techniques cannot be used in more difficult situations, such as imaging the coro-
nary arteries. Instead, a three-point Dixon MR sequence was proposed for imaging the surrounding fat (in 
addition to water). In simulation studies, the cardiac and respiratory motion fields were estimated from the 
gated fat-MR volumes and incorporated in the reconstruction. Substantial increases in plaque-to-background 
contrast after motion correction were predicted for all the plaque-to-background concentration ratios con-
sidered (Petibon et al. 2014).

4.3.2.3 � COMBINED CARDIAC/RESPIRATORY MOTION CORRECTION

Respiratory and cardiac motion could, in principle, be simultaneously estimated from tagged-MR data. For 
example, the cardiac and respiratory cycles can each be divided into eight phases. Using one of these phases 
as the reference, the motion fields for the other 63 phases could be estimated using the HARP or B-spline 
nonrigid image registration algorithms discussed previously. For each ECG trigger, a 1-D navigator tracking 
the position of the diaphragm would first be used to determine the respiratory phase. Next, tagging followed 
by the rapid acquisition of the data corresponding to each of the eight cardiac phases would be performed. 
Because acquiring the data corresponding to all the respiratory and cardiac phases would take a prohibitively 
long time, many of the 64 phases would be undersampled. Compressed sensing approaches could be used to 
obtain the missing MR volumes or interpolation techniques could be used to derive the motion fields for the 
missing phases from the existing data (Ouyang, Li, and El Fakhri 2013).

4.3.3 � Partial volume effect correction

Partial volume effects lead to an underestimation of the radiotracer concentration in structures of interest 
(e.g., left ventricle myocardium wall) that are smaller than 2–3 times the full width at half maximum spatial 
resolution of the PET scanner as well as an overestimation of the activity in the adjacent structures (e.g., left 
ventricle chamber), the so-called spill-over and spill-in effects. In the case of cardiac imaging, this problem 
is further complicated by the fact that the location and thickness of the myocardium change as a result of 
cardiac and respiratory motion (as well as involuntary motion). Because of these issues, cardiac partial 
volume effects are both spatially and temporally variable. Particularly relevant to dynamic PET studies, 
required for accurate quantification of myocardial viability or blood flow, is that the relationship between 
the activity concentration in the myocardium and adjacent blood pool changes in time. For example, the 
activity concentration in the blood pool is significantly higher than that in the myocardium at the early 
time points, while the proportion is reversed at the later ones. A very comprehensive review of the myriad of 
partial volume effects correction methods, including examples of their use in cardiology, has been published 
elsewhere (Erlandsson et al. 2012).
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In one of the first attempts to address the partial volume effects with the goal of improving the estimation of the 
absolute myocardial blood flow, the tissue fraction (“defined as the fraction of tissue mass in the volume of the 
region of interest”) was included as an additional parameter in the kinetic model used to analyze the PET data in 
each of the regions of interest (Iida et al. 1988). A similar approach has been proposed by Hutchins et al. (1992). In 
this case, the assumption was that the measured PET signal in a specific region of interest is a combination of the 
activity concentration spilled over from the blood pool and true myocardial concentration multiplied by the fraction 
of the volume occupied by myocardial tissue. Although a strategy for placing the region of interest was proposed, 
this was obviously an oversimplification because it did not account for spill-over in other adjacent regions (e.g., right 
ventricle, lung, liver, etc.) and it ignored the spill-in effect from these regions.

Alternatively, methods that apply the correction before kinetic modeling have been developed. In an 
approach similar to the ones used for brain gray/white matter partial volume effects correction, an idealized 
image of the myocardial wall obtained directly from the PET images was convolved with the point spread 
function of the scanner to derive the spill-over and recovery coefficients (Nuyts et al. 1996). In a more recent 
implementation, high-resolution contrast-enhanced CT images were used to define the volumes of interest 
(Du et al. 2013). Using simulations, the authors also showed that the most accurate estimates of the activity 
are obtained when partial volume effect correction is performed independently for the images obtained from 
each gate (i.e., corresponding to the different phases of the cardiac cycle). This, however, requires a gated 
contrast-enhanced CT exam, which significantly increases the patient’s radiation exposure. An interesting 
aspect revealed by this study was that the contrast between diseased and healthy tissue is actually affected by 
partial volume effects, with the highest accuracy being achieved when the defect is considered as a separate 
volume of interest. This highlights the need for a high-resolution high-contrast imaging technique, such as 
late Gd contrast-enhanced MRI, that is capable of providing anatomical and physiological information for 
accurately defining these volumes of interest for improving quantification in cardiac PET.

In the context of PET-MRI, those approaches that use the anatomical information derived from MRI 
for performing the correction, either post or during the image reconstruction, are particularly relevant. At 
this time, no one method has been accepted or is routinely used for research applications and even less so in 
clinical practice. This is probably because the performance of these methods is task specific and there is no 
optimal method that can be used in all situations. More importantly, the performance also depends on the 
accuracy of the anatomical segmentation procedure and the precision of the spatial coregistration of the PET 
and MRI volumes. The nonrigid-body motion correction methods discussed in the previous section would 
eliminate the image coregistration problem in integrated PET-MRI scanners (Petibon et al. 2013).

4.3.4 � Image-based radiotracer arterial input function 
estimation

The radiotracer arterial input function is required for estimating biologically relevant parameters of interest 
from the dynamic PET data by kinetic modeling. Because the gold standard technique (i.e., manual blood sam-
pling from the radial artery) is invasive and cannot be used in all the patients, image-based methods have been 
proposed as alternatives. The placement of the region of interest to obtain the most accurate input function 
from the PET images is still the subject of debate, the left atrium or ventricle, ascending or descending aorta, 
and even femoral arteries being suggested for this purpose (Hove et al. 2004; Vasquez, Johnson, and Gould 
et al. 2013; van der Weerdt et al. 2001). Intuitively, deriving the input function from a region of interest drawn 
on the left ventricle (Gambhir et al. 1989) should give the most accurate estimates given the fact that this is the 
largest pool of blood in the body and should be minimally affected by partial volume effects. However, the left 
ventricle myocardial activity increases in time and spills over into the left ventricle. Because of the size of the 
left ventricle, relatively large regions of interest can be defined at a safe distance from the wall to minimize the 
bias introduced by spill-out effects. However, if the region of interest is too small, statistical fluctuations can 
bias the estimates. In an integrated PET-MRI scanner, the anatomical information provided by MRI could 
help with the definition of the region of interest from which these data could be derived. Furthermore, in the 
absence of corrections for cardiac and respiratory motion, the values derived from such a region of interest is 
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either underestimated due to spillover effects at the early time points or spill-in from the myocardium at the 
late time points. The MR-assisted motion correction method discussed previously would solve this problem.

4.4 � CONCLUSION AND OUTLOOK

The integration of MRI and PET holds great promise but, as described earlier, still poses many technical 
challenges. Robust solutions to these challenges, however, are likely to be developed in the near future. At 
that time, it will be vital for rigorous studies to be performed to establish the value added by integrated MRI 
and PET in clinical practice. The full promise of the technology, however, will require new radiotracers and 
new indications to be developed. For instance, the imaging of coronary atherosclerotic plaque with current 
radiotracers and instrumentation is limited and remains a large unmet need in cardiovascular medicine. 
The full realization of PET-MRI will thus require an extensive and ongoing collaboration between molecular 
biologists, chemists, physicists, cardiologists, and industry.
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5

CT-MRI

JAMES BENNETT and GE WANG

5.1 � INTRODUCTION

X-ray computerized tomography (CT) and cardiac magnetic resonance imaging (MRI) are emerging as the 
most promising complementary imaging modalities for coronary atherosclerotic disease detection (Fayad et al. 
2002). The goal of hybrid cardiovascular imaging is combining complementary information from multiple 
modalities to improve diagnostic accuracy and treatment efficacy. Each current clinical imaging modality 
typically has at least one fundamental deficit when utilized individually: functional modalities, such as single 
photon emission computed tomography (SPECT) and positron emission tomography (PET), lack high spatial 
and/or temporal resolution, while structural modalities, such as CT and ultrasound, commonly lack tissue-
specific functional imaging. The hybridization of CT and MRI can address the challenge of simultaneously 
providing both functional and structural images of the patient’s cardiovascular system.

Hybrid CT-MRI cardiovascular imaging is an ideal application for the evaluation of chronic ischemic 
heart disease (CIHD). CIHD is a prevalent disease with a high mortality and can be technically challenging to 
diagnose. Conventional hybrid modalities used in CIHD diagnosis and treatment planning (e.g., SPECT-CT 
and PET-CT) involve significant ionizing radiation. High patient radiation exposure is an increasing concern 
in the medical community particularly due to the increasing use of diagnostic imaging. Fusion of cardiac CT 
and cardiac MRI (CMR) images delivers comparable diagnostic results to cardiac SPECT-CT and PET-CT 
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with significantly reduced radiation dose (Scheffel et al. 2010; Stolzmann et al. 2011). Furthermore, there is 
the potential for sub-mSv dose exam with a dedicated CT-MRI hybrid scanner (Wang et al. 2013).

Hybrid CT-MRI has become a viable imaging option due to recent technical advances in multidetector 
computed tomography (MDCT) and CMR. Low-dose coronary CT angiography (CCTA) allows for three-
dimensional (3-D) imaging of the coronary arteries with spatial and temporal resolution that approaches the 
current “gold standard” of coronary catheter angiography (CCA) (Donati et al. 2010). Common CCTA dose 
reduction techniques use prospective electrocardiogram (ECG) gating of the x-ray source and increased lon-
gitudinal detector coverage. Myocardial perfusion CMR and late gadolinium enhancement (LGE) methods 
now rival or surpass SPECT and PET for analysis of stress/rest myocardial viability without the radiation 
dose and special facilities associated with radionuclide imaging (Schwitter et al. 2008).

A “proof of concept” paper in 2002 by White et al. described coregistration of postreconstruction CCTA 
and CMR images to aid diagnosis and treatment planning in CIHD and coronary artery disease (CAD). A 
detailed description of this technique was first proposed in this paper. “Integrated imaging, using MDCT–
based CCTA and MRI myocardial-viability maps, can help to noninvasively provide information about 
the morphologic and physiologic significance of obstructive and non-obstructive coronary lesions;” fur-
thermore, “lesion characteristics and the presence or absence of collaterals beyond an occlusive coronary 
arterial lesion can be assessed in relation to the size and distribution of the resulting myocardial necrosis” 
(White and Setser 2002).

This trend was noted by another group in a review article describing “CT and CMR identify flow-limiting 
coronary stenoses and calcified plaques, directly image the atherosclerotic lesions, measure atherosclerotic 
burden, and characterize the plaque components;” “CT and CMR provide unique information that may pre-
dict cardiovascular risk, facilitate further study of the mechanisms of atherosclerosis progression and its 
response to therapy, and allow for assessment of subclinical disease” (Fayad et al. 2002). This study is followed 
by an excellent review and outlook article by the same group (Nikolaou et al. 2003). Images from Donati et al. 
in Figure 5.1 provide a striking example of the potential of hybrid cardiac CT-MRI.

LAD

OM

CX

LAD

* D1

OM

(a) (b)

Figure 5.1  Two retrospective combinations of CT coronary angiography and CMR scans. (a) A fused surface 
rendering of the segmented coronary artery tree from low-dose CT with the mask representing the myocar-
dium of the left ventricle and the segmented data from LGE. Lateral LGE can be assigned to a high-grade 
stenosis (arrow) of the obtuse marginal (OM) branch of the circumflex artery (CX). Extent of transmurality of 
LGE is displayed in an intensity-dependent manner for each region. No stenosis can be seen in the segmented 
left anterior descending (LAD) artery and proximal CX. (b) Segmented myocardial defects from CMR inte-
grated with a volume rendering based on low-dose CT. Low-dose CT demonstrates the LAD and OM branch 
of circumflex artery and significant stenosis (arrow) of the first diagonal branch (D1). The fused images show an 
anterolateral perfusion deficit (asterisk) in relation to the D1 stenosis (arrow). (Adapted from Donati OF et al., 
Invest Radiol, 46, 331–340, 2011.)
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A hybrid CT-MRI scanner does not yet exist; therefore, current applications are restricted to retrospec-
tive coregistration or fusion of separate CT and MRI scan datasets (reviewed in Section 5.2). Advances in 
CT and MRI technology have enabled the promise of low-dose, high-resolution CT-MRI hybrid scanner 
for combined morphological and functional imaging. Section 5.3 will include a discussion of the CT and 
MRI methodologies that can enable low-dose, high-resolution hybrid CT-MRI. Section 5.4.2 will describe the 
world’s first hybrid CT-MRI scanner design. The breakthrough technology enabling this design comes from 
the unique attributes of a multimodality image reconstruction framework called “omni-tomography” (Wang 
et al. 2012). This chapter will conclude with a discussion of future hybrid CT-MRI scanner design, image 
reconstruction, and image fusion.

5.2 � APPLICATIONS FOR CT-MRI FUSION AND COREGISTRATION

There are two research groups who have published the majority of studies on cardiovascular CT-MRI 
coregistration/fusion. White and Setser at the Cleveland Clinic published the first research papers on this topic 
in 2002 and 2005 using coregistered CCTA and CMR images. Subsequently, another research group based in 
Switzerland published a series of six papers between 2008 and 2011 describing their hybrid method which fused 
on CCTA and coronary calcium scoring (CCS) reconstructions and postreconstruction CMR images (Donati 
et al. 2010, 2011; Scheffel et al. 2008, 2010; Stolzmann et al. 2010, 2011). While most studies focused on diagnos-
tic methods, White et al. also performed a retrospective study on the efficacy of coregistered CCTA/CMR for 
cardiac revascularization treatment. Another group from California performed an analysis of aortic CT and 
MRI registration accuracy using anatomic landmarks, which is highly relevant given the non-isotropic nature 
of 3-D MRI image reconstructions (Dey et al. 2006). Finally, a group from Finland published a study on the 
diagnostic accuracy of CCTA and correlated it with CMR on 14 patients (Holmström et al. 2006).

The first papers published in each series on cardiovascular CT-MRI begin with a feasibility/pilot study 
targeting CAD/CIHD detection/treatment planning. As previously mentioned, White and Setser (2002) were 
the first group to directly address hybrid cardiovascular CT-MRI with a research study on CAD and CIHD. 
Previous studies on hybrid cardiovascular imaging modalities demonstrated similar successful clinical 
approaches toward CAD/CIHD diagnosis using SPECT or PET for myocardial perfusion (functional) infor-
mation combined with CT or MRI (structural) reconstructions (Faber et al. 1991). SPECT and PET became 
the gold standard for noninvasive 3-D functional cardiac imaging. Yet CMR continued to advance, yielding 
four current advantages over cardiac SPECT and/or PET:

●● No ionizing radiation
●● Higher spatiotemporal resolution
●● Superior diagnostic accuracy versus SPECT (Schwitter et al. 2008)
●● Detection of nontransmural myocardial necrosis via LGE (Kim et al. 1999)

Similarly, after decades of technical advances, CCTA has proven a viable alternative to the enduring gold 
standard for morphologic cardiovascular imaging, CCA. Advantages of CCTA versus CCA are

●● Noninvasive procedure
●● 3-D imaging of the myocardium and coronary artery tree
●● Improved lesion characterization

Given these factors, White et al. proposed that suspected CAD/CIHD patients should follow a diagnostic 
CCTA/CMR protocol. A brief summary of the protocol is that patients should first undergo CCTA to iden-
tify and classify atherosclerotic lesions and to rule out other coronary lesions. Any atherosclerotic coronary 
lesions should be characterized according to “severity of stenosis, plaque composition, remodeling and the 
presence or absence of collaterals beyond [an occlusion]” (White and Setser 2002). Next, CMR with LGE 
should be performed to produce a myocardial viability map. Finally, the two datasets should be compared 
either via coregistration or side-by-side evaluation. The cross-referenced datasets can be used to evaluate the 
specific coronary morphopathology to determine appropriate treatment options.
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5.2.1 �R evascularization planning

The first clinical study on the efficacy of hybrid CT-MRI was performed by Setser et al. It targeted a pool of 26 
patients meeting the following criteria:

●● Diagnosed with CIHD via CCA
●● Referred for surgical revascularization
●● Cardiac surgeon requested CMR and CCTA for preoperative planning

The goals of the study were (a) to evaluate the assignment of left ventricular (LV) myocardial segments 
to coronary arterial territories by using co-registered MR imaging and MDCT displays, (b) to assess the 
accuracy of coregistered displays in determining the presence and distribution of clinically important CAD 
and the regional effect of CAD on LV myocardium, and (c) to determine the potential utility of coregistered 
displays in optimizing surgical revascularization planning (Setser et al. 2005). Goal (a) would be accom-
plished by comparing the accuracy of assigning CMR perfusion data to an American Heart Association 
standardized 17-segment LV model (Cerqueira et al. 2002) with and without coregistered CCTA data. The LV 
model relates a standard coronary arterial tree to 17 segments in the LV myocardium; however, individual 
anatomical variations can deviate from the model and may cause a mismatch between LV segment and the 
specific coronary artery supplying it. Indeed, the study found that 17% of segments were incorrectly assigned 
when CCA was used side by side with the CMR perfusion data, whereas coregistered CMR/CCTA datasets 
had no erroneous assignments.

Goal (b) was evaluated by comparing the CAD diagnostic accuracy using coregistered CCTA/CMR perfu-
sion data versus CCA combined with standard functional imaging modalities (echocardiography and PET). 
The latter combination is the current gold standard for structural and functional cardiac imaging and thus 
was considered as the reference. Results of the study showed that the coregistered CCTA/CMR datasets iden-
tified CAD with the same accuracy as CCA plus echocardiography or PET. Finally, Goal (c) was assessed by 
having two experienced cardiac surgeons evaluate their treatment planning with CCA plus echocardiography 
or PET versus coregistered CCTA/CMR. The surgeons determined that coregistered CCTA/CMR improved 
surgical planning in 83% of the patients versus CCA plus echocardiography or PET. Thus, it was shown that 
the hybrid CCTA/CMR approach for evaluating CAD/CIHD patient treatment options was successful and 
merits further investigation in other areas of cardiovascular imaging.

5.2.2 �CAD  diagnosis

As a natural extension of the previous CIHD/CAD treatment planning study, Scheffel et al. (2010) evalu-
ated “the diagnostic performance of low-dose CCTA and CMR and combinations thereof for the diagnosis 
of significant coronary stenoses.” The performance of these two noninvasive modalities was tested against 
invasive CCA for detection of CAD abnormalities. Thus, the study was admittedly biased toward structural 
rather than functional abnormalities due to CCA as the reference standard. Furthermore, when CCTA and 
CMR data were used in combination to detect CAD, they were merely displayed side by side rather than 
coregistered or fused. These two deficits limit the broader applicability of the study toward hybrid CT-MRI 
cardiovascular imaging; however, there are two key observations: (1) low-dose CCTA delivers comparable 
diagnostic images of coronary stenoses as CCA with a radiation dose between 1 mSv and 4 mSv and (2) CMR 
provides valuable functional information to confirm abnormalities from CCTA. Another study by the same 
team found the diagnostic accuracy of CCTA and CCA for detecting CAD was comparable when combined 
with perfusion CMR (Donati et al. 2010), thereby confirming the observations in Scheffel’s paper.

In yet another study published by the same group in 2010, Stolzmann describes a method for fusing sub-
sequent CCTA and CMR images for diagnosis of CAD (Stolzmann et al. 2010). The fusion process represents 
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a significant technical advance relative to the coregistration method previously utilized by White, Setser, and 
previous papers from their group. Scan datasets from a small cohort of five CAD patients who underwent 
both CCTA and CMR procedures were fused using a commercial software package developed by Fraunhofer 
MEVIS (Bremen, Germany). As this pilot study demonstrated, it is a reasonably straightforward process to 
coregister the CCTA and CMR image space using semiautomatic feature registration and nonrigid transfor-
mations. Once the image space is coregistered, the fusion process requires choosing appropriate coloration 
and 3-D rendering schemes. The CCTA/CMR acquisition protocols, image fusion process, and resulting 
reconstructions/renderings are explained further in this paper and should be referenced for details and 
images (Stolzmann et al. 2010).

The methodologies and tools in the previously described papers laid the foundation for a seminal study 
by Donati et al. (2011) who evaluated the accuracy and added diagnostic value of 3-D image fusion of CCTA 
and functional CMR for assessing hemodynamically relevant CAD. There were two goals to reach this aim: 
(a) evaluate spatial accuracy of CCTA and CMR image fusion and (b) determine added value to the diagnostic 
interpretation of CAD using CCTA/CMR image fusion versus side-by-side comparison of the datasets. In 
this subsection, the diagnostic implications of this study [Goal (b)] will be discussed, and the fusion accuracy 
[Goal (a)] will be covered in the next subsection of this chapter.

The study began with a population of 55 patients with suspected CAD and without prior cardiac revascu-
larization. Diagnostic evaluation for CAD proceeded with CCTA and CMR examinations of each patient on 
the same day. The CCTA and CMR results were separately evaluated for coronary artery stenosis and myo-
cardial perfusion/LGE defects, respectively. Patients with normal coronary artery CCTA or without CMR 
perfusion/LGE defect were excluded from further evaluation, as it was determined that fusion would not 
provide any benefit over side-by-side analysis. The remaining population of 27 patients had their CCTA and 
CMR datasets processed and evaluated using the same image fusion technique as described in a previous 
study (Stolzmann et al. 2010). Additionally, each patient subsequently had a CCA procedure. The results are 
summarized in the following excerpt:

The fusion of morphologic data derived from CCTA and functional data from CMR allows for 
the simultaneous noninvasive evaluation of coronary artery stenosis along with myocardial 
perfusion and viability at a low radiation dose. Most importantly, CCTA/CMR fusion provides 
added diagnostic information for the integrative evaluation of patients with hemodynamically 
relevant CAD as compared with side-by-side analysis…the combined noninvasive approach of 
CCTA/CMR 3D image fusion may act as a gatekeeper and could aid in the planning of surgical 
or interventional revascularization procedures in patients having a high prevalence of CAD. 
(Donati et al. 2011)

In yet another permutation, combined CMR and CCS was evaluated for diagnostic performance in 
detecting CAD by Stolzmann et al. Sixty patients with suspected CAD underwent CCS and CMR; CCA 
was separately performed and served as the reference for CAD in coronary artery segments for each 
patient. Cardiac MR was evaluated individually and in combination with CCS by experienced readers 
with only clinical history to aid CAD diagnosis in each coronary segment. The resulting CAD detection 
accuracy was 87% for CMR with CCS (calcium score ≥495) and 82% for CMR alone (Stolzmann et al. 
2011). It should be noted that a slight bias may be due to using CCA as the reference in this study; how-
ever, CCA is currently a gold standard for CAD diagnosis and prognosis. Furthermore, this study did not 
utilize any fusion or coregistration of the CMR and CCS images and thus may improve results further 
with these methods.

All of the previous studies described earlier provide a solid basis for the advantages of a combined CT and 
CMR approach toward CAD detection, diagnosis, prognosis, and treatment planning.
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5.2.3 � Real-time surgical intervention

As catheter-guided interventional surgery continues its advances, e.g., transcatheter aortic-valve implanta-
tion, hybrid CT-MRI may be uniquely positioned to complement these procedures. There have been several 
advances in MRI- and CT-guided cardiovascular interventional techniques, both in preclinical and clinical 
studies (Knecht et al. 2008; Lederman 2005; Raval et al. 2005; Serfaty et al. 2003; Sra et al. 2007). CT-guided 
real-time imaging (i.e., 4DCT, CT fluoroscopy) for interventional procedures has the downside of high radia-
tion dose; however, advances in real-time reconstruction may reduce radiation dose for such procedures 
(Flach et al. 2013). These studies focused on technical improvements for the individual modalities (e.g., either 
CT or MRI), which proved to be quite powerful.

A study by Gutiérrez et al. (2007) went one step further to integrate CMR data with real-time conven-
tional X-ray fluoroscopy in an article entitled “X-Ray Fused with MRI (XFM) Catheter Roadmaps.” “In this 
early clinical experience, MRI-derived roadmaps added information to a range of invasive cardiovascular 
procedures including graft coronary arteriography, cardiac tumor biopsy, and peripheral artery interven-
tion;” additionally, “X-ray fusion with MRI roadmaps is feasible and may prove a valuable adjunct to invasive 
cardiovascular procedures. With further development, XFM or related adjunctive imaging may improve the 
safety and success rate of a range of complex endovascular interventions.”

5.2.4 �I mage registration accuracy

Current CT-MRI methods involve retrospective image coregistration and/or fusion as the scans must be 
acquired and reconstructed separately. Many diagnostic cardiovascular features require high spatial accu-
racy, such as coronary artery stenosis, which may be in the submillimeter range. Temporal accuracy is essen-
tial for the compatibility of CT and MRI datasets when the reconstructions must be aligned to the ECG cycle, 
such as the evaluation of ventricular motility. Thus, the accuracy of image coregistration/fusion is critical 
from both a spatial and temporal perspective. “Reproducible and interchangeable functional analysis based 
on CMR and CT examinations is crucial for the complementary and synergistic application of these imaging 
techniques” (Boll et al. 2006).

Two of the studies listed in Table 5.1 measure the spatial accuracy of CCTA and CMR fusion and a third 
addresses the temporal accuracy. The first study to directly address spatial registration error between CT and 
MRI for cardiovascular applications was performed by Dey et al. Calcified atherosclerotic lesions in the tho-
racic aorta were identified in 12 patients who underwent noncontrast electron beam CT (EBCT) and contrast-
enhanced MRI examinations of the thoracic aorta. The mean 3-D geometric distance between landmarks 
manually identified by experienced readers in the CT and MRI images was 2.42 mm ± 1.65 mm. The study 
also performed a volumetric comparison of the calcified atherosclerotic plaque in the CT and MRI images. 
CT artifacts (“blooming”) appeared to cause a significant distortion, such that the “average calcified plaque 
volume, circumferential extent, and maximal radial width by MRI were significantly smaller compared to 
CT (35%, 68%, and 53%, respectively; p < 0.05)” (Dey et al. 2006). Details of this method can be referenced in 
the cited paper.

Stolzmann et al. (2011) performed an analysis of the 3D CT-MRI fusion accuracy in their study of 
27 patient datasets. The accuracy is calculated based on the distance between cardiac blood pool surfaces that 
were semiautomatically registered based on landmarks from an experienced reader. The Dice coefficient was 
also calculated for coregistered CT and MRI slices where a perfect resemblance between the images equals 1. 
“The mean surface distance of blood pools was 4.1 mm ± 1.3 mm (range, 2.4 mm–7.1 mm) and the mean 
Dice similarity coefficient was 0.78 ± 0.08 (range, 0.51–0.86). Dice similarity coefficients demonstrated high 
accuracy of CCTA/CMR image fusion in 25/27 datasets (93%).”

Finally, the study by Boll et al. characterized the temporal accuracy of cine cardiac MR and CT scan data-
sets. The results showed that “comparing MR and CT image data sets, no statistically significant differences 
were identified” for patients with normal heart rates; patients with tachycardia (>100 beats per minute) had 
temporal artifacts in their CT data sets (Boll et al. 2006).
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5.3 � CURRENT TECHNOLOGY

Current developments and trends in CT and CMR imaging will be briefly discussed in this section. The vari-
ous scanner attributes and protocols for the studies described in Table 5.1 are displayed in Tables 5.2 and 5.3 
for CT and in Table 5.4 for CMR.

5.3.1 �C ardiac CT
There have been tremendous advances in CT technology during the past decade. In this subsection, three 
current technologies that can enable low-dose, high-resolution cardiac CT imaging will be briefly covered.

Firstly, improvements in multislice CT, and subsequently MDCT, have greatly improved cardiovascular 
image quality and temporal resolution. Increased longitudinal coverage and/or MDCT allows for high pitch 
and even complete volumetric coverage for cardiac scans. Sub-100 msec temporal resolution is now possible 
with MDCT, which is quickly approaching the gold standard of 33 msec of CCA (30 frames/sec). Faster gantry 
rotation times have also helped improve temporal resolution, along with countless subcomponent advance-
ments that are beyond the scope of this chapter. In many scenarios, CTA has challenged and in some cases 
surpassed CCA for cardiovascular imaging applications.

Secondly, ionizing radiation dose has become a greater clinical concern and is relatively high for cardiac 
imaging using CT and especially MDCT. Many CTA routines commonly deliver over 10 mSv per scan with 
retrospective gating. Fortunately, advances in x-ray source modulation deliver substantial reductions in radi-
ation dose by providing prospective gating over a specified R–R interval. Iterative reconstruction techniques 
have also delivered similarly impressive reductions in radiation dose by decreasing the number of required 
projections for equivalent image quality compared with conventional filtered backprojection (FBP). A recent 
study has shown that combing these techniques to perform CCTA scans with patient radiation dose under 
0.1 mSv is feasible (Ropers et al. 2012).

Finally, digital photon-counting (spectral) x-ray detectors have been developed for preclinical and clinical 
applications. The advent of spectral detectors promises the next revolution for CT by enabling quantitative 
material decomposition with a single scan. Numerous preclinical studies have demonstrated the potential 
efficacy of spectral CT for cardiovascular applications (Cormode et al. 2010; Feuerlein et al. 2008; Pan et al. 
2009; Schlomka et al. 2008). Spectral CT fused with CMR may represent the next advancement in hybrid 
CT-MRI.

5.3.2 �CMR
Advances in CMR commonly fall into three general categories: cine, LGE, and perfusion stress/rest studies. 
Each study utilized one or more of these techniques, which are cataloged in Table 5.4. The specific details of 
each study’s CMR protocol are beyond the scope of this chapter and can be found within the relevant manu-
scripts. Here, we present a high-level summary of the current CMR technology.

Cine CMR performs several sequential ECG-gated acquisition sequences to produce a 4D (x, y, z, time) 
volume over the cardiac R–R cycle. The ECG-gating allows for higher-resolution images because it increases 
the sampling duration relative to real-time acquisitions, although artifact can occur with irregular patient 
heartbeat. Blood, which is typically bright, is well defined against the myocardium and provides an excellent 
window into the cardiac functionality. While most MRI scanner manufacturers have their own proprietary 
pulse sequences (e.g., TrueFISP, FIESTA, etc.), they are typically derivatives of balanced steady-state free 
precession (Chavhan et al. 2008). MRI scanners used for cine CMR are commonly 1.5 T with a cardiac coil.

LGE is another common technique that utilizes the preferential binding of gadolinium-based contrast 
agents with scar tissue to diagnose myocardial infarct (Moon et al. 2004). LGE is most commonly performed 
in conjunction with another contrast MRI study because both can be performed with a single injection. 
Approximately 5 to 20 min post contrast injection, depending on the protocol, the patient is imaged using a 
special inversion recovery pulse sequence. Areas of myocardial scarring, and therefore infarct, will display 
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with contrast enhancement (bright) relative to normal myocardium in these images, hence the term “late 
gadolinium enhancement.”

CMR perfusion imaging quantifies the perfusion of gadolinium-based contrast agent in the myocardium 
(Panting et al. 2002), and is very similar in mechanism to nuclear cardiac stress studies (e.g., Cardiolite/
SPECT). Two contrast CMR scans are performed, once at rest and once under chemical stress (e.g., regad-
enoson, adenosine). Areas with transient myocardial infarction should display diminished contrast enhance-
ment during the stress scan. Naturally, the timing of the contrast bolus into the left ventricle will be patient 
specific and is derived as part of the imaging protocol. More details can be found within the various manu-
scripts, as the specific protocol used with each CMR technique is highly site dependent.

5.4 � FUTURE TECHNOLOGY

The future of hybrid CT-MR imaging will require significant advances beyond the pilot studies discussed in 
this chapter. Current technology can permit improved CAD detection results with lowered radiation dose 
via prospective gating and iterative image reconstruction techniques. However, two recent advances should 
enhance the synergy between CT and MRI that is missing with these previous studies.

First, conventional CT and MRI reconstruction algorithms operate independently of each other, and 
hence, mutual structural information between these two modalities is not utilized. A new framework, 
termed “omni-tomography,” allows for high-resolution imaging with undersampled data by utilizing 
input from multiple modalities for simultaneous image reconstruction (Wang et al. 2012). Second, cur-
rent studies utilize data from physically and temporally separate CT and MRI scans, which can introduce 
artifact. Retrospective image registration between CT and MRI is not a desirable alternative, because of 
registration errors due to nonrepeatable contrast dynamics, organ motion and deformation, MRI-induced 
geometric distortion, and signal nonlinearity, as well as inconsistent contrast mechanisms between CT 
and MRI (Wang et al. 2013). A novel hybrid CT-MRI architecture has been proposed based upon the 
aforementioned omni-tomography principle. These will be discussed in the following subsections of this 
chapter.

5.4.1 �O mni-tomography

Omni-tomography was inspired and enabled by a recent theoretical breakthrough in interior tomography 
(Courdurier et al. 2008; Kudo et al. 2008; Wang et al. 2009; Wang and Yu 2010; Yang et al. 2010, 2011; Ye et al. 
2007; Yu and Wang 2009), which is an approach initially developed for CT and is now considered a general 
tomographic imaging principle. Classic CT reconstruction theory targets theoretically exact reconstruction 
of a whole cross-section or volume from untruncated projections, yet real-world applications focus often on 
a specific region of interest (ROI). A long-standing barrier to interior tomography has been that conventional 
CT reconstruction techniques cannot exactly reconstruct an ROI solely from truncated x-ray projections 
through the ROI. In classic CT reconstruction, this is known as the “interior problem,” which does not have 
a unique solution in an unconstrained setting.

The interior problem was extensively studied in the 1980s and 1990s without significant advance. 
That precise image reconstruction cannot be obtained from purely local data contributed to the longev-
ity of CT and micro-CT scanner architectures whereby the detectors must be wide enough to cover a 
transaxial slice of a patient or animal. This problem also exists in other tomographic modalities, such 
as MRI, SPECT, and PET. In the late 2000s, the interior problem was revisited for theoretically exact 
image reconstruction over an ROI using practical conditions such as a known subregion or a piecewise 
constant or polynomial ROI model (Wang et al. 2009; Wang and Yu 2010; Yang et al. 2010, 2011; Ye 
et al. 2007; Yu and Wang 2009). This advancement means that the data acquisition system (e.g., detector 
array) can be made narrower and has been extended for other modalities such as SPECT and MRI (Yu 
et al. 2009; Zhang et al. 2009).
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Thus, it has been recently proposed to transform each relevant imaging modality into a slim or compact 
“interior” imaging component for ROI-targeted data acquisition and image reconstruction (Wang et al. 
2012). This is in contrast to the traditional global untruncated acquisition that requires full field-of-view 
coverage of the patient from all angles and results in the aforementioned physical conflict for grand fusion of 
multiple modalities in a single scanner/gantry. For example, SPECT-CT scanners have each imaging chain 
adjacent to each other, each with its own slip ring/gantry, because the full-size SPECT detectors cannot physi-
cally fit with the CT components (e.g., x-ray source, detectors, etc.) on a single slip ring/gantry. However, 
using interior acquisition, for example, compact “interior” detector array, system components from multiple 
modalities can be integrated into a single gantry for simultaneous data acquisition and composite interior 
reconstruction in a unified framework.

Although various modalities have different contrast mechanisms, the physiological process to be recon-
structed is typically similar in nature. Consequently, there is strong correlation between reconstructed 
datasets from various modalities. The unified omni-tomographic approach is based on intermodality 
coherence to optimize the composite image quality. This is particularly important when image reconstruc-
tion is separately considered for each modality, and prior information is unavailable in the traditional 
reconstruction approach. In light of lowered sampling rate using temporal/spectral image coherence (Gao 
et al. 2011a, 2011b), it is hypothesized that intermodality coherence can be utilized for omni-tomography to 
reduce data requirements further, while giving the same image quality. In general, the multimodal imag-
ing model is

	 P A x y i Ni i i i( ) ,= ≤ 	 (5.1)

where Pi, Ai, xi, and yi are an undersampling operator, an imaging system matrix, an image, and data, respec-
tively, for the ith modality. The matrix model is

	 AX Y= 	 (5.2)

where the ith column of X (Y) corresponds to xi (yi), and A should be understood in terms of Equation 5.1. 
Next, the rank-sparsity decomposition (Chandrasekaran et al. 2009)

	 X X XL S= + 	 (5.3)

where XL and XS are low-rank and sparse components, respectively. Finally, the optimization problem

	
( , ) argmin ( ) * ( ) *( , )
X X A X X Y T X TL S

X X
L S L L S

L S

= + − + +
2

1λ λ (( )XS 1
	 (5.4)

where ⋅ * is the nuclear norm to enforce the inter-modality coherence of XL after a transform TL with a param-
eter λ*, and ⋅

1
 is the L1 norm to promote the sparsity of XS after a transform TS with a parameter λ1 (Cai et al. 

2010). Here, TL is the identity transform and TS a linear framelet transform. Equation 5.4 was solved using the 
split Bregman method (Goldstein and Osher 2009).

In a pilot study by Wang et al., a set of MRI and CT head scans were selected from the NIH Visible Human 
Project (http://www.nlm.nih.gov/research/visible), containing MRI T1, T2, proton density, and CT images 
of a human cadaver. The data were undersampled with a factor of 8. The MR Cartesian k-space data were 
pseudo-randomly undersampled along the phase encoding direction (Bieri et al. 2005). The fan-beam CT 
data were undersampled using the dynamical strategy (Gao et al. 2011a). Figure 5.2 shows that the unified 
reconstruction improved the image quality significantly. Clearly, the unified reconstruction framework can 
be extended to cover more imaging modalities in support of omni-tomography.

http://www.nlm.nih.gov
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5.4.2 �C T-MRI scanner design

A CT-MRI system proposed by Wang et al. (2013) is illustrated in Figure 5.3. This design is based on the previ-
ously described omni-tomography principles.

5.4.2.1 � CT SUBSYSTEM

The CT subsystem consists of nine pairs of x-ray tube and detector array, as shown in Figure 5.3. This design 
allows for near-instantaneous data acquisition of nine views (projections). Nine views may be sufficient for 
reconstruction of special cases, but such a low number of views is generally considered insufficient for ROI 
reconstruction with diagnostic image quality. Thus, it was proposed that the multisource data acquisition 
assembly can be rotated for three or five sets of nine views. Each data acquisition session can be ECG-gated 
with breath-holding. In an alternative design, 45 or more carbon-nanotube x-ray focal spots can be distrib-
uted along a half or full arc for rapidly multiplexed acquisitions in nine-view groups.

The x-ray tube electron beam(s) used for the CT in the proposed CT-MRI system will be under the influ-
ence of the MRI magnetic field (roughly 0.5 T background field in the FOV). The magnetic field will change 
the trajectories of both the primary electrons from the cathode and the backscattered electrons from the 
anode. The primary electrons can be deflected by the magnetic field without significant issues (Wen et al. 
2007a), yet the deflection issue is more severe when the magnetic field is oblique to the cathode-anode electric 

Phantom FFT/FBP PRISM Interior-PRISM

MRI-T1

MRI-T2

MRI-PD

CT

Figure 5.2  An MRI-CT head scan consisted of MR T1 (first column), T2 (second column), proton density images (third 
column), and a CT image (fourth column). The top row shows the phantom images; the middle row, the images sepa-
rately reconstructed using the conventional FFT or FBP method; and the bottom row, the images simultaneously 
reconstructed in the unified rank-sparsity decomposition framework. (Adapted from Wang G et al., PLoS One, 7, 
e39700, 2012.)
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field in the x-ray tube. Electron beam defocusing remains problematic even if the magnetic field is parallel 
to the cathode-anode electric field because electrons emitted from a thermionic cathode are omnidirectional 
and have a distribution of initial velocities. A significant portion of those electrons will be backscattered when 
the accelerated primary electrons strike the anode. More than 50% of the electrons incident on the target are 
backscattered for an X-ray tube working at 65 kV (Wen et al. 2007b). Only a small fraction of these backscat-
tered electrons will return to the anode without an external magnetic field. However, the backscattered elec-
trons will have an elevated probability of striking the anode again when a strong magnetic field exists. Thus, 
backscattered electrons result in an increased total x-ray output, slightly softening the x-ray spectrum and 
enlarging the focal spot size (Wen et al. 2007b).

The proposed CT-MRI system will have x-ray tubes that work in the static main magnetic field (main mag-
nets) without complication of the magnetic fields from the gradient and radiofrequency (RF) coils. The main 
magnetic field is designed to be parallel to the longitudinal direction of the CT-MRI system. The cathode-anode 
axes in all the x-ray tubes can be made parallel to the direction of the magnetic field using a reflection-type anode 
at a suitable take-off angle. The simulation study in Wang et al. (2013) indicates that a 0.5 T static magnetic field 
is expected at the x-ray tube position. Active shielding can be used to minimize the magnetic field near the focal 
spot to prevent the backscattered electrons from returning to the focal spot area (Lillaney et al. 2012).

5.4.2.2 � MRI SUBSYSTEM

The proposed MRI subsystem uses a pair of superconducting electromagnets to produce a 1.5 T static field 
with 1 part-per-million (peak–peak) variation within an interior cardiac ROI (25-cm sphere). The large cen-
tral gap (more than 40 cm) for the CT subsystem requires consideration of the component’s electromagnetic, 
mechanical, and thermal properties. As shown in Figure 5.4, the superconducting magnet has a two-layer 
coil configuration in that the inner layer (50 cm radius) provides a primary field in the field of view and the 
outer layer (80 cm radius) is mainly for shielding the stray magnetic field within the domain of interest 
(8 m in length and 5 m in radius). The wire layouts were determined using a nonlinear optimization scheme 

X-ray source

Magnetic coils

Gradient coils
X-ray detector

Figure 5.3  Cut-away view rendering of the proposed CT-MRI scanner. (Adapted from Wang G et al., Top-
level design of the first CT-MRI scanner, In The 12th International Meeting on Fully Three-Dimensional Image 
Reconstruction in Radiology and Nuclear Medicine, Lake Tahoe, USA, 2013.)
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(Crozier and Liu 2008), followed by a quench simulation study to balance imaging performance and system 
cost. Field-based passive-shimming (Liu et al. 2011) and current-based active shimming techniques were used 
to improve field uniformity/harmonics and ROI homogeneity, respectively.

Three orthogonal gradient coils provide linear gradient fields, with paired saddle coils for the x- and 
y-gradient coils, and a Maxwell pair for the z-gradient coil. Coil patterns may be possibly optimized for 
advanced MRI applications (Zhu et al. 2012). Eddy current should be minimized with coil refinement, shield 
optimization, and gradient pre-emphasis. The RF coils are composed of aluminum to minimize interaction 
with the x-ray beam. Array coils may be arranged around the spherical FOV to transmit and acquire RF sig-
nals (Hong et al. 2011). The proposed design should have a temporal resolution at 20 msec–60 msec and an 
in-plane spatial resolution at 1 mm–2 mm. These capabilities should be sufficient for cardiac function studies, 
although higher spatial resolution may be possible with motion correction techniques.

5.4.3 �C onclusion

Although the CT-MRI system design is based on physical and engineering principles, construction of a real 
system is not an easy task since it is significantly more complicated than any commercially available multi-
modality system. Thus, it would be prudent to start with proof-of-concept prototypes to show unique utilities 
and then gradually move to product-ready platforms. Vulnerable plaque characterization is the penultimate 
goal of hybrid CT-MRI cardiac imaging and would likely need 50 μm spatial resolution, 20 msec temporal 
resolution, and other cutting-edge quality indices. These specifications will require significant advances in 
technology but also represent unprecedented research opportunities.

While the multimodality reconstruction is currently performed modality-wise, it is hypothesized that 
omni-tomographic reconstruction can be implemented in a dictionary/atlas-based framework. The most 
detailed domain knowledge could be put into a composite dictionary/parameterized atlas for the specific 
imaging mechanisms involved. A hypothetical unified iterative reconstruction protocol follows:

	 1.	 Initial composite image is set based on the atlas.
	 2.	 Image is updated with an omni-tomographic scan.

Outer
magnetic coil 

Z-gradient coil

Inner
magnetic coil  

X-gradient coil

Y-gradient coil
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Figure 5.4  Geometric parameters of the proposed MRI subsystem with a split magnetic core and a two-layer 
coil configuration. (Adapted from Wang G et al., Top-level design of the first CT-MRI scanner, In The 12th 
International Meeting on Fully Three-Dimensional Image Reconstruction in Radiology and Nuclear Medicine, 
Lake Tahoe, USA, 2013.)
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	 3.	 Diffeomorphism is driven via flow (such as Ricci flow used to solve the Poincare conjecture) by the 
dictionary/atlas, yielding a Beltrami coefficient (BC) distribution (Wang 2012).

	 4.	 Image is refined to minimize the data discrepancy, BC-based sparsity, and other regularizing terms 
including cross-modality similarity. A scheme is to combine all the fidelity and penalty terms into one 
objective function, and minimize it using a split-Bregman-type scheme.

Omni-tomography offers biological, technical, physical, mathematical, and economic opportunities. 
Biologically, the “all-in-one” and “all-at-once” imaging power allows for observation of well-registered spa-
tiotemporal features in vivo. Physically, multiphysics modeling suggests new imaging modes for synergistic 
information (such as photoacoustic imaging which combines ultrasound resolution and optical contrast). 
Technically, a paradigm shift of system engineering is required to integrate several different types of imag-
ing components. Economically, a “one-stop-shop” for diagnosis and intervention may be realized that could 
be often more cost-effective than a full-fledged imaging center with independent modalities. Nevertheless, 
omni-tomography does have limitations due to an ROI-oriented restriction, increased complexity, and pos-
sible tradeoffs as more imaging contrast mechanisms are involved, whereas these are tractable with innova-
tive technology and methods.
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Hybrid x-ray luminescence and optical imaging
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6.1 � PRINCIPLE BEHIND X-RAY IMAGING TECHNIQUE

X-ray diagnostic imaging is a major worldwide activity. In the United States, approximately 250 million x-ray 
examinations are performed annually, and in Europe, a similar level of radiological activity is undertaken. 
This results in the fact that the largest contribution to radiation exposure to the population as a whole is 
known to be from manmade radiation sources arising in the form of diagnostic x-ray (UNSCEAR 2012). 
For diagnostic radiology, the image is generated by the interaction of x-ray photons, which have transmitted 
through the patient, with a photon detector. These photons can either be primary photons, which have passed 
through the tissue without interacting, or secondary photons, which result from an interaction along their 
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path through the patient. The secondary photons will in general be deflected from their original direction and 
result in scattered radiation. The basic principles of projection radiography are that

	 1.	 X-rays are produced in an x-ray tube.
	 2.	 The energy distribution of the photons is modified by inherent and additional filtration.
	 3.	 The x-rays are attenuated differently by the various body tissues.
	 4.	 Scattered radiation, which impairs image contrast, is reduced.
	 5.	 The transmitted photons are detected.

The x-ray image is a two-dimensional (2-D) projection of the attenuating properties of all the tissues 
along the paths of the x-rays. The photons emitted by the x-ray tube are collimated by a beam-limiting device. 
Then they enter the patient, where they may be scattered, absorbed, or transmitted without interaction. The 
primary photons recorded by the image receptor form the image. The secondary photons create a certain 
amount of background radiation which degrades contrast. If necessary, the majority of the scattered photons 
can be removed by placing an antiscatter device between the patient and the image receptor. This device can 
simply be an air gap or a so-called antiscatter grid formed from a series of parallel metal strips.

6.2 � PRINCIPLE BEHIND OPTICAL IMAGING TECHNIQUE

Optical imaging has gradually found its way into clinical applications over the last couple of decades. The advan-
tages of optical imaging are that it does not use ionizing radiation (unlike x-rays) and that it can have higher 
spatial and temporal resolution than magnetic resonance. The main disadvantage of optical imaging is that 
tissue in general is highly scattering and absorbing. Optical imaging methods can be broadly divided into two 
categories: linear and nonlinear imaging—based on the dependence of the signals on the incident light intensity. 
Most imaging methods are implemented in the linear regime due to the low cost and ease of use associated with 
operation. Some of the most common methods include bioluminescence, fluorescence, absorption, and reflec-
tance. The problem with linear imaging is that depth resolved information is difficult to achieve due to light scat-
tering. Nonlinear imaging can partly circumvent this problem since the detected signals depend nonlinearly on 
the incident intensity and as a result are only generated at the focus of the light beam. This strong localization 
allows 3-D optical sectioning in images based on a nonlinear contrast. Transmitted light or back-scattered light 
can be collected, knowing it must have originated in the voxel being interrogated. This works even in heavily 
scattering samples, such as tissue. Another advantage of nonlinear imaging methods is that they encompass 
two-photon processes whereby lower-energy photons (in the near infrared [NIR] spectral range) may be used 
to probe the sample, thereby taking advantage of the therapeutic window shown in Figure 6.1. Some nonlinear 
optical imaging methods include two-photon fluorescence, two-photon absorption, and self-phase modulation.
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Figure 6.1  Optical absorption spectra of various tissue components in the ultraviolet to infrared frequency range.
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6.3 � WHY HYBRID IMAGING MODALITIES ARE NEEDED

Optical imaging promises increased sensitivity and specificity to disease compared to traditional anatomical 
imaging modalities. The information gained from optical imaging has the potential to provide patient-specific 
selection of therapy, improved prediction of outcomes, and increased treatment efficacy. X-ray radiography 
and computed tomography (CT) are commonly used anatomical imaging modalities; however, although they 
provide invaluable information in the clinic, they have been largely unsuccessful for biological imaging. This 
deficiency is due to their lack of sensitivity to low concentrations of contrast agents; x-ray imaging is many 
orders of magnitude less sensitive than optical or radionuclide imaging. This poor sensitivity arises from 
the low x-ray stopping power of diluted contrast agents, which necessitates high concentrations compared to 
other imaging modalities.

Current imaging modalities include magnetic resonance imaging (MRI), x-ray CT, positron emission 
tomography (PET), single-photon emission CT (SPECT), and optical (bioluminescence and fluorescence) and 
ultrasound imaging. Each modality cannot provide fully comprehensive information due to their inherent 
limitations. Therefore, it is desirable to combine different imaging modalities into a single imaging modality, 
leveraging complementary features. Radionuclide imaging has a limited spatial resolution, CT has low sen-
sitivity to molecular targets, MRI is often semiquantitative, and optical imaging cannot penetrate more than 
~5–8 cm of tissue (Nahrendorf et al. 2009a). Combining modalities can compensate for some of these limita-
tions while building on their respective strengths. This is particularly important for the heart, a challenging 
imaging target with fast-moving, small structures. A modality with high resolution and good soft-tissue con-
trast can provide anatomical structures while a second, more sensitive modality may sample molecular infor-
mation. Hybrid imaging provides intuitive integration of information based on functional and structural 
imaging techniques without requiring a detailed understanding of the technologies needed to produce them.

6.4 � RECENT DEVELOPMENT IN HYBRID IMAGING

Although the main focus of this chapter is x-ray luminescence and optical hybrid imaging, some recent hybrid 
imaging modalities will be discussed briefly in this section. Subsequent developments have seen the advent 
of PET-CT designed as an integrated hardware and software platform. Due to such success of hybrid PET-CT 
scanners, none of the major manufacturers currently offers stand-alone PET scanners for commercial sale. 
Recent advances include incorporating 64-slice multidetector CT (MDCT), new detector technologies, and 
development of time-of-flight PET scanners (Muehllehner and Karp 2006; Surti et al. 2007). The rapid popu-
larity of PET-CT in clinical practice has generated significant fall in manufacturing cost and availability of 
more technologically advanced systems at comparable prices. Following the success of PET-CT scanners with 
integrated diagnostic MDCT, Philips and Siemens both subsequently introduced SPECT-CT scanners that 
also included a diagnostic MDCT. The superior diagnostic quality of the CT on these scanners, particularly 
for soft tissues in the abdomen, and the much shorter CT acquisition times offer significant advantages. 
However, these systems are more expensive and involve higher radiation doses (O’ Connor and Kemp 2006). 
Despite the success and popularity of PET-CT and, more recently, of SPECT-CT, there are some shortcom-
ings in the use of CT as a complementary anatomical imaging modality. First, CT adds radiation dose to 
the overall examination, particularly if used in a full diagnostic role (Wu et al. 2004). Second, CT provides 
relatively poor soft tissue contrast in the absence of oral and intravenous iodinated contrast, particularly if 
low-dose acquisition protocols are utilized to minimize incremental radiation exposure. These two theo-
retical limitations do not apply to MRI, which does not involve ionizing radiation and provides soft tissue 
imaging with high spatial resolution and superior contrast compared to CT. MRI can also provide more 
advanced functional techniques such as diffusion and perfusion imaging as well as spectroscopy, which may 
be complementary to functional information obtained by PET. Furthermore, the high sensitivity of PET may 
also complement the poor signal strength inherent in current functional MRI. The combination of PET and 
MRI into a single scanner may therefore prove to be the ultimate hybrid imaging modality, combining the 
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metabolic and molecular information of PET with the excellent anatomical detail of MRI, while offering new 
potential applications with respect to functional MRI techniques (Seemann 2005).

6.5 � DEVELOPMENT OF X-RAY/OPTICAL HYBRID IMAGING 
SYSTEMS

6.5.1 � Preclinical hybrid imaging systems

6.5.1.1 � X-RAY/OPTICAL LUMINESCENCE IMAGING WITH NANOPHOSPHOR

A study by Carpenter et al. first introduced a combined x-ray/optical instrument to investigate the use of 
nanosized inorganic phosphors as potential biological contrast agents for medical imaging (Carpenter et al. 
2010). The emission from this contrast agent is evaluated to determine the practicality of this new modality. 
The implications for this x-ray-activated contrast agent are discussed with regard to its potential to enable 
molecular imaging during fluoroscopy, x-ray CT, or projection x-ray imaging. The hybrid system consists of 
an x-ray source, x-ray detector, and a charge-coupled device (CCD) camera. This system was tested with a 
tissue emulating phantom made from agar with embedded gadolinium oxysulfides (GOS) doped with either 
trivalent europium (Eu) or terbium (Tb) phosphors (GOS:Tb and GOS:Eu) or lanthanum oxysulfides (Figure 
6.2). A major concern of these x-ray-excitable phosphor contrast agents is that they require ionizing dose to 
activate. Thus, lower concentrations of phosphors will necessitate higher doses. Although this work dem-
onstrated the potential of x-ray luminescence imaging for imaging a superficial object, imaging of lesions 
centimeters deep should be possible, with contrast-resolution limitations dependent on tissue properties, 
concentration, and nonspecific uptake.

The development of deep-tissue x-ray luminescence imaging will require the incorporation of optical 
tomographic models. With x-ray luminescent imaging, the x-ray source must be modeled in tissue to give 
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Figure 6.2  Agar imaging phantom with embedded phosphors and tissue emulating optical properties. 
(a) White-light optical image. (b) Projection fluoroscopy image (note the distinction between the phosphor 
inclusion—indicated by the arrow—around 300 units, compared to the black circle caused by a screw hole 
in the optical table supporting the phantom). (c) Optical emission from the phantom. (d) Overlay of the white 
light image (a) and the light emission (c). (From Carpenter CM et al., Med Phys, 37, 4011–4018, 2010. With 
permission.)
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an accurate description of dose. There are many sophisticated tools to model dose, such as Monte Carlo or 
analytical models, which have been shown to be accurate (e.g., within 4% in biological tissues). Concurrent 
x-ray structural imaging will further improve these calculations. After dose distribution is calculated, tomo-
graphic imaging may be performed with a reconstruction model that uses a model of the light propagation 
in tissue to minimize the difference between calculated and optical measurements. This is very similar to the 
fluorescence molecular imaging problem. Once again, the knowledge of anatomical information will aid the 
optical reconstruction problem by providing structural detail, which may be used to improve optical model-
ing and reconstruction.

6.5.1.2 � X-RAY/OPTICAL LUMINESCENCE IMAGING WITH X-RAY LUMINESCENCE CT

Recently, Pratx and coworkers developed x-ray luminescence CT (XLCT), which detects the presence and 
location of x-ray phosphors in optically diffusive medium (Pratx et al. 2010a). Using 1–100 cGy of radiation 
dose, they achieved a spatial resolution of 1 mm through tissue-mimicking material based on the selective 
excitation of subpicomolar of 50 nm phosphor and optical detection of their luminescence. XLCT is pro-
posed as a new hybrid molecular imaging modality based on the selective excitation and optical detection of 
x-ray-excitable phosphor nanoparticles. These nanosized particles can be fabricated to emit NIR light when 
excited with x-rays, and because both x-rays and NIR photons propagate long distances in tissue, they are 
particularly well suited for in vivo biomedical imaging. In XLCT, tomographic images are generated by irra-
diating the subject using a sequence of programmed x-ray beams, while sensitive photodetectors measure the 
light diffusing out of the subject. By restricting the x-ray excitation to a single, narrow beam of radiation, the 
origin of the optical photons can be inferred regardless of where these photons were detected and how many 
times they scattered in tissue. This study presents computer simulations exploring the feasibility of imaging 
small objects with XLCT, such as research animals. The accumulation of 50 nm phosphor nanoparticles in 
a 2-mm-diameter target can be detected and quantified with subpicomolar sensitivity using less than 1 cGy 
of radiation dose. Provided sufficient signal-to-noise ratio, the spatial resolution of the system can be made 
as high as needed by narrowing the beam aperture. In particular, 1-mm spatial resolution was achieved for 
a 1-mm-wide x-ray beam. By including an x-ray detector in the system, anatomical imaging is performed 
simultaneously with molecular imaging via standard x-ray CT. The molecular and anatomical images are 
spatially and temporally coregistered, and if a single-pixel x-ray detector is used, they have matching spatial 
resolution. Pratx et al. recently showed that XLCT could image the cross-sectional distribution of microsize 
phosphor particles in 1 cm of an agar tissue phantom (Pratx et al. 2010b).

6.5.1.3 � X-RAY/OPTICAL LUMINESCENCE IMAGING WITH SCINTILLATORS

Sensors for small chemical analytes in thick tissue were demonstrated by Chen et al. using scanning x-ray 
excited optical luminescence (Chen et al. 2011). This study reports a high spatial resolution imaging tech-
nique to measure optical absorption and detect chemical and physical changes on surfaces embedded in 
thick tissue. Developing sensors to measure chemical concentrations on implanted surfaces through tissue 
is an important challenge for analytical chemistry and biomedical imaging. Tissue scattering dramatically 
reduces the resolution of optical imaging. In contrast, x-rays provide high spatial resolution imaging through 
tissue but do not measure chemical concentrations. It describes a hybrid technique that uses a scanning x-ray 
beam to irradiate Gd2O2S scintillators and detect the resulting visible luminescence through the tissue. The 
amount of light collected is modulated by optical absorption in close proximity to the luminescence source. 
By scanning the x-ray beam and measuring total amount of light collected, one can measure the local absorp-
tion near scintillators at a resolution limited by the width of luminescence source (i.e., the width of the x-ray 
excitation beam). For proof of principle, a rectangular 1.7-mm scanning x-ray beam was used to excite a single 
layer of 8-mm Gd2O2S particles and detect the absorption of 5-nm-thick silver island film through 10 mm of 
pork. Lifetime and spectroscopic measurements, as well as changing the refractive index of the surroundings, 
indicate that the silver reduces the optical signal through attenuated total internal reflection. The technique 
was used to image the dissolution of regions of the silver island film, which were exposed to 1 mM of H2O2 
through 1 cm of pork tissue.
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6.5.1.4 � X-RAY/FLUORESCENCE MICROSCOPY

Metals and other trace elements play an important role in many physiological processes in all biological 
systems. Characterization of precise metal concentrations, their spatial distribution, and chemical specia-
tion in individual cells and cell compartments will provide much needed information to explore the metal-
lome in health and disease. Ralle et al. described in their review article synchrotron-based x-ray fluorescent 
microscopy (SXRF) to be the ideal tool to quantitatively measure trace elements with high sensitivity at high 
resolution (Ralle and Lutsenko 2009). SXRF is based on the intrinsic fluorescent properties of each element 
and is therefore element specific. Recent advances in synchrotron technology and optimization of sample 
preparation have made it possible to image metals in mammalian tissue with submicron resolution.

SXRF is a rapidly emerging high-resolution method to image elements in biological samples. The principle 
of SXRF is based on the intrinsic fluorescent properties of elements. High-energy x-rays (primary radiation) 
are used to emit inner shell electrons (such as K- or L-shell) from atoms of an object into the continuum. Outer 
shell electrons fill the inner shell vacancies, thereby emitting fluorescence (secondary radiation). The energy of 
these secondary x-rays depends on the properties of the nucleus and the electron shell and is different for each 
element and/or oxidation state. X-ray fluorescent measurements of biological samples yield quantitative informa-
tion about the spatial distribution of multiple elements simultaneously with high sensitivity and low background 
(Yun et al. 1999). No dyes are needed, and when carried out in energy scanning mode, SXRF can be used to deter-
mine the oxidation state of an element. While many x-ray synchrotron sources have focusing optics that achieve 
resolution in the low micrometer range (Miller et al. 2006; McCrea et al. 2008), only third-generation synchrotron 
sources can provide high brilliance at high photon energy that is needed to acquire 2-D elemental maps at sub-
micron (~200 nm) resolution. To date, SXRF is the only available method for quantitative imaging of whole cells.

SXRF is exceptionally sensitive; attomolar amounts (concentration of 10−18 moles per liter) of trace elements can 
be detected in single cells or 10-μm tissue sections (Twining et al. 2003), so even slight losses or redistribution of 
elements during tissue preparation and sectioning may lead to incorrect conclusions. In addition, to increase the 
information content of the SXRF generated data, one needs to increase the size of the measured sample (areas to be 
scanned) beyond a few cells. Similarly, the number of imaged sections should be sufficiently high to obtain statistically 
significant data. This number is largely determined by the heterogeneity (different cell types) of the scanned tissue.

SXRF imaging is the ideal and, so far, the only tool to reliably determine elemental distribution in tis-
sue samples at the subcellular level with high sensitivity and low background. With optimized protocols for 
sample preparation and correlative techniques in place, all necessary tools are now available to investigate 
fundamental problems related to metal content of tissues. It is certain that SXRF will significantly contribute 
to the study of metallomes in different organisms, from plants to humans. However, SXRF is not a routine 
spectroscopic method and is not suitable for analysis of large numbers of samples because of the scarcity of 
available synchrotron sources. The amount of data that can be collected during a typical user cycle is limited 
by the scan speed and desired resolution. The scan speed (the time the detector spends at each point on a 
sample) is determined by the time it takes to collect a sufficient amount of photons. The resolution is depen-
dent on the available focusing optics. However, often, the deciding factor when choosing the resolution for a 
scan is the total scan time (higher resolution = longer scan time). Users have to choose appropriate scan size 
in order to have adequate resolution and scan speed that would result in sufficient data collection given the 
limitation of beam time. The time it takes to scan a sample at a given resolution is ultimately determined by 
the brilliance of the focused beam at high photon energy and will significantly improve only if the brilliance 
of the beam is improved. Thus, SXRF is likely to help when important biological questions about metal ion 
distribution, concentration, and oxidation state need to be answered and only small amounts of materials are 
available (such as biopsy samples) while the resolution of individual cells (or their compartments) is critical.

6.6 � NONINVASIVE X-RAY/OPTICAL HYBRID SYSTEM 
FOR CARDIOVASCULAR MOLECULAR IMAGING

The development and refinement of noninvasive cardiovascular imaging over the past two decades have pro-
vided new tools for the identification of preclinical disease that reach beyond identification of flow-limiting 
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stenoses. Molecular imaging, unlike anatomic imaging, focuses on the immunobiology hidden behind the 
endothelium and may therefore be able to identify prospective culprit lesions in coronary arteries. Once an 
inflamed plaque at risk of rupture can be located, the goal is to employ systemic or local measures to prevent 
myocardial infarction (Fuster et al. 2005). Imaging biology could also better triage treatment: which lesion 
should be treated, and which should be left alone? A decision that a stent may not be needed could avoid 
unnecessary complications and reinterventions. Thus, there is significant need for next-generation imaging 
strategies that build on the increased knowledge in vascular biology. Molecular imaging of coronary arteries 
should be able to assess the regional risk that is specific to a lesion, which can then be used in concert with 
global risk factors to personalize the therapeutic strategy (Matter, Stuber, and Nahrendorf 2009).

6.6.1 �M ultispectral x-ray/CT imaging

Another hybrid imaging is multispectral CT imaging, with excellent spatial resolution. Spectral CT imaging, 
used with carefully chosen contrast agents such as Au-HDL, can be used to detect macrophages in atheroscle-
rotic plaque while also imaging plaque composition (e.g., calcified vs. noncalcified plaques) at the same time 
(Cormode et al. 2010). This hybrid system has the potential to be used with other types of contrast agents to 
probe other biologic processes and diseases.

A preclinical spectral CT system in which incident x-rays are divided into six different energy bins was 
used for multicolor imaging (Cormode et al. 2010). Au-HDL, an iodine-based contrast agent, and calcium 
phosphate were imaged in a variety of phantoms (Figure 6.3). Apolipoprotein E knockout (apo E-KO) mice 
were used as the model for atherosclerosis. Gold nanoparticles targeted to atherosclerosis (Au-HDL) were 
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Figure 6.3  CT images of phantom containing various concentrations of Au-HDL, an iodinated contrast agent, 
and calcium phosphate powder, Ca3(PO4)2, to simulate calcium-rich tissue. (a) Labeled conventional CT image; 
(b) spectral CT energy bin images; and (c) gold, iodine, photoelectric, and Compton images derived from 
energy bins are shown. (From Nahrendorf M et al., Circ Cardiovasc Imaging, 2, 56–70, 2009.)
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intravenously injected at a dose of 500 mg per kilogram of body weight. Iodine-based contrast material was 
injected 24 hours later, after which the mice were imaged. Wild-type mice were used as controls. Macrophage 
targeted by Au-HDL was further evaluated using transmission electron microscopy and confocal micros-
copy of aorta sections. Multicolor CT enabled differentiation of Au-HDL, iodine-based contrast material, 
and calcium phosphate in the phantoms. Accumulations of Au-HDL were detected in the aortas of the apo 
E-KO mice, while the iodine-based contrast agent and the calcium-rich tissue could also be detected and thus 
facilitated visualization of the vasculature and bones (skeleton), respectively, during a single scanning exami-
nation. Microscopy revealed Au-HDL to be primarily localized in the macrophages on the aorta sections 
(Figure 6.4); hence, the multicolor CT images provided information about the macrophage burden.

6.7 � NONINVASIVE X-RAY/OPTICAL HYBRID SYSTEM 
FOR CARDIOVASCULAR FLUORESCENCE IMAGING

6.7.1 � X-ray CT/fluorescence lifetime imaging microscopy

Before introducing the hybrid x-ray CT/fluorescence lifetime imaging microscopy (FLIM) imaging modality, 
the next four paragraphs will describe how FLIM is in use in cardiovascular imaging as a standalone modal-
ity. Autofluorescence spectroscopy has the potential to quantify the elastin, collagen, and lipid contents in 
plaques (Arakawa et al. 2002). Although steady-state fluorescence spectroscopy is much simpler to implement, 
it is less robust and less sensitive than time-resolved spectroscopy (Jo et al. 2006). Time-resolved autofluo-
rescence spectroscopy has the potential to distinguish between intimal thickening, fibrotic, and fibro-lipid 
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Figure 6.4  (a)–(c) Spectral CT images of thorax and abdomen in apo E–KO mouse injected 24 hours earlier 
with Au-HDL. (d), (e) Spectral CT images near bifurcation of aorta in apo E–KO mouse injected with Au-HDL 
and an iodinated emulsion contrast agent (Fenestra VC) for vascular imaging. (From Cormode DP et al., 
Radiology 256: 774–782, 2010. With permission.)



6.7  Noninvasive x-ray/optical hybrid system for cardiovascular fluorescence imaging  125

plaques (Marcu et al. 2009); however, point spectroscopy has limited spatial resolution and slow acquisition 
speed. Both spatial resolution and acquisition speed can be significantly improved by implementing time-
resolved fluorescence spectroscopy in imaging mode, most commonly known as FLIM (Lakowicz 2006). Two 
recent studies have shown the potential of FLIM for biochemical imaging of atherosclerotic plaques; however, 
its ability to distinguish intimal-thickening, fibrotic and fibro-lipid plaques (as in point-spectroscopy) has not 
yet been established (Thomas et al. 2010; Phipps et al. 2011). Recently, luminal multispectral FLIM imaging of 
coronary arteries demonstrated practical resolution and acquisition speed to perform biochemical imaging of 
coronary arteries with sufficient sensitivity and specificity to distinguish plaques with high content of either 
collagen or lipids (Park et al. 2012). Endogenous multispectral FLIM imaging was performed on the lumen of 
58 segments of postmortem human coronary arteries. Briefly, the scanning FLIM system was implemented 
following a direct pulse-recording scheme, in which the pixel rate could be equal to the laser repetition rate.

A frequency tripled Q-switched Nd:YAG laser is used as the excitation source (355 nm, 30 kHz max. repe-
tition rate, 1 ns pulse FWHM) (Park et al. 2012). The fluorescence emission is separated into three bands using 
a set of dichroic mirrors and filters (390 ± 20 nm for collagen, 452 ± 22.5 nm for elastin, and 550 ± 20 nm for 
lipids). Each band has launched into a fiber with different lengths (1 m, 10 m, and 19 m, respectively) chosen 
to provide ~45 ns intervals between each emission-band-decay. The three consecutive decays can be detected 
with a micro channel plate-photomultiplier tube (rise time: 150 ps) and sampled with a high-bandwidth digi-
tizer (1.5 GHz, 4 GS/s). The system lateral resolution is measured to be 100 m. Each multispectral FLIM image 
(field of view: 2 mm × 2 mm at 60 × 60 pixels) is acquired in ~7 s.

The fluorescence normalized intensity and average lifetime from each emission band could be used to clas-
sify each pixel of an image as either “high collagen,” “high lipids,” or “low collagen/lipids” via multiclass Fisher’s 
linear discriminant analysis (LDA) (Ripley 2007). Classification of plaques as either “high collagen,” “high lipids,” 
or “low collagen/lipids” based on the endogenous multispectral FLIM could be achieved with a sensitivity/
specificity of 96/98%, 89/99%, and 99/99%, respectively, where histopathology served as the gold standard.

Clinically, x-ray CT is presently used in cardiovascular management to measure the amount of calcifications in 
the coronary vessels and, when combined with iodinated contrast agents, for noninvasive coronary angiography. 
CT images are based on measuring x-ray attenuation in small volumes at various different angles within the coro-
nary artery by a mathematical reconstruction technique called filtered back projection, or the Radon transform, 
the x-ray attenuation in a single volume element (voxel) can be calculated in order to generate 3-D images of the 
x-ray absorption (Berman et al. 2006). Based on this x-ray CT imaging, a coronary calcium score can be calculated 
to give an indication of the global atherosclerotic burden and have strong predictive power for long term outcome 
of coronary artery disease. de Weert and Phillips et al. have shown that x-ray CT/FLIM can be used to differentiate 
between lipids and fibrous tissue in the carotid artery (de Weert et al. 2006; Phipps et al. 2011, 2012). In the latter 
study, plaques were analyzed from 18 patients (9 female, 9 male, average age 65 ± 2.8 years) undergoing carotid 
endarterectomy (Phipps et al. 2011). To correlate CT measurements with autofluorescence of carotid endarterec-
tomy specimens three optical filters, F377: 377/50 nm, F460: 460/66 nm, and F510: 510/84 nm (center wavelength/
bandwidth), were used. A Laguerre deconvolution technique was used for the evaluation of fluorescence decay 
dynamics (Pande and Jo 2011; Phipps et al. 2012). The resulting decay parameters (average fluorescence lifetime 
and four Laguerre coefficients at each of the recorded bandwidths) were used for sample characterization. LDA 
was used to classify each image into collagen or lipid-rich regions based on these parameters (Balakrishnama and 
Ganapathriraju 1998). In addition, de Weert et al. performed histology study on endarterectomy samples to cor-
relate with the CT measurement, and they found that the x-ray absorption in Houndsfield units (HU) of calcifica-
tions, lipids, and fibrous tissue was 657 ± 416 HU, 88 ± 18 HU, and 25 ± 19 HU, respectively.

6.7.2 � X-ray/CT with fluorescence molecular tomography

Fluorescence molecular tomography (FMT) is emerging as a quantitative modality for noninvasive whole 
mouse imaging (Besterman et al. 1981) and can be used to detect and quantitate inflammatory protease activ-
ity (Weissleder and Ntziachristos 2003; Vengrenyuk et al. 2006). High-throughput capabilities with scan times 
of <5 minutes, cost-effectiveness, high sensitivity, absence of radiation, and simultaneous imaging of multiple 
biomarkers in spectrally resolved channels are advantages that promote the use of FMT (Pratten et al. 1982). 
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As atherosclerotic plaques are small and vary in distribution, their accurate localization in such data sets is 
challenging. To overcome this limitation, hybrid FMT-CT protocols were developed, similarly to a combined 
PET-CT imaging (Marsh and Helenius 1980; Pratten and Lloyd 1983; Selby et al. 1995). An example of how 
advantages can be gained from fusing modalities is the combination of x-ray CT with FMT (Nahrendorf et al. 
2009b, 2010; Panizzi et al. 2010). Like PET imaging, FMT is quantitative and sensitive (Nahrendorf et al. 2010) 
but provides limited anatomical information. Stand-alone FMT imaging is sufficient in large targets such as 
subcutaneously implanted tumors. Vascular and myocardial FMT, however, benefits from adding a modality 
that provides precise anatomic information. Two strategies have been proposed. An integrated FMT-CT device 
that combines laser, CCD cameras, and x-ray source on one gantry (Schulz et al. 2010) facilitates the use of CT 
priors for improved image reconstruction of FMT data sets (Ntziachristos 2010). An alternative approach uses 
separate devices. Here, the animal is transferred from the FMT imager to the CT or MRI scanner and image 
fusion is based on fiducials incorporated in an imaging cassette holding the anesthetized mouse. The advantage 
of the second approach lies in its versatility. It allows integration of any modality (FMT with PET, CT, MRI, 
or multiple combinations). Spectrally resolved FMT provides several channels for simultaneous quantification of 
molecular markers. In the commercially available system, the excitation/emission wavelengths are 635/655 nm, 
680/700 nm, 750/780 nm, and 785/815 nm. Theoretically, PET and MRI could be added to yield a total of six 
channels. The most complex study to date combined three FMT channels with PET and CT and indicates that 
hybrid imaging of multiple targets is feasible (Nahrendorf et al. 2010). For instance, an infarct imaging study 
could use both the commercially available FMT system and probes, to quantify myocyte apoptosis, monocyte/
macrophage numbers, protease activity, and integrin expression, and MRI, to measure collagen content (Helm 
et al. 2008), in one single study. These parameters could then be followed over time and correlated to the left 
ventricular function and myocardial infarct size. Such a multimodal protocol would provide insight into the 
generation of heart failure on a systems level by following a network of interdependent biomarkers. The use of 
quantum dots (QDs) as fluorescence reporters may add even more channels because these materials’ emission 
profiles are narrow (Michalet et al. 2005). Another interesting development is the quantitation of NIR reporter 
proteins by FMT (Shu et al. 2009), which could be used to investigate gene expression or stem cell survival in 
the cardiovascular system in concert with the biomarkers noted previously.

6.7.2.1 � DUAL-MODALITY FMT-CT IMAGING WITH A CONTRAST AGENT

Macrophage infiltration in atherosclerotic plaques plays a vital role in the progression of atherosclerosis 
(Zhang et al. 2006). As a result, macrophages have become widely recognized as a key target for atherosclero-
sis imaging, since they contribute significantly to the progression of atherosclerosis (Nahrendorf et al. 2008). 
FMT-CT hybrid imaging system can be used to characterize atherosclerotic plaque by targeting macrophages 
in inflamed coronary plaque using noninvasive molecular marker.

Proteases are emerging biomarkers of inflammatory diseases. In atherosclerosis, these enzymes are often 
secreted by inflammatory macrophages, digest the extracellular matrix of the fibrous cap, and destabilize 
atheromata. Protease function can be monitored with protease activatable imaging probes and quantitated 
in vivo by FMT. There are two major constrains currently associated with imaging of murine atherosclerosis: 
lack of highly sensitive probes and absence of anatomic information. The FMT-CT hybrid imaging system 
could be a robust and observer-independent tool for noninvasive assessment of inflammatory murine ath-
erosclerosis (Nahrendorf et al. 2009b). A study by Nahrendorf et al. achieved coregistration of FMT and CT 
using a multimodal imaging cartridge containing fiducial markers detectable by both modalities (Figure 6.5). 
A high-resolution CT angiography protocol accurately localized fluorescence to the aortic root of atheroscle-
rotic apoE−/− mice. FMT-CT imaging is performed at 680/700 nm excitation/emission wavelength using an 
FMT 2500 system (VisEn Medical Inc., Bedford, Massachusetts, USA) with an isotropic resolution of 1 mm. 
Each sensor is injected into apoE−/− mice with normal diet or high-cholesterol diet. Total imaging time for 
FMT acquisition is typically 5 to 8 minutes. Data are post processed using a normalized Born forward equa-
tion to calculate 3-D fluorochrome concentration distribution (Liner 1991). CT angiography immediately 
followed FMT to robustly identify the aortic root as the region of interest. The imaging cartridge lightly 
compressed the anesthetized mouse between optically translucent windows and thereby prevented motion 
during transfer to the CT (Inveon PET-CT, Siemens). The CT x-ray source operated at 80 kVp and 500 μA 
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with an exposure time of 370 to 400 ms to acquire 360 projections. The effective 3-D CT resolution is 80 μm 
isotropic. During CT acquisition, Isovue-370, a radiopaque contrast agent, is infused at 55 μL/min through 
a tail vein catheter. The CT reconstruction protocol performed bilinear interpolation, used a Shepp-Logan 
filter, and scaled pixels to Hounsfield units (Tu, Shaw, and Chen 2006). Then, data need to be imported into 
OsiriX (The OsiriX foundation) to coregister FMT and CT images. Fiducials on the imaging cartridge can 
be visualized and tagged in FMT and CT images with point markers to define their XYZ coordinates. Using 
these coordinates, data can be resampled, rotated, and translated to match the image matrices and finally 
displayed in one hybrid image.

Hydrophobic QDs embedded in iodinated oil subsequently dispersed in water to form the oil-in-water 
nanoemulsion of 80 nm can be used as a FMT-CT dual-modal contrast agent (Ding et al. 2013). QDs have great 
potential in disease diagnosis because of complementary combination of the high spatial resolution of CT with 
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Figure 6.5  In vivo FMT-CT imaging. (a)–(c) Image coregistration is based on fiducial landmarks (arrows) that 
are incorporated into the animal holder and are identifiable on CT (a) and FMT (b). The software coaligns these 
fiducials to create a hybrid data set (c). Fluorescence signal in the aortic root of an apoE−/− mouse is encircled. 
(d)–(f) 2-D FMT-CT long-axis views of apoE−/− mice injected with respective protease sensors. Fluorescence 
signal is observed in the aortic root and arch, regions with high plaque load and high ex vivo fluorescence sig-
nal (as shown in Figure 6.2). (g)–(i) CT-only views of D through F. Arrow heads depict vascular calcification, likely 
colocalizing with plaques. (j)–(r) 3-D maximum-intensity projection of hybrid data sets show skeletal and vascu-
lar anatomy and the distribution of fluorescence signal. Most signal is observed in the root and arch; however, 
Q and R show additional activation of the protease sensor in the carotid artery, also a region predisposed to 
atheroma build-up in this model. (s)–(u) FMT-CT after injection of respective sensor into wild-type mice. (From 
Nahrendorf M et al., Arterioscler Thromb Vasc Biol, 29, 1444–1451, 2009. With permission.)
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Figure 6.6  Kinetics and distribution of QD-iodinated oil nanoemulsion in atherosclerotic rabbits. (a)–(c) CT 
values of different organs for preinjection and at different time points for postinjection of the nanoemulsion. 
(a) Aortas lumen; (b) atherosclerotic plaques, showing that the atherosclerotic plaques were significantly higher 
2 h postinjection; (c) liver. (d)–(f) CT images of the abdominal aorta (white circle) of NZW rabbit. The athero-
sclerotic plaques were indicated by arrows. (d) Before, (e) 10 s, and (f) 2 h after the injection of QD-iodinated oil 
nanoemulsion. Before injection, the atherosclerotic plaques could not be differentiated from the surrounding 
tissues, whereas a strong enhancement was detected in the plaques 2 h after the injection of the nanoemulsion. 
(From Ding J et al., Biomaterials, 34, 209–216, 2013. With permission.)
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the high sensitivity of optical imaging. In this study, atherosclerotic rabbits were used to detect macrophages 
with CT after administration of the nanoemulsion. This animal model has been widely used to study the effects 
of contrast agents on atherosclerotic plaques due to its high levels of macrophage infiltration and similar to 
human coronary atherosclerotic plaques (Kosuge et al. 2011). After ear vein injection of the nanoemulsion, 
serial CT imaging of the rabbits was performed to observe the enhancement in atherosclerotic plaques to 
detect the macrophage infiltration (Figure 6.6). Next, the aortas of rabbits were excised and scanned using 
an NIR fluorescence (NIRF) imaging system to estimate uptake of the nanoemulsion in aortas. The aortic 
arch and the abdominal aorta had higher signal intensity, meaning these segments were plaque-loaded areas 
(Figure 6.7). Therefore, it is further demonstrated that the QDs-iodinated oil nanoemulsion has a great poten-
tial targeting to macrophage-rich region to evaluate atherosclerosis with CT/fluorescence imaging.

6.7.3 � Invasive coronary hybrid molecular imaging

During the past decades, there has been considerable progress in understanding the pathophysiology of coro-
nary artery disease, while devices, imaging techniques, and therapeutic strategies have been developed to opti-
mize the treatment of patients with ischemic heart disease. These advances have made feasible the treatment of 
complex lesions and high-risk patients, improving their prognosis and quality of life. However, these develop-
ments have also created the need for more detailed imaging of coronary anatomy and pathology. It is apparent 
that contrast coronary angiography, which is the traditional method for the visualization of coronary artery 
disease, has significant limitations in assessing the extent and severity of atherosclerosis, as it permits only a 
projection evaluation of luminal dimensions and is unable to provide information regarding the vessel wall.

Atheroma burden and its composition affect prognosis, as there is evidence that cardiovascular outcomes 
and the occurrence of acute coronary events depend not only on the severity of luminal narrowing but also on 
plaque characteristics and inflammation (Yusuf et al. 2001). To address these limitations and study in more 
detail the natural evolution of atherosclerosis, considerable effort has been made in developing new imaging 
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Figure 6.7  Fluorescence imaging of excised aortas with QD-iodinated oil nanoemulsion. The whole aortas 
were excised (a) without injection of the nanoemulsion; (b) 2 h after the injection. The signal intensity was sig-
nificantly higher in the atherosclerotic plaques, meaning the accumulation of the nanoemulsion. (From Ding J 
et al., Biomaterials, 34, 209–216, 2013. With permission.)
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modalities that would permit the precise evaluation of coronary pathobiology. Advances in signal process-
ing and the miniaturization of medical devices have allowed numerous invasive intravascular molecular 
imaging techniques to emerge (e.g., intravascular ultrasound [IVUS], optical coherence tomography [OCT], 
NIR spectroscopic imaging, intravascular magnetic spectroscopy, intravascular MRI, Raman spectroscopy, 
intravascular photoacoustic imaging, NIRF imaging, and time resolved fluorescence spectroscopic imag-
ing), which have enriched our knowledge of coronary atherosclerosis by providing detailed visualization 
of luminal and plaque morphology and reliable quantification of the atheroma burden and its composition. 
Although these modalities offer a plethora of new data, each also has inherent limitations that do not allow 
complete evaluation of the coronary arteries. To address this drawback, hybrid imaging has been proposed.

The aims of this section is to describe the currently available invasive intravascular-based molecular 
hybrid imaging modalities, cite the advantages of the provided images and models, stress the methodological 
limitations of each approach, and discuss their potential value in the study of coronary atherosclerosis.

6.7.3.1 � X-RAY CORONARY ANGIOGRAPHY-OCT HYBRID IMAGING

The fusion of coronary x-ray angiography (XA) and OCT aims to merge information regarding vessel geom-
etry and plaque type in a single hybrid model. Two methodologies are currently available. The first approach 
uses the method applied to reconstruct the coronary arteries from IVUS and angiographic data, while the 
other, which was introduced by Tu et al. (2011), can integrate quantitative coronary angiography (QCA) and 
OCT/IVUS (Bourantas et al. 2012). The latter method uses biplane QCA to reconstruct the vessel and then 
uses anatomical landmarks seen on both QCA and OCT/IVUS to register the frames onto the reconstructed 
vessel by QCA.

Despite the fact that the 3-D angiographic reconstruction has value, the foremost limitation of XA-based 
systems remains the inability to image beyond the vessel lumen. In other words, the 3-D reconstructed ves-
sel remains a “lumenogram,” though with better 3-D capabilities. Thus, early stages of plaque formation may 
not be evident with XA due to the occurrence of coronary artery remodeling, and vulnerable plaques cannot 
be recognized. These limitations have been well addressed by intravascular tomography-based imaging tech-
niques, among which grey scale IVUS is a well-established and validated modality. IVUS provides a wealth of 
information including vessel wall composition, which is crucial to the assessment of coronary atherosclerosis. 
Later on, the role of intravascular tomography-based imaging techniques was greatly enhanced by the radiofre-
quency data analysis for plaque characterization and OCT for the assessment of the thin fibrous cap atheromas 
and malapposition of stent struts. These new imaging techniques have extended the capabilities in the assess-
ment of coronary artery disease. However, the fact that intravascular tomography-based imaging does not pre-
serve the global topology information could lead to erroneous interpretations. Although a longitudinal view 
(L-View) is available in most IVUS/OCT consoles to provide an overview of the pullback series, the presenta-
tion of the L-View by stacking cross-sectional images along a straightened version of the transducer pullback 
trajectory is a very unnatural way of conceptualization. As a result, the interpretation can be quite challenging.

Given the different but complementary perspectives provided by XA and IVUS/OCT, the fusion/integration 
of the two imaging modalities by using XA as a roadmap while exploiting detailed vessel wall information 
from IVUS/OCT will benefit the interpretation of coronary artery disease and the guidance of coronary 
interventions. Currently, if IVUS/OCT is performed in the preintervention stage, the treatment planning is 
determined to a great extent by the IVUS/OCT interpretation. However, since XA fluoroscopy is still the only 
imaging tool available during stent deployment and positioning, the interventionalist must mentally establish 
the correspondence between XA and IVUS/OCT images (Tu et al. 2011). This spatial corresponding process is 
not always easy, especially for diseases of early stages or long diffused lesions where lumen narrowing is not 
clearly evident and no side branch is present in the neighborhood of the lesion borders. Thus, XA-IVUS/OCT 
integrated systems are currently requested in the market to better support coronary interventions. The clini-
cal applicability of such fused/integrated systems depends to a great extent on the reliability and robustness 
of the coregistration approach. Once a reliable correspondence between angiographic and IVUS/OCT images 
is established, the issue of fusing/integrating information from the two image modalities becomes relevant.

The approach starts with standard QCA of the vessel of interest in the two angiographic views (either 
biplane or two monoplane views). Next, the vessel of interest is reconstructed in 3-D and registered with the 
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corresponding IVUS/OCT pull-back series by a distance mapping algorithm (Danielsson 1980). An example 
of combing QCA and OCT imaging is given by Figure 6.8. The accuracy of the registration was retrospec-
tively evaluated on 12 silicone phantoms with coronary stents implanted and on 24 patients who underwent 
both coronary angiography and IVUS examinations of the left anterior descending artery. Stent borders or 
side branches were used as markers for the validation. While the most proximal marker was set as the baseline 
position for the distance mapping algorithm, the subsequent markers were used to evaluate the registration 
error. The correlation between the registration error and the distance from the evaluated marker to the base-
line position was analyzed. The XA-IVUS registration error for the 12 phantoms was 0.03 ± 0.32 mm (p = 
0.75). One OCT pullback series was excluded from the phantom study, since it did not cover the distal stent 
border. The XA-OCT registration error for the remaining 11 phantoms was 0.05 ± 0.25 mm (p = 0.49). For 
the in vivo validation, two patients were excluded due to insufficient image quality for the analysis. In total, 
78 side branches were identified from the remaining 22 patients and the registration error was evaluated on 
56 markers. The registration error was 0.03 ± 0.45 mm (p = 0.67). The error was not correlated to the distance 
between the evaluated marker and the baseline position (p = 0.73). In conclusion, the new XA-IVUS/OCT 
coregistration approach is a straightforward and reliable solution to combine XA and IVUS/OCT imaging 
for the assessment of the extent of coronary artery disease. It provides the interventional cardiologist with 
detailed information about vessel size and plaque size at every position along the vessel of interest, making 
this a suitable tool during the actual intervention.

In contrast to the approach proposed by Bourantas et al. (2012), this method can process frequency 
domain OCT data, but it is unable to estimate the orientation of the OCT frames onto the 3-D vessel. IVUS 
has helped us study the natural evolution of atherosclerosis, but its low resolution did not allow detailed 

Figure 6.8  The XA-OCT coregistration and quantification. A sidebranch was manually identified from both 
XA and OCT images to be used as baseline position to register the two imaging modalities. After the registra-
tion, the markers superimposed in the OCT longitudinal view were synchronized with the same markers in the 
XA views. The OCT measurements could be compared with 3D QCA at the same position. (From Tu S et al., 
Int J Cardiovasc Imaging, 27, 197–207, 2011. With permission.)
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examination of the distribution of culprit lesions and investigation of the association between plaque rupture 
and local hemodynamic status. Some investigators have advocated that high shear and tensile stress may 
contribute to plaque destabilization and rupture (Slager et al. 2005; Fukumoto et al. 2008). It is expected that 
the integration of OCT with coronary angiography will provide the substrate to study in vivo the impact of 
blood flow on acute coronary syndromes.

6.7.3.2 � OCT-NIRF HYBRID IMAGING

The fusion of molecular imaging with conventional intravascular imaging techniques such as IVUS or OCT 
is expected to provide a more thorough evaluation of plaque vulnerability, as it would permit the simultane-
ous evaluation of vessel anatomy and plaque inflammation. A dual-modality OCT-NIRF catheter has recently 
been presented that allows the acquisition and coregistration of OCT and NIRF data (Yoo et al. 2011). In 
vitro and in vivo studies have confirmed the feasibility and efficacy of this device and demonstrated the great 
potential of the combined microstructural and molecular functional imaging. However, further evaluation 
of the safety of NIRF imaging is required before combined OCT and NIRF imaging can be used in humans.

6.8 � CONCLUSION

Motivated by the potential to transform preclinical research and clinical care, cardiovascular hybrid imaging 
has made advances toward targeting coronary atherosclerosis and heart failure. In the next decade, our rapidly 
growing knowledge in cardiovascular biology promises identification of advanced targets, which will likely 
represent central check-points of pathophysiological systems. Basic research in x-ray is increasingly integrating 
imaging data, while optical techniques hold particular promise for dissemination into nonimaging laborato-
ries. The synergy created by multimodal imaging will unite molecular, physiologic, and anatomic information.

Imaging is already an integral part of clinical trials, in which imaging biomarkers may serve as surrogate 
endpoints. However, formidable hurdles to clinical translation of advanced imaging systems still exist. To 
overcome these hurdles, the cardiovascular community can learn from the field of cancer imaging, which is 
quickly adopting hybrid imaging for both bench work and clinical translation. Dedicated grants have funded 
large imaging centers that combine expertise across medical physics, cancer biology, and probe chemistry. 
Basic scientists without extensive imaging expertise profit from this infrastructure, using high-end imaging 
tools on a collaborative base. Similar ongoing efforts in cardiovascular science could replicate this success.

Cardiovascular research has focused in recent years on the study of coronary atherosclerosis, aiming to 
predict its evolution and identify future culprit lesions. Consequently, considerable effort has been made to 
thoroughly visualize the coronary anatomy and pathobiology and understand in detail the effect of local and 
systemic factors on plaque progression. Hybrid imaging—both noninvasive and intravascular—has consid-
erable future potential. Further effort is expected to be undertaken in upcoming years in advancing hybrid 
imaging techniques, to reveal novel aspects of plaque pathophysiology. Hybrid imaging has a bright future 
and is anticipated to constitute a valuable ally to tackle this challenging disease.
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7

X-ray fluoroscopy–echocardiography

R. JAMES HOUSDEN and KAWAL S. RHODE

7.1 � INTRODUCTION

Minimally invasive interventions are becoming an increasingly common alternative to open-heart surgery. 
The minimally invasive approach has many benefits, including reduced mortality rates, reduced risk of 
infection, and faster recovery for the patient. These complex procedures require the surgeon to remotely 
guide a catheter or surgical device to specific locations inside the heart. This has largely been made possible 
by the use of imaging modalities, particularly x-ray fluoroscopy, to provide visual feedback on the catheter 
location.

X-ray fluoroscopy is a live imaging modality with frame rates of up to 30 frames per second. The cath-
eters and interventional devices are designed to be highly visible in x-ray, and since x-ray is a projection 
modality, it is able to visualize these catheters along their whole length within the field of view. X-ray 
fluoroscopy therefore provides excellent visualization of the interventional devices and is used in almost 
all minimally invasive interventions. However, x-ray displays soft tissue with considerably less contrast 
than the catheters, making the cardiac anatomy difficult to identify, as illustrated in Figure 7.1. This, along 
with the two-dimensional (2-D) nature of x-ray images, makes it difficult to navigate an interventional 
device to the correct anatomy using x-ray guidance alone. Consequently, procedure times are lengthened 
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and x-ray use is increased, ultimately leading to more exposure of patients and staff to the ionizing x-ray 
radiation. This is particularly a concern for pediatric patients where exposure carries a significant risk 
(Tzifa et al. 2010).

In order to improve the image guidance and simplify the intervention, other imaging modalities are 
often introduced. These include computed tomography (CT), magnetic resonance imaging (MRI), and 
echocardiography. Each of these is valuable for its ability to visualize cardiac anatomy, thereby providing 
the information missing from the x-ray images. However, these modalities do not represent a replacement 
for x-ray since they have limitations of their own. CT and MRI are usually acquired prior to the interven-
tion, sometimes by several weeks. Although intraprocedure CT or MRI is possible, the images are always 
static views of the heart. Apart from the problems of anatomical motion due to breathing, heartbeat, and 
the interventional devices themselves, these static images are unable to convey the necessary live location 
information of the interventional devices. Echocardiography is a live modality capable of visualizing both 
anatomy and devices, but due to its small field of view and changing orientation relative to the patient, it 
can be difficult to interpret without a skilled operator to communicate the context of the images to the 
surgeon.

The solution is therefore to combine the x-ray and one of the other modalities in a hybrid visualization, 
so that the complementary aspects of each modality are available to the surgeon in a single view. The usual 
approach is to display the x-ray projection image in its standard view because surgeons are familiar with 
x-ray images and how they relate to the patient. One of the other modalities is then registered to x-ray space 
and is usually displayed as a projection overlaid on the x-ray. This directly relates anatomy and devices in a 
single view and displays the additional modality in a context easily related to the patient. An example using 
echocardiography is shown in Figure 7.2.

The requirement common to all such techniques is the need to register the additional modality to x-ray 
space so that it can be projected into the x-ray image. A further requirement for clinical utility is that this 
be done as quickly as possible, with minimal modification of the standard clinical workflow. This chap-
ter will review the various methods used to achieve this registration for the echocardiography imaging 
modality.

Right
atrium

Left
atrium

Catheters
in the left
atrium

Figure 7.1  A typical x-ray image from a minimally invasive intervention. The catheters are easily seen, but the 
soft-tissue anatomy has lower contrast, making it difficult to determine the exact location of a catheter on the 
anatomy.
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7.2 � IMAGING EQUIPMENT

7.2.1 � X-ray fluoroscopy systems

X-ray fluoroscopy systems for use during cardiac surgery comprise a rotatable gantry containing an x-ray 
source and detector on opposite sides of the patient (see Figure 7.3). These are known as C-arm systems 
because of the shape of the gantry around the patient. The live x-ray images are streamed to a screen in the 
operating room, which provides feedback on the catheter location as the surgeon manipulates its position. 

Left
atrium

Right
atrium

Figure 7.2  An x-ray image overlaid with 3-D echo. The echo adds anatomical information to the x-ray image, 
allowing the catheters to be more easily related to the anatomy. The hybrid view is presented in the familiar 
coordinates of the x-ray system, allowing easy interpretation of the combined images.

X-ray detector

X-ray source

Figure 7.3  A cardiac interventional C-arm x-ray system. The x-ray source and detector are mounted on a gan-
try that can rotate around the patient and image different projections.
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Typically, the field of view is large enough to cover two or three heart chambers. The frame rate can be up to 
30 frames per second but is often less than this to reduce the radiation exposure. The gantry is usually capable 
of rotating about two axes: one parallel to the patient’s head-to-foot direction and one in the patient’s left-to-
right direction. Most often, only the rotation about the head-to-foot axis is varied, to maintain the optimum 
projection view of the catheter motion.

The projection nature of x-rays can be restrictive for use in surgical guidance, and some systems provide 
a second source and detector that can be rotated independently. Two x-ray streams are then acquired simul-
taneously from different angles, which together provide additional information to the surgeon on the 3-D 
location of the catheter. These biplane systems are more expensive and so are less common in clinical practice.

7.2.2 �E chocardiographic systems

Cardiac echocardiographic (echo) systems are currently available in three varieties depending on the posi-
tioning of the ultrasound probe: transthoracic echo (TTE), transesophageal echo (TEE), and intracardiac 
echo (ICE). Transthoracic systems (Rabben 2011) are rarely used for interventional guidance because it is 
impractical to manually hold the ultrasound probe in place against the patient for the duration of the pro-
cedure. More importantly, it is impossible for the sonographer to hold the ultrasound probe in place while 
simultaneous x-ray is applied in the region of the ultrasound probe.

TEE (Salgo 2011) is a recent development in which a miniaturized ultrasound probe is placed in the 
patient’s esophagus. This requires the patient to be under general anesthesia. Precise positioning of the ultra-
sound transducer is possible via controls on the shaft of the probe outside the patient. These allow the 
sonographer to remotely steer the head of the ultrasound probe inside the esophagus. The placement of the 
ultrasound probe relative to the heart produces images of better resolution and clarity compared to TTE but 
requires a skilled sonographer to be used effectively. Both TTE and TEE systems are capable of producing 
2-D and live 3-D images.

ICE is a more invasive catheter-based approach that images the heart from the inside, producing very clear 
and useful images. It is expensive because the ultrasound catheter cannot be reused and it is usually able to 
produce only 2-D images.

7.3 � REGISTRATION OF ECHOCARDIOGRAPHIC IMAGES 
AND X-RAY FLUOROSCOPY

A variety of precalibration and image-based methods have been developed for x-ray-echo registration. The 
registration is limited by the following echo-specific constraints:

●● X-ray and echo images have almost no common features or properties, which means that a direct 
image-to-image registration is not possible.

●● Echo imaging differs significantly from other modalities by the requirement for very flexible placement 
and manual control of the ultrasound probe to ensure optimal images. The construction of ultrasound 
scanners means that the component producing the images, the ultrasound probe, is not stationary and 
is not tracked by any built-in mechanism of the imaging equipment.

These constraints have led to some common features of the various approaches to x-ray-echo registration. 
First, since the echo images themselves cannot be directly registered to an x-ray image, all hybrid x-ray-echo 
systems rely instead on tracking the ultrasound probe in x-ray space. This requires precalibration to locate 
the echo imaging space relative to the probe. Second, as the ultrasound probe is not tracked automatically, 
some physical or image-based method is required that locates the probe in 3-D x-ray space and then to the 
2-D x-ray image space via the known C-arm geometry of the x-ray scanner. Figure 7.4 shows the coordinate 
systems involved.

Among the variety of methods are those that locate the probe via physical sensing equipment that tracks 
both the 3-D position of the probe and the position of the x-ray scanner. A second class of methods, designed 
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specifically for transesophageal imaging, utilize the fact that the TEE probe is visible in the accompanying 
x-ray image. The probe position can be tracked by an image-based method and registered to 3-D x-ray space 
via the 2-D x-ray view. These methods can be either feature based, tracking fiducial markers attached to the 
probe, or intensity based, tracking the probe image itself.

7.3.1 � Precalibration of echo probe to echo image space

The objective of the precalibration stage is to determine the offset between the ultrasound image coordinate 
space and the coordinate space of the tracked device. The tracked coordinate space has an origin at a predefined 
point, either on the probe itself or equivalently on an object rigidly attached to the probe (see Figure 7.5). The 
position of the probe or attachment is tracked by one of the techniques described in Sections 7.3.2 through 
7.3.4 and the position and orientation of the ultrasound images are known via the precalibrated offset.

2D x-ray
image
coordinates Echo image

coordinates 3D x-ray
coordinates

X-ray
source

Tracked
echo probe
coordinates

Figure 7.4  The echo image is registered to x-ray by tracking the probe in 3-D x-ray space. The echo image 
position is located relative to the probe by calibration. The echo image is then projected onto the 2-D x-ray 
image via the known geometry of the C-arm system.

Tracked
coordinates

Virtual origin
coordinates

Virtual image origin

Echo image
coordinates

Figure 7.5  Coordinate systems of echo calibration. The tracked coordinates and virtual origin coordinates are 
both at fixed points on the echo probe and their offset can be found by calibration. The image coordinate sys-
tem varies depending on the geometry of the scanned region. Their offset from the tracked coordinates must 
be determined at the time of acquisition from scanner settings.
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Modern ultrasound probes use array technology (Rabben 2011), which allows the imaged region to be 
varied electronically without changing the probe position. Examples include changes in the sector width, the 
lateral steering, and in the case of 3-D ultrasound probes, rotation of the imaging volume about the central 
vertical axis of the images. While this is useful for scanning flexibility, it also means that the offset between 
the tracked and imaging coordinate systems is not necessarily constant.

In order to resolve this complication, the offset is divided into two stages that utilize a virtual origin point of 
the ultrasound images (Figure 7.5). This origin is fixed regardless of the varying imaging parameters and so is 
at a fixed offset from the tracked coordinates. This stage of the offset can be precalibrated. The remaining offset 
must be determined during live imaging as a function of the various scanner settings (sector width, steering 
angle, etc.). Knowledge of how these parameters affect the image location is built into the ultrasound scan-
ner but is usually inaccessible from outside. Clinical systems designed for hybrid imaging therefore require a 
modified interface to the ultrasound scanner—see Section 7.3.5 for further discussion of these requirements.

The fixed part of the offset is determined by precalibration. Many different methods have been proposed 
for this kind of calibration (Mercier et al. 2005) and only a few examples will be given here. The most popular 
methods generally consist of imaging a simple phantom containing identifiable point targets with the ultra-
sound system, in a range of poses. The ultrasound probe is tracked during the imaging using the tracking 
method to be calibrated, and the point targets are also located by the same tracking system. At this point, the 
physical target points are at a known location relative to the probe for each ultrasound view and they are also 
located in ultrasound image space. Calibration then consists of registering corresponding targets in the two 
spaces, ultrasound image space and tracked probe space, to determine the unknown fixed offset.

For example, a method of calibration for tracking using physical sensing equipment involves also tracking 
the tip of a needle using the same sensing system (Jain et al. 2009). The needle tip is imaged by the ultrasound 
in a range of poses while simultaneously tracking both the ultrasound probe and the needle tip. Alternatively, 
for an image-based approach in which the probe is tracked directly in x-ray space, the target points are then 
also located using the same x-ray system (Gao et al. 2012). This is possible by imaging a fixed set of target 
points with x-ray from two different angles and backprojecting (Hawkes et al. 1987) to find their 3-D posi-
tions in x-ray space.

7.3.2 � Physical probe tracking methods

Physical probe tracking refers to methods that attach a physical position-sensing device to the ultrasound 
probe. A similar device is also attached to the x-ray equipment, so that both systems are tracked in a common 
coordinate system. Through the tracking of the two devices, the probe is located relative to the x-ray scanner 
coordinate space. For this to be possible, both attachments require calibration: the ultrasound by the methods 
discussed in the previous section and the x-ray by a similar approach of imaging a phantom (Rhode et al. 2005).

The majority of hybrid x-ray-echo cardiac systems use the TEE variety of ultrasound because of the dif-
ficulty, discussed earlier, of using TTE in combination with x-ray. However, the need to safely insert and 
manipulate a TEE probe inside the esophagus significantly restricts the devices that can be attached to 
it. In fact, the only position sensing device that has plausibly been attached to a TEE probe is the Aurora 
Electromagnetic (EM) Tracking System (NDI, Waterloo, Ontario, Canada). This system uses very small sen-
sors, which can be attached to the TEE probe with minimal change to its profile. An example attachment is 
shown in Figure 7.6. The probe and sensor are covered in a liquid plastic layer to achieve a rigid attachment 
(Jain et al. 2009). In this example, the registration accuracy between the two imaging modalities was mea-
sured as 2 mm in a phantom environment.

A second example of physical probe tracking involves a TTE probe. Although TTE is usually not suitable 
for combination with x-ray, there is one approach that has achieved a clinically feasible hybrid imaging system 
(Ma et al. 2009, 2010). The approach is to control the TTE probe via a robotic interface (Figure 7.7a), which 
avoids the sonographer being required to stand near the path of the x-ray while imaging. Instead, the robot is 
controlled remotely via a haptic feedback controller that relays force sensor information to the control device 
(Figure 7.7b). This ensures that the patient cannot be injured by excessive probe pressure and also enables the 
probe position to adjust automatically to maintain constant contact pressure and hence image quality.
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The robot is rigidly attached to the x-ray table and the probe rigidly attached to the moving end of the 
robot. The position of its moving end relative to this attachment is determined automatically through the 
known geometry of the robot. Both the x-ray system and the rigid part of the robot are tracked by an Optotrak 
Optical Tracking System (NDI, Waterloo, Ontario, Canada). In many respects, the system uses the same 
registration concept as the EM tracking of a TEE probe, the only difference being that the probe tracking is 

Figure 7.6  An electromagnetic tracker attached to a TEE probe. The light colored material is a liquid plastic 
that rigidly holds the sensor to the outside of the probe. (With kind permission from Springer Science+Business 
Media: Functional Imaging and Modeling of the Heart–FIMH, 3D TEE registration with x-ray fluoroscopy for inter-
ventional cardiac applications, 5528, 2009, 321–329, Jain, A, Gutierrez, L, Stanton, D, Figure 3, Image copyright 
© Springer.)

US probe

(a) (b)

Figure 7.7  (a) The robotic probe holder that is controlled remotely by (b) a haptic feedback device. 
(Reprinted with permission from Ma, Y et al., Evaluation of a robotic arm for echocardiography to x-ray 
image registration during cardiac catheterization procedures, in Proceedings of the Annual International 
Conference of the IEEE Engineering in Medicine and Biology Society–EMBC, 5829–5832. © 2009 IEEE. All 
rights reserved.)
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via a two-stage tracking system comprising a robot that is itself optically tracked. As with all such systems, 
precalibration is required to determine the offset between the x-ray scanner and its tracker and also between 
the ultrasound image and the probe attachment (in this case the moving end of the robot).

While these types of sensor-based tracking are potentially a reliable and highly accurate means to regis-
ter the two modalities, there are some obstacles to clinical use. These are mainly the additional equipment 
needed to operate the systems. Optical sensors require cameras with a line of sight to the tracked targets and 
the targets themselves can be bulky. Magnetic sensors are more compact but have a small region of operation 
outside of which they rapidly become inaccurate. They are also susceptible to distortion of their magnetic 
field by nearby metallic objects, which introduces further errors. In either case, the use of a sensor system 
introduces further constraints into an already complex operating procedure. In addition, when using TEE, 
there are concerns over the safety of attaching additional devices to a probe that is designed to enter the 
esophagus.

The current limitations are understandable given that the two systems described here are both research 
rather than commercial systems. In order to overcome these limitations, it will be necessary to develop fully 
integrated systems in which the user does not need to be aware of the sensors. In this regard, EM sensors can 
more easily be integrated into existing devices, as they do not require a line of sight. For example, a recent 
development is an EM sensor fully integrated into a TEE probe (Moore et al. 2010). Ultimately, integrated sen-
sor systems, which to the user appear the same as the original hardware, may prove to be the simplest means 
of registration available.

7.3.3 � Fiducial-based TEE tracking

Fiducial-based tracking is an image-based registration technique that bypasses the need for physical sensors 
and x-ray calibration by directly tracking the ultrasound probe in the x-ray images. This approach is designed 
specifically for TEE probe tracking, as a TEE probe is often within the x-ray field of view during interven-
tional x-ray guidance. An example is shown in Figure 7.8. Although the registration will eventually be used to 
overlay the echo image on the x-ray projection, the initial requirement is to locate the probe head in the 3-D 
coordinate space of the x-ray system. Given that the registration is being done via the projection image, this 
may seem like a backward step. However, knowing the 3-D location means that the registration will still be 
valid if the angle of the C-arm system is changed. A new overlay can then be generated simply by reprojecting 
through the echo image at the new angle.

TEE probe

Figure 7.8  A typical x-ray image from an intervention involving TEE. The TEE probe is clearly visible in the 
x-ray.
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The key feature of fiducial-based approaches is to add an external attachment to the TEE probe that con-
tains point markers that are easily identified in x-ray. These markers, rather than the probe itself, are tracked 
by estimating their pose from the x-ray image and thus determining their position in the 3-D coordinates 
of the x-ray system. With a biplane x-ray system, it is possible to completely determine the 3-D position of a 
point marker by backprojecting from the two views (Hawkes et al. 1987). However, due to the limited avail-
ability of biplane x-ray systems compared to single-view monoplane systems, the registration must be able 
to work on monoplane images. A single point backprojected from a monoplane image could be anywhere 
along the x-ray projection line, but when an object comprises at least three noncollinear points, it is possible 
to uniquely determine their 3-D location from a single image. This includes their positions along the x-ray 
projection lines, because the magnification of the object varies with distance from the x-ray source: objects 
closer to the source appear larger. The primary example of a fiducial-based tracking system using monoplane 
x-ray is reported by Lang et al. (2012).

As with sensor-based tracking, there is a limit to what can be attached to the TEE probe without risking 
injury to the patient. One possibility is a closely fitting sleeve that covers the probe head (Lang et al. 2012) as 
shown in Figure 7.9a. In this example, the fiducial points are seven 1-mm-diameter tantalum beads embedded 
in a 2-mm-thick layer of silicone, arranged around the head of the probe. The fiducials appear as dark spots 
in the x-ray image and are distinct enough to be detected automatically (Figure 7.9c).

The registration process (Lang et al. 2012) requires a 3-D model of the fiducial locations. This is obtained 
from a high-resolution micro-CT scan of the probe head and attachment. It is this 3-D model of the fiducial 
points that is registered to the x-ray image. Registration involves four steps as follows:

	 1.	 Obtain an initial estimate of the model position in 3-D x-ray space.
	 2.	 Identify projected fiducial markers in the x-ray image.
	 3.	 Determine correspondence between model points and image points.
	 4.	 Optimize model pose to match its projected image.

The initial estimate is obtained by approximately matching a reference image, like that in Figure 7.9b, to 
the x-ray image by intensity-based registration. This requires that the probe be in a similar orientation to the 
reference image. In a sequence of registrations, this initialization is necessary for the first registration, but 
subsequent registrations are initialized by the result of earlier registrations in the sequence. Given this initial 

x
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(a) (b) (c)

Figure 7.9  (a) Silicone sleeve containing x-ray visible beads. (b) Model x-ray image used for initialization. 
(c) Example of fiducial detection. (Reprinted with permission from Lang P et al. IEEE Trans Biomed Eng, 59, 
1444–1453, 2012. Images copyright © 2012 IEEE. All rights reserved.)
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estimate of the pose of the 3-D model, Step 2 is achieved by projecting the fiducial locations on the model 
into the 2-D image. This gives a starting point for finding the fiducial locations in the x-ray image, which are 
then detected automatically by examining the image in the region of the projected points (Lang et al. 2012). 
Step 3 requires a feature-pairing algorithm (Pilu 1997). In Step 4, the pose of the 3-D model is then iteratively 
adjusted so that the projected fiducials from the 3-D model closely match the detected fiducials in the image 
(Habets et al. 2009). This algorithm, including initialization, is fully automated.

The registration is complicated by the possibility of fiducials being obscured in the x-ray, either by other 
overlapping devices or by the TEE probe itself. While a minimum of three fiducials is needed to register the 
3-D model, more than three will improve the registration accuracy, particularly in the rotation and out-of-
plane position (Lang et al. 2012). Additionally, there is the possibility of other objects being incorrectly identi-
fied as a fiducial in the x-ray image, which will cause large registration errors. The reported mean alignment 
error of this system is approximately 1.2 mm in vivo, with tracking failures occurring in less than 1% of images.

Compared to sensor-based systems, the changes in clinical setup required by this approach are mini-
mal, the main addition being the fiducial attachment on the ultrasound probe. The close-fitting sheath with 
embedded beads was designed as a prototype for a system with beads incorporated into the probe housing. 
Such a system would operate similarly to the one described herein and would avoid any safety concerns over 
attachments to the probe inside the esophagus. Furthermore, the registration algorithm requires only mini-
mal variations from the standard interventional protocol, making it a good candidate for clinical integration.

7.3.4 � Intensity-based TEE tracking

For each of the systems described so far, the conclusion has been that clinical integration requires as few changes 
as possible to the imaging hardware, particularly to the ultrasound probe inside the esophagus. This reasoning has 
led to the final tracking approach, which uses an unmodified TEE probe. This relies on the internal structure of 
the probe having enough distinct features that its pose can be determined from its projection in the x-ray image.

Similar to the fiducial-based approach, intensity-based tracking requires a 3-D model of the tracked 
object. This is acquired as a high-resolution nano-CT scan of the TEE probe head (resolution 0.2 mm voxels) 
shown in Figure 7.10. CT is particularly appropriate in this case because the intensities in the 3-D model are 

(a) (b)

Figure 7.10  3-D model of the TEE probe acquired by nano-CT. The figure shows (a) a volume rendering of the 
model and (b) a slice through the model. The internal structure and electronics are clearly visible in the model.
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closely related to the projected intensities of the x-ray image. As with the fiducial-based approach, the model 
can be registered to either biplane or monoplane images, but monoplane is preferred due to its greater clinical 
availability.

The registration involves the following steps (Gao et al. 2012):

	 1.	 Initialize the 3-D model to a location in 3-D x-ray space.
	 2.	 Iteratively adjust the model’s pose to match its projected image by
	 a.	 Generating a simulated projection through the 3-D model.
	 b.	 Calculating the similarity of the simulated projection and actual projection.

Step 2 is therefore an iterative optimization process aiming to maximize the similarity of a simulated pro-
jection with the real projection. The simulated projection is called a digitally reconstructed radiograph (DRR) 
and is generated by casting rays through the 3-D CT probe model (Penney et al. 1998) according to the known 
projection parameters of the x-ray system. The CT image values represent the attenuation coefficient at each 
point in the tissue. Integrating the values along the rays is a close approximation to the x-ray image formation 
process and the resulting DRR is similar in appearance to an x-ray image. A significant difference between the 
x-ray and DRR image generation is the presence of other structures in the x-ray that do not appear in the 3-D 
CT probe image. These include some variations due to soft tissue, but also other interventional devices that 
may overlap with the probe projection. The most appropriate similarity measures are those that are robust 
to both slowly varying soft tissue differences and small-scale differences caused by narrow interventional 
devices (Penney et al. 1998).

The generation of DRRs is a computationally expensive process. In an iterative optimization, many DRRs 
will need to be generated as different poses of the probe model are examined. The registration process would 
take several minutes on an ordinary central processing unit, which is inadequate for tracking real-time 
probe movements. A solution is to implement the algorithm in a graphical processing unit, which allows 
certain computations to be speeded up significantly. In this way, the generation of a DRR is reduced to less 
than 10 ms (Gao et al. 2012), and in current systems, the complete registration takes approximately 0.5–1 s 
(Housden et al. 2012).

The initialization (Step 1 of the registration algorithm above) is the main obstacle to clinical convenience. 
The algorithm (Gao et al. 2012) currently requires an approximate manual initialization of the probe pose, 
within 10 mm and 10° of its correct pose. In a real-time sequence of images, subsequent registrations are ini-
tialized automatically by the most recent registration result, on the assumption that changes in probe position 
will be small from one image to the next. More recent developments in this area have extended the initializa-
tion range to 40 mm and 40° by registering at multiple resolution levels, so that the probe position is initially 
estimated only approximately and then refined (Kaiser et al. 2013).

While manual initialization in this range is certainly possible in clinical practice, this is not ideal and 
has led to the development of an alternative, fully automated algorithm (Mountney et al. 2012; Heimann 
et al. 2013). The key feature of this algorithm is to determine the registration in several steps rather than 
as a global optimization of the six degrees of freedom of the pose. This process is illustrated in Figure 7.11. 
First, the two in-plane position parameters are detected, followed by the in-plane rotation, then the out-
of-plane position, and finally the two out-of-plane rotation parameters. All but the last of these steps is 
determined using a discriminative learning approach, with the classifiers becoming gradually more dis-
criminative at each step as the pose parameters become known. The out-of-plane rotations have a more 
complex effect on the projection and are instead determined by matching the projection image to a col-
lection of template images for different out-of-plane rotations. The registration takes 0.5 s, a similar time 
to the DRR approach.

The average accuracy of echo image to x-ray alignment using the DRR approach is 2.9 mm for in vivo 
images (Housden et al. 2012). The fully automated approach is a more recent development and it remains 
to be seen how it will perform clinically. In either case, by needing no modification of the TEE probe, these 
methods are the easiest to integrate into a clinical procedure.
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7.3.5 �C linical integration

In addition to the probe modification and hardware requirements mentioned previously, each of the methods 
has certain requirements in order to integrate them into a clinical intervention. Since the objective is to pro-
vide an additional visualization with minimal change to the existing clinical protocol, the requirements are 
mainly in data flow rather than hardware. Common to all methods is the need for a personal computer (PC) 
separate to the x-ray and echo systems on which to receive data from both modalities, perform the registra-
tion, and generate the hybrid visualization. Each modality is therefore required to stream live images to the 
PC. The echo modality may be imaging in 3-D, which will require a high data rate. One solution is to stream 
the line data of the echo image, which is sampled less densely than the final voxel array, and then reconstruct 
the echo volume on the PC. However, the reconstruction requires knowledge of the echo system that will 
likely only be available to the manufacturer.

Apart from the image data itself, the data streams need to contain geometrical information on the imag-
ing modalities. Specific requirements are the current angle of the x-ray C-arm, the x-ray projection geometry, 
the position of the x-ray table if it moves during the procedure, and the current size and steering settings of 
the echo volume for calibration (Section 7.3.1). Accessing the images and geometric information may require 
modification of the standard imaging hardware.

In terms of suitability of the various registration techniques for clinical integration, they have been pre-
sented in Sections 7.3.2 through 7.3.4 in order of decreasing modification of the hardware, which is likely 
to simplify clinical integration and acceptance. This is particularly important when considering modifi-
cations to the TEE probe, because safety, as well as convenience, is a concern. For these reasons, the only 
commercial system currently available for hybrid x-ray-echo imaging (EchoNavigator, Philips Healthcare) 
uses the intensity-based DRR approach with an unmodified TEE probe. However, while the intensity-based 
approaches have the benefit of the simplest clinical integration, it should be noted that there is a different 
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Figure 7.11  Fully automatic detection of TEE probe position and orientation in x-ray. (With kind permission 
from Springer Science+Business Media: Medical Image Computing and Computer-Assisted Intervention–
MICCAI, Ultrasound and fluoroscopic images fusion by autonomous ultrasound probe detection, 7511, 2012, 
544–551, Mountney P, Ionasec R, Kaizer M et al., Figure 1, Image copyright © Springer.)
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trend in achievable accuracy: while the intensity-based accuracy is acceptable, the other methods do better, 
with the best accuracy obtained using fiducial registration (Lang et al. 2010). For this reason, future develop-
ments may produce clinical systems from the other registration approaches. The fiducial method in particu-
lar is a good candidate, providing superior accuracy and requiring almost as little hardware modification as 
the intensity-based methods.

7.4 � ACCURACY AND SOURCES OF ERROR

Ultimately, a hybrid x-ray-echo system aims to provide a visualization in which cardiac structures are per-
fectly aligned in the two modalities and the visualization is up to date with the moving heart. Potential 
sources of error in this alignment include registration inaccuracy, low imaging frame rates, and temporal 
synchronization errors between the two modalities.

Temporal errors arise from low frame rate imaging used to image the continuous movement of the heart. 
This can mean that the information displayed at any moment is slightly out of date. Fortunately, x-ray and 
echo are both real-time modalities able to run at a sufficiently high frame rate for cardiac imaging. As such, 
guidance errors of this type are minimal and are no worse than those encountered in established x-ray-only 
or echo-only guidance. Synchronization of the two modalities is potentially a greater problem unique to 
hybrid imaging in which the two image streams experience different lags. One example of measuring the rela-
tive lag has found it to be not more than 100–200 ms, or 10–20% of the cardiac period (Housden et al. 2012).

Regarding spatial alignment of the two modalities, the required accuracy depends to some extent on the 
application (Linte et al. 2012), although alignment within 5 mm is usually taken as an acceptable target for 
a useful interventional guidance system. Each of the systems described in this chapter meets this target, in 
some cases even when measuring the overall system accuracy in a clinical setting. This is promising for the 
eventual use of these systems in routine clinical practice.

7.5 � APPLICATION EXAMPLES

Hybrid x-ray-echo imaging is potentially useful in any intervention where a device or catheter must be 
directed to specific locations on the anatomy. The anatomy is not easily seen in x-ray, making the navigation 
difficult using x-ray alone. Echo is capable of imaging the anatomy and therefore enhances the navigation 
of devices through complex vasculature. It is also a live modality and so is suited to applications requiring 
navigation to moving targets, particularly in the heart.

A commonly cited application of hybrid imaging is to guide aortic valve replacement, in which a prosthetic 
aortic valve is implanted in place of the original valve. This procedure is necessary in patients suffering from 
severe aortic stenosis, due to calcification of the valve. In patients where standard surgery has a high risk, a 
minimally invasive alternative is transcatheter aortic valve implantation (TAVI) (Thomas 2009; Walther et al. 
2009; Wendler et al. 2010). The procedure is to deliver the prosthetic valve via a catheter, either along the aorta 
or through an incision in the apex of the heart. The main risk in this procedure is in positioning the new valve; 
if placed incorrectly, it could leak or block the coronary arteries. The aortic root anatomy is difficult to see 
in x-ray (Figure 7.12a), making it very difficult to correctly align the valve to the anatomy using x-ray alone. 
Usually, TEE imaging is also available and is directed at the aortic root and existing valve for additional guid-
ance. It is therefore a small step to introduce hybrid x-ray-echo imaging using one of the previous techniques 
(Gao et al. 2012; Housden et al. 2012; Lang et al. 2011, 2012). The benefit of the hybrid view is the visualization 
of the device and anatomy in echo, but guided by the x-ray image, which provides both a standard coordinate 
system in which to interpret the echo and a clearer image of the prosthetic valve (Figure 7.12).

Similar benefits have also been suggested in electrophysiology procedures involving the left atrium (Gao 
et al. 2012; Housden et al. 2012). Electrophysiology procedures aim to measure and correct abnormalities in 
the electrical activity of the heart. When the procedure involves catheters in the left atrium, the catheters must 
first enter the right atrium via the vena cava and then pass through the interatrial septum, via a trans-septal 
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puncture, to access the left atrium. Figure 7.2 is an example of the hybrid visualization imaging devices across 
the septum. The trans-septal puncture is usually guided by TEE to reduce the risk of puncturing the wrong 
part of the heart (Earley 2009). Accurate registration of x-ray and echo images is therefore expected to assist 
in this step by enhancing the echo with x-ray containing a clear image of the puncture needle.

In addition to imaging structural information, echo is useful for measuring cardiac function. A proposed 
use for hybrid x-ray-echo is therefore to observe the effect of a procedure to improve cardiac function. A 
specific example is pacing wire placement in pacemaker implantation (Ma et al. 2010). The location of the 
pacing wires affects the cardiac output. Cardiac output is measured using real-time 3-D echo, which provides 
live feedback on the effect of pacing wire location, and this allows the pacing wire placement to be optimized 
during the procedure.

These three examples highlight some potential application areas of hybrid x-ray-echo, but the primary area 
of interest is in repair of structural heart disease, of which aortic valve replacement is an example. Although 
current research has concentrated on aortic valve replacement, the hybrid guidance system is potentially use-
ful in many structural heart disease procedures where a device must be guided to a specific part of the anat-
omy. It is likely that future trials will begin to look at using hybrid x-ray-echo in a range of these applications.
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8.1 � INTRODUCTION

The use of ultrasound (US) for medical diagnostics has become a diverse tool for clinicians since its initial 
introduction in the early twentieth century. While Karl Dussik first applied ultrasonography for medical 
diagnoses in the 1940s (Dussik 1942), it was a decade later before Edler and Hertz performed the first suc-
cessful echocardiogram (Edler and Hertz 2004), followed by the clinical introduction of Doppler US as a 
means of assessing blood flow by the mid-1960s (Franklin, Schlegel, and Rushmer 1961). Today, US imag-
ing is a widely utilized clinical imaging modality, used to assess cardiovascular anatomical features and 
hemodynamic function, using both noninvasive and minimally invasive US transducer probes. Common 
noninvasive applications include imaging of the intima-media thickness of carotid arteries and their Doppler 
flow characteristics, as well as transthoracic echocardiography for assessment of the heart. Invasive imaging 
procedures include transesophageal echocardiography, for improved imaging of the heart and Doppler flow 
through its different chambers, and intravascular US (IVUS), during which a US catheter is navigated into 
coronary arteries to image atherosclerotic plaques and guide percutaneous interventions. While US imaging 
has proven to be a powerful diagnostic modality in the field of cardiovascular medicine, with the excep-
tion of Doppler assessment of hemodynamic function, conventional US imaging techniques are ill-suited 
for molecular or functional imaging, due in large part to its inherently low contrast between soft-tissue con-
stituents. To that end, recent biomedical research has seen a dramatic expansion in the field of combined 
US and photoacoustic (PA) imaging, two modalities that utilize shared hardware to provide complimentary 
information about target tissues.

PA imaging, also referred to as optoacoustic imaging or, more generally, thermoacoustic imaging, relies 
on the detection of pressure waves generated as a result of rapid thermal expansion following absorption of 
optical pulses, an effect analogous to thunder and lightning. Although the PA effect was initially reported 
by Alexander Graham Bell in 1880 (Bell 1880), widespread research into its applications did not commence 
until after the development of pulsed optical sources, particularly the extensive development of laser-based 
technologies, in the 1960s and 1970s. Even then, early PA applications predominantly focused on spectral 
characterization of gases or thin film solids and liquids (Kinney and Staley 1982; Rosencwaig 1978). However, 
it was more than a decade later before the PA effect was first applied for soft-tissue imaging (Bowen 1981) and 
began to be introduced as a biomedical imaging modality (Kruger et al. 1995; Oraevsky et al. 1994). Since that 
time, basic and preclinical research within the field of PA imaging has rapidly expanded, now encompassing 
numerous techniques and applications of relevance to cardiovascular medicine.

PA imaging offers several unique characteristics that make it an attractive modality and have prompted 
the recent efforts for its development as both a clinical and preclinical modality. First, PA imaging is capable 
of enabling signal detection with optical-based contrast at comparable resolution and depth to that which 
is achieved using US imaging. Most optical imaging techniques are extremely sensitive to optical scatter-
ing of photons, and as a result, the achievable imaging depths within highly scattering biological tissues 
are typically less than 1 mm. However, PA imaging requires only one-way travel of light and is dependent 
only on optical absorption for signal generation. Therefore, while optical scattering impacts the penetration 
and distribution of light in tissues, PA imaging is less sensitive to scattering than other optical techniques, 
thus enabling imaging depths up to several centimeters. Additionally, due to the dependence of PA signal 
generation on optical absorption, the modality is capable of providing endogenous tissue characterization 
through the careful selection of one or more optical wavelengths to differentiate chromophores of interest. 
Spectroscopic PA (sPA) imaging is often utilized as a method to differentiate oxy- and deoxy-hemoglobin 
or lipid-rich tissue based on their unique optical absorbance characteristics. Functional imaging is also fea-
sible by determining oxygen saturation based on relative ratios of oxygenated and deoxygenated hemoglobin, 
again utilizing differences in the optical absorbance of the two states of hemoglobin. Finally, PA imaging is 
an attractive tool for expanded cellular and molecular-specific imaging, which can be achieved using tar-
geted exogenous contrast agents, including a wide range of plasmonic metal nanoparticles, dyes, and carbon 
nanotubes, each with unique optical properties. Each of these techniques and applications will be discussed 
in more detail throughout this chapter.
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Due to the fact that the PA effect relies on the generation of pressure waves, the resulting signal detection 
can be achieved using conventional US transducers. Therefore, while the information gained from US and 
PA imaging modalities is fundamentally different—US signals arising from backscatter generated by adja-
cent tissues with acoustic impedance mismatches and PA signals arising from optical absorption—PA and 
US imaging can be performed using shared hardware. To that end, combined US and PA imaging has found 
particular merit as a hybrid imaging modality for cardiovascular applications, with PA imaging enabling 
optical absorption-based imaging of tissue compositional and functional properties to compliment US-based 
anatomical assessment of tissue.

This chapter provides an overview of fundamental principles and available hardware for PA imaging. 
Different combined US and PA imaging techniques and applications that have been implemented for cardio-
vascular imaging will then be introduced. Finally, remaining challenges that must be addressed before US 
and PA imaging will be translated into the clinic as a hybrid technique are discussed.

8.2 � PRINCIPLES OF PA IMAGING

At a high level, PA imaging is achieved through the delivery of temporally modulated light to induce mea-
sureable pressure waves within the targeted tissue. PA imaging therefore utilizes an optical source and a 
transducing receiver. The interplay between optical excitation and US detection permits a wide range of PA 
imaging characteristics in terms of the obtained informational content (e.g., tissue composition, temperature 
maps) and achievable spatial and temporal resolution. This section provides an overview of PA signal genera-
tion and the attainable resolution of PA imaging.

8.2.1 � PA pressure generation

PA imaging relies on absorption of optical energy, subsequent thermal expansion of the absorber, and the 
generation of a resultant pressure wave, which can be detected and localized using acoustic imaging tech-
niques. The application of modulated electromagnetic radiation, such as pulsed laser illumination, can lead 
to the generation of acoustic waves via several distinct processes, including dielectric breakdown, vaporiza-
tion, thermal expansion, electrostriction, and radiation pressure (Sigrist 1986; Tam 1986). The vast majority 
of biomedical applications of PA imaging utilize the mechanism of thermal expansion, a process by which 
optical absorption from a pulsed laser source induces a mechanical expansion and relaxation of the absorbing 
chromophore (Beard 2011; Bowen 1981).

In order to achieve highly efficient PA signal generation, both the thermal and stress confinement condi-
tions should be satisfied.
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Thermal and stress confinement conditions are defined by Equations 8.1 and 8.2, respectively, where τ0 is 
the optical pulse duration, τth is the thermal diffusion time, τs is the stress relaxation time, dc is a character-
istic dimension of the excited region (determined by the size of an absorber or the penetration depth of light 
within an absorber), αth is the thermal diffusivity, and vs is the speed of sound (Gusev and Karabutov 1993). 
In effect, under thermal confinement, the laser pulse duration should be significantly shorter than the ther-
mal diffusion time, thus meaning that thermal dissipation from the absorbing region is negligible during the 
excitation pulse and PA transient generation process. Similarly, under stress confinement, propagation of the 
acoustic wave, which is generated as a result of the mechanical expansion and relaxation, can be considered 
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to be negligible over the duration of the optical pulse. While αth and vs are tissue-dependent and temperature-
dependent parameters, typical values for soft tissues are on the order of approximately 1.3 × 10−3 cm2/s and 
1.5 mm/s, respectively (Walsh 2011). As an example, to resolve an absorber with a characteristic dimension of 
100 μm, τth and τs would be approximately 19 ms and 67 ns, respectively, meaning that efficient PA signal genera-
tion is achieved if the pulse duration is less than 67 ns. In practice, the confinement conditions are satisfied for 
absorbers on this size scale through the use of nanosecond pulsed laser sources (<10 ns/pulse) for PA imaging of 
endogenous biological tissues. Examples and descriptions of such sources are provided in Section 8.3.

Under thermal confinement, τth, the PA pressure, p, generated within a nonviscous and acoustically 
homogenous medium is described by Equation 8.3 (Diebold and Sun 1994, Li and Wang 2009):
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where the heating function, H(r,t), represents a spatial position, r, and time, t, dependent conversion of the 
applied electromagnetic radiation to thermal energy; β represents the isobaric volume expansion coeffi-
cient; and Cp represents the isobaric specific heat capacity. Considering a pulsed optical illumination heating 
source, the heating function, H(r,t), can be expressed in terms of the local optical absorption coefficient of the 
medium, μa, and the local laser fluence, Φ, by

	 H r t r r ta( , ) ( ) ( , )= µ Φ 	 (8.4)

Further assuming that the optical source satisfies the stress confinement condition, τs, the temporal com-
ponent of the heating function can be approximated as a delta function, δ, effectively isolating the spatial 
dependency of the heating profile by

	 H r t H r t( , ) ( ) ( )= δ 	 (8.5)

Therefore, given sufficiently short laser pulses and a large enough spot size to achieve both thermal and 
stress confinement conditions, the peak PA pressure, po, is generated as defined by Equation 8.6,
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It can be seen that the generated pressure is defined by only the local optical fluence, Φ, the local optical 
absorption coefficient, μa, and the Grüneisen parameter, Γ, which is itself comprised of the isobaric volume 
expansion coefficient, the speed of sound, and the isobaric specific heat capacity (Grüneisen 1912).

In the case of imaging biological tissues with nanosecond pulsed lasers, Equation 8.6 is widely utilized 
as the fundamental, albeit simplified, PA equation, whereby the generated PA signal magnitude is dependent 
on only three local parameters: light delivery, optical absorption, and efficiency of converting the absorbed 
energy into a pressure wave. More comprehensive derivations of PA pressure generation are beyond the scope 
of this chapter but can be found elsewhere (Diebold and Sun 1994; Diebold 2009). The light delivery can be 
controlled, in part, by adjusting the delivered light energy. Typically, PA differentiation of specific absorbers 
of interest is achieved through the careful selection of imaging wavelength(s), which correspond to optical 
absorption peaks of the desired imaging target while reducing background signal and light attenuation. Such 
optical wavelength selection is highly tissue and target specific, as discussed in Section 8.4.

While PA imaging of endogenous tissues has several key applications within cardiovascular medicine, pre-
clinical research also relies heavily on the utilization of exogenous absorbers for improved molecular imaging 
capabilities and enhanced contrast. PA contrast agents under investigation include dyes, carbon nanotubes, 
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and metallic nanoparticles, each of which is discussed in more detail in Section 8.4.4 of this chapter. In the case 
of utilizing these nanometer-sized agents for PA imaging, however, it is important to note that the previous 
equations describing generated PA pressure must be reconsidered because the thermal and stress confinement 
conditions are often not maintained using optical sources most commonly used for PA imaging. This ultimately 
means that, despite the high absorption, both the thermal confinement and stress confinement conditions may 
not be valid when using a nanosecond pulsed laser for nanoparticle-enhanced PA imaging applications. Under 
these conditions, it has been shown that the applied laser pulse induces heat within the absorbing particle, the 
heat rapidly diffuses throughout the nanoparticle–tissue interface into the surrounding environment where 
the acoustic pressure wave is induced (Chen et al. 2012). This indicates that both the optical properties of the 
contrast agent and the efficiency of the heat transfer into the surrounding environment will significantly affect 
the generated acoustic pressure. To account for the lack of stress and thermal confinement in the case of imaging 
nanoparticle contrast agents, the simplified PA pressure equation can be modified as indicated in Equation 8.7:

	
p Neff0 ∝ η σΓ Φ 	 (8.7)

where η is the heat transfer efficiency from the particle to its surroundings, Γeff is an effective Grüneisen 
parameter of the nanoparticle-environment mixture, σ is the absorption cross-section of the nanoparticle, 
and N represents the number of nanoparticles per unit volume (Chen et al. 2013).

Additionally, whereas variations in optical absorption spectra of either endogenous absorbers or exog-
enous contrast agents provide the most common means of PA imaging tissue characterization, it is important 
to note that the Grüneisen parameter offers a separate means for PA imaging and sensing. Because the terms 
comprising the Grüneisen parameter are tissue and temperature specific, PA imaging performed at a single 
optical wavelength, and at a constant optical fluence, can also be utilized both to differentiate tissue types and 
to monitor temperature change, thus providing a potential means of therapy guidance.

8.2.2 � Imaging depth and spatial and temporal resolution 
of PA imaging

Presently, the temporal resolution or frame rates of PA imaging systems are generally limited by the pulse 
repetition frequencies of their optical sources, which are highly dependent on the characteristics of the laser 
and can range from tens of Hertz (Hz) for tunable laser systems to several kilo-Hertz (kHz) for fixed wave-
length lasers. In US imaging, on the other hand, US pulsers are capable of acoustic pulse repetition frequen-
cies of several kHz enabling imaging in real-time.

The majority of PA imaging applications within cardiovascular medicine utilize the delivery of optical 
excitation pulses with subsequent detection using focused US beam. This approach results in an achievable 
spatial resolution that is comparable to that of conventional US imaging. Due to strong light scattering in soft 
tissues, the optical spot size of the laser beam in deep tissues is larger than the acoustic beam profile, thus 
making the spatial resolution primarily determined by the beam profile of the US transducer used to receive 
the PA pressure waves. When using a nanosecond pulsed excitation source, broadband acoustic transients 
with frequency content up to several tens of mega-Hertz (MHz) can be induced, depending on the physical 
dimensions of the absorbing source. Therefore, the spatial resolution is primarily dependent on frequency-
dependent acoustic attenuation (Beard 2011). In addition, specific values for spatial resolution vary depend-
ing on transducer characteristics, including whether it is a single element or array transducer, the frequency 
bandwidth, focusing and the numerical aperture. However, transducers utilized for US imaging of biological 
tissues typically provide resolution, both axial and lateral, on the order of tens to hundreds of micrometers.

One major exception in the determining factor of PA spatial resolution is optical resolution PA micros-
copy (OR-PAM). With this technique, the optical beam profile is tightly focused into a small PA excitation 
region, resulting in an improved achievable resolution. OR-PAM is restricted to shallow penetration depths, 
less than approximately 1 mm, in which the focused photons remain within the ballistic regime prior to 
the high optical scattering of biological tissues. Within these conditions, the lateral resolution is limited by 
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acoustic diffraction and can be as little as a few micrometers, while axial resolution remains limited by acous-
tic properties of the system (Beard 2011).

Spatial resolution and imaging depth represent a tradeoff for US and PA imaging applications, whereby 
higher-frequency transducers typically provide high-resolution US images at the cost of reduced imaging 
depth, and vice versa. However, US imaging depths are generally on the order of 1 to 10 cm. As a result, the 
imaging depth achievable for PA imaging is largely dependent on the sensitivity of the signal detection and 
the delivery of sufficient optical energy to deeper tissues to generate a measureable signal. To this end, light 
penetration is a critical parameter for PA imaging depth and can be improved by increasing the optical flu-
ence and imaging at optical wavelengths in which the background provides minimal scattering and absorp-
tion, such as the near-infrared (NIR) tissue optical window. In fact, through careful selection of the excitation 
wavelength, PA imaging of vasculature has been demonstrated at a depth of up to 4 cm in vivo (Kruger et al. 
2010), while ex vivo studies have achieved depths of greater than 5 cm with the help of exogenous contrast for 
signal enhancement (Ku and Wang 2005). Table 8.1 summarizes the tradeoffs between different US and PA 
imaging techniques, including transducer frequency, axial and lateral resolution, and imaging depth.

8.3 � PA IMAGING INSTRUMENTATION AND SYSTEMS

Given the similarities in the generated signals between PA and US imaging, much of the instrumentation 
required for combined US/PA imaging can be shared by the two modalities. In terms of hardware, the funda-
mental difference between the two modalities is the need for a modulated optical source to generate PA pressure. 
Beyond that, all components associated with receiving and processing pressure waves can potentially be shared 
between both US and PA imaging, including transducers, preamplifiers, analog-to-digital converters (ADC), 
and signal processing software. This ability to share instrumentation results in relatively low overall costs for 
the hybrid imaging systems as well as straightforward means for obtaining coregistered US/PA images.

Applications for US/PA imaging within cardiovascular medicine have utilized several different types of 
systems, ranging from preclinical imaging systems capable of noninvasive full-body imaging to a more clini-
cally translatable, catheter-based system for imaging arterial tissue. Regardless of the embodiment, each of 
the systems requires an optical source capable of generating PA signals within the tissue to be imaged and a 
transducer to receive the incoming signals. During PA imaging, the transducer can simply passively receive 
incoming signals; then, for US imaging, the same transducer can be used for pulse-echo signal detection. 
Once received, the US and PA signals are digitized, appropriately filtered, and processed for image recon-
struction. The remainder of this section highlights requirements of PA instrumentation for systems of par-
ticular relevance to cardiovascular imaging.

8.3.1 �O ptical excitation

Currently, a variety of optical sources suitable for PA imaging is available. Potential sources include differ-
ent types of pulsed lasers and other laser-based systems as well as nonlaser, broadband light sources such as 

Table 8.1  Common US and PA imaging parameters

Parameter

Transducer 

frequency (MHz)

Axial

resolution (μm)

Lateral resolution 

(μm)

Imaging depth 

(mm)

Ultrasound 5 150 300 70

20 75 165 30

Macroscopic PA 5 150 300 40

Microscopic PA 50 15 50 3

Optical Resolution PA 75 15 5 0.7

Source:	 Reprinted from Trends Biotechnol, 29, Mallidi, S., Luke, G.P., Emelianov, S., Photoacoustic imaging in cancer detec-
tion, diagnosis, and treatment guidance, 213–221, Copyright 2011, with permission from Elsevier.
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light-emitting diodes and flash lamps. Depending on system- and application-specific parameters, require-
ments for optical delivery are often more stringent and limit the potential sources that can be used for PA 
imaging. Critical parameters that affect the efficacy and imaging frame rate for a specific PA imaging applica-
tion and system include the pulse duration, the maximum pulse energy, the achievable wavelength or spectral 
range of optical output, and the pulse repetition frequency (PRF).

The appropriate choice of pulse duration for a PA light source is affected by limitations to the maximum 
fluence, which is itself wavelength dependent, that can safely be delivered as well as thermal and stress con-
finement requirements discussed in the previous Section 8.2 (American National Standards Institute [ANSI] 
2007). Ideally, the pulse duration should be chosen as short as possible to ensure that both thermal and 
stress confinements are maintained during PA signal generation. However, excessive shortening of optical 
pulse duration would require a corresponding increase in light intensity in order to deliver the same energy, 
which could potentially cause damage to either the light delivery system or the tissue (Noack and Vogel 
1999). Typically, 3–7-ns pulse durations are used for PA imaging. In the case of imaging endogenous tissue 
absorbers, both thermal and stress confinements are maintained. Note, however, that both stress and ther-
mal confinements are not satisfied if nanoparticle-based contrast agents are used, but PA imaging with the 
same optical sources is still feasible as long as the modified equation describing the generated PA pressure is 
considered (Equation 8.4).

For applications other than OR-PAM, the light source utilized for PA signal generation should provide 
pulsed light with necessary energy per pulse to generate detectable PA transients throughout the field of 
view of the receiving transducer. Exact values necessary to satisfy this condition vary greatly depending on 
the imaging system and application but generally fall on the order of tens of millijoules (mJ) or less. It is also 
important to consider the effect that the anticipated imaging environment may have on the propagation of 
light. For example, when imaging from within or through major blood vessels or the heart, the presence of 
blood as well as other soft tissues will attenuate light due to significant light scattering and absorption, the 
extent of which is highly wavelength dependent (Jacques 2013; Roggan et al. 1999).

The output wavelength, or range of wavelengths, required of the optical source is also dependent on the 
PA signal source(s) of interest. Briefly, a few potential PA imaging targets that have been investigated are 
metallic stents, lipid-rich tissue, and customized contrast agents, each of which is discussed in later sections 
of this chapter. In the case of imaging the stent, the choice of a wavelength to use for PA imaging is relatively 
flexible due to the wide absorption spectrum of metals and their very high light absorption coefficient relative 
to endogenous tissue (Karlsson and Ribbing 1982). If attempting to image lipid, however, the wavelengths 
that are required of the optical source are limited to a few select optical bands, which correspond to regions 
of high absorption of lipid relative to other water-based tissue types. The spectral bands tend to be broad, on 
the order of tens of nanometers or more, meaning that the optical source could be either monochromatic or 
more broadband.

As with the pulse energy and output wavelength, the PRF of the optical source is also highly dependent 
on the other system components and the intended application. From a high level, if real-time PA imaging 
is desired, a PRF of at least 30 would be needed. This is indeed the case for PA imaging systems in which 
mechanical scanning is not required for two-dimensional imaging, provided that the illumination is power-
ful enough to excite PA signals throughout the imaging region. On the other hand, if mechanical scanning 
is required, then this requirement can quickly increase, to the point where lasers with a PRF of several kHz 
may be required to achieve real-time PA imaging. In reality, the majority of PA imaging systems developed 
to date do not yet provide real-time imaging, and the PRF of the optical sources is usually the limiting factor.

One of the most widely used laser sources is a diode-pumped solid state laser utilizing different crystal 
matrices doped by Nd3+ ions and operated in a Q-switched mode, the most common example being the yttrium 
aluminum garnet-doped matrix. Q-switched neodymium-doped yttrium aluminum garnet (Nd:YAG) lasers 
are common PA optical sources (Eleccion 1972). They emit with pulse durations of less than 10 ns at a funda-
mental wavelength of 1064 nm and can easily be frequency doubled, tripled, and quadrupled to obtain 532, 
355, and 266 nm, respectively. To generate these short-duration and high-energy pulses at other wavelengths 
within the visible and NIR spectral ranges, Nd:YAG lasers can be used to pump, for example, optical para-
metrical oscillators (OPOs) (Nikogosyan 1991). Typically, OPOs are capable of generating output wavelengths  
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across a wide spectral range (e.g., 680 nm to > 2000 nm), thus providing versatility for preclinical PA imaging 
systems in which wavelength tunability remains critical for differentiation of target chromophores.

8.3.2 �A coustic detection

While Equations 8.6 and 8.7 describe the PA pressure generated at the location of the source, attenuation of 
the US wave as it propagates through biological tissue toward the receiving transducer should also be consid-
ered. Acoustic attenuation, α, is described by

	 α α= f n [ ]dB/cm 	 (8.8)

where a is a tissue-dependent constant and f is US frequency, expressed in MHz. For biological media, n is 
generally considered to be 1. At a frequency of 1 MHz, the acoustic attenuation ranges within 0.18–3.3 dB/cm for 
various soft tissues but is as high as 20 dB/cm and 40 dB/cm for bone and lung tissue, respectively. While fairly 
low for soft tissues at low frequency, the attenuation also increases with frequency. For each MHz increase 
in frequency, there is approximately 0.5 dB of additional attenuation per centimeter. Therefore, if a high-
frequency transducer is used for US/PA imaging, the effective imaging depth could potentially be limited by 
acoustic attenuation rather than optical delivery. Notably, for a given frequency, attenuation is also approxi-
mately twice as significant for US imaging as it is for PA imaging due to the required two-way travel of the 
acoustic pressure, though US insonification pulses can often achieve sufficiently high-pressure amplitudes to 
allow for strong backscattered US signal at several centimeters of tissue depth. Frequency-dependent attenu-
ation also means that the tissue itself serves as a low-pass filter, reducing the achievable resolution and thus 
providing a tradeoff between imaging depth and spatial resolution.

Given the scope of this chapter, discussion of transducers utilized for PA signal receiving, as well as US 
pulse-echo imaging, is limited to piezoelectric crystals. While other transducer types could be used for PA 
imaging, such as optical pressure sensors, piezoelectric transducers are currently the most commonly used 
transducers in biomedical PA imaging applications (Oraevsky and Karabutov 2000). In contrast to US wave 
generation, a mechanical strain at the surface of a piezoelectric crystal results in the generation of a propor-
tional voltage, thus enabling the transduction of an acoustic pressure to an electrical signal. The transducers 
are designed to exhibit a specific resonant frequency, a function of the speed of sound within the crystal 
and its geometry, and to enable wideband detection so that they are sensitive to a wide range of frequencies 
around the resonant frequency of the transducer. Specific examples of piezoelectric transducer materials are 
lead zirconate titanate (PZT) or lead magnesium niobate (PMN) crystals or polyvinylidene fluoride films. The 
active elements of the transducer are also attached to a backing layer intended to transfer as much energy as 
is possible from the active element. Finally, a matching layer is used on the surface of the active element to 
match the acoustic impedances of the active element and water.

In practice, PA transducers with center frequencies ranging from 1 MHz to as much as 60 MHz have been 
utilized for cardiovascular applications. The PA imaging systems further range from the use of mechanically 
scanned single-element US transducers to array transducers composed of hundreds of piezoelectric elements 
in planar, cylindrical, or spherical orientations, which can be electronically scanned. As such, the selection 
of transducer(s) for PA imaging applications, as is the case with US imaging, is highly application specific. 
More details on the detector geometries used for preclinical and intravascular PA (IVPA) imaging systems 
are provided in Sections 8.3.4 and 8.3.5, respectively.

While piezoelectric transducers originally designed for US imaging applications have been widely utilized 
for PA detection, optimization of PA imaging quality may require more careful design that is specifically 
tailored for particular PA imaging applications. For example, most clinical US array transducers are capable 
of the detection of acoustic signals of only a few megahertz (MHz), whereas broadband PA transients can 
have a frequency content of several tens of MHz. As a result, such US transducers are ill-suited for efficient 
PA signal detection. To address this limitation, several custom transducer designs have been demonstrated 
for PA-imaging specific applications. The most notable example of such a design involves the utilization of 
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optical-based US detection in lieu of a piezoelectric transducer. The design enables the detection of acousti-
cally induced changes in the optical thickness of a Fabry-Perot polymer film interferometer, with an inher-
ently broadband sensitivity compared to clinically available piezoelectric transducers (Zhang, Laufer, and 
Beard 2008). The design also offers a further potential advantage in that the mirrors required for the interfer-
ometer can be selected to be transparent at the desired PA excitation wavelength range, thus mitigating chal-
lenges associated with optical delivery around an opaque US array transducer. Within the preclinical setting, 
the utilization of such a sensor, custom designed for PA imaging, represents a tradeoff between the achievable 
PA image quality and the cost of system development. As PA imaging moves toward the clinic, the selection of 
acoustic receiver(s) for combined US and PA imaging systems will ultimately be driven by the desired applica-
tion and associated requirements for both US and PA imaging resolution and sensitivity.

8.3.3 �S ignal acquisition and image reconstruction

The acquisition and the subsequent image reconstruction of generated PA signals are conceptually analogous 
to that of US imaging. In the most general sense, generated PA pressure waves propagate through tissue to 
the surface of US transducer, which is then used to convert the pressure into an electrical signal, with the 
arrival  time and magnitude of the generated electrical signal corresponding to the location and intensity 
of the PA signal source, respectively. For PA imaging applications within the focus of this chapter, those in 
which the spatial resolution is determined by the characteristics of the receiving US transducer rather than 
by the size of narrowly focused region of optical delivery, the highly scattering nature of biological tissues 
enables the assumption of diffuse optical delivery throughout the imaged region. If necessary, gross varia-
tions in the optical delivery throughout the field of view can also be further accounted for by calibrating the 
PA imaging system and using simulations based on estimated optical properties of the imaged medium, 
such as the Monte Carlo method (Wang, Jacques, and Zheng 1995), and subsequently scaling the intensity of 
received PA signals to account for heterogeneity in the delivered optical fluence.

Following conversion of the acoustic pressure, the electric signal can be amplified before being digitized, 
using an ADC, for signal processing. The sampling rate of the data acquisition card used for digitization must 
be high enough to avoid aliasing of the incoming signals, effectively limiting them to tens or hundreds of 
mega-Hertz depending on the specifications of the US transducer. Once the signal is digitized and processed, 
image reconstruction can be started by using a back-projection technique to localize the origin of the gener-
ated PA signals. Given that light travel time is negligible relative to the time of flight for PA pressure propa-
gation in tissue and assuming that all PA signals propagate spherically from their sources, the amplitude of 
the PA signal measured at each point in time can be considered the sum of all PA signal sources, which are 
generated equidistant from the transducer. Using the speed of sound, approximately 1540 m/s in soft tissue, 
multiplied by the time of flight for PA pressure arrival at the transducer, the origin of PA signals can be local-
ized. This method represents a simple delay and sum beamforming technique, which can be used for image 
reconstruction (Beard 2011). While more sophisticated beamforming techniques have been developed and 
are described elsewhere in the literature (Kuchment and Kunyansky 2011), the delay and sum method pro-
vides an overview of the fundamental approach for localizing PA signal sources when using array transducers 
for signal detection.

Alternatively, if a single element transducer is utilized for PA signal acquisition, as has been the case to 
date for IVPA imaging, then image reconstruction is more straightforward. The time of flight can be used to 
detect the axial distance of a signal source from the transducer. The lateral or azimuthal location of signals 
is determined by hardware and based on the beamwidth of the US transducer—the region within the tissue 
from which it is sensitive to receive PA signals. The single-element US transducer can then be mechanically 
scanned to enable two- or three-dimensional image reconstruction.

For both single-element and array transducers, US and PA images reconstruction is performed using 
fundamental equivalent methods, with one notable variation. PA imaging involves only the one-way travel 
of pressure waves, whereas US imaging must account for the two-way travel of the acoustic waves. Therefore, 
the time of flight must be reduced by a factor of two to accurately measure axial position, after which PA and 
US image coregistration can be achieved.
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The digitized signals are then band-pass filtered according to the central frequency of the transducer and 
then subjected to an envelope detection algorithm, such as the Hilbert transform. Lastly, the signals may also 
need to undergo a scan conversion process to convert from the image into the appropriate orientation. For 
example, if a single-element transducer was rotated, the reconstructed image must also be scan converted 
from polar to Cartesian system of coordinates. Typically, US and PA images are displayed on a logarithmic 
scale; although in some applications for PA imaging in particular, a linear scale may also be used to more 
accurately display image contrast. Image renderings comprised of an underlying US image with an overlay-
ing PA mask are also commonly utilized to display the location of strong PA signals within the context of the 
overall tissue morphology provided by US imaging.

8.3.4 �S mall-animal PA imaging systems

Multiple preclinical PA imaging systems are commercially available for small-animal imaging applications, 
shown in Figure 8.1 (Bayer, Luke, and Emelianov 2012). Among these preclinical systems, two fundamentally 
different approaches for the PA imaging of small animals has been adopted, namely, linear array-based US/PA 
imaging and curved array-based PA tomography. With the first approach (left panel of Figure 8.1), a linear US 
array transducer is coupled with optical fiber bundles, which deliver light approximately focused within the US 
plane and at the focus depth of the US transducer (Visualsonics Vevo LAZR system, Toronto, Canada). This 
approach enables complimentary US/PA imaging where high-frequency linear array transducers can be utilized 
to effectively increase the image resolution for small-animal applications, with reported resolutions of commer-
cially available systems of less than 100 μm. Because the optical and US delivery are coupled, three-dimensional 
imaging can be achieved by translating either the image target or the coupled transducer. However, the ability to 
perform whole-body imaging is limited due to the challenge of maintaining consistent orientation of the coupled 
fiber relative to the surface of the body. As an alternative approach, lower center frequency (e.g., 5 MHz) bowl-
shaped US detector arrays have been coupled with circumferential optical illumination to enable tomographic 
PA imaging, including two commercially available systems (iThera Medical, Munich, Germany, and Endra Life 
Sciences, Ann Arbor, Michigan, USA) shown in the center and right panels of Figure 8.1, respectively. In an 
analogous approach to the method utilized for computed tomography, curved US arrays, covering approximately 
180° surrounding the imaging target, enables tomographic acquisition of a full 360° cross-section. Conventional 
US imaging has not been coupled within the system for this approach; instead, PA imaging is performed at mul-
tiple wavelengths to obtain both the target morphology and PA differentiation of particular absorbers of inter-
est. Using a curved array therefore offers the advantage of a simplified approach for whole-body imaging at the 
expense of image resolution. With each approach, the utilization of tunable OPO lasers enables imaging over a 
broad optical wavelength range within the visible and NIR regions. Tunable wavelength output is particularly 

Figure 8.1  Commercially available preclinical photoacoustic imaging systems. (From Bayer CL et al., Acoustics 
Today, 8, 15–23, 2012. With permission.)
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useful for performing spectroscopic imaging to assess hemoglobin oxygenation as well as to identify exogenous 
contrast agents that are widely utilized for preclinical imaging applications.

8.3.5 � IVUS and IVPA imaging: Catheter and system design

Endoscopic and intravascular US devices are commonly utilized within the clinic to assess the anatomical prop-
erties of the heart and surrounding arteries. Recently, IVPA imaging has been combined with IVUS imaging 
to enable combined IVUS and IVPA (IVUS/IVPA) imaging (Sethuraman et al. 2007). Briefly, combined IVUS/
IVPA imaging offers the possibility for high-resolution characterization of arterial morphology and composition 
and is being investigated as a tool for enhanced diagnosis of atherosclerotic lesion stability. This section will over-
view requirements for the development of an integrated IVUS/IVPA imaging catheter and prototype designs 
that have been proposed to date, as well as provide an example of a complete IVUS/IVPA imaging system.

Fundamentally, an integrated IVUS/IVPA imaging catheter is no different from all combined US/PA imag-
ing systems in that it must couple optical light delivery with US transducer and also digitize and process 
the received data for image reconstruction. Practically, however, there are significant challenges that must 
be addressed, particularly the need to maintain a small profile for the catheter while ensuring that the opti-
cal and US beams overlap and are projected sideways onto the arterial wall from within the lumen. This is 
achieved using a thin optical fiber as a waveguide to transfer optical energy, coupled from an external laser 
source at the proximal end of the integrated IVUS/IVPA catheter, to the distal end of the catheter, where it is 
reflected toward the artery wall. Also located at the distal wall is an IVUS transducer. Commercial IVUS cath-
eter designs utilize either an annular array based transducer operating at a center frequency of approximately 
20 MHz or a single element US transducer, which is mechanically rotated and typically have a center frequen-
cies ranging within 30–60 MHz. While the array-based transducer design could potentially be modified to 
allow for optical delivery, only single element receivers have been reported for IVUS/IVPA imaging to date.

Integrated IVUS/IVPA catheter prototypes utilize multimode optical fibers with core diameters ranging from 
200 to 600 μm (Jansen et al. 2011a; Karpiouk, Wang, and Emelianov 2010a; Wei et al. 2011). The choice of the 
thickness is based on a tradeoff between the energy of light pulses to be delivered and limitations on the sizes 
and flexibility of the catheters. The redirection and alignment of light with the US beam have been realized using 
both micro-optics such as mirrors (Hsieh et al. 2012a; Karpiouk, Wang, and Emelianov 2010b; Wei et al. 2011; 
VanderLaan et al. 2014) or prisms (Yin et al. 2011) and side-fire fibers utilizing total internal reflection (Jansen et 
al. 2011a; Karpiouk, Wang, and Emelianov 2010a), examples of which are shown in Figure 8.2a–c. The mirror-
based optical reflection approach is suitable to redirect light with lower losses and offers greater variability in the 
reflected angle compared to the side-fire fiber approach. However, the small core diameter of the optical fibers 
results in high light intensity, which can damage the mirror. This problem can be partially overcome by increasing 
the distance between the fiber and the mirror and using the same mirror to redirect both the US and light beams 
(Wei et al. 2011), but the rigid part of the catheter becomes elongated using this approach, sacrificing the achiev-
able catheter flexibility and bend radius. Additionally, an all optical IVUS/IVPA catheter approach has also been 
demonstrated using optical fibers to deliver the light for IVPA and to excite a microring resonator to generate 
US pulse and a separate optical fiber to transmit returned IVUS and IVPA signals (Hsieh et al. 2012b). Currently, 
most experimental achievements using integrated IVUS/IVPA catheters have employed side-fire fiber-based light 
delivery systems and single-element transducers. The smallest integrated imaging catheter demonstrated has an 
outer diameter of 1 mm, housed within a drive double-wound drive cable secured to a 5-mm-long rigid fixture 
at the distal tip (Figure 8.2b) (VanderLaan et al. 2014). While further miniaturization of integrated IVUS/IVPA 
catheters is likely to be achieved with future design modifications, to less than 1-mm outer diameter, their flex-
ibility and rotational stability should also be demonstrated before they can be considered for clinical studies.

A schematic diagram of an IVUS/IVPA imaging set-up, used for interrogation of vessel mimicking phan-
toms and freshly excised artery sections, is provided in Figure 8.2d (Wang et al. 2010b). Briefly, the distal end 
of an integrated IVUS/IVPA imaging catheter is inserted into the lumen of the imaging target. A nanosecond 
pulsed laser was focused into a multimode optical fiber at the proximal end of an integrated IVUS/IVPA imag-
ing catheter, which also housed a single-element IVUS transducer. During imaging, each pulse of the laser 
provided a trigger for collecting radiofrequency (RF) signals from a pulser/receiver connected to the IVUS 
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transducer. The RF signals were digitized, resulting in a single IVPA A-line signal. Following a user-defined 
delay, the pulser/receiver was then used to acquire a conventional IVUS A-line. The resulting acquired RF data 
was therefore composed of spatially coregistered and temporally consecutive IVPA and IVUS signals. For 
generation of two-dimensional images of a vessel cross section, the imaging target was rotated using a stepper 
motor. Additionally, for three-dimensional imaging, a second motor was utilized to translate the image target.

A 10-μm carbon fiber was used to approximate an IVUS/IVPA point-source in order to characterize 
the imaging system’s resolution. The axial and lateral resolution was estimated based on the full width half 
maximum of the frequency response and beam profile from the carbon fiber, respectively. The IVUS and 
IVPA imaging axial resolutions were 54 μm and 38 μm, respectively, whereas the measured lateral resolutions 
were 3.2° and 5.5°, respectively. In a separate experiment, demonstrating the complimentary nature of com-
bined IVUS/IVPA imaging, a vessel mimicking polyvinyl alcohol phantom with a highly optically absorbing 
graphite rod was imaged (Sethuraman et al. 2007). Figure 8.3 shows IVUS, IVPA, and combined IVUS/IVPA 
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Figure 8.2  Integrated IVUS/IVPA imaging catheter and system designs. (a) Schematic and (b) photograph of 
the distal end of an integrated catheter utilizing a side-fire fiber illumination design (c) Schematic of an inte-
grated IVUS/IVPA catheter utilizing a ring transducer and mirror to direct ultrasound and optical propagation. 
(d) Schematic diagram of an IVUS/IVPA imaging system. ([b] From VanderLaan D et al., System and integrated 
catheter for real-time intravascular ultrasound and photoacoustic imaging. Ultrasonics Symposium (IUS), 2014 
IEEE International, September 3–6, 2014; [c] from Wei W et al., J Biomed Opt, 16, 106001, 2011. With permission; 
[d] from Wang B et al., IEEE J Select Top Quantum Electron, 16, 588–599, 2010.)

(a) (b) (c)

Figure 8.3  IVUS/IVPA imaging of vessel phantom with optically absorbing inclusion. (a) IVUS image showing 
the structure of the vessel phantom. (b) IVPA imaging revealing the location of the inclusion. (c) Combined 
IVUS/IVPA image. (From Sethuraman S et al., IEEE Trans Ultrason Ferroelectr Freq Control, 54, 978–986, 2007. 
With permission.)
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images to demonstrate how IVPA imaging provides compositional information based on optical absorption 
properties and how it complements the overall morphology demarcated by the corresponding IVUS image. 
This highlights the feasibility and characteristics of combined IVUS/IVPA imaging. Specific applications of 
this technique are described in detail in Section 8.5 of this chapter.

8.4 � PA IMAGING TECHNIQUES

Over the past two decades, PA imaging has been increasingly investigated, using a variety of techniques, as 
a modality capable of augmenting clinical cardiovascular imaging modalities. Taken together, the multitude 
of different techniques are indicative of the flexibility of PA imaging, whereby adjustments in the instrumen-
tation set-up, imaging procedure, and targeted signal sources can all be tailored to specific imaging needs. 
Generalized imaging techniques that have been utilized for PA imaging can be categorized based on the 
physical parameter that is modified in order to induce PA signal changes, for example, adjustment of optical 
wavelength(s) or induced local temperature changes during PA imaging. Alternatively, the technique can be 
categorized by the nature of the PA signal sources being evaluated, specifically, relying on either endogenous 
chromophores or exogenous contrast agents. Each of these techniques is discussed in the following sections.

8.4.1 � sPA imaging

The amplitude of a generated PA signal is proportional to the optical absorption, the local laser fluence, and 
the efficiency of thermo-acoustic transfer within the local environment (the Grüneisen parameter), as evident 
by Equations 8.6 and 8.7. Therefore, provided that the Grüneisen parameter does not vary during PA imaging, 
one major advantage of PA imaging is that it enables the detection of specific chromophores of interest based 
on analysis of PA signal intensity when the optical excitation wavelength is adjusted and the local laser flu-
ence is held constant. Using this approach, wavelength-dependent optical absorption spectral characteristics 
are exploited as an independent variable to enable PA detection of specific absorbers of interest, including 
both endogenous tissues and exogenous contrast agents. Errors associated with the assumption of constant 
local fluence can be reduced by choosing a limited optical wavelength range for PA imaging because differ-
ences in optical scattering are minimized. The technique, termed sPA imaging or multispectral optoacoustic 
tomography (MSOT), is widely utilized for both identifying the location of one or more absorber(s) as well as 
estimating their relative concentrations.

If the goal is to detect the presence of a particular absorber rather than the relative concentration within 
the imaged tissue, it is possible to use a simple sPA approach in which the slope of the PA signal over two or 
more wavelengths is used to differentiate endogenous tissues based on unique optical absorption spectral 
trends relative to other signal sources. Using this approach, the PA signal obtained from each position within 
the image is normalized with respect to wavelength and compared to known optical absorption spectra or 
spectral trends of a potential signal source, such as deoxy- and oxy-hemoglobin, lipid, and exogenous con-
trast agents. In many cases, the region for PA imaging can be selected such that an absorber of interest can 
be expected to have a significantly different spectral curve from other signal sources. Therefore, differentiat-
ing the presence of the absorber can be achieved by assessing the slope(s) of the normalized PA signal ver-
sus wavelength(s). Indeed, this is the case for lipid, which decreases in optical absorption over the range of 
1200–1230 nm, whereas water-based tissues exhibit a nearly constant optical absorption profile, thus allow-
ing for sPA detection of lipid (Graf et al. 2012; Jansen et al. 2013; Wang et al. 2010a). Similarly, a ratiometric 
assessment of PA signal intensity at two different wavelengths has been utilized to assess the presence and 
status of an activatable contrast agent (Razansky et al. 2012).

While these simplified sPA approaches are adequate and even beneficial in terms of the required image 
acquisition and processing times, they are inherently limited in their ability to differentiate numerous absorb-
ers. To this end, more complex spectral unmixing strategies have been deployed for sPA imaging applications, 
including least squares and cross-correlation algorithms. For example, an intraclass correlation algorithm 
has been used to simultaneously differentiate between multiple different absorbers (Mallidi et al. 2009). 
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More computational intensive approaches have been developed that enable each pixel to be treated as a linear 
combination of absorbers, thus allowing detection of the relative contribution of numerous absorbers to the 
generated sPA signal based on minimizing the mean squared error (Kim et al. 2011). A linear least squares 
algorithm has also been used to differentiate nanoparticle contrast agents from endogenous absorbers for 
spectroscopic IVPA (sIVPA) imaging applications (Yeager et al. 2012).

The diversity in the number of sPA algorithms that have been developed is indicative of the complexity 
that multiwavelength imaging adds to PA imaging. Taking into account wavelength dependencies and the 
presence of N distinct absorbers within an imaged tissue, Equation 8.6 must be modified to

	
p a a aN0 1 2

( ) ( ) ( ) ( ) ( )λ λ µ λ µ λ µ λ= + + +( )ΓΦ  	 (8.9)

If an estimate of the relative concentration of each absorber for each pixel is desired, it is also necessary to 
further consider the wavelength-dependent optical absorption of each absorber, µai

, to be the product of the 
concentration, C[i], and the molar absorption cross-section, σai

 (λ). Equation 8.9 must therefore be rewritten 
as (Hsieh et al. 2012a):

	
p C C C N

N0 1 2
1 2

( ) ( ) [ ] ( ) [ ] ( ) [ ] ( )λ λ σ λ σ λ σ λα α α= + + +( )ΓΦ  ..	 (8.10)

If the Grüneisen parameter is assumed constant during image acquisition and the wavelength-dependent, 
local optical fluence can be reliably estimated, Equation 8.9 or 8.10 can be rewritten as a set of linear equa-
tions. Provided that the number of wavelengths utilized for sPA imaging is greater than the number of 
expected absorbers, N, the absorption coefficient or relative concentration vector from the system of equa-
tions can then be solved.

It is also important to note that the wavelengths selected for sPA imaging can have a significant impact 
on the ability to reliably differentiate between absorbers present within the imaged medium. In general, it is 
desirable to image over a short wavelength range to minimize the effects of wavelength-dependent changes 
in the optical fluence, which are difficult to estimate in heterogeneous media. Additionally, the selection 
of wavelength regions where absorbers of interest exhibit unique spectral properties will help improve the 
overall efficacy of an algorithm. An algorithm was recently developed to aid in the optimization of selected 
wavelengths for sPA imaging based on the spectra of absorbers known to be present within the imaged tissue 
(Luke, Nam, and Emelianov 2013).

In summary, sPA imaging offers the ability to use variations in known optical absorption spectra to assess 
the composition of the imaged tissue. Numerous algorithms have been developed for sPA imaging, ranging 
from a crude assessment of the presence of a single absorber to more sophisticated techniques that enable the 
calculation of the relative concentration of an array of absorbers. Regardless of the approach, however, sPA 
provides a means of capitalizing on the compositional specificity that makes PA imaging an attractive modal-
ity to combine with the more limited molecular contrast of US imaging.

8.4.2 � Thermal PA imaging

The intensity of a generated PA signal is proportional to the local laser fluence, optical absorption, and the 
Grüneisen parameter. Additionally, all components of the Grüneisen parameter, the thermal coefficient of 
volume expansion, the speed of sound, and the isobaric specific heat capacity, are temperature sensitive and 
tissue specific. Therefore, whereas sPA imaging techniques assume that the Grüneisen parameter remains 
constant during imaging, the deliberate modification of temperature in the imaged tissue provides an addi-
tional PA imaging technique, termed thermal PA (tPA) imaging. Using the tPA technique, optical fluence and 
wavelength are held constant and the obtained signal intensity is monitored over time as the temperature of 
the target tissue is modified. As a result, the magnitude of the tPA signal at each location within the tissue 
is linearly proportional to the local temperature within water-based tissue, thus allowing for temperature 
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distribution mapping throughout the imaging field. Therefore, tPA has been investigated for applications 
in the noninvasive monitoring of the delivered thermal dosage during targeted hyperthermia or cryogenic 
treatments, including the use of additional laser sources for photothermal heating. For example, tPA imaging 
has been utilized for temperature mapping during continuous wave (CW) laser heating of highly optically 
absorbing contrast agents, as seen in Figure 8.4a and b (Chen et al. 2013). Using such approaches, the colin-
earity of PA signal intensity and temperature has been characterized (Figure 8.4c) and found to enable resolu-
tions of temperature changes as fine as 0.15°C in ex vivo studies (Pramanik and Wang 2009).

Interestingly, it is also possible to differentiate between lipid-based and water-based tissues based on the 
PA signal change with temperature (Wang and Emelianov 2011). It has been demonstrated that the ther-
mal coefficient of volume expansion and the speed of sound (two components of the Grüneisen parameter) 
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Figure 8.4  Thermal photoacoustic imaging. (a) The experimental set up for tPA-monitored photothermal 
experiments with both pulsed laser and CW laser. The pulsed laser is used to generate the PA signals, and 
the CW laser to heat a phantom containing strong optically absorbing contrast agents. (b) Initial photoacous-
tic signals without CW laser heating (left) and subsequent PA images with CW laser illumination at 1-minute 
intervals. (c) PA signal and the actual temperature of ink solution as cold solution was allowed to come to room 
temperature and PA signal versus temperature, which shows almost a linear relationship. ([b] From Chen Y-S 
et al., J Biophotonics, 6, 534–542, 2013. With permission; [c] from Pramanik M et al., J Biomed Opt, 14, 054024, 
2009. With permission.)



168  Combined ultrasound and photoacoustic imaging

exhibit opposite temperature-dependent trends between water and animal fat (Duck 1990; Fidanza, Keys, 
and Anderson 1953). Therefore, as an alternative to temperature mapping, tPA may also be used as a means 
of lipid detection by evaluating the change of PA signal intensity with temperature. As a result, both sPA and 
tPA offer the potential to differentiate lipid from surrounding water-based tissues, an application of signifi-
cance to numerous cardiovascular pathologies where the buildup of lipid plays a critical role in the disease 
severity or progression.

8.4.3 � PA imaging of endogenous tissue

Within biological media, unique optical absorption spectra of many different tissue components enable the 
characterization of the molecular composition using PA imaging. More specifically, sPA imaging is widely 
utilized to differentiate wavelength-dependent optical absorption characteristics of several different endog-
enous tissue chromophores, including oxy- and deoxy-hemoglobin, lipid, and collagen. Figure 8.5 provides 
optical absorption spectra for endogenous chromophores frequently utilized for molecular-specific PA 
imaging. For example, sPA imaging can be implemented to detect the presence of lipid-rich or collagen-rich 
regions within atherosclerotic plaques (Jansen et al. 2011a, 2013; Sethuraman et al. 2007; Wang et al. 2010a, 
2012a, 2012b, 2012c) or to quantify the amount of oxy- and deoxy-hemoglobin and estimate oxygen satura-
tion (sO2) (Kim et al. 2011; Li et al. 2008). Details of specific sPA imaging applications that involve the detec-
tion of endogenous absorbers of particular interest within the field of cardiovascular medicine are introduced 
in Section 8.5 of this chapter.
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absorption spectrum of oxy- and deoxy-hemoglobin, melanin, water, and fat. (b) Near-infrared absorption 
spectra of various cholesterol composition and collagen. ([a] Reprinted from Trends Biotechnol, 29, Mallidi 
S, Luke GP, Emelianov S, Photoacoustic imaging in cancer detection, diagnosis, and treatment guidance, 
213–221, Copyright 2011, with permission from Elsevier; [b] reprinted from J Am Coll Cardiol, 47, Caplan JD, 
Waxman S, Nesto RW, Muller JE, Near-infrared spectroscopy for the detection of vulnerable coronary artery 
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In addition to sPA differentiation of one or more endogenous absorbers, PA Doppler imaging has also 
been demonstrated as a technique capable of quantifying fluid flow rates (Fang, Maslov, and Wang 2007a). 
PA Doppler imaging is analogous to Doppler US techniques with the notable distinction that the detected 
US signal during PA Doppler arises from the strong optical absorption of hemoglobin within red blood 
cells (RBCs) rather than US reflections by RBCs, which are relatively weak. The net result of this difference 
in the signal source is an improved signal-to-noise ratio (SNR), particularly at low flow rates (Beard 2011). 
PA Doppler imaging has been achieved using a variety of techniques, primarily differentiated based on the 
applied optical excitation. Initial experimental results demonstrated the ability to determine PA Doppler 
frequency shifts using CW laser excitation, with a major limitation being that the resulting measurements 
were not depth resolved (Fang, Maslov, and Wang 2007a, 2007b). This limitation was subsequently overcome 
using pulsed excitation and the spectral analysis of tone-burst Doppler PA signals, resulting in velocity reso-
lutions ranging from 1.5 to 200 mm/s in a manner that is inversely proportional to the achievable spatial 
resolution (Sheinfeld, Gilead, and Eyal 2010a, 2010b). Lastly, an alternative approach relies on the measure-
ment of changes in PA signal arrival time following successive PA excitation pulses using a cross-correlation 
algorithm, which enables the use of nanosecond pulsed laser excitation and yields high spatial and velocity 
resolution (Brunker and Beard 2010, 2011, 2013).

8.4.4 � PA imaging of exogenous contrast agents

PA imaging applications are limited by the number of endogenous absorbers within the body. Physiological 
parameters related to blood and a few biomarkers, including lipid and collagen, can be assessed using 
PA imaging based on the contrast that they inherently provide within certain optical wavelength ranges. 
The additional use of exogenous contrast agents with strong and unique optical absorption spectral 
characteristics has greatly expanded the role of PA imaging as a cellular and molecular-specific imaging 
modality. The introduction of exogenous contrast agents can also greatly improve PA image contrast 
if the utilized agent is appropriately selected. It is important that the contrast agents provide PA signal 
within an optical region where background signal from other tissues is minimized, such as the NIR tis-
sue optical window from approximately 700–1100 nm. Special effort is also taken to ensure that the con-
trast agents produce limited toxicity and that their physical properties such as size, shape, and surface 
charge are appropriately tuned to allow the intended delivery. While US contrast agents have also been 
developed for similar applications, their use is limited by their large size or their inability to enable lon-
gitudinal imaging because of the destruction of the contrast. Despite these important variables, a wide 
array of contrast agents have been developed and evaluated in preclinical IVPA imaging applications, 
as outlined in Table 8.2 (Luke, Yeager, and Emelianov 2012). PA contrast agents that have been widely 
investigated to date fall into three main categories; dyes, single-walled carbon nanotubes (SWNTs), and 
noble metal nanoparticles. Each of these categories of PA contrast agents is discussed in this section.

Several different molecular dyes have been utilized as PA imaging contrast agents. Originally devel-
oped as more conventional optical imaging contrast agents, dyes are typically on the order of 1 nm in 
size and are rapidly cleared from circulation through the renal system. Interestingly, the majority of dyes 
were initially intended to be used based on their f luorescent properties, in which applied light is rapidly 
reemitted at a longer optical wavelength, a phenomenon that counteracts the efficiency of PA signal 
generation by reducing the ability of the molecule to convert absorbed light into heat during thermal 
expansion. However, many of the available dyes that absorb light within the NIR window exhibit a low 
quantum yield, meaning that they can be effectively repurposed as PA contrast agents. Examples of dyes 
that have been utilized for PA imaging include indocyanine green (ICG) (Kim et al. 2007) and methy-
lene blue (Song et al. 2008), which are both already clinically approved for limited applications, along 
with IRDye800CW (Stantz et al. 2010), AlexaFluor750 (Bhattacharyya et al. 2008), and MMPSense680 
(Razansky et al. 2012). Dyes can also be modified through the direct conjugation of molecular target-
ing moieties (Bhattacharyya et al. 2008; Stantz et al. 2010) or incorporation into aggregates to form 
larger particles to better control their ability to target specific molecules of interest during PA imaging 
(Altinoglu et al. 2008; Kim et al. 2007).
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Beyond molecular dyes, SWNTs and noble metal nanoparticles have also been utilized as PA contrast 
agents. SWNTs exhibit a high optical absorption over a broad wavelength range, supporting their ability to 
efficiently generate PA signals (de la Zerda et al. 2008). Attachment of targeting agents to the SWNT surface 
has also been demonstrated (de la Zerda et al. 2010). Additionally, the development of hybrid SWNTs which 
incorporate metallic coating (Kim et al. 2009) or the attachment of dyes (de la Zerda et al. 2010) have been 
shown to increase the efficiency of PA signal generation.

Table 8.2  Overview of different exogenous contrast agents utilized for PA imaging

Contrast agent Description Size (nm)

Peak absorption 

wavelength (nm)

Indocyanine green 

PEBBLEs

Fluorescent green dye encapsulated in 

ormosil spheres

100 790

IRDye800CW Fluorescent dye <2 774

AlexaFluor Fluorescent dye <2 350–790

Methylene blue Clinically approved dye <2 677

Gold nanospheres Solid gold spheres 2–60 520–540

Gold nanorods Solid rice-shaped gold particles 10 by 40–60 650–1100

Gold nanoshells Spherical particles with a silica core and 

gold shell

50–500 700–1100

Silver nanoplates Thin triangular silver discs 6–20 by 

100–200

600–1200

Single-walled carbon 

nanotubes

One-atom-thick cylinders of graphene 1 by 50–300 690

Gold-coated 

single-walled carbon 

nanotubes

Single-walled carbon nanotubes coated with 

a thin layer of gold

11 by 100 900

Gold nanocages Silver cubes coated with a porous layer of 

gold

40 800

Nanobeacons Liposomes containing plasmonic 

nanoparticles

100–200 520–1100

Nanostars Spherical iron oxide cores with a spiked gold 

coating

50 800–900

Nanoroses Clusters of gold-coated iron oxide spheres 20–40 700–800

Pearl necklaces Gold nanorods with iron oxide spheres 

attached to their surfaces

90 785

Nanowantons Crescent-shaped cobalt cores coated with a 

layer of gold

30–90 400–800

Iron oxide – gold 

nanoshells

Spherical iron oxide cores with gold shells 30–40 660–900

Magnetic and 

plasmonic liposomes

Liposomes loaded with iron oxide spheres 

and gold nanorods

100–200 800

Photoacoustic 

nanodroplets

Superheated liquid perfluorocarbon 

droplets loaded with plasmonic 

nanoparticles

200 520–1200

Radiolabeled gold 

nanorods

Gold nanorods radiolabeled with [125I] 10 by 40–60 650–1100

Gold nanoclusters 4-nm nanospheres connected with a 

biodegradable polymer

50–100 700–900

Source:	 With kind permission from Springer Science+Business Media: Ann Biomed Eng, Biomedical applications of photo
acoustic imaging with exogenous contrast agents, 40, 2012, 422–437, Luke, G, Yeager, D, Emelianov, S.
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Noble metal nanoparticles represent a widely investigated category of PA contrast agents. Metallic 
nanoparticles are of particular interest to researchers because they exhibit surface plasmon resonance (SPR) 
coupling, a process in which free electrons at the nanoparticle surface oscillate with the applied electromag-
netic field, which enables very high, tunable optical absorption properties based on modifications to the 
nanoparticles size and shape (Grzelczak et al. 2008; Xia et al. 2009). As a result of the SPR effect, an individual 
nanoparticle exhibits very high optical absorption, up to five orders of magnitude greater than that exhibited 
by a dye molecule (Jain et al. 2006), resulting in efficient PA signal generation. Additionally, the size and 
shape of these plasmonic nanoparticles can be easily tailored, resulting in changes to their optical absorption 
spectrum and the ability to use sPA imaging for their detection over background endogenous tissues. For 
example, the location of the peak absorbance generated by rod-shaped gold nanoparticles can be adjusted 
within the NIR optical window by tuning the particles’ aspect ratios (Nikoobakht and El-Sayed 2003). In 
fact, a significant number of gold nanoparticle PA contrast agents have been developed, including spherical 
gold nanoparticles (Mallidi et al. 2009; Wang et al. 2009), gold nanoshells (Liangzhong et al. 2006; Yang et 
al. 2007), gold nanorods (Bayer et al. 2011; Chen et al. 2011; Meng-Lin et al. 2008; Song et al. 2009; Yeager et 
al. 2012), gold nanoplates (Millstone et al. 2009), gold nanocages (Skrabalak et al. 2008), and aggregated gold 
nanoclusters (Yoon et al. 2010). Each of these gold particles has its own unique physical and optical absorp-
tion properties. Silver nanoparticles have also been developed and investigated for PA imaging applications 
(Homan et al. 2010). Similar to the other classes of PA contrast agents, the surface of plasmonic nanoparticles 
can be readily conjugated with targeting moieties for molecular imaging applications (Kumar, Aaron, and 
Sokolov 2008) or otherwise modified to improve their stability (Chen et al. 2010) and PA signal generation 
efficiency (Chen et al. 2011). As a result, plasmonic nanoparticle delivery followed by sPA imaging can be 
employed to greatly expand cellular and molecular imaging capabilities from that achieved based solely on 
endogenous absorbers.

Finally, several hybrid imaging contrast agents have also been developed based on the aforementioned PA 
contrast agents. A limited number of these hybrid particles have sought to provide both US and PA contrast 
within a single particle construct. This includes the loading of conventional US microbubble contrast agents 
with dye molecules to add PA contrast (Kim et al. 2010), as well as the development of PA nanodroplets 
(PAnDs) (Wilson, Homan, and Emelianov 2012). PAnDs are composed of a bovine albumin shell surround-
ing a mixture of liquid perfluorocarbon and plasmonic nanoparticles, which can be optically triggered to 
generate both US and PA contrast. The basis of this multimodal contrast agent has also been expanded, 
whereby the plasmonic nanoparticles are replaced with ICG dye, resulting in a particle that is more readily 
translatable to the clinical environment (Hannah et al. 2014). Together, the wide array of exogenous contrast 
agents available for PA imaging applications offers numerous options for expanding the ability of the modal-
ity to provide compositional assessment of targeted tissues that compliment the morphological information 
obtained from US imaging.

In summary, numerous PA imaging techniques can be utilized to provide complimentary information 
to traditional US imaging based on variations in either the nature of the PA systems, the means of PA signal 
characterization, or the targeted signal sources. The versatility of these PA imaging techniques opens the door 
for many new applications of particular relevance within the field of cardiovascular imaging.

8.5 � APPLICATIONS OF COMBINED US AND PA IMAGING 
IN CARDIOVASCULAR MEDICINE

Over the past decade, combined US and PA imaging has been investigated as a tool for enhancing more con-
ventional, clinically available imaging techniques across a wide array of applications within cardiovascular 
medicine (Beard 2011; Mallidi, Luke, and Emelianov 2011; Mehrmohammadi et al. 2013). The unique ability 
to obtain spatially coregistered morphological and physiological or compositional information at physiologi-
cally relevant imaging depths has motivated continued growth in this hybrid imaging modality. As PA imag-
ing techniques continue to be refined, their utilization for diagnostic and therapy monitoring procedures will 
likely expand to include even more diverse preclinical and, ultimately, clinical applications. The subsequent 



172  Combined ultrasound and photoacoustic imaging

sections overview the predominant categories of combined US and PA imaging applications that are of spe-
cific interest within cardiovascular medicine.

8.5.1 �C haracterization of atherosclerotic plaques

Despite significant advances in preventative measures and interventional procedures over the past few 
decades, cardiovascular disease remains the leading cause of death within industrialized nations, with coro-
nary heart disease accounting for more than 7 million annual deaths. The high mortality rate can be attrib-
uted, in part, to an inability to reliably differentiate and appropriately treat rupture-prone atherosclerotic 
plaques, which can lead to acute coronary events, strokes, and peripheral vascular disease progression. These 
so-called vulnerable plaques are characterized by the presence of a thin fibrous cap (<65 μm) overlaying a 
large, lipid-rich pool and accompanied by an increased number of inflammatory macrophages (Davies and 
Thomas 1985; Falk 1983; Muller et al. 1994).

PA imaging has been increasingly utilized to better characterize atherosclerotic plaques, using a variety of 
the techniques introduced in Section 8.4 to assess the cellular and molecular composition within identified 
lesions (Jansen, van Soest, and van der Steen 2014). Combined IVUS/IVPA imaging was recently introduced 
as a potentially clinically translatable hybrid technique to help improve diagnostic accuracy of vulnerable 
atherosclerotic lesions by providing a means of supplementing the morphological information provided by 
IVUS with additional capability for assessing the composition of atherosclerotic lesions based on unique 
optical absorption properties of specific plaque components or delivered contrast agents (Sethuraman et al. 
2007). Custom fabricated integrated IVUS/IVPA catheters and imaging systems, described in Section 8.3.5, 
enable the acquisition of spatially coregistered and temporally consecutive IVUS and IVPA images, there-
fore allowing for complimentary IVUS/IVPA imaging of arterial cross-sections with shared signal detection 
hardware.

sIVPA imaging has been utilized to identify the distribution of endogenous absorbers within arterial 
plaques such as collagen (Sethuraman et al. 2007; Wang et al. 2012c) and lipid (Jansen et al. 2011b, 2014; Wang 
et al. 2010a, 2012c). Due in large part to its correlation with atherosclerotic lesion instability, lipid has been a 
major focus of IVPA imaging. Optical absorption peaks present at approximately 1210 nm and 1720 nm have 
both been utilized for the localization of lipid within atherosclerotic plaques of excised arteries using com-
bined IVUS/IVPA systems (Figure 8.6), including in the presence of luminal blood (Jansen et al. 2013; Wang 
et al. 2012a, 2012b). It has also been shown that it is possible to image lipid within atherosclerotic lesions using 
IVUS/IVPA imaging at a single optical wavelength of 1720 nm rather than using a spectroscopic analysis 
due to the low background signal from water-based tissues (Wang et al. 2012b). This single wavelength IVPA 
technique was also demonstrated in vivo in an animal model of atherosclerosis; however, a larger sample 
size should be imaged in the future to further evaluate the technique. US/sPA imaging for morphological 
assessment and lipid detection was also expanded to the carotid arteries (Graf et al. 2012). Additionally, US/
PA imaging has been investigated as a tool for detection and staging of deep vein thrombosis based on age-
dependent changes in the hemoglobin optical properties within the thrombus (Karpiouk et al. 2008). While 
further investigation is required, it is conceivable that this application may be expanded to the assessment of 
coronary arteries, using IVUS/IVPA imaging to help identify ruptured plaques.

While endogenous chromophores provide several relevant tissues for PA imaging localization to supple-
ment the US assessment of arterial plaques, the introduction of exogenous contrast significantly increases the 
potential imaging targets. For example, macrophages, an indicator of the local inflammatory status of an ath-
erosclerotic plaque, are scavenger cells which phagocytose foreign bodies, thus allowing the potential for their 
detection using PA following labeling with exogenous nanoparticles, as demonstrated in Figure 8.7a and b 
(Wang et al. 2009). The role of macrophages in disease progression makes them an important and relatively 
simple potential labeling target for contrast agents, provided that they are successfully delivered to the site of 
the atheroma. In an atherosclerotic rabbit model, arteries excised following a systemic injection of polymer-
stabilized spherical (Wang et al. 2009) and rod-shaped (Yeager et al. 2012) plasmonic gold nanoparticles (Figure 
8.7c and d), it has been shown that IVUS/sIVPA is capable of localizing regions of high nanoparticle concen-
tration. Histological analysis subsequently revealed that these PA contrast agents tend to preferentially label 
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atherosclerotic lesions and colocalize with macrophages. In addition to macrophages, several other biomarkers 
that are overexpressed at various stages of atherosclerotic plaque progression have been targeted using PA con-
trast agents and preclinical imaging set-ups. One such example is the use of antibody conjugated nanoparticles 
targeted to vascular cell adhesion molecule-1 and subsequent PA detection in a mouse mode with an induced 
inflammatory response (O’Donnell et al. 2010). Matrix metalloproteinases (MMPs), another marker of plaque 
vulnerability, have also been targeted for PA imaging. Using an organic dye that exhibits a shift in absorption 
properties when cleaved by MMPs, PA imaging was used to localize MMP activity in excised carotid endarter-
ectomy specimens (Figure 8.7e and f) (Razansky et al. 2012). As ongoing research continues to identify novel 
contrast agent designs, realization of the potential PA imaging targets is likely to continue to expand, opening 
the door for even greater ability for US/PA imaging systems to diagnose and characterize atherosclerotic lesion 
cellular and molecular composition. However, a cost–benefit analysis should be considered for each contrast 
agent to establish if it is suitable for preclinical and/or clinical applications.
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Figure 8.6  Lipid detection in an atherosclerotic human coronary artery using sIVPA at 1210 μm and 1720 μm. 
(a) 1205 nm and (b) 1235 nm combined IVPA/IVUS images (IVPA 25 dB, IVUS 40 dB). (c) Lipid map based on 
two-wavelength relative difference between the PA signal at 1205 nm and 1235 nm. (d) 1710 nm and (e) 1680 nm 
combined IVPA/IVUS images (IVPA 25 dB, IVUS 40 dB). (f) Lipid map resulting from the two-wavelength relative 
difference between the PA signal at 1710 nm and 1680 nm. Both lipid maps are shown overlaid on the corre-
sponding IVUS image. (g) Lipid histology stain (Oil Red O); lipids are stained red; calcification is stained black. 
(h) 5× magnification of the part of the atherosclerotic plaque indicated as lipid rich by the lipid stains [area 
outlined in black in (g)] shows larger extracellular lipid droplets, while the lipids in all other parts of the lesion 
are intracellular or contained in small extracellular droplets. (i) 4× magnification of area outlined in black in (h). 
(Reprinted from Photoacoustics, 2, Jansen K, Wu M, van der Steen AF, van Soest G, Photoacoustic imaging of 
human coronary atherosclerosis in two spectral bands, 12–20, Copyright 2013, with permission from Elsevier.)
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8.5.2 �E valuation and monitoring of the myocardium 
and cardiovascular function

Beyond the direct detection and characterization of atherosclerosis, US/PA imaging is also being investigated 
for the assessment of hemodynamic function. For example, a rat infarct model was used to demonstrate the 
ability of PA imaging to detect myocardial ischemia and characterize intramyocardial fractional blood vol-
ume (Li et al. 2011). Similarly, noninvasive sPA imaging of small-animal models was also used to demonstrate 
an approach for characterizing myocardial infarction by localizing a PA contrast agent targeted to selectins 
(Taruttis et al. 2013).

Given the optical absorption spectral differences between oxy- and deoxy-hemoglobin, sPA is commonly 
used to detect the presence of each and to quantify oxygen saturation (sO2). This application for PA imaging 
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Figure 8.7  PA imaging using exogenous contrast agents. (a) Schematic diagram of the tissue mimicking 
phantom. (b) The combined IVUS/IVPA image of the phantom obtained using 680 nm wavelength illumina-
tion, indicating the origin of the photoacoustic responses in IVPA images. (c) Reconstructed three-dimen-
sional integrated IVUS/IVPA renderings of gold nanorod-labeled atherosclerotic plaque. (d) photograph of 
the corresponding artery section revealing gold nanorods (AuNR) distribution at the luminal surface (red). 
(e–f) Localization of MMP activity in three carotid specimens. (e) Imaging results from intact plaques made 
using MSOT, revealing location of a molecular probe (MMPsense 680) activatable by local MMP activity. 
(f)  The  corresponding epi-fluorescent image from dissected plaque (in green) superimposed onto a color 
image of the corresponding cryosection. ([b] Reprinted with permission from Wang B, Yantsen E, Larson T, 
Karpiouk AB, Sethuraman S, Su JL, Sokolov K, Emelianov S, Nano Lett, 9, 2212–2217, Copyright 2009 American 
Chemical Society; [d] from, Yeager D, Karpiouk A, Wang B, Amirian J, Sokolov K, Smalling R, Emelianov S, 
J Biomed Opt, 17, 106016, 2012. With permission; [f] with kind permission from Springer Science+Business 
Media: Mol Imaging Biol, Multi-spectral optoacoustic tomography of matrix metalloproteinase activity in vul-
nerable human carotid plaques, 14, 2012, 277–285, Razansky D, Harlaar NJ, Hillebrands JL, Taruttis A, Herzog 
E, Zeebregts CJ, van Dam GM, Ntziachristos V.)
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has been widely utilized for the characterization of blood in the microvasculature environment. In particu-
lar, PA imaging has been applied for monitoring physiological parameters of tumors, although PA has not 
yet been utilized for more direct applications in cardiovascular medicine. Also, as discussed in Section 8.4.3 
of this chapter, PA Doppler techniques allow for the quantification of low flow rates (Sheinfeld, Gilead, and 
Eyal 2010a, 2010b). While PA Doppler imaging is currently at an early stage in experimental development, 
as the overall approach continues to be refined, the achievable sensitivity at low flow rates may provide new 
interesting clinical applications. One primary challenge facing the translation of the technique to in vivo 
flow measurements is that each of the described implementations treats RBCs as discrete particles, while 
it remains to be demonstrated whether whole blood can be treated as an optically heterogeneous medium 
or if the RBCs are packed so close that the blood appears optically homogenous. However, if this hurdle 
can be overcome, it is possible that the ability to measure RBC flow rates can be combined with the ability 
to detect sO2 using sPA imaging techniques to enable the noninvasive estimation of oxygen delivery and 
consumption within a target tissue region, thereby providing otherwise difficult to measure physiological 
information (Beard 2011).

8.5.3 � Therapy guidance

US/PA imaging has also been demonstrated as a platform that is well suited for delivery of therapeutics, 
both during cardiac surgery and percutaneous coronary interventions. In a natural progression from the 
application for characterizing coronary atherosclerotic plaques, IVUS/IVPA has also been investigated as 
a means of guiding stent placement (Karpiouk et al. 2012; Su, Wang, and Emelianov 2009). The metallic 
stent struts provide very high IVPA signal relative to endogenous tissue, allowing the characterization of 
stent strut apposition, an important parameter in assessing the likelihood of postprocedural events, with 
high contrast relative to IVUS imaging alone. In an additional expansion of IVUS/IVPA imaging, the 
imaging system was modified to capitalize on the temperature sensitivity of PA signal intensity to enable 
monitoring of selective hyperthermia in atherosclerotic lesions in a feasibility study (Yeager et al. 2013). 
A CW laser source was incorporated as a second optical source through the optical fiber of the integrated 
catheter, serving as a means of heating highly absorbing plasmonic gold nanorods located within macro-
phages. Using this approach, the IVUS/IVPA imaging platform can be expanded to a theranostic platform, 
first used for plaque characterization and then for therapy delivery and monitoring. Beyond atheroscle-
rosis, US/PA imaging has also been investigated for the three-dimensional assessment of cardiac ablation 
lesions, using spectroscopic analysis to differentiate hemoglobin-rich and ablated tissue, as demonstrated 
in Figure 8.8 (Dana et al. 2014). While the use of US/PA imaging as a tool for therapy guidance in each 
of these applications is currently in the early stages, it offers the potential to expand the modality beyond 
strictly diagnostic imaging.

8.6 � CLINICAL TRANSLATION OF PA IMAGING: 
THE CHALLENGES AHEAD

While the complementary nature of the morphological and compositional information that can be obtained 
from combined US and PA imaging has motivated a rapid and diverse expansion in related preclinical 
research, PA imaging has not yet been translated into the clinic. Two major advantages of US over other 
clinical modalities have been that it is nonionizing and that it enables real-time imaging. Ideally, the cou-
pling of PA imaging would retain those advantages while providing clinicians with complimentary func-
tional or compositional information about targeted tissues. However, if these advantages are to remain true 
for hybrid US/PA imaging applications, significant hurdles remain with regard to both the need for further 
technical improvements and thorough demonstration of the overall safety of PA imaging. Furthermore, 
in the case of intravascular imaging, or potential future hybrid endoscopic techniques, the invasive nature 
of the required imaging procedure introduces further challenges that must be met prior to its widespread 
clinical acceptance.
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8.6.1 �C hallenges for real-time clinical PA imaging

To date, PA imaging techniques have most commonly utilized commercially available US transducers cou-
pled with illumination from a Q-switched Nd:YAG laser to pump an OPO or dye lasing medium, in order 
to select the desired wavelength (Nikogosyan 1991; Osterberg and Margulis 1986). Such optical sources are 
attractive in preclinical settings because they offer high pulse energies, on the order of tens of millijoules, 
over a broad range of wavelengths, allowing optical tuning for PA detection of a wide range of absorbers of 
interest. The versatility of these laser sources, however, is available at the expense of PRF, which is on the 
order of tens of hertz. Furthermore, dye lasers require manual switching of the dye material when imaging 
beyond a limited optical spectral band and are subject to declining energy during imaging as a result of pho-
tobleaching, thus limiting their clinical utility for diverse US/PA systems. If PA signal acquisition is required 
at multiple wavelengths for spectroscopic imaging or signal averaging is utilized to improve image SNR, real-
time imaging (≥30 frames per second) may not be achieved using a single laser source. Whereas OPO lasers 
may be adequate for some US/PA applications that utilize array transducers to capture full two-dimensional 
images with a single pulse, mechanically scanned intravascular imaging provides an extreme case for optical 
source requirements if real-time imaging is to be maintained. Using an integrated IVUS/IVPA catheter that 
is mechanically rotated and pulled back to enable three-dimensional imaging, an optical source operating 
at several kilohertz and providing approximately 1 mJ/pulse would be required to maintain real-time IVPA 
imaging capabilities. Such sources, however, are becoming commercially available with output wavelengths 
desirable for specific PA imaging applications. Moving forward, as specific applications of US/PA imaging 
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Figure 8.8  PA characterization of cardiac ablation lesions. (a) Single-wavelength photoacoustic image 
(710 nm) overlaying ultrasound image with ablated and nonablated regions of interest. (b) Mean region of 
interest photoacoustic signal plotted vs. wavelength. (c) Tissue characterization map. (d) Reference spectra for 
ablated and non-ablated tissue. (Reprinted from Heart Rhythm, 11, Dana N et al., In vitro photoacoustic visual-
ization of myocardial ablation lesions, 150–157, Copyright 2014, with permission from Elsevier.)



8.6  Clinical translation of PA imaging: The challenges ahead  177

look to be translated into real-time clinical systems, the switch from the slow but highly adjustable OPO 
sources to the faster laser sources with limited spectral ranges may be required.

Additional technical considerations warrant further investigation as US/PA systems look to realize their 
full clinical potential, namely, the utilized PA signal receivers and signal processing algorithms. In the pre-
clinical setting, most US/PA imaging applications have made use of commercially available US transducers 
for the US transmit-receive as well as the PA signal receiving. In general, however, generated PA pressure 
waves possess comparatively broadband spectral and lower amplitude characteristics than are present in 
conventional US imaging. Therefore, the development of more sensitive, broadband PA signal detectors could 
help improve the overall system sensitivity. Also, the improvement of algorithms for spectral unmixing and 
the calculation of local optical fluence will help further improve the overall accuracy and sensitivity of PA 
imaging (Beard 2011). An ultimate goal of PA imaging is to enable true quantification of absorbers, whether 
endogenous tissue components or cellular/molecular-targeted exogenous contrast agents. In the case of PA 
imaging and quantification of exogenous contrast agents, the intelligent design and selection based on the 
unique optical absorbance characteristics can help to improve PA contrast over background absorbers (Luke, 
Nam, and Emelianov 2013). For this to be realized, however, it is first necessary to develop more precise 
yet computationally efficient algorithms to account for local fluence and the related wavelength-dependent 
changes. These technical challenges are all being actively studied within the preclinical arena, and in general, 
none are likely to prevent the future translation of US/PA imaging systems into the clinic. The extent to which 
each is addressed, however, will likely change the overall impact which such systems have in clinical practice.

Finally, in the case of IVPA imaging applications, the overall catheter design should exhibit comparable 
physical dimensions and flexibility to existing clinical catheters. To date, the smallest diameter IVPA cath-
eter that has been utilized is comprised of a rigid distal tip and an outer diameter of approximately 1.25 mm 
(Jansen et al. 2011a), although further minimization to less than 1 mm diameter is possible. Clinically used, 
mechanically rotated IVUS catheters, on the other hand, rotate within a sheath that has an outer diameter of 
approximately 700 μm and with a rigid segment surrounding the transducer of less than 1 mm. Combined 
IVUS/IVPA catheters must meet similar criteria prior to their clinical adoption. While such a miniaturiza-
tion is conceptually feasible, it is yet to be demonstrated, and the effectiveness of light delivery for PA signal 
generation from the small optical fibers that would be required remains a potential obstacle.

8.6.2 �S afety of PA imaging

Beyond remaining technical challenges, the clinical acceptance of PA imaging will also require a more thor-
ough investigation into the safety of each application. In particular, the desire for enhanced SNR should 
be balanced with unintentional laser–tissue interactions, which may lead to irreparable damage during PA 
imaging. The ANSI has established wavelength dependent laser fluence exposure limits which can be used as 
a benchmark for predicting laser safety during PA signal generation (ANSI 2011). Laser–tissue interactions 
may prove to be of particular interest for IVPA imaging, where the limited size of the optical fiber results 
in a high local fluence at the distal end of the catheter which can result in local heating during imaging 
(Sethuraman et al. 2006, 2008).

Additionally, while nanoparticle contrast agents provide great promise as tools for expanding the cellular/
molecular sensitivity of PA imaging, the long-term safety of such contrast agents is not yet fully understood. It 
has been shown in systemically injected animal models, for example, that metallic nanoparticles larger than 
6 nm do not ever fully clear the body and that high percentages of the initial injection are retained within 
the liver and spleen. However, particles smaller than 6 nm are quickly cleared from circulation and therefore 
may not enable enough time for sufficient accumulation within the desired targets (Longmire, Choyke, and 
Kobayashi 2008). In an effort to address these conflicting restrictions, biodegradable nanoparticle cluster PA 
contrast agents have been developed that are comprised of cross-linked 4-nm primary particles that form 
larger initial sizes until exposed to reduced pH values within intracellular lysosomes (Tam et al. 2010a, 2010b, 
Yoon et al. 2010). While such an approach that increases the likelihood of contrast agent clearance is ideal 
in the clinical setting, the overall safety of metallic nanoparticle contrast agents that are greater than 6 nm 
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is also being studied in ongoing U.S. Food and Drug Administration clinical trials for applications beyond 
cardiovascular medicine (Bao, Mitragotri, and Tong 2013). While such studies will help guide future research 
utilizing metallic nanoparticle contrast agents by demonstrating their biological interactions and potential 
toxicity, such relationships will likely need to be further investigated to assess potential additional effects, 
such as local heating, which can result from the interaction with the nanoparticles and nanosecond-pulsed 
optical illumination during PA imaging.

8.7 � CONCLUSIONS

Combined US/PA imaging offers the potential for acquisition of complimentary information regarding tis-
sue anatomy, composition, and functional/physiological properties, capitalizing on shared US instrumenta-
tion to generate spatially coregistered images. The recent commercialization of numerous small-animal PA 
imaging systems opens the door for investigation of new applications of this hybrid modality within cardio-
vascular medicine as well as the characterization of novel contrast agents designed to help study disease pro-
gression. Furthermore, as US/PA imaging techniques are further refined and tailored to specific applications, 
the modality can be expected to enter clinical trials and begin to progress toward its true clinical potential.

ABBREVIATIONS
ADC	 Analog-to-digital converter
ANSI	 American National Standards Institute
AuNR	 Gold nanorods
CW	 Continuous wave
FDA	 United States Food and Drug Administration
FWHM	 Full width half maximum
IB-IVUS	 Integrated backscatter intravascular ultrasound
ICC	 Intraclass correlation
IMT	 Intima-media thickness
IVPA	 Intravascular photoacoustic
IVUS	 Intravascular ultrasound
LDL	 Low density lipoprotein
LED	 Light-emitting diode
MMP	 Matrix metalloproteinase
MSOT	 Multispectral optoacoustic tomography
NIR	 Near-infrared
NIRS	 Near-infrared spectroscopy
Nd:YAG	 Neodymium-doped yttrium aluminum garnet
OCT	 Optical coherence tomography
OPO	 Optical parametric oscillator
OR-PAM	 Optical resolution photoacoustic microscopy
PA	 Photoacoustic
PAnD	 Photoacoustic nanodroplet
PRF	 Pulse repetition frequency
PVA	 Polyvinyl alcohol
RF	 Radiofrequency
sIVPA	 Spectroscopic intravascular photoacoustic
SNR	 Signal-to-noise ratio
sO2	 Oxygen saturation
sPA	 Spectroscopic photoacoustic
SPR	 Surface plasmon resonance
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SWNTs	 Single-walled carbon nanotubes
tPA	 Thermal photoacoustic imaging
US	 Ultrasound
VCAM-1	 Vascular cell adhesion molecule-1
VH-IVUS	 Virtual histology intravascular ultrasound
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9.1 � INTRODUCTION

Accurate evaluation of coronary artery morphology and quantification of luminal stenosis is crucial for the 
assessment of the extent and severity of coronary artery disease and for evaluation of atherosclerotic disease 
progression. Contrast coronary angiography has been the traditional method for the visualization of coro-
nary anatomy and geometry and the quantification of luminal stenosis. The advent of quantitative coronary 
angiography (QCA) in 1978 by Reiber et al. allowed for a more objective and reproducible estimation of the 
severity of a luminal stenosis and permitted the use of this modality in numerous studies that evaluated the 
effect of interventional and pharmaceutical treatments (Berry et al. 2007; Burton et al. 2003; Reiber et al. 
1978; Syvanne, Nieminen, and Frick 1994).

A significant limitation of QCA is the fact that the estimation of luminal stenosis relied on two-dimensional 
(2-D) angiographic images, which provide inaccurate estimations in case of foreshortening or overlapping. In 
addition, it is unable to provide information about the composition of the plaque, which, as it has been shown 
in numerous histology-based studies, provides useful prognostic information (Davies and Thomas 1985; Falk 
1983). The advent of 3-D QCA that incorporated information from different angiographic projections in 
order to extract the coronary geometry and reconstruct the 3-D luminal anatomy managed to address the 
first limitation of QCA and allowed a more accurate assessment of the significance of coronary obstruction, 
although even the 3-D approach was incapable of providing information about the composition of the plaque 
(Bourantas et al. 2009; Yong et al. 2011).

In 1972, Bom et al. developed the first intravascular ultrasound (IVUS) catheter that permitted imaging 
of luminal pathology, and 16 years later, Yock et al. presented a catheter with a smaller diameter that was 
suitable for intracoronary imaging (Bom, Lancee, and Van Egmond 1972; Yock, Johnson, and Linker 1988). 
These advances opened new horizons in the study of atherosclerotic evolution as they allowed for the first 
time detailed imaging of the lumen and plaque morphology, quantification of plaque burden, and assessment 
of the composition of the plaque (Mintz et al. 2001). In more recent years, IVUS imaging has been extensively 
used to study the efficacy of new interventional and pharmaceutical treatments. In parallel, an effort was 
made to design different types of intravascular imaging catheters that would provide high-resolution imag-
ing of the lumen, identification of plaque characteristics associated with increased vulnerability and precise 
detection of plaque inflammation (Nissen et al. 2004; Tardif et al. 2007). Today, several invasive imaging 
modalities are available. Some of these imaging systems have already been used in clinical practice such as 
angioscopy, thermography, optical coherence tomography (OCT), and near-infrared spectroscopy (NIRS), as 
discussed in Chapters 8 and 17 of this book, while other intracoronary imaging catheters remain restricted 
to preclinical applications, such as intravascular magnetic resonance imaging, Raman spectroscopy, photo-
acoustic imaging, near-infrared fluorescence imaging (NIFR), and time resolved fluorescence spectroscopy 
(TFRS), as demonstrated in Chapters 8 and 17 of this book as well (Figure 9.1). Each of these modalities 
has unique strengths but also weaknesses that have not permitted complete visualization of the vessel wall 
pathology. Therefore, an effort was made to design new catheters and software that would combine different 
intravascular techniques permitting comprehensive imaging of vessel pathophysiology.

The aim of this chapter is to review the new developments in the field. In the following sections, we focus 
on the presentation of the available intravascular imaging modalities, highlight the limitations of each tech-
nique, and then describe the newer hybrid imaging approaches. The advantages, limitations, and potential 
value of each imaging system or hybrid approach in the study of plaque progression are also reviewed.
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Figure 9.1  Intravascular imaging techniques developed for assessing plaque composition. (a) Virtual histol-
ogy IVUS. (b) Integrated backscatter IVUS. (c) Output of an NIRS catheter. The spread out plot indicates the 
probability for the presence of a lipid core (yellow corresponds to high probability and red to low), while the 
gray areas correspond to segments with poor NIRS signal. The block chemogram provides a summary of 
the  raw data and is illustrated on the bottom of the panel. (d) Optical coherence tomographic image por-
traying a lipid-rich plaque. (e) intravascular photoacoustic (IVPA) images of a diseased (I) and a normal (II) 
aorta; different tissues have different photoacoustic fingerprints [i.e., lipid tissue (1), normal vessel wall (2), 
and media-adventitia (3)], which allow identification of atheroma’s composition (III). (f) X-ray images showing 
an intravascular magnetic spectroscopy catheter (I–III) (M indicates the probe, and B, the balloon used to 
obstruct the vessel and prevent flow); (IV) the output of this examination is color coded displayed, with the 
yellow corresponding to lipid tissue, and the blue, to nonlipid tissue. (g) Output of intravascular magnetic reso-
nance imaging (I–IV); images were obtained from an atherosclerotic iliac artery of a cadaveric animal model. 
The dark areas at 9 o’clock (II, III) and 12 o’clock (IV) show the presence of calcific tissue, which was confirmed 
in histology by Van Kossa staining (V–VI) and by microcomputed tomography (VII).� (Continued )
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9.2 � CURRENTLY AVAILABLE INTRAVASCULAR IMAGING 
MODALITIES�: ADVANTAGES AND LIMITATIONS IN THE STUDY 
OF ATHEROSCLEROSIS

9.2.1 � Intravascular ultrasound

IVUS imaging is the most widely used intravascular imaging technique. IVUS requires the advancement of a 
catheter, with an imaging probe at the tip, to the more distal coronary artery. The probe is able to emit ultra-
sound signal perpendicular to the axis of the catheter, at a frequency of 20–70 MHz, and receive the reflected 
signal from the vessel wall and adjacent tissues. These signals are then processed to generate cross-sectional 
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Figure 9.1 (Continued)  (h) Color-coded display of the data acquired by an intravascular Raman spectroscopy 
catheter. The first panel shows the total cholesterol distribution along the studied vessel (in the y axis, the 
number of the sensors used to scan the vessel) with the yellow-red color representing increased cholesterol, 
whereas the second panel provides information about the presence of the nonesterified cholesterol which was 
measured when the total cholesterol was >5%. (i) An atherosclerotic plaque of a carotid artery imaged using 
a fluorescence lifetime imaging apparatus, which provides time resolved fluorescence spectroscopy (TRFS) 
imaging of relatively large surfaces. The final output gives information about the biochemical composition 
of the superficial plaque and is color coded displayed (the red corresponds to fibrotic plaque, the yellow to 
fibro-lipid and the cyan to normal endothelium) (II). (From Bourantas CV et al., J Invasive Cardiol, 25, 24A–26A, 
2013. With permission.)



9.2  Currently available intravascular imaging modalities  189

images of the vessel. In these images, the operator is able to identify the lumen and the outer vessel wall, 
including the plaque burden and acquire information about the composition of the plaque (Di Mario et al. 
1992; Mintz et al. 2001; Thieme et al. 1996). Several histology-based studies have shown that grayscale IVUS 
has a limited capability to differentiate plaque components (Hiro et al. 1996; Kubo et al. 2007; Ohtani  et 
al. 2006). This pitfall has been, at least partially, addressed by the radiofrequency analysis of the backscatter 
signal (RF-IVUS), which has been extensively used to assess plaque phenotype and study atherosclerotic 
evolution (Figure 9.1a and b) (Amano et al. 2011; Calvert et al. 2011; Mehta et al. 2007; Stone et al. 2011). In 
the recently published PROSPECT and VIVA studies, RF-IVUS was used to detect plaque features associ
ated with increased vulnerability and future events. These studies demonstrated that a thin cap fibroath-
eroma phenotype, a plaque burden >70%, and a minimum lumen area <4 mm2 were independent predictors 
of future culprit lesions and events (Calvert et al. 2011; Stone et al. 2011). Although there are data about the 
ability of RF-IVUS to detect plaque characteristics that are related with poor outcomes, recent reports casted 
doubts about the reliability for characterizing plaques with a complex morphology, or the plaque behind 
calcific tissues (Sales et al. 2010; Thim et al. 2010). Other significant limitations of IVUS are associated with 
the increased noise and artifacts seen in some images that make the identification of specific plaque features 
difficult. IVUS also suffers from relatively poor resolution that does not permit accurate assessment of the 
thickness of the fibrous cap over necrotic cores and imaging of microfeatures (i.e., microcalcifications, mac-
rophages, etc.) that have been related with increased vulnerability. Finally, IVUS gives no information about 
the 3-D geometry of the vessel and the exact distribution of the plaque on the vessel.

9.2.2 �A ngioscopy

Angioscopy was the first intracoronary imaging technique introduced in the middle of the 1980s. This 
approach involves advancing a catheter with illumination fibers on its tip into the coronary artery for direct 
visualization of the luminal surface. Imaging required an occlusion balloon to be inflated proximally to the 
catheter so as to impede flow and eliminate blood from the imaging field. The angioscopic images can be used 
to evaluate stent coverage; identify the presence of thrombus, plaque rupture, or dissections; and provide 
information about the composition of the superficial plaque (Kotani et al. 2006; Kubo et al. 2007; Uchida 
2011). It has been speculated that the color of the plaque in the angioscopic images provides information 
regarding plaque vulnerability, with plaques appearing yellow having the histological characteristics of a 
vulnerable plaque (a thin fibrous cap covering a lipid-rich core) and those plaques appearing white being 
more stable (Ohtani et al. 2006; Thieme et al. 1996; Uchida et al. 1995). Advances in coronary angioscopy 
and the implementation of NIFR and microscopy have enabled more detailed assessment of the plaque and 
identification of lipid-rich plaques in deeper layers (Uchida et al. 2010). Unfortunately, angioscopy cannot 
provide information about more distal plaques, the luminal morphology, and cannot give quantitative data 
regarding the plaque burden, the stent, or the outer vessel wall. These limitations, as well as the fact that this 
approach requires proximal balloon inflation that can cause vessel trauma, have restricted the application of 
angioscopy in clinical practice and research.

9.2.3 � Thermography

Intravascular thermography has been used in the past to detect the presence of vessel wall inflammation. 
This modality relies on the measurement of the heat released by activated inflamed tissues that are located 
in unstable plaques. Several reports have shown that coronary plaque temperature is higher in patients hav-
ing plaques with positive remodeling and in unstable plaques compared to stable lesions (Toutouzas et al. 
2007). In addition, it has been shown that thermography can detect more accurately the culprit lesion than 
IVUS (which can detect the culprit plaque in only 30%–40% of the cases) in patients suffering from acute 
coronary syndromes (Takumi et al. 2007). However, the fact that this technique cannot visualize the lumen 
and the plaque and that it requires a proximal balloon occlusion to prevent flow for more accurate assess-
ment of vessel wall temperature has limited the application of thermography in research arena (Rzeszutko 
et al. 2006).



190  Hybrid intravascular imaging in the study of atherosclerosis

9.2.4 �N ear-infrared spectroscopy

NIRS takes advantage of the fact that different organic molecules absorb and scatter the near-infrared light at 
different degrees and various wavelengths. The processing of the reflected signal provides information about 
the chemical composition of different tissues and appears to permit reliable detection of the lipid component. 
The output of the NIRS analysis is called chemogram and is a 2-D plot that utilizes a color-coded map to 
provide information about the probability of the presence of a lipid component into the vessel wall, as shown 
in Figure 9.1c (red color indicates high probability, and yellow, low probability).

The reliability of this technique has been evaluated in histology-based ex vivo imaging studies of human 
tissue specimens, while the SPECTRAL study was the first report that demonstrated the feasibility of a 
NIRS catheter in clinical setting (Gardner et al. 2008; Waxman et al. 2009). Recently, NIRS has been used 
to assess changes in the composition of the plaque and the prognostic implications of plaque morphology. 
In the YELLOW trial, NIRS was implemented to assess the short-term effect of intensive medical treatment 
with rosuvastatin on the burden and composition of the plaque in obstructive (Kini et al. 2013). In addition, 
in the European Collaborative Project on Inflammation and Vascular Wall Remodeling in Atherosclerosis 
(ATHEROREMO)–NIRS Substudy, NIRS was used to examine the prognostic implications of the presence of 
lipid-rich atherosclerotic plaques (Bourantas et al. 2013a).

A limitation of NIRS is that this approach is able to detect superficial large lipid-rich plaques (cap thick-
ness <450 μm, core circumferential extent >60°, plaque thickness >200 μm). On the other hand, in contrast to 
RF-IVUS, NIRS is able to detect more accurately lipid cores behind calcific deposits. Other pitfalls of NIRS 
relate to the inability of this modality to provide information about coronary geometry or to provide visual-
ization of the lumen and the plaque.

9.2.5 �O ptical coherence tomography

OCT is the optical analog of IVUS that involves the advancement of an optical fiber within the coronary 
arteries (Figure 9.1d) for morphological imaging. The fiber emits light perpendicular to the catheter axis and 
is able to receive and analyze the reflected signal, allowing visualization of intracoronary features with sig-
nificantly higher axial resolution than IVUS (10–20 μm vs. 100–150 μm). Several histology-based studies have 
demonstrated that OCT allows accurate characterization of the composition of the superficial plaque, and 
today, OCT is regarded as the gold standard for the assessment of plaque phenotype (Kawasaki et al. 2006; 
Yabushita et al. 2002). In addition, OCT is able to portray details that are unseen by other imaging techniques, 
such as the presence of macrophages, neovascularizations, microcalcifications, and cholesterol crystals, and 
can accurately estimate the thickness of the fibrous cap. In addition, OCT can identify the presence of vessel 
erosion and differentiate the type of thrombus (Tearney et al. 2012).

However, OCT has a limited penetration depth (1–2 mm), and therefore, this approach is unable to visu-
alize the entire plaque, particularly in heavily diseased segments, or quantify total plaque burden. Other 
limitations of OCT relate to the fact that the emitted light cannot penetrate the lipid tissue and that OCT 
has limited capability to differentiate the lipid from the calcific tissue when this is deeply embedded in the 
atheroma (Manfrini et al. 2006).

9.2.6 � Intravascular magnetic resonance spectroscopy

Intravascular magnetic resonance spectroscopy requires the advancement of a catheter with a magnetic reso-
nance probe on the tip (Figure 9.1f). The transducer is able to generate a magnetic field that allows detection of 
the lipid component at the superficial (depth 0–100 μm) and the deeper (depth 100–250 μm) plaque in a radial 
sector of 60°. Imaging involves the inflation of a balloon that is located at the proximal end of the probe and 
is used to stabilize the probe against the vessel wall and prevent distal blood flow. The designed catheter has a 
large diameter (5.2F), and requires 51 seconds to acquire a single image. Furthermore, intravascular magnetic 
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resonance spectroscopy does not allow visualization of the lumen, vessel wall, or plaque morphology and is 
unable to detect other tissues apart from the lipid. The proposed modality has been used in small-scale fea-
sibility studies, but the previously mentioned limitations have impeded broad application in the clinical and 
research arena (Regar et al. 2006; Schneiderman et al. 2005).

9.3 � FUTURE TRENDS IN INTRAVASCULAR IMAGING

9.3.1 � Intravascular magnetic resonance imaging

Intravascular magnetic resonance imaging appears able to overcome some of the limitations of the avail-
able invasive modalities, as it has an increased penetration that permits visualization of the entire vessel 
wall beyond calcific and lipid tissue (Figure 9.1g). The feasibility of this technique was under question due 
to concerns about the safety of this modality (increased heating—produced during imaging), the quality of 
the obtained images (increased noise), and the time that was necessary for image acquisition and processing. 
However, with recent advances in intravascular magnetic resonance technology, these limitations have been 
overcome. In a recent study, Sathyanarayana et al. developed an intravascular magnetic resonance catheter 
that has a diameter of 9F, which was able to acquire cross-sectional images of the vessel wall with resolution 
up to 300 μm and at a frame rate of 2 frame/s (Sathyanarayana et al. 2010). Additional effort will be needed to 
further miniaturize the intravascular coil and expedite image acquisition before this modality finds applica-
tions in the clinical setting.

9.3.2 � Photoacoustic imaging

Intravascular photoacoustic (IVPA) imaging takes advantage of the frequency of the sound that is pro-
duced during the thermal expansion of different irradiated tissues. Several studies have demonstrated 
that IVPA can differentiate normal from atherosclerotic vessels, detect the presence of neovascularization, 
provide information about the composition of the plaque, and visualize stent morphology (Figure 9.1e) (Su 
et al. 2010; Wang et al. 2010). Moreover, the use of gold nanoparticles that have high absorption coefficients 
has enabled the visualization of macrophages associated with vessel wall inflammation and increased vul-
nerability (Wang et al. 2009). Although experimental studies have shown that IVPA may be useful in the 
clinical arena, this modality has currently significant limitations, including suboptimal image quality, 
long acquisition times required for intravascular imaging, and limited evidence regarding the safety of 
this technique. The advantages and limitations of this technology are described in great detail in Chapter 8 
of this book.

9.3.3 �R aman spectroscopy

Raman spectroscopy relies on the spectral analysis of the Raman scattering of a tissue after illumination with 
a laser beam. The Raman effect involves the scattering of light when it passes through molecules. This process 
changes the energy of the photons and modifies the frequency of the backscattered light. The Raman spectra 
is unique for each molecule and thus it can be used to identify the chemical composition of tissues (Bruggink 
et al. 2010). The feasibility of this technique has been tested in vitro and has been shown to be capable of pro-
viding a detailed analysis of the composition of plaque, detection of elastin, collagen, calcium, and esterified 
and nonesterified cholesterol (Figure 9.1h) (Motz et al. 2006; Romer et al. 1998, 2000; Salenius et al. 1998; van 
De Poll et al. 2001). However, this modality has not been effectively applied in humans because of the dif-
ficulty in acquiring a good-quality signal. High-wave number Raman spectroscopy seems to overcome this 
limitation, while recent advances in catheter design have enabled the construction of a catheter for intravas-
cular imaging (Brennan et al. 2008; Chau et al. 2008).
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9.3.4 � Near-infrared fluorescence imaging

NIRF imaging is a promising modality that has been recently introduced for the study of atherosclerosis. 
This approach relies on the injection of activatable NIRF agents that bind different molecular targets within 
the plaque, which are associated with increased inflammatory activity and neovascularization (Jaffer, Libby, 
and Weissleder 2009). For in vivo NIRF imaging, an intravascular catheter has been constructed that can 
detect the presence of these molecular markers and provide information about plaque vulnerability. NIRF 
imaging catheters have been extensively tested in experimental models (Jaffer et al. 2008, 2011). However, 
further research is required to prove the safety of these markers before considering the use of NIRF imaging 
in humans.

9.3.5 � Time-resolved fluorescence spectroscopy

TRFS assesses the time that is required to resolve the fluorescence that is emitted after molecules are excited 
by light. Numerous experimental studies have provided evidence that TRFS can characterize the compo-
sition of plaque (Figure 9.1i) (Phipps et al. 2011). Also, studies have shown that this technique can detect 
the presence of macrophages (Marcu et al. 2005, 2009). This modality has significant limitations, however, 
including poor tissue penetration (250 μm) that necessitates the catheter to be in contact with the vessel wall 
and a narrow field of view that does not permit imaging of the entire circumference of the vessel wall (Marcu 
2010; Phipps et al. 2011). Other significant drawbacks of TRFS are its inability to visualize the luminal mor-
phology and the vessel wall and the fact that it cannot give any information about the composition of the 
entire plaque.

9.3.6 � Intravascular scintillation probes

Intravascular scintillation (IVS) was introduced in the beginning of the century to detect vascular inflam-
mation. Several microcatheters have been designed with a diameter of 1 mm that were tested in experimental 
studies which showed that these prototypes are able to detect radioactive tracers such as 18F-FDG, creating 
hope that they may have a role in detecting high-risk inflamed plaques (Hosokawa et al. 2006; Lederman et al. 
2001; Mukai et al. 2004). Nevertheless, these modalities have significant limitations, including the increased 
time needed for imaging, the necessity to inject particles emitted radio-pharmaceuticals, the potential need 
for blood removal, and their inability to assess plaque morphology. Another significant limitation of this 
technique is the fact that the radioactive tracer that has been mainly used in validation studies was 18F-FDG, 
which it is uptaken not only by the inflamed vessel wall but also by the myocardium. Efforts were made to 
develop combined OCT-IVS catheters; however, the limitations of the IVS and the increased size of the first 
prototypes (3 mm) have not enabled their use in the clinical arena (Piao et al. 2005).

9.3.7 � Integration of intravascular imaging technologies

As summarized previously, there are numerous intravascular imaging modalities for the study of athero-
sclerosis. Each of these modalities has significant advantages, as well as weaknesses, that prevent complete 
characterization of plaque pathology. Taking the best from each imaging modality and integrating comple-
mentary data provided by different imaging approaches would provide an obvious solution. This fusion can 
be achieved either through the design of new dual-probe catheters that will allow simultaneous multicoro-
nary imaging (e.g., combination of IVUS and NIRS) or through the development of efficient methodolo-
gies that will permit offline integration of the data acquired by different imaging techniques (i.e., coronary 
angiography and IVUS, IVUS and computed tomographic coronary angiography [CTCA], etc). Simultaneous 
multimodality imaging would seem to be a superior approach, overcoming the problem of accurate coregis-
tration and reducing processing time, and therefore is currently the most frequently used approach for hybrid 
intravascular imaging (Bourantas et al. 2013b).
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9.4 � AVAILABLE SOFTWARE AND METHODOLOGIES FOR THE 
CO-REGISTRATION OF INTRAVASCULAR IMAGING DATA

9.4.1 � Fusion of intravascular ultrasound and x-ray angiography

The first data fusion technique for IVUS and x-ray angiography was proposed by Klein et al. in 1992. The 
proposed approach included the extraction of the 3-D luminal centerline from two angiographic projections 
and the placement of the IVUS borders onto the 3-D luminal backbone (Klein et al. 1992). Although this tech-
nique had significant limitations, as it was unable to estimate the orientation of the IVUS contours onto the 
3-D centerline, it opened new horizons in coronary representation. A few years later, Lengyel et al. utilized 
side branches to determine the absolute orientation of the IVUS contours, but this approach made substantial 
approximations in the extraction of the luminal centerline, and thus, it did not have clinical applications 
(Lengyel, Greenberg, and Pop 1995). Shekhar et al. and Subramanian et al. proposed more accurate meth-
odologies for the fusion of IVUS and x-ray data, but both approaches required multiple angiographic images 
and thus increased screening time and radiation dose, and thus, they had a limited value in the research arena 
(Shekhar et al. 1996; Subramanian et al. 2000).

The first clinically applicable method was proposed by Wahle (Wahle et al. 1998). This approach used the 
position of the guidewire in the lumen to approximate the trajectory of the IVUS catheter and required only 
two sets of orthogonal angiographic images to extract the IVUS catheter path. The detected IVUS borders 
were then placed perpendicularly onto the extracted path and their relative orientation was estimated using 
the sequential triangulation algorithm (Prause et al. 1997). Finally, an efficient methodology was implemented 
to define the absolute orientation of the IVUS borders, which relied on the comparison of the IVUS catheter 
and of the luminal silhouette in the angiographic projections with the projected 3-D path and 3-D model onto 
these images. The only drawback of this approach was the approximations that were made in the extraction 
of the catheter path. More specifically, the extraction of the catheter path was based on the identification of 
corresponding points in the two angiographic projections, and then “normal” lines were drawn from these 
points that were intersected in 3-D points that defined the 3-D catheter path. However, quite often, these lines 
did not intersect, and in that case, the 3-D point was approximated in the middle of the distance between the 
two lines. These rough estimations of position were likely to distort the morphology of the 3-D path.

Slager et al. proposed an approach that followed similar steps to reconstruct the coronary anatomy, but they 
implemented a different methodology for the extraction of the catheter path (Slager et al. 2000). According to this 
technique, a 3-D circular segment was used to define the 3-D trajectory of the IVUS catheter; this segment was 
stepwise adapted in 3-D space until the computed biplane projections matched with the silhouette of the catheter 
in both angiographic images. Limitations of this approach relate to the inability to accurately reconstruct seg-
ments that appeared foreshortened in the angiographic images, while its validation showed an increased error 
in distance between the silhouette of the path in the x-ray images and the projected 3-D path of up to 1.6 mm.

Bourantas et al. (2005) introduced a more accurate catheter path extraction methodology, which used 
a cubic B-spline to approximate the IVUS trajectory in each of the two projections. Both B-splines were 
extruded parallel to their plane, forming two surfaces; the intersection of the two surfaces was a 3-D curve 
that corresponded to the 3-D trajectory of the IVUS catheter. Validation of the proposed methodology in vivo 
and in vitro showed that this technique overcomes many of the common problems, such as the presence of 
foreshortening and it was able to reconstruct arteries with a complex geometry (S-shaped arteries), as well as 
segments where the catheter path was not visible over the entire course (Bourantas et al. 2005).

Although the more recent techniques appear reliable and are able to provide geometrically correct models, 
they did not have applications in the clinical arena. The two user-friendly systems that are available today and 
incorporate a visualization module that provides comprehensive imaging of the final objects have failed to 
expand the applications of this hybrid technique (Figure 9.2) (Bourantas et al. 2008; Wahle, Olszewski, and 
Sonka 2004). This could be attributed to the limited added value of the information provided by the 3-D mod-
els with regard to treatment planning and to the fact that coronary reconstruction is a time-consuming pro-
cess, requiring the implementation of tedious protocols during image acquisition. To address the later pitfall, 
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we have recently introduced a simplified reconstruction methodology that is similar to the one proposed by 
Lengyel et al. but implements a more sophisticated methodology for the accurate extraction of the catheter 
centerline. The proposed approach requires only two angiographic projections and an IVUS sequence to 
reconstruct coronary anatomy and therefore can be used even for the retrospective reconstruction of data 
that have been acquired during a conventional IVUS examination (Bourantas et al. 2013c).

The fusion of IVUS with the angiographic data has been used over the last years in research to study the 
association between the local hemodynamic forces and the atherosclerotic evolution. Several in vivo stud-
ies have shown that low or oscillating shear stresses are associated with atherosclerotic disease progression 
in native and stented segments, while the PREDICTION study has provided robust evidence that the local 
hemodynamic patterns are independent predictors of future cardiovascular events (Papafaklis et al. 2010; 
Stone et al. 2012; Wentzel et al. 2001).

9.4.2 � Fusion of intravascular ultrasound 
and computed tomography

van der Giessen et al. were the first who introduced a methodology for the integration of IVUS and CTCA data 
(van der Giessen et al. 2010). The proposed method used CTCA to extract the luminal centerline and anatomical 
landmarks seen in both IVUS and CTCA to identify the position and the orientation of the IVUS images onto 
the 3-D centerline. This method was validated in 35 coronaries from 23 patients. Three-dimensional reconstruc-
tion was feasible in 31 cases (89%), while in four arteries, there were insufficient anatomical landmarks.

Limitations of the proposed reconstruction methodology are related to the inability to reconstruct seg-
ments without side branches, as at least two landmarks are necessary to identify correspondence between 
CTCA and IVUS. In addition, this process was laborious and time consuming and required extensive human 
interaction in all the reconstruction steps. Finally, although the authors tested the reproducibility of the 
blood flow measurements, they did not examine the accuracy of the methodology to reconstruct the coronary 
anatomy using a reference gold standard methodology.
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Figure 9.2  Methodology implemented to reconstruct the coronary anatomy using the ANGIOCARE software. 
(a) Segmentation of the intravascular ultrasound sequence; (b) detection of the catheter path in two angio-
graphic images and extraction of its 3-D geometry; (c) back-projection of the reconstructed model onto the 
angiographic image; (d) 3-D visualization of the obtained model; the outer vessel wall is portrayed in a trans-
parent fashion allowing imaging of the distribution of the plaque; (e) the user can interact with the final object, 
select a segment of interest, and acquire quantitative data regarding its length, the luminal, outer vessel wall, 
and the plaque dimensions that are displayed in the left–bottom side of the screen; (f) virtual endoscopy and 
assessment of the vessel anatomy from inside. (From Bourantas CV et al., J Am Coll Cardiol, 61, 1369–1378, 2013. 
With permission.)



9.4  Available software and methodologies for the co-registration of intravascular imaging data  195

Similar coregistration approaches have been proposed recently by Bougers et al. and Voros et al. for the 
fusion of IVUS and CTCA (Boogers et al. 2012; Voros et al. 2011). Although all these techniques can be 
implemented only in patients who have CTCA, coronary angiography, and IVUS examination, they have 
attracted attention since they allow us to appreciate the limitations and capabilities of noninvasive imaging 
for assessing plaque burden and composition. Today, it is evident that CTCA provides reliable identification 
of the plaque and accurate evaluation of the luminal, outer vessel wall, and plaque dimensions and is able to 
assess with a moderate accuracy the necrotic core, the fibrofatty, the fibrous, and the calcific burden (Boogers 
et al. 2012; Papadopoulou et al. 2011; Voros et al. 2011).

9.4.3 �C ombined intravascular ultrasound 
and near-infrared spectroscopy imaging

Several studies that compared IVUS and NIRS showed that there was a significant discrepancy in the esti-
mations of the two techniques with regard to the lipid component (Brugaletta et al. 2011; Pu et al. 2012). 
This can be attributed to the different qualities and limitations of the two modalities. A new technology has 
been recently introduced named TVC (MC 7 system, InfraRedx, Burlington, Massachusetts), which incor-
porates both an NIRS light source and an IVUS probe on the catheter tip, permitting simultaneous NIRS 
and IVUS imaging. The catheter has already been used in vivo to compare plaque characteristics in males 
and females and examine plaque morphology in culprit and nonculprit lesions (Bharadwaj et al. 2016). Three 
studies—two in patients admitted with a ST-elevation myocardial infarction and one in patients with an non-
ST-elevation myocardial infarction—showed that culprit lesions have specific morphological characteristics, 
i.e., an increased plaque burden and lipid component that allow their differentiation from the nonculprit 
lesions with a high accuracy (Madder et al. 2013, 2015, 2016). Nevertheless, there are no data about the pre-
dictive value of combined NIRS-IVUS to identify lesions that are likely to progress and cause cardiovascu-
lar events. To answer these questions, two studies, the PROSPECT II (NCT02171065) and the Lipid Rich 
Plaque (NCT02033694), have commenced and are expected to provide robust data about the value of hybrid-
intravascular imaging in detecting high-risk plaques.
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Figure 9.3  Fusion of CTCA (a), IVUS and NIRS (b). The obtained 3-D reconstructed artery is shown in Panel 
(c) and allows evaluation of vessel geometry and of the distribution of the plaque and identification of the loca-
tion of the lipid-rich plaques. (d) Shear stress distribution onto the luminal surface. (From Wentzel JJ et al., Circ 
Cardiovasc Imaging, 3, e6–e7, 2010. With permission.)
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Moreover, the output of this combined NIRS-IVUS catheter has been merged with CTCA data. This 
fusion has provided comprehensive 3-D models that allow assessment of the vessel wall geometry and of the 
distribution of the plaque and identification of the lipid-rich plaques on the vessel wall. In addition, these 
3-D objects can be used for blood flow simulation and evaluation of the association between shear stress and 
plaque composition (Figure 9.3) (Wentzel et al. 2010).

9.4.4 � Fusion of optical coherence tomography 
and coronary angiography

The first methodology for the fusion of OCT and x-ray data was proposed in 2011 by Tu et al. (2011). This 
approach was able to coregister the 3-D QCA and the OCT data in real time, facilitating application in the 
clinical setting. A limitation of this method relates to the inability to estimate the correct orientation of the 
OCT borders onto the 3-D model. In a more recent publication, this research group utilized the origin of side 
branches to determine the orientation of the OCT images, but again, they neglected the relative axial twist of 
the frames that occurs during the pullback of the catheter in tortuous vessels (Tu et al. 2013).

To overcome this drawback, Bourantas et al. (2008, 2012) implemented the reconstruction methodology 
previously proposed for the fusion of IVUS and x-ray data. This approach can be used only for the integration 
of the OCT data obtained at a low pull-back speed (i.e., using an M2 or M3 OCT system, LightLab Imaging, 
Westford, Massachusetts) and includes four steps: (1) the extraction of the OCT catheter path from two end-
diastolic angiographic images, (2) the segmentation of the end-diastolic OCT frames, (3) the placement of 
the detected borders onto the 3-D path and the estimation of their relative axial twist with the use of the 
sequential triangulation algorithm, and (4) the determination of the absolute orientation of the first OCT 
frame using anatomical landmarks (i.e., side branches) that are visible in both OCT and x-ray angiography.

This reconstruction approach was implemented to identify the location of a ruptured plaque and demon-
strate that the endothelial shear stress was increased at the ruptured site, confirming speculations and find-
ings of previous reports (Fukumoto et al. 2008). However, this methodology did not have broad applications 
in the research arena since it required a short interval between the end-diastolic OCT frames. Therefore, this 
approach could not be implemented for the fusion of frequency domain (FD)-OCT with the x-ray data.

To overcome this limitation, Athanasiou et al. implemented the simplified methodology proposed by 
Bourantas et al. (2013) for the integration of IVUS and x-ray angiography data (Athanasiou et al. 2012). To 
validate the performance of this approach, they compared the models and the shear stress values obtained by 
the integration of IVUS and x-ray images with those obtained by the fusion of FD-OCT and x-ray angiogra-
phy. These results demonstrated that the fusion of FD-OCT with the x-ray data provides geometrically cor-
rect reconstructions and allows detection of the segments that are exposed to a low athero-promoting shear 
stress environment with a high accuracy (Papafaklis et al. 2013).

This technique is anticipated to provide new insights into the mechanisms of coronary atherosclerosis, 
as it will allow us to examine the association between the local hemodynamic patterns and plaque charac-
teristics that are unseen by IVUS (i.e., macrophages, neo-vessels, etc.). In addition, we will be able to detect 
with high accuracy the location of the ruptured plaques, assess the hemodynamic milieu in these segments, 
and appreciate the effect of the local hemodynamic forces on plaque destabilization and rupture (Cheng 
et al. 2005; Ohura et al. 2003; Stone et al. 2003, 2012). Moreover, as we have recently demonstrated, the OCT-
based reconstruction of stented or scaffolded segments appear capable to provide a detailed evaluation of the 
local hemodynamic environment and permit identification of the flow disturbances caused by the protruded 
struts, allowing a more accurate evaluation of the effect of shear stress patterns on stent thrombosis and reste-
nosis (Figure 9.4) (Bourantas et al. 2014). This reconstruction approach is likely to be useful in the future to 
examine in vivo the hemodynamic implications of different stent designs, thus allowing optimization of the 
configuration, thickness, and arrangement of the stent struts.
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Figure 9.4  3-D reconstruction of the luminal surface of a coronary artery implanted with an Absorb bioresorb-
able vascular scaffold (shown at the top–left side of the figure). The model was obtained from the fusion of 
OCT and angiographic data (a). The shear stress distribution is portrayed in a color-coded map (the red color 
indicates high shear stress, and the blue, low shear stress). (b) Magnification of the proximal segment of the 
implanted scaffold. The struts’ arrangement is apparent, which resembles the arrangement noted in a volume 
rendering 3-D OCT reconstruction and in an electron microscopy image acquired in a porcine model 2 weeks 
post device implantation. (c) Longitudinal section of the 3-D model. The blood flow streamlines with the veloc-
ities shown in a color-coded display demonstrate recirculation zones proximally and distally to the protruded 
struts where the measured shear stress is low, while on the top of the struts, high shear stress is noted. The 
high resolution of OCT allows more accurate evaluation of the lumen, identification of the protruded struts, 
and assessment of the neointima at 6-month follow-up (d, e, f) comparing to the IVUS, which cannot visualize 
details and thus the luminal borders are smother (h, i, j) and the 3-D reconstruction of the scaffolded segment 
has a different morphology (g). These differences appear to affect the shear stress distribution (e, i). The cor-
relation between shear stress and neointima is higher in the OCT-based reconstruction at 6-month follow-up 
(r = 0.57) compared to the correlation reported in the IVUS-based model (r = 0.14) (k, l). (From Papafaklis MI 
et al., EuroIntervention, 9, 890, 2013. With permission.)
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9.5 � FUTURE DEVELOPMENTS IN INTRAVASCULAR HYBRID 
IMAGING

9.5.1 � Fusion of intravascular ultrasound and optical 
coherence tomography imaging

A hybrid IVUS-OCT imaging system is anticipated to overcome the limitations of each of the two modalities 
when applied independently and provide complete representation of coronary anatomy. IVUS and OCT have 
complementary strengths as IVUS can “see” behind lipid tissue and has an increased penetration that allows 
visualization of the entire vessel wall, while OCT can “see” behind calcium and has high image resolution that 
allows visualization of details that are not portrayed in IVUS images. Several studies provided proofs of this 
concept showing the superiority of the combined IVUS-OCT imaging over IVUS or OCT alone in the study 
of atherosclerosis (Diletti et al. 2011; Goderie et al. 2010; Gonzalo et al. 2009; Sawada et al. 2008). Hence, an 
effort has been made over the last 5 years to develop dual-probe catheters that would be able to provide hybrid 
IVUS-OCT imaging. The first catheters designed by Yin et al. and Yang et al. had the OCT and the IVUS 
transducer positioned side by side. This arrangement resulted in an increased outer diameter of 2.4 mm and 
2.8 mm, respectively (Yang et al. 2010; Yin et al. 2010). Li et al. placed the OCT probe inside a centric hole of 
the IVUS transducer, but again, the size of this prototype was too big to allow intracoronary imaging (diameter 
of 2.5 mm) (Li et al. 2010). To overcome this limitation Yin et al. suggested a sequential arrangement of the 
OCT and the IVUS catheter. This modification reduced the size of the catheter to 0.69 mm, allowing in vivo 
imaging, but it failed to resolve other limitations of the first designs such as the low image acquisition rate, the 
moderate image quality, and the low penetration depth of this OCT signal (Yin et al. 2011). Recently, Li et al. 
introduced a 4F, hybrid catheter that had a penetration depth of 1 mm and provided coplanar IVUS and OCT 
imaging at a rate of 5 frames/s. Validation of the revision in 11 human coronaries obtained from seven autopsy 
cases demonstrated the potential of this hybrid imaging approach in the study of atherosclerosis. Recently, the 
same research group introduced an updated revision that has a smaller diameter of 3F, allows more accurate 
coregistration of the IVUS and OCT, and permits hybrid image acquisition at a rate of 27 frames/s (Figure 9.5).

A first-in-man study of a hybrid IVUS-OCT device is anticipated with interest as this hybrid imaging 
approach is expected to be useful not only in research but also in the clinical setting. This hybrid catheter can 
potentially optimize outcomes following percutaneous coronary interventions. IVUS would allow assess-
ment of vessel wall dimensions, a necessity for the selection of the appropriate stent size, while OCT would 
provide a detailed evaluation of the final results, identification of the presence of stent underexpansion, struts 
malapposition, thrombus, or edge dissection and thus guide further treatment.

9.5.2 �C ombined intravascular ultrasound and intravascular 
photoacoustic imaging

Combined IVUS-IVPA imaging is anticipated to provide simultaneously information about the lumen and 
vessel wall morphology, the composition of the plaque, and the presence of inflammation. Kapriouk et al. were 
the first who combined a commercially available rotational IVUS catheter with a custom-designed fiber-based 
optical system that was able to deliver IVPA laser pulses (Karpiouk, Wang, and Emelianov 2010). Limitations 
of this prototype were the increased time required for hybrid imaging (approximately 25 s), the large diameter 
of the catheter, and the low image quality. The same year, Hsieh et al. developed a catheter that had an outer 
diameter of 3 mm, which combined a phased array IVUS probe and a multimode fiber with a cone-shaped 
mirror for optical illumination (Hsieh et al. 2010). Recently, Jensen et al. introduced a miniaturized catheter 
comprising an angle-polished optical fiber adjacent to a 30-MHz ultrasound transducer with a diameter of 
only 1.25 mm suitable for intracoronary IVUS-IVPA imaging (Jansen et al. 2010). The proposed device was 
tested in animal models; however, the suboptimal image quality and the increased time that is required for 
intravascular imaging, as well as concerns with regards the safety of IVPA, hamper its application in humans.
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9.5.3 � Fusion of optical coherence tomography 
and near-infrared fluorescence spectroscopy

Although OCT allows reliable identification of the presence of macrophages on the vessel wall, it cannot 
discriminate the activated from the nonactivated macrophages and give direct information about vessel wall 
inflammation. Recently, Ryu et al. introduced a dual modality catheter that allows simultaneous OCT and 
NIRF imaging (Ryu et al. 2008). The probe features a double-clad fiber that has a single-mode core, which can 
transmit and receive OCT light, and a multimode light-guiding inner cladding that can transmit the NIRF 
excitation and receive and process the emitted fluorescence light. The coregistration of the OCT and NIRF 
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Figure 9.5  First and second revisions of the hybrid IVUS-OCT catheter designed by Harduar, Li, and Courtney. 
The first catheter, which has a 4F diameter, incorporates a protective housing (a) and there is a 90° offset between 
the IVUS and the OCT probe (c). In the new revision, the OCT catheter is integrated to the IVUS probe, the device 
has a smaller diameter (3F), (b) and the two transducers have a collinear alignment (d), which provides accurate 
coregistration of the OCT (e) and IVUS (f) images. (From Nikas D et al., Curr Cardiovasc Imaging Rep, 411–420, 
2013. With permission.)
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was performed with the use of side-viewing ball-lens located at the distal end of the fiber. The diameter of the 
catheter is not different from a typical OCT device. Validation of the prototype ex vivo in coronary artery 
specimens from cadavers and in vivo in a living rabbit showed that the proposed design allows detailed and 
comprehensive imaging of vessel wall morphology and pathophysiology (Yoo et al. 2011). However, the safety 
of NIRF imaging has not been proven yet and thus further research is needed toward this direction.

9.5.4 � Fusion of intravascular ultrasound and time resolved 
fluorescence spectroscopy

Several combined IVUS-TRFS catheters have been presented in the literature. Stephens et al. developed a hybrid 
catheter that featured an IVUS mechanical rotating probe, a side viewing optical fiber, and a steering wire that 
was connected to the distal end of the hybrid catheter and can be pushed forward to steer the device toward 
the luminal surface of the region of interest. The feasibility of the proposed design was examined in vitro; how-
ever, the large diameter of the device (5.4F) and the fact that the TRFS signal has a poor penetration and thus 
it requires the catheter to be pushed onto the vessel wall have not allowed its in vivo implementation (Stephens 
et al. 2009). Bec et al. introduced an updated IVUS-TRFS revision that was able to overcome the limitations of 
the prototype of Stephens but had a rather large-diameter (7F) (Bec et al. 2014). A miniaturized version of this 
prototype was presented by Ma et al. (2014). In this design (diameter of the catheter: 3.5F) the optic fiber and 
IVUS probe were placed in parallel in a large oval-shaped shaft (largest diameter of 5F). The feasibility of this 
prototype has been examined ex vivo in the coronary arteries of 16 patients. It was shown that combined IVUS-
TRSFS imaging was able to differentiate plaque phenotypes with a high sensitivity and specificity (89%, 99%) 
than standalone TRFS (70%, 98%) or IVUS (45%, 94%) (Fatakdawala et al. 2015). However, the first in vivo appli-
cations of this device showed inaccuracies in the coregistration of the IVUS and TRFS data that were attributed 
to cardiac motion (Bec et al. 2015). Currently, Marcu’s group is working toward the design of a new catheter that 
enables reliable IVUS-TRFS coregistration. This new catheter is currently tested in swine coronaries.

9.6 � FUTURE PERSPECTIVE IN HYBRID INTRAVASCULAR IMAGING

Although hybrid intravascular imaging techniques carry a great future potential, these hybrid approaches have 
limited applications in the study of atherosclerosis. This should can be attributed partly to the fact that the exist-
ing software that has been developed for the fusion of different imaging techniques is not user-friendly and is 
available only in a few research laboratories. In addition, most of the hybrid catheters that have been designed 
have significant limitations that do not permit their applications in the clinical arena. However, things are likely 
to change in the future. The miniaturization of the medical devices, the new developments in catheter design, 
and the advances in image and signal processing are expected to overcome the current limitations and allow 
the construction of hybrid catheters that would be easy to use. The development of user-friendly platforms will 
likely permit fast and reliable fusion of different imaging techniques in the future. Whether these advances will 
change our clinical practice and replace standalone intravascular imaging with hybrid techniques is something 
that is difficult to predict, as it depends not only on the innovations in hybrid imaging but also on the evolution 
of standalone intravascular imaging modalities; for example, in OCT, the penetration of the signal has been 
increased in the second-generation systems, while polarized OCT imaging has allowed the accurate detection of 
the fibrous tissue. In IVUS, ACIST Kodama (ACIST Kodama Medical Systems Inc, Eden Prairie, Minnesota) has 
recently introduced a high definition catheter with improved image quality.

It should also be acknowledged that there is a trend toward noninvasive imaging over the last years, 
which has considerably reduced the applications of intravascular techniques in the study of atherosclerosis. 
However, we believe that hybrid imaging will still play an important role. Recently, the Lipid-Rich Plaque 
and the PROSPECT II studies have commenced and aim to utilize dual NIRS-IVUS three-vessel imaging 
to identify plaque characteristics that are associated with future cardiovascular events. In addition, a small-
scale serial intravascular imaging study, which incorporates IVUS and OCT imaging (i.e., the Integrated 
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Biomarkers Imaging Study 4), is currently underway and is expected to provide additional information about 
the atherosclerotic evolution and the mechanisms that are involved in this process.

9.7 � CONCLUSIONS

Hybrid intravascular imaging has emerged over the last years to address the limitations of intravascular 
imaging techniques, and has broadened our knowledge about plaque development. There is no doubt that 
most of the available hybrid approaches have failed to progress and have limited applications in research 
arena. Further effort is anticipated over the upcoming years in the development of new imaging approaches 
with optimization of catheter design and advancement of reconstruction and co-registration software that 
are anticipate to overcome existing limitations and to broaden the applications of the hybrid imaging in the 
study of atherosclerosis.
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Preclinical evaluation of multimodality probes

YINGLI FU and DARA L. KRAITCHMAN

10.1 � INTRODUCTION

Cardiovascular disease remains the number one cause of death in the developed countries. Medical imaging, 
e.g., magnetic resonance imaging (MRI), x-ray fluoroscopy, computed tomography (CT), ultrasound, posi-
tron emission tomography (PET), single photon emission tomography (SPECT), and optical imaging, plays 
an important role in understanding the mechanism of cardiovascular disease and, in some instances, 
diagnosing and tracking cardiovascular disease progression. The advances of cardiovascular imaging are 
mainly driven by the fast development of highly sensitive and specific imaging probes, even at the molecular 
level, and the imaging systems that provide superior spatial and temporal resolution for these probes in vitro 
and in vivo. In general, these imaging probes for cardiovascular imaging can be classified into two categories: 
(1) probes with single imaging detectability and (2) multimodality imaging probes that enable multiple in 
vivo imaging visualization (e.g., detectable by optical, MRI, and PET simultaneously). Some of these imag-
ing probes may contain a therapeutic component that enables concomitant targeted therapy and in vivo 
imaging (Cyrus et al. 2008). Ideally, multimodality imaging probes should take advantage of complementary 
imaging modalities to provide anatomical, functional, and metabolic information with high sensitivity and 
spatial resolution and enable both noninvasive and invasive imaging, thereby providing comprehensive infor-
mation of cardiovascular processes for diagnostic and therapeutic interventions. This could be accomplished 
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by employing multiple imaging probes or a single multifunctional probe that possesses multiple imaging vis-
ibilities. One classic example of the later is the development of the first triple fusion reporter (TFR) gene probe 
that enables fluorescence imaging, bioluminescent imaging (BLI), and PET imaging in the same living subject 
(Ray et al. 2004). Since then, a plethora of other innovative imaging probes have been developed and applied 
to improve the understanding of disease progression or cell fate in the case of cell therapies (Nahrendorf 
et al. 2008; Fu et al. 2013; Kedziorek et al. 2013). This application of the multimodality imaging probes heavily 
relies on the development of imaging hardware and software as well.

In this chapter, we will describe the current development of multimodality imaging probes with emphasis 
on those that show promise for clinical translations. The advantages and disadvantages of these probes will 
be highlighted and seminal preclinical evaluations in the context of cardiovascular disease models will be 
discussed.

10.2 � MRI PROBES

The high spatial resolution of MRI, together with its ability to generate three-dimensional (3-D) anatomical 
information and the lack of ionized radiation, makes it attractive for preclinical and clinical cardiovascular 
application. MRI detects the net magnetic moment of a collection of nuclei in a strong magnetic field after 
a radiofrequency pulse. In biological systems, MRI is essentially an image of the protons presented in water 
and fat as described in Part I of this book. Tissue contrast in MRI is achieved by the difference in proton 
density or intrinsic spin–spin (T1) and spin–lattice (T2) relaxation times. However, the intrinsic contrast 
provided by the water T1 and T2 and changes in their values caused by tissue pathology are often too limited 
to enable a sensitive and specific diagnosis. Therefore, contrast materials, called MRI probes, are increasingly 
added exogenously to generate appreciable magnetic resonance (MR) signals. These probes are designed to 
locally modify the magnetic properties of nearby water protons, creating either hyperintense (T1-weighted) 
or hypointense (T2- and T2*-weighted) MR signal contrast. In general, MRI probes fall into three classes: 
paramagnetic, superparamagnetic, and chemical exchange saturation transfer (CEST).

10.2.1 � Paramagnetic MRI probes

The most commonly used paramagnetic MRI probes are gadolinium (Gd)-based chelate agents. At physiolog-
ically low concentrations, paramagnetic MRI probes shorten  the T1 relaxation time of nearby water protons, 
leading to hyperintense signals on T1-weighted imaging. Chemically, the Gd compounds are encapsulated 
with multidentate ligands to ensure the safety with respect to metal loss. If the protective chelation complex 
is disrupted or lost, then the highly toxic metal ions will be released. Additionally, due to the intrinsic low 
moment of Gd, the linkage of multiple Ga chelates with carriers, such as nanoparticles, peptides, and protein/
liposome assemblies, is often required to increase the payload of the probe, leading to improved imaging 
sensitivity and MRI signal amplification (Loai et al. 2012; Paulis et al. 2012).

The first clinically developed Gd-based chelate agent is Gd diethylenetriamine pentaacetate com-
plex (Gd-DTPA, Magnevist, Bayer HealthCare Pharmaceuticals) (Aime and Caravan 2009). Due to its 
low toxicity and high thermodynamic and kinetic stability, Gd-DTPA was approved by the U.S. Food and 
Drug Administration (FDA) for use in humans in 1988. Since then, other Gd-based chelate agents have 
been also developed. Examples include Gd-DTPA-bis-methylamide (BMA) (Omniscan, GE Healthcare), 
Gd-hydroxypropyl (HP)-tetraazacyclododecane-triacetic acid (DO3A) (ProHance, Bracco Diagnostics), 
Gd-DTPA-bis-methoxyethylamide (BMEA) (Optimark, Covidien Pharmaceuticals), Gd-ethoxybenzyl 
(EOB)-DTPA (Eovist, Bayer HealthCare Pharmaceuticals), and Gd-benzyloxypropionyl tetraacetate (BOPTA) 
(MultiHance, Bracco Diagnostics). Compared with Gd-DTPA, which is highly osmolar, Gd-BOPTA and 
Gd-EOB-DTAP are low in osmolarity and therefore are better tolerated by the host in particular for liver 
imaging. These Gd-chelated compounds are widely used as an extracellular blood pool contrast agents for 
T1-weighted imaging to enhance signal in the vessels for MR angiography, dynamic perfusion assessment in 
the heart, and viability assessment of myocardium in delayed contrast-enhanced imaging (Gerber et al. 2008; 
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Azene et al. 2014). The clearance route for Gd-based MRI probes is mainly through kidneys, with the excep-
tion of Eovist and MultiHance, which are partially eliminated through the liver. The biological elimination 
half-life in patients with normal renal function is ~1.5 h, while it could be as long as >30 h in patients with 
advanced renal impairment (Thomsen et al. 2006). Transmetallation is likely to occur when Gd-chelated 
agents present in the body for such a long period of time, which may contribute to the development of 
nephrogenic systemic fibrosis (Morcos 2008). The commercially available linear, nonionic gadodiamide is 
thermodynamically instable. Therefore, it carries excess chelates to ensure the absence of free Gd3+ in the 
pharmaceutical solutions over their shelf lives (Morcos 2008).

From a therapeutic stand point, Gd-based MRI probes are rarely used in cardiac cell labeling primarily 
due to the toxicity concerns and the low sensitivity for MRI once the probes become intracellular (Bulte and 
Kraitchman 2004a). In preclinical investigations, these probes are often used in higher concentration and 
are required to be conjugated with a carrier to improve their permeability to cell membrane. For example, a 
Gd-based, Cy3-labeled Gadofluorine M contrast agent used for embryonic stem cell (ESC)-derived cardiac 
progenitor cell tracking in the myocardium was designed to have a hydrophilic tail to enhance internaliza-
tion into the cells (Adler et al. 2009). Gadofluorine M did not adversely affect cell viability in vitro and trans-
planted cells could be imaged in vivo 2 weeks post injection in both infarcted and normal mice and could be 
imaged both with MRI and fluorescent imaging (Adler et al. 2009).

Recently, a number of protein-, antibody-, or nanoparticles-based paramagnetic molecular probes have 
also been developed for targeted MRI in disease diagnosis and therapy. Apoptosis of cardiomyocytes plays a 
critical role in ischemic heart disease; thus, modulation of apoptosis may provide a valuable tool for targeted 
cardiac imaging and therapeutic interventions. Hiller et al. developed an annexin-conjugated Gd-loaded 
small liposome probe to image apoptosis in an isolated perfused rat heart (Hiller et al. 2006). In a similar 
study, Briley-Saebo et al. demonstrated the ability of an antibody-conjugated Gd compound to specifically 
delineate atherosclerotic plaques in mouse using MRI (Briley-Saebo et al. 2008). In another study, a theranos-
tic MRI probe using αvβ3-targeting, rampamycin-containing, Gd-labeled, perfluorocarbon (PFC) nanopar-
ticle was investigated for in balloon-injured rabbits as a means to detect and prevent areas of restenosis (Cyrus 
et al. 2008). With MR signal, enhancement from αvβ3-targeted paramagnetic nanoparticles on T1-weighted, 
black blood MRIs of injured vascular segments was demonstrated. In addition, the rampamycin-containing 
targeted nanoparticle was able to inhibit plaque formation and stenosis based on MR angiograms compared 
to sham injections or targeted nanoparticles without rampamycin (Cyrus et al. 2008).

In addition to 1H MRI probes, nonproton MRI probes, such as 19F in PFCs, have also demonstrated high 
potential for cardiovascular imaging and cardiac stem cell tracking (Partlow et al. 2007; Kraitchman and Bulte 
2009). Because the background signal from fluorine is negligible in the body, a high sensitivity to exogenously 
introduced 19F agents can be achieved. Upon systemic administration, PFC nanoparticles are preferentially 
phagocytosed by circulating monocytes or macrophages. Thus, 19F MRI signal mainly reflects macrophage 
infiltration or inflammation (Stoll et al. 2012). Consequently, these novel imaging probes can be utilized to 
monitor immune cell responses in myocardial infarction and rejection of donor organs after transplantation 
(Neubauer et al. 2007; Flogel et al. 2008). In a murine acute myocardial ischemia model, 19F MRI revealed 
a time-dependent infiltration of injected biochemically inert nanoemulsions of PFCs at the border zone of 
infarcted areas; histology demonstrated colocalization of PFCs with monocytes/macrophages (Flogel et al. 
2008). When PFCs are utilized, there is the potential for multimodality imaging, such as ultrasound in com-
bination with 19F MRI. The disadvantages of nonproton MR probes are the low abundance relative to water 
that makes detection challenging and the need for specialized MRI hardware to detect nonproton signals.

10.2.2 �S uperparamagnetic MRI probes

Superparamagnetic MRI probes include many species, such as cobalt, iron platinum, and iron oxide. Among 
those, superparamagnetic iron oxide (SPIO)-based agents are the most widely used MRI probes for biomedical 
imaging, in particular for cell tracking. Unlike Gd-based contrast agents, SPIOs cause a substantial signal loss 
or hypointense signal in the vicinity of iron oxide particles on T2*-weighted MRI irrespective of whether SPIOs 
are internalized into the cells or not. Therefore, the sensitivity of imaging SPIO-labeled cells is much higher 
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than paramagnetic probes (Azene et al. 2014). SPIOs are generally coated with dextran or carboxydextran to 
improve their biocompatibility. Two SPIOs, low-molecular-weight dextran coated ferumoxide (Feridex, Berlex 
Laboratories, and Endorem, Guerbet) and carboxydextrane-coated ferucarbotran (Resovist, Bayer Healthcare), 
were approved for MRI of liver tumors (Ros et al. 1995) and thus showed tremendous promise for clinical 
translation. However, economic factors resulted in these agents ultimately being commercially abandoned.

After intravenous injections, SPIOs are incorporated into macrophages via endocytosis. Therefore, the 
uptake of SPIOs by phagocytic monocytes and macrophages provides a valuable tool to monitor the involve-
ment of macrophages in inflammatory processes, such as vulnerable plaque development in carotid artery 
(Chan et al. 2014). In one study, Sosnovik et al. demonstrated the accumulation of long circulating SPIOs in 
the infarcted myocardium due to the uptake by infiltrating macrophages on T2*-weighted MRI (Sosnovik et al. 
2007). This study also showed high correlation between the amount of injected iron oxide probes and image 
contrast generated within the myocardium. Conjugating the probe with a near-infrared (NIR) fluorophore also 
provided additional benefit to image infiltrating macrophages/monocytes in vivo with NIR fluorescence tomog-
raphy (Sosnovik et al. 2007). Recently, radiolabeled iron oxide nanoparticles have been found to significantly 
accumulate in the heart of apoE−/− mice compared with that of healthy control animals, suggesting that they 
may be useful to detect macrophages in the atherosclerosis plaques of coronary arteries (de Barros et al. 2014).

The ability to label nonphagocytic cells in culture using derivatized SPIOs, followed by transplantation 
or transfusion in living subjects, has enabled the monitoring of cellular biodistribution in vivo including 
cell migration and trafficking during cellular therapeutic interventions. The sensitivity for detecting SPIO-
labeled cells mainly depends on magnetic field strength, the concentration of intracellular iron, and cell 
numbers. It has shown that as few as 20 labeled cells per 1000 cells in a voxel can be detected by MRI at 1.5T 
due to the “blooming” effect; i.e., the artifact created by SPIO-labeled cells is much larger than the volume 
occupied by the cells (Arbab et al. 2003; Zhang 2004) At higher magnetic field, in vivo single cell detection can 
be achieved (Shapiro et al. 2006). One advantage of SPIO labeling is that iron oxides can be integrated into the 
body and recycled into the native iron pool should labeled cells die. However, the signal void created by the 
labeled cells is often difficult to differentiate from endogenous sources of iron, such as hemorrhage and sus-
ceptibility artifacts, which also cause hypointensities on T2*-weighted MRI (Azene et al. 2014). Additionally, 
debate remains as to whether the hypointensities at a later time point represent transplanted cells, engrafted 
cells, lost iron particles from cells, or macrophages with iron uptake. Thus, efforts on developing positive con-
trast techniques to track the susceptibility of off-resonance artifacts created by iron-labeled cells have been 
made. Many of these techniques require either specific pulse sequences (e.g., spin echo or gradient echo) or 
postprocessing methods (e.g., inversion recovery with on-resonance water suppression [IRON], sweep imag-
ing with Fourier transformation [SWIFT], positive contrast with alternating repetition time steady-state free 
precession [PARTS]) (Stuber et al. 2007; Cukur et al. 2010; Eibofner et al. 2010; Zhou et al. 2010). The positive 
contrast SPIO imaging technique called inversion recovery with on-resonance water suppression (IRON) 
was developed that saturates the water and fat peaks so that the off-resonance protons in close proximity to 
the SPIO-labeled cells are enhanced (Stuber et al. 2007). This technique has been used for detection of SPIO-
labeled stem cells in a rabbit model of peripheral arterial disease (Figure 10.1) (Kraitchman and Bulte 2008).

Although no clinical trials using SPIO-labeled cells have been initiated for cardiac repair, many preclini-
cal studies on MR-based tracking of SPIO-labeled stem cells in the heart have been performed in varied 
animal models to address the questions regarding optimal cell delivery route, timing, dosage, cell type, and 
retention (Kraitchman et al. 2003; Ebert et al. 2007; Zhou et al. 2010). In one study, mouse ESCs were labeled 
with SPIO prior to transplantation into mice, and hypointensities in ischemic myocardium were observed 
4 weeks after delivery, suggesting the successful incorporation of labeled ESCs within infarcted myocardium 
(Ebert et al. 2007). A similar study done by Amado et al. demonstrated substantial retention of SPIO-labeled 
bone marrow-derived stromal cells in infarcted myocardium at 8 weeks (Amado et al. 2005). More recently, 
Drey et al. used micron-sized SPIOs to label mesenchymal stem cells (MSCs) and showed the feasibility of 
in vivo tracking of as few as 105 labeled MSCs in infarcted murine heart 4 weeks after intramyocardial injec-
tion (Drey et al. 2013). Using large-animal models, our group has successfully demonstrated the detection of 
SPIO-labeled MSCs in infarcted pigs, dogs, and in critical limb ischemia rabbit (Kraitchman et al. 2003; Bulte 
and Kraitchman 2004b; Kraitchman and Bulte 2008). In reperfused myocardial infarcted pigs (Figure 10.2), 
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(a) (c)(b)

Figure 10.1  Positive contrast detection of SPIO-labeled MSCs in a rabbit model of peripheral arterial disease 
using inversion-recovery with on-resonance water suppression (IRON). (a) An axial positive contrast imaging 
with IRON shows two injection sites (arrows) as bright hyperintensities. (b) A maximum intensity projection of 
a 3-D T2-prepared MR angiogram shows the region of superficial femoral artery occlusion (arrow) in a rabbit 
24 h after occlusion. (c) Fusion of the positive contrast images (a) and MR angiogram (b) reveals the location of 
SPIO-labeled MSCs relative to collateral neovasculature. (Adapted from Kraitchman DL, Bulte, JW, Basic Res 
Cardiol, 103, 105–113, 2008. With permission.)

(a) (b)

(e)(d)(c)

RV

LV

Figure 10.2  Detection of delivery and migration of SPIO-labeled MSCs in a swine myocardial infarction 
model. (a, b) Long-axis MR images show hypointense lesions (arrows) caused by MSCs acquired within 24 h 
(a) and 1 week (b) of injection with the inset on the right demonstrating expansion of the lesion over 1 week. 
(c–e) Intracellular iron as detected by diamino-benzidine Prussian Blue staining (c) matches colabeling of 
MSCs with the fluorescent dyes DiI (d) and DAPI (e) on adjacent histological sections at 24 h after injection in 
another animal, indicating that the SPIOs are still contained within the MSCs. RV: right ventricle; LV: left ven-
tricle. (Adapted from Kraitchman, DL et al., Circulation, 107, 2290–2293, 2003. With permission.)
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MSCs were colabeled with SPIOs (ferumoxides) by “magnetofection” and Dil (I) prior to x-ray fluoroscopic-
guided transmyocardial injection. The detection of SPIO-labeled MSCs on MRI was accomplished and con-
firmed by fluorescence microscopy postmortem (Kraitchman et al. 2003). Interestingly, approximately 30% 
of the injections of SPIO-labeled cells delivered under x-ray fluoroscopic guidance were not successful as 
confirmed by the lack of visualization of labeled cells on MRI of the heart, highlighting the power of cellular 
labeling to determine the success of delivery (Kraitchman et al. 2003). Subsequently, the migration of SPIO-
labeled stem cells in the peri-infarcted myocardium was noted over 8 weeks in a reperfused dog infarction 
model (Bulte and Kraitchman 2004b). While these studies confirmed the presence of SPIO-labeled cells in 
the infarcted and peri-infarcted regions over a long time, injection of SPIO-labeled cells into normal myocar-
dium was no longer detected at 4 weeks postdelivery (Soto et al. 2006). Another potential multimodality use 
of SPIOs is to bind antibodies to the iron oxide nanoparticles to enable cell selection and sorting followed by 
noninvasive imaging (Verma et al. 2015).

Despite the promise of iron oxides in cardiac stem cell tracking, clinical translations have been hampered 
by the recent removal of clinical formulation of SPIOs from the market for economic reasons, and regulatory 
hurdles with the addition of an investigational new device for delivery on an MRI platform that is not familiar 
to interventional cardiologists. Nevertheless, many investigators continue to explore cell labeling strategies 
and applications with an off-label use of FDA-approved ultrasmall SPIO, ferumoxytol (Feraheme, AMAG 
Pharmaceuticals).

10.2.3 �CES T probes

MR probes that utilize the properties of CEST are a novel class of contrast agents that are designed to contain 
a narrow band of off-resonance protons that exchange with the protons in tissue water. When the saturated 
CEST protons exchange with tissue water protons, the on-resonance water signal drops, leading to decreased 
signal intensity in the location where CEST contrast agents present. CEST probes are considered as “switch-
able” contrast agents as they can be turned on or off depending on the specific saturation pulses applied. 
A variety of CEST probes have been developed for medical applications. Agents with amide (-NH), amine 
(-NH2), and hydroxyl (-OH) groups are particularly suitable for producing diamagnetic CEST contrast (Yang 
et al. 2013). One of the advantages of CEST probes is the possibility of generating families of CEST probes 
based on the different resonance frequencies of the exchangeable protons, so that “multiple colors” can be 
created to enable simultaneous detection of different targets after image postprocessing (McMahon et al. 
2008). Based on this concept, an MR reporter gene that overexpresses lysine-rich protein has been developed 
as an endogenous CEST probe and shown to be detectable in the brain (Gilad et al. 2007). In particular, non-
radioactive fluorodeoxyglucose (FDG) has exchangeable protons that can be used for CEST-MRI as well as 19F 
MRI (Rivlin et al. 2013). Despite recent advances in CEST probe design, the sensitivity of CEST probes is low 
in general. One mechanism to increase sensitivity is to use a paramagnetic CEST probe (Evbuomwan et al. 
2012). For example, a fluorescent label can be bound to a europium complex to yield a dual-modality probe for 
optical and CEST-MRI, respectively (Ali et al. 2012). Because CEST imaging requires paired images obtained 
with and without radiofrequency irradiation, motion can be problematic and most CEST-MRI has been per-
formed in the brain. However, two recent studies have looked at CEST-MRI in the heart. Vandsburger et al. 
developed a steady-state CEST-MRI sequence for examining fibrosis in mouse myocardial infarction using 
a PARACEST contrast agent (Vandsburger et al. 2015). Haris et al. have used CEST-MRI in the heart with 
exchangeable amine protons from creatine used in the creatine kinase reaction to provide energy to the heart 
and shown the potential for this technique to be more sensitive than MR spectroscopy for examining myo-
cardial infarction in sheep and swine (Haris et al. 2014).

10.3 � X-RAY PROBES

Radiographic iodinated contrast agents are perhaps the most commonly prescribed drugs in the history of 
modern medicine (Singh and Daftary 2008). Intravenously delivered iodinated contrast has been utilized 
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extensively in x-ray-based imaging, including x-ray fluoroscopy and CT, to visualize vascular structures like 
the arteries and veins (e.g., CT angiography) in the heart and periphery. The recent development of iodinated 
nanoparticles, N1177, has made it feasible to identify ruptured vs. nonruptured atherosclerotic plaques in 
rabbits (Van Herck et al. 2010). New probes, such as PEGylated, low-generation dendrimer-entrapped gold 
nanoparticles, have recently emerged and have been tested for cardiovascular imaging (Liu et al. 2014). X-ray 
probes together with x-ray imaging modalities provide high spatial resolution and allow real-time interactiv-
ity. However, most x-ray probes are highly toxic when used intracellularly even at low concentrations, making 
them unsuitable for cardiac cell labeling and tracking. In addition, the lack of soft tissue visualization and 
concern about ionizing radiation also limit their cardiac application. However, iodinated contrast agents 
for vascular imaging are suitable for anatomical visualization in combination with radionuclide probes for 
molecular imaging.

Recently, our group has developed x-ray-visible microcapsule formulations that allow the use of high pay-
load of x-ray probes without cell toxicity (Barnett et al. 2006, 2011; Kedziorek et al. 2012; Fu et al. 2014). 
Because these x-ray contrast probes are retained in the microcapsule rather than intracellularly, high concen-
tration of such probes can now be utilized to enable serial noninvasive tracking of encapsulated cells using 
conventional clinical x-ray equipment. Alginate microcapsules with addition of barium sulfate allowed the 
confirmation of MSC delivery success using conventional x-ray fluoroscopy and improved the retention of 
allogeneic MSCs in a rabbit model of peripheral arterial disease (Figure 10.3) (Kedziorek et al. 2012). However, 
the large size of the microcapsules (~300–500 μm) may prevent direct injection of encapsulated cells into the 
coronary arteries or myocardium of the heart primarily due to embolization concern or induction of conduc-
tion abnormalities. Since the cells are trapped within the microcapsules, direct incorporation of the cells is 
also unlikely. Presumably, these techniques would be better suited for deposition of cells outside of the heart, 
where the encapsulated cells may improve cardiac function via paracrine mechanism, i.e., encapsulated cells 
release cytokines or growth factors to enhance angiogenesis and recruit native stem cells to the heart and dif-
ferentiate into cardiomyocytes. Based on this concept, Fu et al. have recently demonstrated the feasibility and 
safety of delivering x-ray-visible microencapsulated hMSCs into the pericardial space in an immunocompe-
tent swine model (Fu et al. 2014). One multimodality imaging method is to use x-ray imaging to enable high 
temporal resolution of the heart for interventional techniques in combination with high spatial resolution of 
anatomical detail from MRI. Using this real-time x-ray imaging fused with segmented myocardial borders 
from 3-D whole-heart MRI to enhance visualization of coronary vasculature and the myocardial wall, precise 
intrapericardial deposition of barium sulfate-containing microencapsulated hMSCs was achieved (Figure 10.4) 
(Fu et al. 2014). Contrast agent impregnation is not limited to radiopaque contrast agents. Indeed, using 
perfluoro-octyl bromide (PFOB), a variety of imaging techniques can be performed singly or in a combined 
fashion ranging from ultrasound (based on PFCs), 19F MRI, or x-ray imaging (based on bromine radiopacity) 
(Barnett et al. 2010). Thus, microencapsulation in combination with contrast agents may provide a method 
to monitor the delivery success and track engraftment using a well-accepted x-ray fluoroscopic imaging plat-
form commonly used in cardiovascular application or in combination with ultrasound or MRI.

10.4 � RADIONUCLIDE PROBES

Radionuclide imaging, i.e., PET and SPECT, has the highest sensitivity (PET: 10−11 to 10−12 mol/L; SPECT: 
10−10 to 10−11 mol/L) among all currently used imaging modalities with the ability to quantify radioisotope 
levels (Massoud and Gambhir 2003). Radionuclide probes have been routinely used to assess cardiac meta-
bolic function, viability, contractile function, as well as to noninvasively monitor cell fate (Kendziorra et al. 
2008; Castellani et al. 2010). PET imaging probes are labeled with positron emitting radionuclides (e.g., 18F, 
13N, and 11C), whereas SPECT probes are labeled with γ-emitting radionuclides (e.g., 111In, 99mTc, and 125I), as 
mentioned in Part I of this book. However, the high sensitivity to the radioisotopes also means that anatomi-
cal localization cannot be obtained without fusion with alternate imaging modalities, such as MRI or CT.

In clinical diagnosis and preclinical investigations, 18F and 11C are two most widely used PET radiotrac-
ers because of their availability, chemical characteristics, and nuclear properties. Currently, 11C radionuclide 
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probes are mainly synthesized to image cardiac metabolism, such as fatty acid metabolism (Coggan et al. 
2009). However, 11C has a relatively short half-life of 20 min, making it difficult to synthesize and image within 
a short time window. In contrast, the half-life of 18F is approximately 110 min, allowing time-consuming 
multistep radiosyntheses and long imaging window. Its low β+-energy (0.64 MeV) provides a short positron 
linear range in tissue, leading to high-resolution PET images. Since the first evaluation in 1978, 18F-FDG has 
been routinely used for myocardial viability assessment (Segall 2002). Recently, the application of 18F-FDG 
has expanded to image atherosclerotic plaque inflammation (Blomberg et al. 2013) and label stem cells for 
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Figure 10.3  X-ray visible microcapsule for MSC delivery in peripheral arterial disease (PAD) rabbits. (a) A bar 
graph of the average modified thrombolysis in myocardial infarction (TIMI) frame count, as a measure of col-
lateral vessel development, demonstrates a significant improvement in distal filling only in the PAD rabbits 
that received microencapsulated MSCs (*p < 0.001 empty microcapsules vs. MSC-Xcaps; p = NS naked MSCs 
vs. sham injections). (b–g) Representative digital subtraction angiogram (DSA, red) obtained during peak con-
trast opacification performed at 2 weeks post injection of MSCs-Xcaps (b) and empty microcapsules (c) with an 
overlay of microcapsules injections (green) obtained from mask image of DSA. The small collateral vessels are 
somewhat obscured by the Xcap radiopacity. However, the increased collateralization can be appreciated in 
the MSC-Xcap-treated animal DSA (d) relative to the Xcap-treated animal (e). Native mask digital radiographs 
demonstrate the location of the MSC-Xcaps (f) and empty Xcaps (g) in the same animals. (h) Box-whisker plot 
shows the difference between left and right distal deep femoral artery diameters at baseline and 2 weeks after 
superficial femoral artery occlusion in treated (MSC-Xcaps) and untreated animals (Empty Xcaps). (Adapted 
from Kedziorek DA et al., Stem Cells, 30, 1286–1296, 2012. With permission.)
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tracking after transplantation (Wolfs et al. 2013). As an alternative, Tahara and colleagues developed a new 
radionuclide probe for imaging atherosclerotic plaque using 18F-labeled mannose (FDM), an isomer of glu-
cose whose receptors are expressed on a subset of macrophages in high risk plaques (Tahara et al. 2014). This 
study demonstrated that 18F-FDM uptake was proportional to the plaque macrophage population in a rabbit 
model (Tahara et al. 2014). 18F has also been used to label other biomolecules for targeted cardiovascular 
imaging. For instance, an 18F-labeled glycosylated αvβ3 integrin antagonist (18F-galaco-RGD) was synthesized, 
and its feasibility of targeting αvβ3 integrin expression was demonstrated on PET with focal 18F-galaco-RGD 
uptake after coronary occlusion and reperfusion in rats (Higuchi et al. 2008; Sherif et al. 2012). In addition, 
high levels of 18F-galaco-RGD uptake in the perfusion defect area early after myocardial infarction were asso-
ciated with the absence of significant left ventricular remodeling after 12 weeks of follow-up (Sherif et al. 2012). 
A variety of other 18F-labeled biomolecules, such as 18F-annexvin V (Murakami et al. 2004) and 18F-FBzBMS 
(Higuchi et al. 2013), have been developed for targeting apoptosis and endothelin subtype-A receptor in the 
infarcted myocardium. In ischemic animals, the accumulation of 18F-annexin V in the infarcted area was 
three times higher than that in the noninfarcted area and was correlated to histological detection (Murakami 
et al. 2004).

Radionuclide probes with γ emitters, e.g., 111In, 99mTc, and 125I, are often used for SPECT imaging. One of 
the advantages of these radiotracers is their longer half-life, higher stability, and improved labeling efficiency 
as compared to PET radiotracers. Direct cell labeling with 111In oxine (t1/2 ≈ 2.8 days) initially developed for 

(a) (b)

(c) (d)

Figure 10.4  X-ray fusion with MRI (XFM)-guided intrapericardial delivery of x-ray visible human MSC BaCaps in 
swine. (a) Fluoroscopically guided pericardial puncture shows the lack of visualization of coronary vasculature 
and myocardial borders. (b) Image obtained with XFM (gray scale indicates the x-ray portion of the image, and 
color indicates MR imaging) of the pig heart shows enhanced coronary vasculature and ventricular boundaries 
that may enable more precise targeting of stem cell therapeutics. (c) C-arm CT image of the heart obtained 
1 week after BaCaps delivery shows the distribution of the BaCaps (arrows). (d) Hematoxylin–eosin staining of 
the heart 1 week after XFM-guided delivery of BaCaps with hMSCs (arrows). Insert shows viable hMSCs, with 
clear nuclear morphology and absence of a foreign-body reaction. (Adapted from Fu Y et al., Radiology, 131424, 
2014. With permission.)
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lymphocyte labeling was translated for cardiac stem cell imaging. In a canine myocardial infarction model, 
the trafficking of 111In oxine and SPIO-labeled MSCs could be monitored by clinical SPECT/CT up to 7 days, 
while MRI with a lower sensitivity failed to detect the dual radiolabeled/SPIO-labeled MSCs (Figure 10.5) 
(Kraitchman et al. 2005). Subsequently, many other investigators have demonstrated the varied retention 
of radiolabeled stem cells in the heart after intravenous, intramyocardial, intracoronary, or interstitial ret-
rograde coronary venous delivery (Aicher et al. 2003; Brenner et al. 2004; Hou et al. 2005; Zhou et al. 2005; 
Tran et al. 2006; Blackwood et al. 2009; Wisenberg et al. 2009; Lyngbaek et al. 2010). The minimal detection 
limits of cells with direct radiotracer labeling range from 2,900 cells to 25,000 cells depending on the choice 
of radiotracer and cell type (Jin et al. 2005).

In addition to direct labeling with radioisotopes, new radionuclide nanoparticles are being developed 
for targeted imaging to enable noninvasive detection, diagnosis, and monitoring disease progression. These 
probes will share the high sensitivity of traditional radiotracers but also have a high specificity due to surface 
chemistry conjugation and will likely be readily clinically translatable. In one study, de Baross et al. syn-
thesized 125I-labeled dextran-coated iron oxide nanoparticles to detect macrophages in the atherosclerosis 
plaques of coronary arteries (de Barros et al. 2014). A biodistribution study showed significant accumulation 
of the probe in the heart of apoE−/− mice (de Barros et al. 2014). In another study, Li et al. reported the use of 
111In-labeled liposome nanoparticles with surface conjugation with antibodies against the low-density lipo-
protein receptor LOX1. SPECT imaging displayed a “hot spot” signal in atherosclerotic plaques in apoE−/− mice 
(Li et al. 2010).

Hurdles for development of radionuclide probes include the relatively low spatial resolution of PET/SPECT 
imaging, the need for a generator/cyclotron to produce radionuclide, the potential for radiation damage to the 
cells (Jin et al. 2005; Gholamrezanezhad et al. 2009; Gildehaus et al. 2011), leakage of radiotracers over the 
time course (Aicher et al. 2003), and short imaging window due to radioactivity decay.

(a)

(b)

(c)
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Figure 10.5  Dynamic trafficking of indium-111 oxine-labeled allogeneic MSCs to myocardial infarction (MI) 
dogs. MSCs were colabeled with indium-111 oxine and SPIOs. (a) Short-axis view of alignment of CT (gold) with 
MRI (gray scale) and SPECT (red) shows focal uptake in the septal region of the MI in a representative dog. 
(b) Focal uptake on SPECT (red) in another animal demonstrates localization of the MSCs to the infarcted myo-
cardium in the short-axis (b) and long-axis (c) views. SPECT, owing to the higher sensitivity, was able to detect 
approximately 8000 labeled MSCs/g of tissue, whereas MRI was unable to detect the SPIO-labeled MSCs. 
(Adapted from Kraitchman DL et al., Circulation, 112, 1451–1461, 2005. With permission.)



10.5  Ultrasound probes  223

10.5 � ULTRASOUND PROBES

Echocardiography or ultrasound imaging has been recognized as a powerful imaging tool for cardiac struc-
ture and function evaluations. Due to its noninvasiveness, low cost, lack of ionizing radiation, and portabil-
ity, ultrasound imaging is the most commonly used imaging modality in clinical practice and preclinical 
investigations. Ultrasound probes for molecular imaging share the common property of “acoustic activity” 
in the appropriate energy and frequency of an ultrasound field, i.e., causing different acoustic impedance 
between tissues. The majority of ultrasound probes are gas-filled microbubbles surrounded by a lipid, pro-
tein, or polymer shell, which increase echogenicity. The customary size of microbubbles ranges from 1 μm 
to 7 μm, preferably around 3 μm (Schutt et al. 2003). The stability of microbubbles is dependent on the type 
of gas in the microbubbles and the nature of shell composition. In general, low-solubility gases, e.g. PFCs, 
increase the stability and circulation time of microbubbles in vivo (Schutt et al. 2003). The present PFC-based 
microbubble ultrasound probes were primarily designed to remain within the vascular space to image the 
blood pool. Therefore, for cardiovascular imaging, free circulated microbubbles have been used to enhance 
left ventricular endocardial border opacification and evaluate the response of therapies, including stem cells, 
on perfusion and function in ischemic cardiomyopathy (Nanda et al. 2003; Inaba et al. 2014). Subsequently, a 
variety of targeted ultrasound probes were developed using monoclonal antibodies (Yan et al. 2014), peptides 
(Hyvelin et al. 2014; Leng et al. 2014), or proteins as targeting moieties to facilitate microbubble adhesion 
to endothelial targets. Using a biodegradable polymer microbubble bearing a short synthetic peptide with 
specific human E-selectin affinity, Leng et al. demonstrated persistent ultrasound contrast enhancement of 
the ischemic region of the heart in rats 4 hours after transient coronary occlusion (Leng et al. 2014). Similar 
results were reported in reperfused transient ischemic rat hearts, where high late-phase enhancement within 
the ischemic area was correlated with the expression of E-selectin 24 hours after reperfusion (Hyvelin et al. 
2014). Thus, targeting ultrasound probes could be useful for clinical myocardial ischemic memory imaging 
to identify acute coronary syndromes.

In addition, ultrasound-visible microbubbles have been adapted as vehicles for delivering genes, pro-
teins, or drugs to the target tissues by selective ultrasound targeted microbubble destruction (UTMD) 
(Bekeredjian et al. 2003; Fujii et al. 2011; Ling et al. 2013; Yan et al. 2014). Using matrix metalloproteinase 
(MMP) 2 antibody-conjugated cationic microbubbles carrying Timp3 plasmids (inhibitor of MMP 2 and 
MMP 9), Yan et al. demonstrated significantly higher accumulation of microbubbles in the infarcted region. 
Upon UTMD, microbubble delivery of Timp3 gene significantly increased TIMP3 protein levels in the 
infarct scar and border zone at 3 days post-UTMD, which led to smaller and thicker infarcts and improved 
cardiac function (Yan et al. 2014).

More recently, ultrasound probes have also been employed in stem cell labeling and tracking. Direct label-
ing of bone marrow-derived MSCs by double-layer polymeric microbubbles could be detected in vivo by 
ultrasound for up to 7 days in the mouse thigh (Fu et al. 2011). In a similar vein, neural progenitor cells have 
been efficiently labeled with cationic microbubbles, allowing a clinical ultrasound system to detect single 
cell in vitro at 7 MHz (Cui et al. 2013). Interestingly, the labeled cells could be detected in the left ventricle 
after intravenous injection and were still visible in the liver 5 days after delivery. This study indicated that 
microbubble stability was improved with internalization as free microbubbles only last for a few minutes in 
vivo (Cui et al. 2013), These microbubbles could also be used to carry payloads such as genetic material for 
cell transfection with the added benefit that the genetic material would only be released when exposed to 
ultrasonic engineering, allowing selective targeting of cell expression. Another method is to create targeted 
ultrasound probes that will bind specific cell surface markers for tracking progenitor or stem cells. In one 
study, endothelial progenitor cells (EPCs) were genetically modified to express the mouse H-2Kk protein and 
transplanted subcutaneously in rats. Contrast-enhanced ultrasound demonstrated in vivo detection of EPCs 
with liquid microbubbles conjugated with anti-H-2Kk antibodies (Kuliszewski et al. 2009).

Besides gas-filled microbubbles, gold nanoparticles have also been used as ultrasound probes for longi-
tudinal tracking of stem cells. Gold nanoparticle-labeled MSCs immobilized in PEGylated fibrin gel were 
able to be detected by ultrasound-guided photoacoustic imaging in the lower limb of the rats over 1 week 
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(Nam et al. 2012). Unlike direct labeling with microbubbles, where detection of microbubbles ceases once 
the labels are degraded or destructed, the gold nanoparticles may still remain and can be imaged even if the 
transplanted cells are destroyed.

Although ultrasound probes have relatively high sensitivity, several challenges must be addressed before 
their wide application in cardiac imaging and cell tracking can be fully realized. These include the poor 
spatial resolution (submillimeter) of ultrasound imaging, low stability of ultrasound contrast agents, and 
large size of the microbubbles, which prevents the internalization of large amount of probes, leading to agent 
dilution or loss with cell division. While many ultrasound targeted agents can readily move from the vascu-
lar space to the extravascular space, the translocation from the perivascular space to deep within tissue and 
specific targets has remained challenging.

10.6 � OPTICAL PROBES

Optical imaging probes, including fluorescence probes and bioluminescence probes, are photon-emission 
probes that provide high sensitivity for cell tracking, with detectability of 10−9 to 10−12 mol/L and 10−15 to 
10−17 mol/L, respectively (Zhang and Wu 2007; Fu and Kraitchman 2010; Ransohoff and Wu 2010). Because 
optical imaging probes do not generate tissue contrast, they are often used in combination with high-sensitivity 
anatomical imaging techniques, such as CT and MRI, to provide structural information. A low-cost alter-
native for anatomical localization in combination with fluorescent or bioluminescent optical imaging sys-
tems is 2-D digital light images. These systems are well suited for small-animal preclinical imaging studies. 
However, the low-energy photon attenuation restricts tissue penetration, making visualization of deep 
structure (e.g., blood vessels and the heart) difficult when using external detectors in larger animals. Thus, 
clinical translation of small-animal techniques requires more invasive internal detectors for large animal 
or clinical studies.

Despite the aforementioned limitations, optical probes are useful for preclinical investigations to provide 
insight regarding disease progression, therapeutic response, and cell fate (Waldeck et al. 2008). NIR fluoro-
phores conjugated with biomolecules, e.g., antibodies, proteins, peptides, and functionalized nanoparticles, 
could be used for imaging cardiac angiogenesis and inflammation. In a recent study, single-walled carbon 
nanotubes (SWNTs) with intrinsic NIR photoluminescence were developed for NIR imaging and thermal 
ablation of vascular macrophages (Kosuge et al. 2012). The uptake of Cy5.5-conjugated SWNTs by macro-
phages was demonstrated both in cell culture and in ligated murine carotid arteries on fluorescence and NIR 
imaging. Simultaneous laser light exposure to the ligated left carotid arteries induced apoptosis in the neo-
intima and adventitia of the arteries, which colocalized with macrophages detected microscopically (Kosuge 
et al. 2012). In another study, multipotent progenitor cells (MPCs), including mesenchymal stromal cells, 
bone marrow mononuclear cells, and peripheral blood mononuclear cells, were labeled with an NIR fluoro-
phore, I-786, and subsequently transplanted in a swine model of myocardial infarction (Ly et al. 2009). In vivo 
NIR imaging demonstrated that MPC distribution and retention immediately after intracoronary delivery 
varied depending on cell type (Ly et al. 2009). This study showed that cell retention in the myocardium is 
dependent on the cell population, which could potentially impact the clinical efficacy of cardiac cell therapy.

Quantum dots (QDs) are another class of fluorescence probes that have been employed for vulnerable 
plaque detection in atherosclerotic lesions and stem cell labeling and tracking in the cardiovascular system. 
These nanosized inorganic semiconducting probes have unique optical advantages over organic fluorescence 
dyes, including narrower band emission and broader band excitation with a high quantum yield, exceptional 
photostability, and resistance to chemical and metabolic degradation (Medintz et al. 2005; Cesar 2014). In 
addition, QDs could be easily functionalized with versatile chemistry modification strategies to enable tar-
geted detection. In an in vitro study, Marrache and Dhar developed a synthetic high-density lipoprotein 
nanoparticle bearing diagnostically active QDs for optical detection of macrophage apoptosis in vulnerable 
plaques (Marrache and Dhar 2013). QDs have also been used for stem cell tracking in the heart. QD-labeled 
human MSCs can be unambiguously detected in vivo and in postmortem histological sections at least 8 weeks 
after delivery (Rosen et al. 2007). Though QDs alleviate some of the problems associated with organic dyes 
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(e.g., low absorbance and photobleaching), concerns about the toxicity of QDs, which contain heavy metals, 
have primarily limited these probes to the preclinical arena.

10.7 � REPORTER GENE/PROBES

Unlike the aforementioned multimodality imaging probes, which are essentially exogenously added con-
trast agents, the reporter gene/probes require genetic engineering of the cells with appropriate plasmids or 
viral vectors to induce the cells to express a specific protein, receptor, or enzyme that can be detected either 
directly by imaging (endogenous probes) or by the introduction of a reporter probe. To prevent dilution of 
the reporter upon cell division, a stable transfection using viral promoter (e.g., lentivirus and adenovirus) is 
often required to integrate the reporter gene into host chromatin. Reporter gene/probes were initially devel-
oped for postmortem analysis of the tissue. Perhaps the earliest example of reporter gene/probes is green/red 
fluorescence protein, which can be directly detected by fluorescence imaging for histological analysis. Since 
reporter gene products are expressed only by living cells, false-positive detection is less likely than direct 
labeling techniques. As such, reporter gene/probes are extremely useful for cardiac cell-based therapies to 
assess the status of cell survival, migration, and fate following transplantation.

10.7.1 �MR I reporter gene/probe

Several MR reporters have been developed, including beta-galactosidase (Louie et al. 2000), iron storage 
proteins (e.g., ferritin, transferring, and transferrin receptor) (Moore et al. 2001; Genove et al. 2005; Deans 
et al. 2006; Pawelczyk et al. 2006; Liu et al. 2009; Naumova et al. 2010), and artificial proteins (e.g., lysine-rich 
protein) (Gilad et al. 2007). In 2000, Louie et al. prepared an MR reporter probe for cellular imaging where 
the cells were transfected to express beta-galactosidase that can enzymatically cleave the blocking group on 
chelated paramagnetic ions, leading to increased signal intensity on T1-weighted images (Louie et al. 2000). 
Recently, overexpression of transgenic human ferritin receptor and ferritin heavy chain subunit has been 
performed in various cells, including tumor cells (Moore et al. 2001), neural stem cells (Pawelczyk et al. 2006), 
and ESCs (Liu et al. 2009), such that signal amplification can be realized by accumulating more irons within 
the cells. Preclinical studies have demonstrated the feasibility of overexpressing mouse skeletal myoblasts 
with an MR reporter, ferritin. These transgenic cells were successfully detected by MRI in vitro and in vivo 
after transplantation into the infarcted mouse heart (Naumova et al. 2010). This technique was also used 
to image injected cardiac progenitor cells in an infarcted rat heart (Campan et al. 2011). Follow-up studies 
demonstrated iron uptake up to 4 weeks after transplantation on T2*-weighted MRI (Campan et al. 2011). 
Because ferritin is a native protein responsive for iron storage, its overexpression is not expected to lead to 
iron toxicity. Similarly, an endogenous MRI reporter probe based on lysine-rich protein has been developed 
for CEST-MRI in the brain (Gilad et al. 2007). Although it has the potential to create multicolor images of dif-
ferent exchangeable proton residues, its cardiac application could be extremely challenging because of cardiac 
motion and special CEST imaging procedures.

10.7.2 � PET/SPECT reporter gene/probe

Frequently used PET/SPECT reporter gene constructs include transporter-based sodium-iodide symporter 
for SPECT imaging (Miyagawa et al. 2005; Lee et al. 2008), receptor-based dopamine type 2 receptor (Sun 
et al. 2001; Yaghoubi et al. 2001), and the most widely used enzyme-based herpes simplex virus type 1 thymidine 
kinase (HSV1-tk) or its mutant form HSV1-sr39tk (Gambhir et al. 2000; Cao et al. 2006) for PET imaging.

The reporter probes for imaging thymidine kinase reporter genes are radiolabeled pyrimidine nucleoside 
analogues and acycloguanosine, such as 9-[4-[18F] fluoro-3-(hydroxymethyl)butyl]guanine (18F-FHBG) and 
123I- or 124I-5-iodo-2′-fluoro-1-beta-D-arabinofuranosyluracil (123I-/124I-FIAU). After injection, the reporter 
probe can be detected by PET imaging after it is phosphorylated by HSV1-tk/HSV1-sr39tk and trapped 
inside the cells. One of the first applications of HSV1-sr39tk reporter gene demonstrated the feasibility of 
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tracking gene expression in rat myocardium quantitatively using [18F]-FHBG PET imaging (Wu et al. 2002). 
Subsequently, the detection limit of adenoviral titers was found to be as low as 1 × 107 plaque-forming units. 
Serial microPET studies demonstrated that myocardial [18F]-FHBG accumulation peaked on days 3 to 5 and 
was no longer identified on days 10 to 17 (Inubushi et al. 2003). Drastic signal loss from late time point was 
also observed on microPET imaging in a different study where embryonic cardiomyoblasts expressing HSV1-
sr39tk reporter gene were transplanted in rat myocardium (Wu et al. 2003). This signal reduction was likely 
attributed to acute donor cell death from immune rejection, inflammation, viral toxicity, ischemic environ-
ment, or apoptosis. Using a large animal model of myocardial infarction, Gyongyosi et al. demonstrated the 
first successful translation of PET imaging of HSV1-tk reporter gene to track cardiac stem cell biodistribu-
tion after intramyocardial injection using electromechanical mapping guidance (Figure 10.6) (Gyongyosi 
et al. 2008). Focal 18F-FHBG tracer uptake in the anterior myocardial wall was observed in two injection sites 
8 hours after autologous MSC transplantation (Gyongyosi et al. 2008). Enzyme-based PET reporter gene has 
the advantage of signal amplification. Thus, a very low level of reporter gene expression or small number of 
transplanted cells can often be detected using radionuclide imaging. The major limitations include potential 
immune response elicitation to the foreign reporter gene product, limited reporter probe trapping due to 
rate limited probe transport into the cells, and silencing of the reporter gene over time leading to inability 
to detect the transplanted cells (Luker et al. 2002). Although radionuclide reporter genes and probes have a 

(a) (b)

(c) (d)

Figure 10.6  PET imaging of MSC delivery in a swine MI model using electromechanical mapping guidance. 
(a) Endocardial mapping of a pig heart 16 days after MI. MSCs transfected with a truncated thymidine kinase 
reporter gene were intramyocardially injected into the border zone of the infarction (white arrows), and unla-
beled MSCs were delivered into noninfarcted posterior wall (yellow arrow). (b) 13N-ammonia PET with trans-
mission scan of the pig heart shows perfusion defect in the anterior wall and apex 16 days after MI. (c) The 
locations of two injection sites of reporter gene transfected MSCs are demonstrated by 18F-FHBG PET image 
of the pig heart 8 hours after injection. Unlabeled MSCs could not be detected. (d) Registration of 18F-FHBG 
PET (hot scale) with MRI (gray scale) demonstrating tracer uptake only at MSCs injection sites. (Adapted from 
Gyongyosi M et al., Circ Cardiovasc Imaging, 1, 94–103, 2008. With permission.)
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high sensitivity to a small number of cells, anatomical information is lacking. Thus, CT or MRI is needed to 
provide localization of probe activity (Judenhofer et al. 2008; Cherry 2009).

10.7.3 �O ptical reporter gene probes

Fluorescent proteins, e.g., green fluorescent protein (GFP) and red fluorescent protein (RFP), are among the 
earliest and well-established optical reporter probes that have been widely used primarily for in vitro gene 
expression identification and postmortem histological verification. GFP derived from jellyfish Aequorea vic-
toria has been used to identify the presence of transplanted bone marrow- and adipose tissue-derived MSCs 
in the infarcted mouse myocardium (van der Bogt et al. 2009). However, fluorescent reporter proteins have 
inherent limitations, i.e., significantly high autofluorescence background and scattered photon attenuation. 
Although fluorescence techniques, such as fluorescence-mediated molecular tomography, which permits 
tomographic reconstruction, improved the detection depth up to 1 mm (Graves et al. 2003), it is unlikely 
that such limited penetration depth will be enough to allow in vivo cardiac imaging in large animals or man.

Another type of optical reporter is bioluminescence reporter, such as firefly luciferase from Photinus 
pyralis and renilla luciferase from Renilla reniformis. Exogenous expression of a luciferase enzyme, followed 
by systemic delivery of its substrate (e.g., d-luciferin), forms the foundation of in vivo BLI. Due to the lack of 
background signal in living subjects, bioluminescent reporter has extremely high imaging sensitivity (10−15 
to 10−17 mol/L), making it suitable for cell tracking and gene therapy monitoring in small-animal models 
(Massoud and Gambhir 2003). The application of bioluminescence reporter together with BLI has been dem-
onstrated in rats and mice for tracking the survival, proliferation, and cardiac-specific differentiation of ESCs 
and biodistribution of induced pluripotent stem cells (iPSCs) in the infarcted myocardium (Li et al. 2008; 
Martens et al. 2014). In the latter case, early massive iPSC loss from the injection site and pulmonary accu-
mulation were noted on BLI, suggesting that tissue engineering approaches for cardiac stem cell delivery may 
be necessary in order to limit cell distribution and improve cell retention within the myocardium. As with 
other optical imaging probes, bioluminescent reporter probe also suffers from limited light penetration and 
requires another imaging method for anatomical localization. In addition, it requires the injection of a large 
amount of potentially immunogenic substrates, which makes the clinical translation unlikely.

Although reporter gene/probe approach can directly report the viability of labeled cells, safety concerns 
due to genetic alteration remain. The other primary inherent problems with reporter probes are whether 
genetic expression or uptake of reporter probes affects cell function and whether a small number of cells can 
generate sufficient reporter gene products to enable visualization.

10.8 � MULTIMODALITY PROBES

The purpose of developing multimodality probes is to take advantage of the strength from each imaging 
modality to provide high-sensitivity and superior anatomical details of the target. By integrating individual 
strength of different modality probes, multimodality imaging probes offer a powerful tool to enhance the 
assessment of critical pathophysiological processes and cell therapeutic efficacy. One of the classic examples 
of such a probe is the TFR that consists of truncated thymidine kinase for PET imaging, firefly luciferase for 
BLI, and monomeric RFP for fluorescence imaging. In a murine myocardial infarction model, early survival, 
proliferation, and migration of ESCs transfected with a lentiviral vector carrying the TFR gene were revealed 
on both BLI and PET images (Cao et al. 2006). While reporter gene imaging provides a way to determine 
cell fate in infarcted or normal subjects, delivery of reporter probe (e.g., luciferin, 18F-FHBG) by systemic 
injection could be costly for large animals and may be hindered in ischemic tissues. To address these issues, 
Kedziorek et al. recently coupled reporter gene imaging with x-ray-visible microencapsulation techniques to 
allow targeted reporter probe delivery in rabbits (Kedziorek et al. 2013). The group transfected rabbit MSCs 
with a TFR gene that enabled cell viability assessment by BLI. TFR-labeled MSCs were then encapsulated in a 
PFOB-containing alginate microcapsule that allowed x-ray-guided cell delivery into the hind limb of a rabbit. 
Since the injection sites could be easily visualized on CT images and targeted, small amounts of the reporter 
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probe (i.e., luciferin) could be administered directly to the transplantation site for in vivo viability assessment 
(Figure 10.7). The fluorine moiety of PFOB could be used for 19F MRI. Subsequently, Fu and coworkers dem-
onstrated the feasibility of in vivo PET-MRI tracking of PFOB microencapsulated TFR-labeled human MSCs 
in rabbits using a high-resolution clinical brain PET (Figure 10.8) (Fu et al. 2013). Follow-up BLI demon-
strated high cell survival 2 weeks after delivery, which may be attributed to microcapsule immune protection 
or enhanced oxygen tension provided by PFCs.

Additionally, a number of investigators have synthesized nanoparticle-based probes for multimodal-
ity imaging in biological subjects or tumor models. In an interesting study, Nahrendorf et al. developed 
a tri-reporter nanoparticle probe for PET/MRI/fluorescent imaging and detection of vulnerable plaque in 
apoE−/− mice (Nahrendorf et al. 2008). The probe consisted of a dextran-coated iron oxide nanoparticle core 
for T2-weighted MRI of macrophages, the nuclear tracer 64Cu conjugated on the dextran coat via DTPA for 
PET imaging, and the NIR fluorochrome VT680 for fluorescence imaging. Thus, this probe provided a highly 
sensitive tool to quantitatively assess the macrophage burden in atherosclerosic lesions and allowed rigor-
ous probe validation by fluorescence-based techniques on the cellular and molecular level. Moreover, hybrid 
imaging probes may be useful not only for disease detection but also for therapeutic intervention. In the sce-
nario of PET/optical imaging probe, the PET isotope-labeled macrophage-targeted nanocarrier could be used 
to localize the vulnerable plaques, and the fluorophores attached to the same nanocarrier could guide local 
delivery of therapeutic agents with a fluorescence-sensing intravascular catheter (Yoo et al. 2011).

(a) (b)

(c) (d)

Figure 10.7  Targeted reporter probe delivery under C-arm CT guidance. (a) X-ray fluoroscopic overlay in 
oblique projection on the C-arm CT in preparation for needle targeting to PFOB microcapsules injection 
sites. Orange circle indicates the skin entry point; blue circle shows the target point. (b) Planning of the needle 
entry to the target point in coronal (top left), sagittal (top right), axial (bottom left), and multiplanar reformat 
(bottom right). (c) C-arm CT image demonstrates the visualization of PFOB microcapsule injections (yellow 
arrows) in the right hind leg. (d) In the same rabbit, targeted luciferin injections 24 hours post transplantation 
reveal viable PFOB-microencapsulated MSCs in the right thigh (yellow arrows) that correspond to C-arm CT 
(c) while nontargeted injections of luciferin into the left thigh only shows one visible injection site (blue arrow). 
(Adapted from Kedziorek DA et al., Theranostics, 3, 916–926, 2013. With permission.)
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10.9 � SUMMARY

The development of multimodality imaging probes relevant to cardiovascular imaging has been advanced signifi-
cantly over the past two decades. There have been a large number of preclinical investigations that have exploited 
single or multimodality imaging probes to aid in pathophysiological assessment, therapeutic intervention, and 
optimization in cardiac cell type, dosing, and delivery timing and route. Each imaging modality probe pos-
sesses its own unique attributes and limitations that may set the specific challenges. Due to the relatively low 
sensitivity of MRI, MR-based imaging probes are often designed to either target highly expressed biomarkers 
or with a nanocarrier to increase the sensitivity. While radionuclide imaging probes offer the highest sensitivity, 
the limited resolution of radionuclide imaging and radiation exposure need to be considered for cardiovascular 
imaging. In the clinical and preclinical setting, PET and SPECT images are often acquired in conjunction with 
high-resolution anatomic CT or MR images to provide anatomic colocalization of the target. The future trend 
will be toward increased employment of multimodality imaging probes or fusion of multiple imaging modalities, 
such as PET, CT, or MRI, with x-ray fluoroscopic imaging to enable real-time interactivity with high sensitivity 
to the target and superior anatomical information for better diagnosis and therapy for cardiovascular diseases.
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Multimodality probes for cardiovascular imaging
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11.1 � INTRODUCTION

The era of single-modality imaging systems is drawing to close, with an influx of multimodality imaging 
systems to the marketplace, facilitating one-stop imaging in the interrogation of anatomic and physiologic 
or molecular indices of disease, whether in the form of positron emission tomography (PET)/x-ray computed 
tomography (CT), single-photon emission CT (SPECT)/CT, or the now expanding deployment of PET/magnetic 
resonance (MR) (Bengel et al. 2009; Nekolla et al. 2009; Nensa et al. 2013). However, while the advances 
in instrumentation have been far reaching, the development of multimodality targeted imaging probes has 
lagged behind somewhat, due in part to specific and significant challenges in terms of synthesis and variable 
sensitivity between modalities necessitating complex stoichiometry in combining agents (Louie 2010).
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To minimize impact on normal physiology, reduce potential toxicity, and ensure natural pharmokinetics, 
multimodality probes are necessarily small, ideally at a nanometer scale. The expansion of nanotechnol-
ogy and microfluidics has facilitated chemistry research and development of novel multimodality imaging 
probes. Many early multimodality probes were limited to the combination of a fluorophore with some form 
of contrast agent, whether enveloped within a liposome or micelle or crosslinked to some form of nanopar-
ticle. In more recent years, a variety of alternative designs have been synthesized and developed, combining 
fluorescence and optical imaging with MR, CT, PET, and SPECT labels, facilitating the efficient combination 
of anatomic and physiologic or molecular information from a single imaging probe (Table 11.1).

While extensive preliminary evaluations have been completed in oncology and tumor models, a wider 
array of cardiovascular application is only recently beginning to be explored. In particular, molecular disease 
states such as atherosclerosis and the evaluation of vulnerable plaque have emerged as attractive targets for 
the development of novel multimodality probes. Moreover, the chemical nature of the multimodality probes, 
i.e., as a delivery vehicle, renders them suitable for concurrent targeting of molecular therapy, as so-called 
theranostic agents. In this chapter, we will introduce the various platforms for multimodality imaging probes 
and the inherent advantages and challenges to these designs. We will then examine the cardiovascular appli-
cations in which multimodality imaging probes are desirable and the preclinical testing of select probes in 
these disease settings. Finally, we will discuss the concept of theranostic probes and their potential utility in 
cardiovascular disease.

11.2 � LIPOSOMES AND MICELLES AS MULTIMODALITY CARRIERS

Perhaps the simplest approach to concerted delivery of multiple contrast agents is their incorporation within 
a lipid-based carrier. Liposomes are essentially hollow spheres of lipids either as a bilayer or a monolayer, 
comprising a lipid-rich hydrophobic shell and an aqueous core, which have been used for drug and gene deliv-
ery. Multimodality agents can be incorporated into liposomes in a variety of ways. This can include (i) the 
encapsulation of hydrophilic CT or MR contrast agents (iodine or gadolinium based) within the aqueous core 
of liposomes, (ii) lipid-linking of metal chelators (for gadolinium, gamma- or positron-emitting metals) and 
optical probes (e.g., rhodamine phosphotidylethanolamine), or (iii) a combination of these. Liposomes can 
be further functionalized by addition of targeting moieties to the lipophilic membrane, allowing for selective 
delivery of contrast agent and/or radioisotope to the tissue of interest.

Liposomes are readily synthesized by dispersion of lipid components in solution, resulting in self-assembly 
into a variety of monolayer and bilayer lipid spheres (Al-Jamal and Kostarelos 2007). The incorporation of 
a soluble contrast agent in the liposome is achieved by inclusion in the aqueous solution, generating a wide 
range of contrast agent concentration within the aqueous core. Contrast agents that have been encapsulated 
into the liposome core include iodine-based CT contrast agents (Zheng et al. 2007), gadolinium-based MR 
contrast agents (Mikhaylova et al. 2009), perfluorocarbons that are detectable by both ultrasound and MR 
(Janjic et al. 2008; Pisani et al. 2008), and fluorescent dyes (Louie 2010). Modification of the lipid heads with 
chelating agents such as 1,4,7,10-tetraazacyclododecane-1,4,7,10-tetraacetic acid (DOTA) or diethylenetri-
aminepentaacetic acid (DTPA), fluorophores, and targeting moieties is carried out prior to assembly (Kamaly 
et al. 2008; Vuu et al. 2005; Zielhuis et al. 2006), and these modified lipids are included in the solution to 
generate multimodal liposomes. Functional lipid linkages can include gadolinium (Gd) for MR, 99mTc, 111In, 
or 64Cu for radionuclide imaging and rhodamine phosphotidylethanolamine or fluorescein-lipid for optical 
imaging (Kamaly et al. 2008; Lijowski et al. 2009). Aqueous core liposomes have been generated with diam-
eters as small as 75 nm (Zheng et al. 2007) but are typically around 150–200 nm, depending on the extent of 
modification.

Liposome incorporation extends the biological half-life of tracers by ~50%, resulting in longer circula-
tion time and reduced probe clearance (Zheng et al. 2007). Moreover, further modification of the liposome 
bilayer can allow interaction with the membrane of target cells, facilitating the delivery of contents as contrast 
agents. The capacity for targeted delivery of liposomal contents has important therapeutic connotations as 
well.
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Table 11.1  Multimodality imaging probe designs, advantages, and disadvantages

Design Modalities Size (nm) Advantages Disadvantages

Liposomes/

micelles

MR, CT, 

fluorescence, 

optical, PET, 

SPECT

100–200 •	 Well documented from 

pharmacologic research

•	 Simple synthesis, 

self–assembly

•	 Multiple payloads 

possible

•	 Hydrophilic and 

hydrophobic conjugation

•	 Intracellular targeting

•	 Large size, biliary 

clearance

•	 Uneven stoichiometry 

in batch

•	 Potential for toxicity

Nanoparticles

QDs Fluorescence, 

optical, MR, 

CT, PET, SPECT

5–20 •	 Inherent optical capacity

•	 Crosslink modifications 

readily applied

•	 Coating to modify targetry

•	 Transition metal doping to 

reduce toxicity

•	 Fixed sensitivity of 

optical imaging 

unequal to MR or PET

•	 Can require more 

complex chemistry

•	 Potential toxicity, ROS, 

and free radicals

Iron oxide MR, CT, 

fluorescence, 

optical, PET, 

SPECT

7–80 •	 Inherent CT/MR capacity

•	 Coating modifications 

routine

•	 Multiple couplings 

possible by encapsulation 

or covalent bonds

•	 Size can be limited to 

ease clearance

•	 Toxicity due to hepatic/

biliary clearance

•	 MR signal weaker than 

coupled molecules

•	 Signal for cell tracking 

not restricted to living 

cells

Silica MR, CT, 

fluorescence, 

optical, PET, 

SPECT

30–200 •	 Flexibility for conjugation

•	 Self-assembly synthesis

•	 Combination with QD or 

FeO

•	 Improved stoichiometric 

capacity for signal 

combination

•	 Relatively large particle 

size, hepatic/biliary 

clearance

•	 Potential toxicity

•	 Synthetic composition

Polymers MR, optical, PET, 

SPECT

70–300 •	 Well documented from 

pharmacologic research

•	 Biocompatibility (chitosan)

•	 Nonnatural

•	 Relatively large size, 

hepatic/biliary 

clearance

•	 Potential toxicity

Dendrimers MR, optical, 

SPECT

5–10 •	 Very small size, renal 

clearance

•	 Multiple branches for 

different functionalities

•	 Capacity for specific 

stoichiometry of 

functionalities

•	 More complex 

chemistry

•	 Control of 

concentrations for 

different sensitivities 

required

(Continued )
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Mitchell et al. studied the incorporation of multiple contrast agents into liposomes for multimodality 
imaging (Mitchell et al. 2013). Incorporation of a DOTA macrocycle chelator attached to the lipid head group 
with ethylene glycol (EG) spacers allowed the inclusion of Gd3+, 64Cu2+, 111In3+, or fluorescent lipids within the 
liposome. Phantom studies with Gd-DOTA liposomes demonstrated 85%–90% reduction of T1 signal relative 
to water control, suggesting effective contrast enhancement for MR. In vivo administration of 64Cu and 111In 
liposomes indicated differential distribution patterns, depending on the EG spacers and polyethylene glycol 
(PEG) coverage, targeting to the kidney (theorized to be with smaller sizes), liver, and spleen. This study sug-
gests the possibility of multimodality imaging by specific liposome, with the added potential for theranostic 
delivery of drug payload in tumors, atherosclerosis, or heart disease (Mitchell et al. 2013).

Another study aimed to generate nanomicelles that mimicked activated leukocytes by conjugating the 
associated antigen I domain to the lipid shell with fluorescent dyes (AlexaFluor, Thermo Fisher Scientific) 
and a superparamagnetic iron oxide core. In vitro testing in HeLa cells demonstrated specific binding to the 
intercellular adhesion molecule-1 (ICAM-1), inhibited by addition of missense F262S/F292G, along with T2*-
weighted imaging of the cell pellet that demonstrated negative enhancement, with a detection limit as low as 
1 μg in 100 μL. In vivo testing in mice administered lipopolysaccharide (LPS) to induce inflammation showed 
that the liposome-iron oxide particles were localized selectively to the LPS injection site over phosphate buff-
ered saline (PBS)-administered control, with longer-term accumulation in the liver, suggesting a combina-
tion of ICAM-1 independent phagocytosis (20%) and selective binding in the LPS-induced inflammation 
regions. Accumulation at the injection site was consistently higher for LPS than for PBS up to 72 h (Chen et 
al. 2011), demonstrating the capacity for selective targeting of multimodality nanomicelles.

11.3 � NANOPARTICLES

An alternative platform for multimodality probe design is broadly termed nanoparticles, which has proved 
to be a highly active area of research in the last decade. Nanomaterials provide a versatile starting product 
for the conjugation of multiple imaging functionalities and targeting moieties, and relatively simple synthesis 
methods allow for substitution of imaging probes or targeting molecules for multifunctional applications. 

Table 11.1 (Continued)  Multimodality imaging probe designs, advantages, and disadvantages

Design Modalities Size (nm) Advantages Disadvantages

Nanoparticles

HDL-like 

nanoparticles

MR, CT, 

fluorescence, 

optical, SPECT, 

PET

8–11 •	 Biocompatible, natural 

components

•	 Inherent homing capacity

•	 Relatively simple 

conjugation chemistry

•	 Natural clearance, 

potential metabolism 

of particles

•	 Precise stoichiometry 

of components 

necessary

Small molecule MR, CT, 

fluorescence, 

optical, SPECT, 

PET

Wide 

range

•	 Very small size, renal 

clearance

•	 Well defined for 

radiolabeling

•	 Biocompatible, natural 

components

•	 Complex protein 

chemistry

•	 Specific stoichiometry 

required for 

combinations

•	 Nonspecific binding

Reporter 

genes

Fluorescence, 

optical, SPECT, 

PET

N/A •	 Long-term imaging 

capacity

•	 Cell tracking and 

differentiation

•	 Signal limited to living 

cells

•	 Large size of fusion 

reporter genes 

complicates molecular 

biology

•	 Limitation of anatomic 

imaging functionalities
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Essentially, nanoparticles comprise a single particle (usually spherical but have also been produced in a vari-
ety of alternative shapes), often with inherent imaging functionality, which can then be built upon to incor-
porate additional functionalities by chelator coupling, crosslinks, micelle shells, lipid-bonds, and/or antibody 
binding. The core nanoparticle starting materials include quantum dots (QDs), MR-visible iron oxide, encap-
sulating silica, or polymers as particles or dendrimers.

11.3.1 �Q uantum dots

QDs were among the earliest nanoparticle platforms, exhibiting excitation/emission profiles attractive for 
optical imaging and conducive to chemical modification. Commercially available CdSe/ZnS, CdTe/ZnS, and 
CdSeTe/CdS QDs can be readily modified by direct attachment of chelators such as DOTA or DTPA, allowing 
for incorporation of either Gd3+ for MR or 64Cu for PET imaging (Cai et al. 2007, Oostendorp et al. 2008, Park 
et al. 2008; Schipper et al. 2007). CdSe/CdZnS QDs can also be labeled with 18F-polyethylene glycolipid (Chen 
et al. 2008). Targeting moieties such as vascular endothelial growth factor (VEGF) can be incorporated by 
thiol crosslinking with N-hydroxysuccinimide ester maleimide (Chen et al. 2008). Alternatively, multimodal 
imaging functionality can be incorporated using a coencapsulation method, whereby QDs can be enveloped 
within lipid micelles, which can further incorporate magnetic nanoparticles within the core (Mulder et al. 
2006; Roullier et al. 2008).

A major limitation of multimodality imaging using QDs is that different modalities have different sen-
sitivities and require widely divergent amounts of the common probe for functional imaging. As evidenced 
in a study with VEGF conjugation and DOTA chelation of 64Cu, PET and optical imaging were conducted 
with separate probe administration, as the amount of probe required for optical imaging was an order of 
magnitude higher than that required for PET imaging (Chen et al. 2008). This can be potentially solved by 
manipulating the concentration or specific activity of the radioisotope, reducing the effective ratio of labeled 
QDs to unlabeled QDs (Louie 2010). By contrast, the challenge is reversed for MR contrast agents, which 
require amplification of Gd per nanoparticle compared to near infrared imaging of QDs. This complication 
can be overcome in a number of ways, including the attachment of streptavidin and biotinylated Gd-DTPA to 
augment Gd per particle or the construction of micelles, effectively coencapsulating a magnetic nanoparticle 
such as iron oxide within an inner core of QDs and outer core of PEG phospholipid (Park et al. 2008).

QDs can also be doped with transition metals either to enhance optical emission parameters or to add 
MR functionality, as demonstrated by doping with manganese (Mn), indium (In), and cobalt (Co), among 
other metals. Addition of Mn to silicon (Si) nanoparticles generated a red shift in the emission and excitation 
wavelengths for optical imaging (Zhang et al. 2007).

The other drawback to QDs is the perceived long-term toxicity after administration. Several studies have 
demonstrated cytotoxicity of QDs due in part to production of reactive oxygen species and free radicals (Ipe 
et al. 2005; Lovric et al. 2005). While it has been generally believed that coating of the QD prevented sig-
nificant degradation, accumulation, and deleterious effects, in vitro studies suggest that adverse toxicity may 
persist regardless of the QD coating.

Nevertheless, preclinical studies have established several multimodality candidate probes based around 
QDs. Marrache and Dhar developed nanoparticles via self-assembly of poly(lactic-co-glycolic acid) (PLGA), 
PLGA-b-PEG QDs, and cholesteryl oleate (CO) (Marrache and Dhar 2013). The core was surrounded by a 
1,2-distearoyl-sn-glycero-3-phosphoethanoamine-polyethylene-glycol-carboxylic acid (DSPE-PET-COOH) 
embedded with cholesterol and apoliprotein A-1 mimetic 4F peptide (sequence FAEKFKEAVKDYFAKFWD) 
targeted to mitochondria for biodegradation, and to thereby provide internalized high-density lipoprotein 
(HDL) as a cardioprotective agent. Nanoparticles of ~100 nm showed limited toxicity in RAW macrophages 
and mesenchymal stem cells (MSCs) in vitro and demonstrated effective localization to mitochondria by live 
cell imaging. Targeted nanoparticles homed to the mitochondria of nonapoptotic cells, whereas nontargeted 
nanoparticles were found in the cytoplasm. Highest concentration of cadmium (Cd) (indicative of QD hom-
ing) was found in the heart and spleen, with clearance from the plasma over 24 h to ~50% of initial levels. 
Cholesterol levels and circulating triglycerides were markedly reduced within 5 h of administration, persisting 
over the first 24 h, likely due to the binding of cholesterol to the triphenylphosphonium (TPP)-HDL-apoA-I 
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nanoparticles, suggesting theranostic potential (Marrache and Dhar 2013). The particles also allow for addi-
tional labeling for other modalities.

11.3.2 � Iron oxide

Iron oxide nanoparticles have been reliable contrast agents used clinically for several years, and the bio-
compatibility and low toxicity of iron have supported these nanoparticles as platforms for multimodality 
imaging probes. Iron oxide nanoparticles can be synthesized with diameters as small as 7–10 nm, reaching 
sizes of 100–200 nm with additional conjugated molecules. Additional functionalities can be incorporated 
into iron oxide nanoparticles by direct covalent conjugation or encapsulation within a luminescent shell, 
which can be further functionalized. The vast majority of multimodal iron oxide nanoparticles combine 
the inherent MR properties with a covalent linkage to fluorescence or near-infrared optical imaging mol-
ecules such as rhodamine (Banerjee and Chen 2009; Gallagher et al. 2009), Cy5.5 (Kelly et al. 2005; Pittet 
et al. 2006), or AlexaFluor (Gunn et al. 2008; Maxwell et al. 2008). Alternatively, radionuclide imaging 
functionality can be incorporated by appending DOTA or DTPA for chelation of 64Cu or 111In (Nahrendorf 
et al. 2008; Natarajan et al. 2008), by PEG-lipid conjugation of 18F (Devaraj et al. 2009), or direct coupling 
to the coating of the iron oxide as exemplified by 124I conjugation to Mn-coated iron oxide nanoparticles 
(Choi et al. 2008).

In a clinical case study, ultra-small superparamagnetic iron oxide nanoparticles were administered 
4 days after ST-elevation myocardial infarction in a 50-year-old patient. On baseline scan, small foci of 
subendocardial dark regions were identified within the late gadolinium enhancement positive segments. 
After administration of nanoparticles, hypoenhancement of T2-weighted images, as well as hyperenhance-
ment of the anterior wall, was noted, sustained over 48 h after injection and receding by 96 h, suggesting 
a better localization of the infarct and border zone than late gadolinium enhancement alone (Yilmaz et 
al. 2012). The group later reported a larger study in 14 patients, in which similar distribution patterns 
were reported. Flow cytometry established the accumulation of nanoparticles in inflammatory leukocytes, 
particularly within activated macrophages. In vitro assessment showed that incubation of cultured macro-
phages with ferucarobtran (up to 0.25 mg Fe/mL) did not alter cell morphology or viability. Taken together, 
the studies suggest that ultra-small superparamagnetic iron oxide nanoparticles have a superior safety 
profile for clinical application and may be useful in identifying scar and peri-infarct regions of the myo-
cardium at early stages postinfarct (Yilmaz et al. 2013).

Iron oxide particles have been used to label erythrocytes for MR blood pool imaging (Rahmer et al. 2013). 
In vitro imaging showed that signal from iron oxide-loaded erythrocytes was comparable to a higher dose 
of iron oxide nanoparticles, achieving similar resolution with 3.3 times lower iron concentration. In vivo 
imaging in healthy mice showed a defined blood pool image that was maintained to 24 h after injection, with 
periodic modulation matching to the heart rate. Overlay of blood pool images with anatomical MR images 
from the same mouse that was gated for respiration and heart contraction resulted in a reasonable alignment 
of ferrous oxide (FeO) erythrocyte blood pool signal within the anatomic defined ventricles.

11.3.3 �S ilica

Alternatively, nanoparticles can be coated with inert matrices such as silica, providing a stable and water 
soluble matrix for containment of molecular probes including Gd-DTPA, QDs, iron oxide, or optical agents 
rhodamine ortris(bipyridine)ruthenium(II)-chloride (Ru(bpy)) (Kim et al. 2007; Lee et al. 2006; Rieter et 
al. 2007a; 2007b; Santra et al. 2005; Yang et al. 2008). Synthesis of silica nanoparticles is achieved by reverse 
microemulsion mixing of surfactant, oil, and water to synthesize nanoparticles in multiple nanoreactions, 
as well as subsequent addition of silica shells by condensation with tetraethylorthosilicate. This layering pro-
cess can be repeated to incorporate further QDs and functionalities within the nanoparticle, as has been 
demonstrated with gadolinium-containing gold flecked nanoparticles with size selection achieved by water/
surfactant ratio separation (Sharma et al. 2008). Silica nanoparticles have been prepared in a variety of sizes 
(30–200 nm diameter).
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Kumar et al. provided the initial evaluation of organically modified silica nanoparticles (20–25 nm) radio
labeled with 124I for PET imaging and also conjugated these nanoparticles with near infrared fluorophores 
for optical imaging (Kumar et al. 2010). PET imaging, fluorescence, and biodistribution studies in severe 
combined immunodeficiency (SCID) mice demonstrated a comparable signal between the modalities with 
accumulation in the liver, spleen, and stomach, with lower distribution in the kidney, heart, and lung and no 
histopathology-defined toxicity (Kumar et al. 2010).

Woolley et al. developed a stable dye-doped silica nanoparticle functionalized with polyamidoamine 
(PAMAM) dendrimers to facilitate conjugation of platelet activation antibodies (Woolley et al. 2013). The 
final nanoparticles were 159 nm in diameter, with a molecular brightness 74 times greater than a single dye 
molecule. Coupled to PAMAM for platelet targeting improved mono dispersion with reduced aggregation of 
particles. When functionalized with CD41, a 2.5-fold increase in platelet binding was observed for nanopar-
ticles, confirmed by scanning electron microscopy (Woolley et al. 2013).

With the larger size of silica nanoparticles, toxicity is a concern. Thakor et al. compared the toxicity of 
a silica-based, gold, and Raman-active organic nanoparticle (Thakor et al. 2011). Nanoparticles (9.6 × 1010) 
were administered to 120 mice (60 male, 60 female) and evaluated over >2 weeks. Gold was detected in the 
liver and spleen as early as 5 min after injection, with a gradual decline over 2 weeks in the liver and a peak 
accumulation in the spleen at 24 h after injection. Terminal deoxynucleotidyl transferase (TdT) dUTP Nick-
End Labeling (TUNEL) staining demonstrated no associated apoptosis. Antioxidant enzyme gene expression 
(superoxide dismutase, catalase, hemoxygenase) was elevated in liver tissue after nanoparticle administra-
tion. However, nanoparticles were determined to have no toxicity after administration in mice (Thakor et al. 
2011), dependent in part on maintaining effective particle clearance by limiting size.

11.3.4 � Polymers

Other polymers have also been used in the synthesis of nanoparticles, including polystyrene, polyethylenei-
mine, polymethacrylates, and chitosan. Building from pharmacological delivery technology, polymers can be 
readily engineered to encapsulate contrast agents or to crosslink with other imaging functionalities (Doiron 
et al. 2009; Louie 2010; Seo et al. 2008). In general, polymers have included MR and fluorescence probes, 
incorporating manganese doped iron oxides, fluorophores, and QDs. Chitosan is a biocompatible polymer 
with capacity for electrostatic interaction with cells, facilitating delivery of imaging probes (Tan and Zhang 
2007; Yuan et al. 2006). Polymer nanoparticles have been generated at 70–300 nm diameter.

Liu et al. prepared a nanoparticle comprising C-type atrial natriuretic factor (C-ANF) targeting moieties 
and DOTA chelators coupled to a poly(methyl methacrylate) core for labeling with 64Cu (20–22 nm) (Liu et 
al. 2011). In healthy mice, C-ANF-targeted nanoparticles exhibited slower clearance and extended presence 
in blood—56% at 1 h after injection compared to 25% for nontargeted nanoparticles, which were rapidly 
cleared by the liver and kidney. Nanoparticles were administered to mice following femoral artery ligation 
to induce hindlimb ischemia and promote angiogenesis. On day 7 after surgery, uptake of 64Cu-DOTA-C-
ANF nanoparticles was significantly increased (~threefold) compared to the nonischemic leg, responsive to 
a saturating dose of unlabeled C-ANF nanoparticles. Immunofluorescence of nanoparticles colocalized to 
neovessel endothelial cells and vascular smooth muscle cells (Liu et al. 2011).

Chitosan nanoparticles have been studied for the delivery of cyclosporine to an eye injury rabbit model, 
with 99mTc loaded concurrently to track the efficacy of therapeutic targeting. Nanoparticles were demon-
strated to bind selectively to the corneal surface, as confirmed by in vivo SPECT imaging, and could poten-
tially facilitate targeted drug delivery to the injury site (Yuan et al. 2006). The porous nature of chitosan and 
other polymers renders these nanoparticles particularly attractive for nuclear imaging approaches due to the 
free diffusion and delivery of radionuclides.

11.3.5 �D endrimers

As opposed to encapsulation of contrast agents, nanoparticles have also been engineered as aggregates of 
functional branches to which imaging probes and targeting moieties can be appended. These dendrimers 
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generally comprise polyamidoamine branched chains and can be readily coupled to a variety of probes by 
amine chemical reactions. Due to the lack of encapsulated particles, dendrimers have been synthesized 
with extremely small sizes (5–10 nm in diameter), and multiple branches proffer multiple permutations 
of multimodality functionalities including Gd-DTPA, chelators for 64Cu, 99mTc, or 111In, gold, and fluores-
cent dyes like rhodamine, Alexafluor, or Cy5.5 (Boswell et al. 2008; Sarin et al. 2008; Talanov et al. 2006; 
Xu et al. 2007).

Wen et al. synthesized gadolinium loaded dendrimer-entrapped gold (Au) nanoparticles for dual CT 
and MR imaging (Wen et al. 2013). Amine-terminated generation-five poly-amidoamine dendrimers were 
modified with a gadolinium chelator and PEG monomethyl ether to bind gold, with a final average diam-
eter of 4.6 nm. Gd-Au dendrimers demonstrated enhanced x-ray attenuation and improved enhancement of 
T1-weighted images in a concentration-dependent manner, though the presence of gold may have lowered the 
relaxivity. In vitro studies demonstrated maintained cell viability with an Au concentration up to 50 μM. In 
vivo imaging studies established localization of dendrimers in the heart, liver, and bladder over 45 minutes 
of clearance; comparable distribution was observed in MR images. The relevance of two anatomical imaging 
modalities is questionable, but these dendrimers may additionally provide an alternative platform for incor-
poration of radioligands and PET/SPECT imaging. Nevertheless, the requisite concentrations for sufficient 
resolution must be determined (Wen et al. 2013).

11.3.6 �HDL -like nanoparticles

The uses of low-density liporotein (LDL), HDL, or nanoparticles designed to mimic HDL are appealing 
platforms for multimodality probes due to their biocompatibility, small size, and facilitative chemistry 
properties for encapsulation, surface conjugation, and protein binding of imaging probes and targeting 
moieties. Natural LDL and HDL have been labeled with Gd-chelates, fluorescence dyes, near-infrared 
dyes, and targeting molecules to prevent binding to native LDL and HDL receptors. Alternatively, syn-
thetic HDL has been constructed from the core components of native HDL with the inclusion of a gold, 
iron oxide, or QD nanoparticle core. These HDL-like nanoparticles have been conjugated to Gd-DTPA 
and rhodamine, providing a combination of CT, T1-weighted MR, T2-weighted MR, and fluorescence 
imaging capacity. Without targeting appendages, these nanoparticles distribute in a similar fashion to 
native HDL, rendering them a biological and intriguing multimodality imaging probe for cardiovascular 
disease.

Frias et al. incorporated Gd-1,2-dimyristoyl-sn-glycero-3-phosphoethanolamine-DTPA (DMPE-DTPA) 
and 1,2-dipalmitoyl-sn-glyero-3-phospoethanolamine-N-(7-nitro-2,1,3-benzoxadiazol-4-yl) (NBD-DPPE) 
into HDL expressing apolipoprotein A-1 (Frias et al. 2004). The HDL-like contrast agent exhibited a relaxiv-
ity of 65 MHz, with an r1 value of 10.4 mM−1 s−1. ApoE knockout mice were injected with HDL-like contrast 
agent and scanned at 24 h after injection. Enhancement of the abdominal aorta wall was visible immedi-
ately after injection, proportional to the degree of cellular content of the plaque. The signal was substantially 
reduced by 48 h, whereas without apoA-HDL, contrast was retained for a longer period, suggesting natural 
clearance of the nano contrast agent. Postmortem confocal microscopy demonstrated integration of HDL 
contrast within the laminar cells of the vessel wall (Frias et al. 2004). LDL has also been labeled with 125I and 
99mTc for SPECT imaging of microvasculature endothelium in atherosclerosis (Sabal et al. 2006).

Skajaa et al. encased an iron oxide core within HDL and conjugated to Cy5.5 as a nanoparticle 
(7–13  nm in diameter) for dual MR and optical imaging (Skajaa et al. 2011). In vitro testing demon-
strated maintained cell viability after HDL administration in vivo, in both macrophages and hepatocytes 
over 8 h of incubation, and uptake was saturable. Presence of increasing concentrations of unlabeled 
HDL significantly reduced uptake in macrophages, hepatocytes, and endothelial cells; higher uptake was 
observed with HDL nanoparticles compared to larger PEG nanoparticles with the same core and Cy5.5 
conjugation. Transmission electron microscopy established presence of FeO-HDL within atherosclerotic 
plaques of ApoE−/− mice, with wider distribution to hepatocytes, and excretion via the biliary system 
(Skajaa et al. 2010).
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11.4 � MACROMOLECULAR CARRIERS AND SMALL MOLECULE 
PROBES

Naturally occurring macromolecules can also be used as a delivery carrier of imaging agents. Conjugation 
chemistry allows the coupling of chelators, fluorophores, and targeting moieties directly to the macromol-
ecule. Macromolecular carriers include polylysines, polyglutamic acid, dextrans, and peptides. The relative 
concentration of Gd-chelate conjugations per polylysine compared to fluorescence labels is essential for effec-
tive MR enhancement and tissue transport (Uzgiris et al. 2006). Dextran conjugates with Gd-DTPA and 
rhodamine (GRID) have proven useful as an ex vivo cell labeling technique and to track cells in vivo. Peptide 
carriers are similar platforms to polymers, although the loading capacity for imaging functionalities is inher-
ently dependent on the peptide size. As such, radiolabeling of peptides for PET or SPECT is more feasible 
than Gd-coupling for MR. Chelation of 64Cu, 111In, and 177Lu has been demonstrated in small peptides, with 
concurrent labeling with fluorescence tags (Edwards et al. 2008, 2009).

Albumin exhibits a larger proportion of free amines for chemical modification, which facilitates higher 
loading of Gd and greater MR contrast potential. Maleylated bovine serum albumin has been used as a dual-
modality MR/PET imaging agent targeted to macrophage scavenger receptors, labeled with Gd-DOTA for 
MR and 64Cu-DOTA for PET in a 11:1 stoichiometric ratio (Louie 2010). Alternatively, Gd-DTPA has been 
combined with biotin and rhodamine or fluorescein for MR and optical/fluorescence imaging. The inclusion 
of biotin was suggested to allow subsequent administration of avidin to neutralize nonspecific binding of 
albumin, as validated in a tumor model (Dafni et al. 2003).

A final category of multimodality imaging probe platforms are small molecules, which minimize the 
connection between different functional imaging agents but often involve complex synthesis procedures. 
The advantage of this approach is the minimal size of the generated probe, which typically allows for renal 
clearance and reduced toxicity. Perhaps the simplest approach is the direct radioiodination of fluorophores, 
providing nuclear imaging functionality to a fluorescence probe (Pandey et al. 2005). Alternatively, Gd has 
been effectively coupled to rhodamine, fluorescein, coumarin, and spiropyran via DOTA (Mishra et al. 2006; 
Mizukami et al. 2009; Tu and Louie 2007) and to Oregon Green via DTPA (Dirksen et al. 2004). These probes 
generally provide excessive fluorescence signal for microscopy due to the ratio of Gd-chelate to fluorescence 
probe and the necessary dose for effective MR contrast enhancement. Conversely, conjugation of DOTA to 
cypate has allowed multimodality imaging with 64Cu, 177Lu, or 111In with optical imaging without excessive 
cypate signal due to the comparable sensitivities of the modalities (Edwards et al. 2008).

11.5 � REPORTER GENES

An alternate approach to multimodality imaging is by engineering cells for endogenous expression of mul-
tiple reporter genes. Unlike the previous examples, this technique generally utilizes a single modality probe 
since the target cells directly express any secondary and tertiary functionality. Inclusion of fluorescent genes 
(e.g., green fluorescence protein [GFP], luciferase) in plasmid vectors is relatively commonplace (Che et al. 
2005; Sun et al. 2009; Terrovitis et al. 2010), which enables the incorporation of receptor or thymidine kinase 
reporter genes for targeted nuclear imaging in combination with fluorescence in a single fusion construct. A 
triple-fused reporter gene has been incorporated into a recombinant adenoviral vector, including enhanced 
GFP, firefly luciferase, and herpes simplex virus thymidine kinase (HSV1-tk) for PET imaging in a variety 
of cell lines (Ponomarev et al. 2004). Labeling of bone marrow stem cells injected into the left forelimb dem-
onstrated capacity for fluorescence, bioluminescence, and PET monitoring of cells (Pei et al. 2012). Sun et 
al. evaluated several combinations of bicistronic reporter genes under a common tetracycline-response ele-
ment, experimenting with combinations of luciferase, β-galactosidase, dopamine D2-receptor, and HSV1-tk 
genes (Sun et al. 2001). Dual PET reporter showed 98% correlation between 3-(2′-18F-fluoroethyl)spiperon 
(18F-FESP, D2) and 18F-9-[(1-fluoro-3-hydroxy-2-propoxy)methyl]guanine (18F-FHBG, HSV1-tk) binding to 
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the PET targets (Sun et al. 2001). A new generation of triple-modality reporter genes incorporated mutant of 
thermostable firefly luciferase, which exhibited a twofold increase in bioluminescence in vivo, partially coun-
tering the sensitivity inequality between modalities (Ray et al. 2007).

More recently, gene transfer of the enzyme tyrosinase, and the associated product melanin, has been pro-
posed as a trimodal reporter for photoacoustic, MR, and PET imaging due to broad optical absorption (photo-
acoustic), metal chelating capacity (MR), and binding of N-(2-(diethylamino)ethyl)-18F-5-fluoropicolinamide 
(18F-P3BZA, PET) (Qin et al. 2013). In vivo imaging in tumor bearing mice showed distinct and sensitive 
photoacoustic and PET identification of transplanted cells; though sensitivity was lower, spatial resolution of 
MR improved precise localization of the signal.

11.6 � CARDIOVASCULAR APPLICATIONS

The combination of anatomic and physiologic information from a single probe is particularly advantageous 
in cardiovascular disease, in which precise localization of altered molecular processes provides insight into 
positive and negative remodeling as well as facilitating targeted and monitored therapy. While much of the 
early in vivo characterization of nanoparticles and other multimodality imaging tracers has been conducted 
in oncology animal models, the expansion of targeting functionalities has facilitated a wider application in 
cardiovascular disease. Among multimodality probe molecular targets are programmed cell death, cellular 
inflammation, and angiogenesis. Moreover, multimodal probes have been used for cell labeling to monitor 
cell-based therapies. In recent years, a wider application of multimodality imaging probes in animal models 
of myocardial infarction, ischemia, allogenic transplant, and particularly in atherosclerosis has also been 
found (Table 11.2).

11.6.1 �A poptosis

As with single-modality tracers, apoptosis can be investigated by targeting annexin signaling (Bauwens et al. 
2011; Laufer et al. 2009; Wang et al. 2013). PEGylated micelles were engineered to include an iron oxide core 
or Gd-DTPA lipids, with additional fluorescent lipid markers incorporated into the lipid bilayer and further 
functionalized with Annexin A5-cys to target apoptosis. Superparamagnetic micelles exhibited increased 
relaxivity on transmission electron microscopy as defined by high r2/r1 ratio (as a negative contrast agent), 
with an average diameter of ~10 nm. Functionalized liposomes showed high calcium-dependent binding to 
phosphatidylserine in ellipsometry measurements (Andree et al. 1990). MR imaging of apoptotic Jurkat cell 
pellets displayed hypointesity on T2-weighted MR and hyperintensity on T1-weighted MR, with prolonged 
relaxation rates confirmed. Fluorescence imaging verified localization within the apoptotic cells (Figure 11.1) 
(van Tilborg et al. 2006). More extensive in vivo studies remain in progress.

11.6.2 � Inflammation

Myocardial inflammation has emerged as a potential therapeutic target in the early stages after infarction, 
whereby modulation of the inflammatory microenvironment and leukocyte trafficking can improve endog-
enous wound healing. While several publications have demonstrated imaging of postinfarct inflammation 
by macrophage accumulation of 18F-fluorodeoxyglucose (FDG), this method is limited due to natural cardio-
myocyte 18F-FDG uptake, which must be suppressed, and can therefore complicate the precise localization of 
the inflammatory signal. As such, specific multimodality agents targeted to inflammatory cells and cytokines 
are desirable.

In an early example, 111In-IgG was incorporated into a PEGylated liposome to evaluate infection and inflam-
mation in rats after Staphylococcus aureus injection into skeletal muscle. Liposomes functionalized with 
111In-IgG showed enhanced accumulation within the abscess over 48 h, but relatively slow blood clearance. 
There was no uptake in kidneys, suggesting a liver/biliary excretion of the PEGylated liposomes (Boerman 
et al. 1995).
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Dual-modality labeling has been demonstrated with silica-coated iron oxide nanoparticles conjugated 
with fluorescent rhodamine β-isothiocyanate for assessing degrees of inflammation in an experimental rat 
model of autoimmune myocarditis (Moon et al. 2012). Nanoparticle blood half-life was 2.8 ± 0.5 h and was 
found to be biocompatible. Myocarditis hearts exhibited extensive inflammation, with significant accumula-
tion of internalized nanoparticles and flow cytometry-identified infiltrating immune cells, predominantly 
macrophages (80%), in the enlarged left ventricle. After administration of nanoparticles (24 h), negative 
enhancement on T2*-weighted MR was apparent in the left ventricle of myocarditis hearts but not control 
hearts. The area and degree of contrast enhancement on T2*-weighted MR were proportional to the inflam-
mation grades assigned from hematoxylin/eosin staining, suggesting a noninvasive method for tracking the 
pathogenesis of myocardial inflammation.

Kelly et al. identified a specific moiety within adhesion molecule vascular cell adhesion molecule (VCAM)-1 
mediated cell internalizing peptides that bound VCAM-1 and blocked leukocyte endothelial interactions 
(Kelly et al. 2005). They incorporated this moiety into an iron oxide-fluorescence-labeled nanoparticle to 
target inflammation, induced in mice by tumor necrosis factor (TNF)-α injection to the ear. Nanoparticles 
were imaged by confocal microscopy, revealing accumulation in the inflamed ear vessels at 4 h and 24 h after 
administration, while accumulation was absent in the contralateral ear. MR imaging in ApoE−/− mice showed 
enhancement of the aortic arch and root, consistent with inflammation of atherosclerotic plaque and accumu-
lation of nanoparticles. Flow cytometry demonstrated nanoparticle binding to endothelial cells, with limited 
accumulation in macrophages, suggesting an alternative target for atherosclerotic imaging (Kelly et al. 2005). 
Subsequently, Nahrendorf et al. demonstrated 20× greater enhancement on T2-weighted MR than previously 

(a)

(b) (c)

Iron oxide

PE-carboxyfluorescein

Gd-DTPA-BSA

Annexin A5-cys

Mal-PEG2000-DSPE

PEG2000-DSPE

DSPC
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N
H

50 µm
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Figure 11.1  (a) Design of superparamagnetic micelles conjugated to Annexin-A5 for targeting apoptotic 
cells. Micelles contain a core of iron oxide or Gd-DTPA-bovine serum albumin for MR contrast enhancement. 
(b) Spin-echo images of cell pellets with (right) and without (left) exposure to superparamagnetic micelles; 
hypoenhancement on T2-weighted images (upper) and hyperenhancement on T1-weighted images (lower). 
(c) Confocal transmission (left) and fluorescence (right) images of apoptotic Jurkat cells exposed to micelles 
with (lower) and without (upper) Annexin A-5 targeting. (From van Tilborg GA et al., Bioconjug Chem, 17, 
741–749, 2006. With permission.)
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reported, confirming uptake into endothelial cells of ApoE−/− mice by immunohistochemistry (Nahrendorf 
et al. 2006). Treatment with atorvostatin reduced the accumulation of nanoparticles in the aortic root, with 
~50% reduction of MR contrast enhancement and fluorescence, which occurred in parallel with markedly 
lower VCAM-1 expression at the aortic root. Binding of VCAM-1 is suggested to provide an early indicator of 
plaque inflammation and may be a functional early biomarker of plaque vulnerability (Nahrendorf et al. 2006).

11.6.3 �A therosclerosis and vulnerable plaque

Perhaps the most relevant and well-reported cardiovascular application of multimodality imaging probes 
to date is in the field of atherosclerosis and the quantification of plaque. The combination of high-resolution 
MR or CT contrast with radioisotopes for PET or SPECT imaging bears potential for the identification of not 
only plaque and vessel anatomy but also greater insight into plaque physiology and vulnerability (Fuster et al. 
2005a, 2005b). Concurrent labeling with fluorophores and tags for optical imaging provides useful correla-
tions for localization of the probe signal. A particular focus in atherosclerosis has been the development of 
modified HDL and HDL-like nanoparticles, which exhibit natural homing to atherosclerotic plaque and are 
readily modified with multimodality functional groups.

Briley-Saebo et al. generated a series of micelles with variable targeting antibodies to evaluate pharmaco-
kinetics and biodistribution in ApoE−/− mice (Briley-Saebo et al. 2008). Micelles were prepared containing: 
MDA2 (for malondialdehyde lysine epitopes on modified LDL or other proteins), IK17 (for Fab fragments), 
E06 (for native murine IgM antibody to oxidized phospholipid), IgG (control), or without targeting antibod-
ies. Each targeting antibody extended the blood half-life by 12–18 h compared to IgG or untargeted micelles, 
with higher accumulation in the spleen, liver, and kidney at 48 h after injection. MR images demonstrated 
enhancement of abdominal aortic wall by 60%–90% at 24 h and 88%–95% at 48 h after injection, with mini-
mal enhancement of the liver in ApoE−/− mice. Rhodamine in MDA2 and E06 micelles were partially colo-
calized to macrophage-marker CD68 within the atherosclerotic lesions. In a later study, MDA2 and IK17 
micelles were conjugated with Mn as a biocompatible MR contrast agent in comparison with Gd3+ (Briley-
Saebo et al. 2012). Relaxivities were lower with Mn enhancement, but significantly higher in ApoE−/− mouse 
blood compared with wild-type blood. There was lower accumulation of Mn contrast agent in the liver and 
kidney up to 168 h compared with Gd, suggesting a potential benefit of this more biocompatible contrast, 
with a limited tradeoff of reduced contrast enhancement. Indeed, at 48 h after injection, vessel wall enhance-
ment with Mn-MDA2 was higher than Gd-MDA2. Colocalization of Mn MDA2 micelles with CD68 macro-
phages was demonstrated by confocal microscopy (Figure 11.2).

In a different study, micelle targeting could be enhanced by the addition of CD36 ligands to a Gd-labeled 
liposome. In vitro uptake assays displayed increased uptake of modified liposomes into CD36-expressing 
foam cells compared with nontargeted liposomes. Administration of the modified liposomes to ApoE−/− mice 
showed enhancement of the aorta wall within 30–60 min after administration and was associated with CD36 
expression in atherosclerotic foam cells. Toxicity studies demonstrated minimal accumulation in the liver 
and kidney over initial hours after injection, and no toxicity was reported (Dellinger et al. 2013).

In vitro studies have confirmed accumulation of conjugated liposomes by macrophages. When labeled 
with rhodamine (103–270 nm) for fluorescence imaging and conjugated with iodixanol (93–225 nm) for in 
vitro CT imaging, liposomes exhibited substantial uptake in RAW 264.7 macrophages. After 4 h, only cells 
incubated with non-PEGylated 400 nm liposomes provided a coherent signal, corresponding to the highest 
maximal uptake at 24 h (600 Hounsfield units vs. 6 in blank pellet). ApoE−/− mice with some calcification 
present in the aorta were administered 400 nm liposomes containing both rhodamine and iodixanol. By 48 h, 
contrast was cleared from the circulation, and enhanced contrast was observed at the aortic arch and sinus, 
regions that exhibited increased macrophage levels and a moderate increase in rhodamine labeled liposome 
accumulation (Bhavane et al. 2013).

In an alternative approach, crosslinked short-chain dextrans (13 nm in diameter) were conjugated with 
desferoxamine for labeling by zirconium-89 (89Zr) for PET imaging and a fluorophore for near-infrared imag-
ing at an average ratio of 8:1. In vivo testing in healthy mice demonstrated a blood half-life of 3.7 h, with the 
highest accumulation at 48 h in the liver, spleen, and lymph nodes and lower accumulation in the heart, aorta, 
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and kidney. In ApoE−/− mice, significantly higher activity was found within the aortic root and arch compared 
to healthy mice by in vivo PET/MR imaging and ex vivo by autoradiography/oil red-O staining, suggesting 
dextran uptake within atherosclerotic plaques (Majmudar et al. 2013). Autofluorescence of dextran nanopar-
ticles was concentrated in cells that stained positive for CD11b, a marker of inflammatory monocytes and 
macrophages, which was confirmed by flow cytometry. siRNA silencing of chemokine receptor 2 (CCR2) 
reduced circulating levels and homing of inflammatory cells, and lowered 89Zr-dextran nanoparticles accu-
mulation at the aortic arch and root compared to untreated ApoE−/− mice (Majmudar et al. 2013).

A trimodality nanoparticle (~20 nm) with a crosslinked dextran outer core to target internalization by 
activated macrophages was developed and tested that comprised an iron oxide core for T2-weighted MR con-
trast, a 64Cu via DTPA association for PET detection, and the fluorochrome VT680 for near infrared imag-
ing. In vivo PET/MR studies demonstrated a 7- to 20-fold enhancement of plaque signal with 64Cu labeled 
trimodality nanoparticle as compared to MR detection alone. Approximately three quarters of the signal 
was attributable to monocytes and macrophages as determined by flow cytometry (Nahrendorf et al. 2008). 

In an attempt to enhance homing to atherosclerotic plaques, Almer et al. coupled the globular domain of 
adiponectin to nanoparticles (proticles, 188–263 nm) and liposomes (100–160 nm) (Almer et al. 2011). For 
in vitro testing, adiponectin was radiolabeled with 125I and particles were conjugated to Atto655 for fluores-
cence imaging and displayed a maximum coupling efficiency of 150 ng adiponectin/10 μg oligonucleotides. 
In ApoE−/− mice, adiponectin-coupled liposomes and proticles showed increased accumulation in aortic arch 
plaque compared to liposomes alone, with some colocalization to CD68-stained macrophages (Figure 11.3) 
(Almer et al. 2011). The relatively large size of this nanoparticle raises questions related to its natural distribu-
tion and toxicity, but the initial experiments hold promise.

Nanoparticles have also been targeted to angiogenesis within large atherosclerotic vessels. Kitagawa 
et al. generated a nanoparticle (12–14 nm) functionalized with an arginine-glycine-aspartate (RGD) pep-
tide sequence and conjugated with Cy5.5 for near-infrared fluorescence imaging to evaluate lesions in 
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Figure 11.2  (a) Design of MDA2-antibody-targeted Mn-containing micelles to deliver Mn to intracellular com-
partment. (b) Enhancement of abdominal aorta wall in ApoE−/− mice over 72 h after administration of MDA2-
targeted micelles provides clear contrast compared to competitive inhibition (Compt. Inh.) and untargeted 
Mn-micelles (Untar. Mn(II)). (c) Sudan IV staining shows atherosclerotic lesions in the abdominal aorta. (d) MDA 
epitope staining shows localization of micelles throughout the affected vessel. (From Briley-Saebo KC et al., 
J Am Coll Cardiol, 59, 616–626, 2012. With permission.)
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the carotid arteries of healthy and diabetic mice (Kitagawa et al. 2012). The presence of RGD enhanced 
the optical signal in vivo, displaying a significant difference between the ligated and contralateral carotid 
arteries. Postmortem fluorescence microscopy demonstrated the presence of macrophages infiltrating the 
neointima, with higher Cy5.5 intensity for the RGD-conjugated nanoparticles than the nonfunctionalized 
particles (Kitagawa et al. 2012).

Cormode et al. examined the utility of HDL as a nanoparticle with incorporation of Au, iron oxide, 
or QD for CT, MR, or optical imaging, respectively (Cormode et al. 2008). In vitro experiments in mouse 
macrophages showed more rapid uptake of Au-HDL compared to Omnipaque or Au-PEG and mark-
edly higher x-ray attenuation. Similarly, FeO-HDL was taken up by macrophages more robustly than 
FeO-PEG and generated further negative enhancement of T2-weighted MR. QD-HDL evoked a ninefold 
increase in f luorescence versus QD-PEG. In vivo testing in ApoE−/− mice showed accumulation of both 
Au-HDL and QD-HDL in atherosclerotic lesions of the aorta and were clearly visible by CT (Au) or f luo-
rescence (QD). T1-weighted MR revealed contrast enhancement by both QD- and Au-HDL at 24 h after 
administration in the vessel wall. T2* darkening was observed with FeO-HDL (Figure 11.4) (Cormode 
et al. 2008).

(a)

(b)

gAd-Lipo-Atto655 CD68-AF488 Merge

Merge

Figure 11.3  (a) Transmission electron microscopy image of liposomes (left) and encapsulated nanoparticles 
(proticles) targeted to adiponectin. (b) Immunostaining of ApoE−/− mouse aortic sections with anti CD68 for 
macrophages (green) colocalizes to nanoparticle-AlexaFluor targeted to the globular domain of adiponectin 
(red). (From Almer G et al., Int J Nanomedicine, 6, 1279–1290, 2011. With permission.)
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HDL Gd-chelated nanoparticles have been modified by addition of collagen specific EP3533 peptides to 
target extracellular matrix (Chen et al. 2013). Addition of functional groups by PEG did not affect nanopar-
ticle size (10 nm) or relaxivity (9 s−1 mM−1). ApoE−/− mice were maintained on a high-cholesterol diet and 
after resumption of normal diet displayed regression of aortic plaque burden and a plaque compositional 
change from elevated macrophages and low collagen to reduced macrophages and high collagen content. 
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Figure 11.4  (a) Structures of nanocrystal HDLs (HDL-like nanoparticles) with Au, FeO, or QD core. (b) Enhance
ment of T2-weighted images with Au-HDL (left) and QD-HDL (centre) at 24 h after injection; negative enhance-
ment of T2*-weighted images with FeO-HDL at 24 h after injection in ApoE−/− mice. (c) Confocal microscopy 
images of aortic sections show localization of HDL nanoparticles (red) in relation to macrophages (green). 
(d) Targeted Au-HDL shows greater hyperenhancement on ex vivo CT within regions of atherosclerotic plaque. 
(From Cormode DP et al., Nano Lett, 8, 3715–3723, 2008. With permission.)
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Serial imaging with EP3533 functionalized HDL nanoparticles exhibited greater association with extracel-
lular matrix collagen as compared to a nontargeted control (Figure 11.5). Enhancement of the MR signal 
in the aortic wall was evident in regressing plaques by collagen-targeted HDL nanoparticles, whereas no 
enhancement was observed in a control group. Moreover, unmodified HDL nanoparticles demonstrated 
loss of enhancement in the regression group at Day 28. Fluorescence microscopy established association of 
nanoparticles with both collagen and CD68-positive macrophages. The degree of enhancement correlated 
reasonably well with the area of collagen deposition in the plaque postmortem. The study demonstrates the 
versatility of the HDL platform, which can be targeted to multiple facets of atherosclerosis progression and 
regression.
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11.6.4 �A ortic aneurysm

PET- and CT-functionalized nanoparticles have been used in preclinical studies to assess severity and prog-
nosis of aortic aneurysm. Dextran-coated iron oxide nanoparticles targeted to monocytes and macrophages 
were crosslinked with the near infrared fluorochrome VT680 and coupled to 18F-labeled-polyethlene gly-
col azide (18F-PEG3N3) via click chemistry. Aortic aneurysm was induced in ApoE−/− mice by angiotensin 
II administration. PET/CT imaging demonstrated contrast enhancement of aneurysm with a larger aorta 
diameter and threefold increase of 18F-signal compared to wild-type mice. Scintillation imaging and fluo-
rescence histology confirmed localization of nanoparticles to the site of aortic aneurysm. Flow cytometry 
showed that monocytes/macrophages comprised 90% of the inflammatory cell content of aortas from angio-
tensin II treated mice. The authors purported a predictive value to the nanoparticle imaging, whereby mice 
with higher PET signal measured at 7 days exhibited the biggest increase in aortic diameter at 28 days after 
systemic angiotensin II administration (Nahrendorf et al. 2011).

11.6.5 �C ell tracking

Multimodality probes are also useful in labeling cells to monitor the cellular healing process. The use of 
multiple imaging functionalities provides a longer timeframe for visualization of cell trafficking, particularly 
in comparison with direct cell radiolabeling techniques, which are limited by radioactive half-life (Terrovitis 
et al. 2010; Zhang and Wu 2007). Moreover, the inclusion of targeting moieties can facilitate cell homing, 
contribute to or augment paracrine signals, and improve cell engraftment. The combination of radioisotopes 
or MR contrast agents with fluorophores further allows the postmortem evaluation of cell differentiation, 
providing additional insight into the healing process (Seo et al. 2008). As such, platforms conducive to vari-
able stoichiometric addition are of greatest interest in cell labeling.

The so-called bifunctional GRID chelate, comprising a dextran polymer decorated with Gd-DTPA and 
fluorescent rhodamine, has been used effectively in stroke research. Neural cells (Maudsley Hippocampal 
Clone 36 [MHP36]) were cultured and split prior to incubation with GRID under proliferative conditions 
over 6 h. At 3 months following middle cerebral artery occlusion, mice were transplanted with 2 × 105 MHP36 
cells in the contralateral hemisphere to track the migration toward the ischemic lesion within the ipsilateral 
hemisphere. T2-weighted MR images showed enhanced contrast of the stem cell transplant, and revealed 
significant transhemisphere migration of the stem cells in the stroke-induced animal, beginning from 7 days, 
and reaching maximum at 14 days after transplant. Localization was confirmed by postmortem fluorescence 
histology, demonstrating differentiation of transplanted cells by colocalization of rhodamine with the pan 
neuronal marker (NeuN) (Modo et al. 2004a, 2004b). In another study, Brekke et al. confirmed the viability 
and normal function of GRID labeled neural stem cells (Brekke et al. 2007). They demonstrated stable pres-
ence of the rhodamine fluorescence signal over 7 days after cell labeling in vitro, with maximal fluorescence 
and Gd loading at 16 h incubation time. GRID was found to be distributed throughout the cytoplasm, with 
a small component found within and at the boundaries of lysosomes. Cell viability was reduced after 24 h 
of incubation, with a decrease in proliferation potentially related to reactive oxygen species accumulation. 
However, at 16 h of incubation with GRID, cell migration was unaffected, and cells exhibited no impedance 
of differentiation to astrocytes, neurons, or oligodenrocytes. In vitro MR studies showed improved contrast 
with larger number of GRID labeled cells, but the authors acknowledge that the potential toxicity of the label-
ing procedure may limit therapeutic efficacy of these modified stem cells (Figure 11.6) (Brekke et al. 2007).

MSCs have been similarly labeled with superparamagnetic iron oxide nanoparticles to evaluate the effect 
of magnetic targeting following balloon occlusion injury in rabbit femoral artery. The selected particle con-
centrations provided 95% cell viability under starvation conditions, and showed normal MSC differentiation 
and growth factor secretion. Balloon occlusion of the femoral artery was followed by placement of a cylin-
drical magnet around the leg and administration of 105 allogeneic MSCs into the vessel lumen. The magnet 
was kept in place for 40 min to improve cell retention. Ex vivo MR demonstrated accumulation of magneti-
cally labeled cells to ~50% of the vessel circumference, with no attachment in control arteries, confirmed by 



11.6  Cardiovascular applications  257

confocal microscopy. At 3 weeks after the injury, the intima/media ratio was lower in magnetic cell delivery 
arteries compared to control suggesting reduced restenosis (Riegler et al. 2013).

Shi et al. incorporated anionic Eu3+ with Gd2O3 hybrid nanoparticles as a dual-modality contrast agent 
for T1-weighted MR and postmortem fluorescence microscopy and internalized this contrast agent into 
hMSCs for transplantation (Shi et al. 2010). Labeled cells showed maintained viability, differentiation, and 
activity over 7–10 days. Contrast enhancement of T1-weighted MR was evident with 50–200 cells/μL and 
provided a functional method for tracking of cells, with the possibility of additional functional modifica-
tion for nuclear imaging. The difference in contrast was not as pronounced as with superparamagnetic iron 
oxide cores (Shi et al. 2010).

In a study of posttransplant immuno-rejection, a polyethylene-grafted polyethylenimine carrier was 
functionalized by the addition of superparamagentic iron oxide nanoparticles and CD3 single chain anti-
bodies to target T cells (Guo et al. 2012). In addition, a therapeutic gene (DGKα) or nonfunctional plasmid 
was conjugated to the nanoparticle. The particles were 106 nm with a zeta-potential of +19 mV. In vitro studies 
demonstrated high selectivity for T cells, with functional transfection of primary T cells by the therapeutic 
gene. Transplanted heart in rats receiving nanocomplexes with null plasmid deoxyribonucleic acid (DNA) 
exhibited hypointense regions and endocardial dark linear signal on T2*-weighted images particularly at 3 
and 10 days posttransplant with parallel near-infrared fluorescence intensity in the graft region. By contrast, 
rats receiving nanocarriers with DGKα plasmid DNA or nontargeted (without CD3 antibody) nanocarriers 
exhibited neither of these in vivo signals, nor did the native heart, suggesting selective imaging of T cell accu-
mulation in the transplanted heart (Figure 11.7).

An alternative approach for cell labeling and tracking is transduction of multimodal reporter genes. Daadi 
et al. studied a trimodality reporter gene system in a rat model of ischemic stroke (90 min ischemia-reperfusion 
of middle cerebral artery) (Daadi et al. 2013). Embryonic-derived neural stem cells were engineered to express 
monomeric red fluorescence protein, firefly luciferase, and HSV-tk then subsequently labeled with superpara-
magnetic iron oxide and transplanted to the lesioned striatum. Cells were effectively tracked over 3 months by 
both PET and MR, with a reduction in the infarct size of treated animals with small lesions. After 3 months, 
postmortem immunohistochemistry demonstrated dispersal of neural stem cells throughout the lesioned 
parenchyma, with differentiation to neurons, astrocytes, and oligodendrocytes (Daadi et al. 2013).
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Figure 11.6  T2-, T2*-, and T1-weighted contrast-enhanced MR images of gadolinium-rhodamine-dextran-
labeled neural stem cells administered to rats with glioma-induced brain tumors. Cells are visualized as 
hypoenhancement of T2 and T2* images and hyperenhancement of T1 images. Localization of cells was 
confirmed by fluorescence images of rhodamine. (From Brekke C et al., Neuroimage, 37, 769–782, 2007. With 
permission.)
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11.7 � THERANOSTICS

Multimodality probe platforms lend themselves to the delivery of therapeutic payloads in concert with imag-
ing functionalities. “Theranostics” allow a single administered agent to simultaneously assess disease sever-
ity, target a specific cell or tissue, deliver treatment (pharmacologic, gene, or cell therapy), and monitor the 
physiologic response. The majority of early preclinical evaluation for theranostics has been conducted in 
cancer models, where targeted therapy delivery (e.g., to tumor cells) is clearly advantageous. The specific 
tissue microenvironments of a variety of cardiovascular disorders are appropriate for theranostics, includ-
ing postinfarct inflammation, adverse ventricular remodeling, angiogenesis, atherosclerosis, and vulnerable 
plaque. As multimodality agents continue to emerge, a greater integration of therapeutic functionality bears 
significant translational potential for cardiovascular medicine.

Synthetic hollow nanoparticles have been used for targeted doxorubicin delivery in a cancer model, with 
a functional on/off capability due to pH-sensitive imidazole structure that releases doxorubicin in acidic sur-
roundings (i.e., the intracellular endosome). Nanoparticle surface phenolic ester-PEG segments were labeled 
with 123I to allow noninvasive SPECT imaging. Theranostic nanoparticles were cleared from the blood and 
distributed rapidly (within 30 min), with selective delivery to the HeLa tumors, particularly at early stages 
after administration (Lu et al. 2011).

Takahama et al. used a fluorescence-labeled liposome to deliver the antiarrhythmic amiodarone in an 
ischemia-reperfusion rat model. PEGylated liposomes incorporated amiodarone (3 mg/kg) into the lipid 
core and were administered prior to transient occlusion of a coronary vessel in a rat (Takahama et al. 2013). 
Liposomal delivery of amiodarone reduced the frequency of ventricular fibrillation during the reperfusion 
phase at a lower dose than free intravenous amiodarone, suggesting potential to reduce dose-dependent del-
eterious side effects (Takahama et al. 2013).

Schmieder et al. assessed an αvβ3 integrin targeted nanoparticle containing the anti-angiogenic agent 
fumagillin as a theranostic imaging probe in tumor bearing mice (Schmieder et al. 2008). In vitro testing 
demonstrated selective binding by competitive inhibition of HT1080 cell adhesion to fibronectin in the 
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presence of the nanoparticle and was confirmed by flow cytometry. Tumor bearing athymic nude mice 
were imaged at 14 days after cell implantation with the nanoparticles, exhibiting 117% increase in contrast 
of 1.8% of the tumor volume within 2 h of injection (versus 51% enhancement of 0.2% of volume in control 
tumor-bearing mice). αvβ3 integrin expression was confirmed by immunohistological staining and revealed 
distribution of nanoparticles in the tumor periphery, restricted to vasculature and specific to endothelial 
cells. The inclusion of fumagillin evoked a change in the nanoparticle distribution, with smaller, contracted 
pockets of nanoparticles and narrower dispersion; however, no differences in tumor volume were observed, 
which may have reflected the relatively slow growth of the xenograft and lower angiogenesis than in other 
tumor cell types (Schmieder et al. 2008). Winter et al. evaluated a theranostic nanoparticle containing Gd 
DTPA, PEGylated vitronectin antagonist, lecithin, and therapeutic fumagillin (0.2 mol) in atherosclerotic 
rabbits (Winter et al. 2006). Subsequent imaging was performed using fumagillin-free nanoparticles at 
1 week after treatment. MR imaging demonstrated signal enhancement in the vessel wall that was substan-
tially reduced at 1 week among rabbits that received fumagillin-conjugated nanoparticles (60%–80%). Those 
rabbits with the highest signal enhancement at the time of treatment with theranostic nanoparticles also 
showed the greatest reduction of αvβ3 integrin expression after 1 week, coupled with a marked reduction in 
neovascularization evaluated by histology (Winter et al. 2006). The combination of a therapeutic agent into 
the nanoparticles enabled immediate regression of angiogenesis, with concurrent reductions in atheroscle-
rotic burden. In a subsequent study, rabbits were treated with atorvastatin alone or in combination with 
fumagillin nanoparticles over 8 weeks. Enhancement of the aorta wall was shown to decrease at 1 week after 
fumagillin treatment but shows gradual recovery at 2, 3, and 4 weeks after treatment, suggesting a recession 
of angiogenesis. Signal enhancement was not affected by statin treatment over 8 weeks, but in combination 
with fumagillin was markedly reduced in the initial week following treatment, with the gradual recovery 
of signal ablated after a second fumagillin administration to the statin group. Antiangiogenic therapy and 
neovascular pruning is theorized to stabilize plaque. Noninvasive imaging of αvβ3-targeted nanoparticles 
showed a prolongation of plaque stability with the combination of atorvastatin and fumagillin (Figure 11.8) 
(Winter et al. 2008).

11.8 � CLINICAL AND EXPERIMENTAL SIGNIFICANCE

The advantages of multimodality over single-modality imaging probes can be categorized to those that 
benefit researchers (e.g., distribution kinetics, image analysis) and those that benefit clinics and patients 
(e.g., increased throughput, reduced administered dose). For research, the inclusion of multiple modality 
functionality within a single probe provides a number of advantages. First, kinetic measurements of probe 
distribution can be calculated more accurately with the confluence of imaging signals from a single source. 
The combined information provides a truer representation of tracer kinetics, even with the addition of 
less-well-characterized agents. In the case of nanoparticles, the kinetics of distribution and clearance are 
greatly simplified and can be modified by the inclusion of targeting molecules, providing for specialized 
or optimized kinetics of the individual probe. Second, the inclusion of both anatomic (MR, CT, optical) 
and physiologic (MR, PET, SPECT) functionality within a single probe provides for more effective local-
ization of the physiologic signal, taking advantage of the relative strengths of each imaging modality. The 
alignment of nuclear images with structural CT or MR is simplified by the common focal signal detected 
in each. Third, the inclusion of a fluorescent molecule facilitates ex vivo evaluation and colocalization 
in tissues, providing invaluable corroborating evidence for the cellular target and source of the in vivo 
imaging signal. Moreover, in cell tracking studies, the combination of imaging functionalities permits not 
only ex vivo confirmation of in vivo findings but also can identify cell fate and differentiation at the target 
site. From a clinical application perspective, the development of multimodality agents potentially benefits 
the patient by increasing the sensitivity and specificity of a diagnostic scan. The requisite scan time for 
each individual patient could also be reduced, allowing for improved patient comfort and higher patient 
throughput for the clinic. Reduced frequency of scanning has the ancillary benefit of reducing patient dose 
in the case of nuclear diagnostic scans.
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11.9 � SUMMARY

The combination of CT or MR contrast agents with radioisotopes, near-infrared imaging molecules, and 
fluorophores aims to take advantage of fused instrumentation, providing for the simultaneous collection 
of anatomic, physiologic, and targeted molecular information from the distribution and kinetics of a sin-
gle molecular probe. A myriad of particle structures and configurations have been synthesized ranging 
from simple encapsulation within lipid carriers to more complex conjugated nanostructures to modified 
natural particles. As such, there is a wide range of particle sizes, specific tuning, and functional combina-
tions available, which require further and more stringent evaluation in preclinical disease models. There 
remain challenges to be addressed, including the issue of biocompatibility, long-term toxicity, limiting par-
ticle size, maximizing targeting efficiency, and the variable sensitivities of different modalities necessitating 
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stoichiometric balancing of functionalities; however, the advances in microfluidics and nanochemistry have 
begun to address these issues directly. Furthermore, a greater combination of imaging modalities is being 
investigated, moving beyond the initial scope of fluorophores coupled to MR contrast agent, CT contrast 
agent, or PET/SPECT radioisotopes.

Multimodality imaging probes have been evaluated in cardiovascular disease, including postinfarct apop-
tosis, infection, inflammation, and atherosclerosis. These probes have also been applied in labeling cells for 
long-term tracking of initial distribution, engraftment, and differentiation. The development of theranostics, 
including therapeutic agents within the design of multimodality imaging probes, has shown promise for tar-
geted delivery of diverse treatment in cardiovascular disease, targeting angiogenesis and inflammation, and 
providing a simultaneous means for evaluation of disease diagnosis, prognosis, and regression to therapy.

11.10 � CONCLUSIONS

Cardiovascular disease is particularly amenable to multimodality imaging approaches, wherein specific 
alterations of myocardial or vascular physiology can be associated with specific changes in morphology, as in 
postinfarct ventricular remodeling and vulnerable plaque in atherosclerosis. An array of targeting molecules 
has already been conjugated to nanoparticles and liposomes, allowing for a more focused imaging approaches 
than with contrast agent or some radionuclides alone. The development of specific dual- and triple-modality 
probes have inherent benefits to the research community, whereby the specificity and selectivity of the imag-
ing probe can be more readily confirmed by postmortem fluorescence microscopy. Moreover, these particles 
are an attractive means to deliver targeted treatment, whether drug, gene, molecule, or cell based, and the 
conjugation with imaging agent(s) allow for direct monitoring of therapeutic efficacy. The combination of 
multiple imaging functionalities may translate to greater clinical efficiency, taking better advantage of the 
fused instrumentation to increase the accuracy of a single diagnostic imaging study. As the chemistry catches 
up with the technology, the true power and benefit of fused instrumentation can be more fully realized.
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12.1 � INTRODUCTION

Hybrid imaging methods, which combine complementary strengths of different modalities, allow a combi-
nation of anatomy with physiology. This approach has been very successful clinically in oncological imag-
ing. Cardiac hybrid imaging in particular presents some unique challenges for hybrid imaging, since the 
heart is a moving organ. The motion of the heart is typically averaged during nuclear imaging (positron 
emission tomography [PET] and single-photon emission computed tomography [SPECT]), but it is cap-
tured at a specific phase by the faster anatomical modalities such as CT or MRI. This represents a chal-
lenge for cardiac imaging with hybrid devices such as PET/computed tomography (CT), SPECT/CT or PET/
magnetic resonance imaging (MRI), which are designed for oncological applications. Therefore, hybrid 
imaging in cardiovascular applications can sometimes be more easily accomplished with software tech-
niques, where data are obtained from separate standalone scans. Nevertheless, cardiovascular imaging is 
also possible with dedicated hybrid scanners. The new instrumentation developments in hybrid imaging 
are covered in other chapters of this book. In this chapter, we cover recent developments in cardiovascular 
hybrid imaging with a focus of the software techniques such as improved image resolution of PET scanners 
and software registration techniques for contrast and noncontrast CT and MRI with SPECT and PET data. 
We also describe some recent methods for quantification of hybrid image data. In addition, we discuss 
various clinical and research applications of hybrid cardiovascular imaging and methods for the combina-
tion of the coronary CT angiography (CTA) with PET and SPECT for improved diagnosis of the coronary 
artery disease (CAD) and the combination of the nuclear data with calcium scoring. We also cover emerg-
ing applications of vascular imaging with hybrid technology and highlight some possibilities for hybrid 
cardiac PET/MRI applications.

12.2 � RECENT TECHNIQUES

12.2.1 �H igh-resolution PET imaging for hybrid PET/CT
One of the difficulties in hybrid imaging is the mismatch of the image resolution between modalities, with 
much lower resolution of PET or SPECT as compared to that of CT or magnetic resonance (MR) images. 
Another issue is patient motion, resulting in image blur. This hampers precise alignment of the organ struc-
tures. Several recent technical developments may allow significant increase of PET resolution and, conse-
quently, precise fusion in hybrid imaging can be obtained.

12.2.2 �E nhanced PET resolution

A recent technical advance of hybrid PET/CT, which is important for cardiac imaging, is to use the three-
dimensional (3-D) modeling of scanner-specific point spread function (PSF) maps in 3-D iterative recon-
struction. Similar SPECT resolution recovery methods have also been developed. This allows achieving 
the apparent tomographic resolution of 2 mm and also significantly improves the image contrast (Panin 
et al. 2006). Most PET vendors now include this approach as an option in the reconstruction with hybrid 
PET/CT scanners (Jakoby et al. 2011). In particular, the combination of the time-of-flight and correction 
of the PSF seems to result in the best improvement of image quality (Bettinardi et al. 2011; Akamatsu 
et al. 2012). The CT images obtained with the CT component of the hybrid imaging are used in these 
corrections. Cardiac PET imaging with the correction of the PSF has been reported, demonstrating bet-
ter definition of subtle defects (Le Meunier et al. 2010). An example of improved image resolution for 
18F-fluorodeoxyglucose (18F-FDG) imaging with the use of resolution recovery is shown in Figure 12.1 
(Le Meunier et al. 2010).
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12.2.3 �R espiratory gating for hybrid PET/CT
It may be desirable to correct for the cardiac PET image blurring and CT attenuation correction misregis-
tration artifacts being caused by the movement of the heart during breathing by respiratory gating (Büther 
et al. 2009; Martinez-Möller et al. 2007). Breathing motion can be detected by a video camera, registering the 
movement of a marker on the patient’s abdomen, or by an inductive respiration monitor with an elastic belt 
around the patient’s chest. As described in Chapter 14 of this book, these additional signals are used as trig-
gers to sort the list-mode data into different respiratory phases (similar to electrocardiogram [ECG] gating) 
before image reconstruction. Respiratory gating can be also used for the correction of the upward creep of 
the heart during exercise-stress imaging, as the heart rate slows down and the body relaxes over time. Dual 
respiratory/cardiac gating is also possible with additional hardware for respiratory gating. The principle of 
respiratory gating for PET scan is shown in Figure 12.2. Most clinical PET centers currently do not use respi-
ratory gating in routine cardiac PET/CT imaging, since it adds complexity to the acquisition protocols and 
requires additional reconstruction time. However, this correction may be important if precise coregistration 
of PET and anatomical scan is required in hybrid imaging.

Figure 12.1  Standard iterative 3D OSEM reconstruction (top) and improved high-definition reconstruction 
incorporating resolution recovery (bottom) in the 18F-FDG viability PET scan. (With kind permission from 
Springer Science+Business Media: J. Nucl. Cardiol., Enhanced definition PET for cardiac imaging, 17, 2010, 
424, Le Meunier L, Slomka PJ, Dey D, Ramesh A, Thomson LE, Hayes SW, Figure 5.)
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Figure 12.2  The principle of PET respiratory gating technique. The histogram (right) shows the breathing 
amplitudes for the entire 24-min list-mode acquisition. The optimal gating method selects the narrowest 
bandwidth (shaded area) containing 35% of the respiratory signal.
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12.2.4 �M otion-frozen techniques

Even if the resolution-recovery reconstruction methods are utilized, cardiac and respiratory motions 
degrade the image quality by adding unwanted blur to static perfusion images. However, if respiratory or 
cardiac gating is used, the count statistics in the individual gates can be significantly reduced. To avoid 
this, myocardial wall in ECG-gated PET or SPECT images can be tracked and all the cardiac phases 
can be warped into one motion-free image by motion-frozen algorithm (Slomka et al. 2004). The algo-
rithm computes displacement vectors between each cardiac phase and utilizes those vectors to morph 
all the images to the end-diastolic position. The result is an image free of cardiac motion blurring but 
with the noise level similar to that in static summed images. We have demonstrated that this technique 
can improve cardiac PET resolution beyond the resolution obtained by high-definition reconstruction 
with resolution recovery (Le Meunier et al. 2011) and may allow better definition of subtle myocardial 
defects (Figure 12.3). In a preliminary development, this technique was extended to dual-gated (cardiac/
respiratory) images obtained with hybrid PET/CT (Slomka et al. 2015b). Dual motion-frozen technique 
allows accurate superimposition of cardiac PET and CTA imaging due to the matching cardiac and 
respiratory phase and improved PET resolution (Figure 12.4). Although such enhancement of cardiac 
PET or SPECT is not routinely performed, they will likely to be considered essential in enhancing the 
quality of hybrid imaging. Further validation of these algorithms will be required before they are rou-
tinely applied in clinical practice.

Standard MF-HD•PETHD•PET

(a) (b) (c)

Figure 12.3  Motion-frozen (MF) technique. Example of an 84-year-old patient (W = 76 kg [168 lbs], BMI = 27.1) 
with a history of myocardial infarction. The patient exhibits a nonreversible perfusion defect in the apical lat-
eral region of the myocardium (left SPECT perfusion images) as well as a moderate hypokinesis in the same 
region of the myocardium. The figure shows an example of the increase of maximum left ventricular (LV) counts 
to defect contrast with cardiac MF image (Column c) in the horizontal long axis view (top row) and in the 3-D 
rendering (bottom row). The apical lateral metabolic defect (yellow arrow) was not seen on standard 2-D OSEM 
reconstruction (Column a) and not clearly on high-definition reconstruction (Column b) images. HD, high defini-
tion; OSEM, ordered subset expectation maximization. (With kind permission from Springer Science+Business 
Media: J Nucl Cardiol, Motion frozen 18F-FDG cardiac PET, 18, 2011, 264, Le Meunier L, Slomka PJ, Dey D, 
Ramesh A, Thomson LE, Hayes SW et al. 2011. Le Meunier et al., Figure 4.)
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12.3 � AUTOMATED IMAGE REGISTRATION TECHNIQUES 
FOR HYBRID IMAGING

12.3.1 �R egistration of SPECT with coronary CTA
It has been suggested that hybrid visual analysis of SPECT/PET and coronary CTA data can synergisti-
cally improve the diagnostic value of sequential combined imaging and reduce the rate of equivocal studies 
(Gaemperli et al. 2007; Santana et al. 2009). The visual analysis has typically utilized manual corrections. 
However, the manual interactive alignment of the images from two modalities introduces subjective errors, 
takes a substantial amount of time, and limits the practical clinical use of such tools. Several methods for 
fully automatic alignment of SPECT/PET and CTA acquired on standalone modalities have been proposed 
to allow hybrid imaging when data are acquired on separate scanners.

Our group aimed to develop a practical tool for rapid automatic coregistration and visualization, enabling 
hybrid imaging of coronary CTA and myocardial perfusion SPECT (MPS) obtained from standalone scan-
ners. To this end, we have developed a fully automated registration technique in which SPECT images are 
fused with standalone coronary CTA (Slomka et al. 2009). The primary difficulty in the accurate registra-
tion of myocardial perfusion imaging with coronary CTA is that disparate anatomic features appear promi-
nent on MPS and CT images. Therefore, standard automated registration procedures (Danad et al. 2013) 
are prone to large errors. To provide a robust registration tool for hybrid imaging, we developed a method 
whereby we register presegmented MPS volumes, utilizing the left ventricular (LV) segmentation algorithm 
of Quantitative Gated SPECT (QGS) package (Woo et al. 2009). In addition, to match cardiac phases between 
MPS and coronary CTA, we performed alignment of coronary CTA reconstructed in diastolic phases with 
segmented “motion-frozen” slices of SPECT created from ECG-gated cardiac images. The “motion-frozen” 
images allow for higher image resolution of the SPECT data. We utilize geometric features from a reliable 
segmentation of cardiac-gated MPS volumes, where regions of myocardium and blood pool are extracted and 
used as an anatomical mask to deemphasize the inhomogeneities of intensity distribution caused by perfu-
sion defects and physiological variations. A multiresolution approach is then employed to represent coarse-
to-fine details of both volumes. The extracted voxels from each level are aligned using a similarity measure 
with a piecewise constant image model and then minimized using a gradient descent method.

Figure 12.4  Dual-motion frozen hybrid 18F-FDG/CTA scan, corrected for the cardiac and respiratory motion 
combined with CTA demonstrating similar wall thickness on both PET and CTA.
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Accurate registration of the data from SPECT/PET and coronary CTA is complicated by the potential 
mismatch in cardiac image phase. It is possible that the best cardiac phase for the CTA is not the diastolic 
phase. In a further refinement of the image registration, our group has proposed an improved automated 
registration scheme, with correction for the cardiac phase disparities (Woo et al. 2009). We augmented the 
approach described previously with constrained nonlinear registration of ECG-gated MPS to adjust for the 
phase differences by automatic cardiac phase matching between CT and MPS. We show an example of phase 
matching in Figure 12.5. For phase matching, we incorporate nonlinear registration using thin-plate-spline-
based warping. Results of the registration with this algorithm are shown in Figure 12.6. We demonstrated, 
by experimental results, that the proposed method outperformed traditional registration methods based on 
normalized mutual information (Radau et al. 2001). Such fully automated methods may facilitate integrated 
hybrid gated SPECT/PET and cardiac CT analysis for either standalone of combined scanners and may be 
helpful in resolving borderline cases in clinical practice, while reducing operator time and variability needed 
for manual adjustments.

12.3.2 �C orrection of spatial registration for hybrid 
PET/CTA data

Latest PET/CT or SPECT/CT scanners include a high-resolution 64-slice (or higher) CT component; there-
fore, it is possible to combine, in one scanning session, the high-quality coronary CTA with myocardial 
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Figure 12.5  An example of finding the best matching phase of gated MPS by minimizing the registration cost 
functional: (a) plot of cost functional value across different phases of MPS; (b) overlaid registration result of 
phase 9 MPS on CT perfusion; (c) overlaid registration result of best matching phase—phase 16 with CT perfu-
sion. Note that the best matching MPS phase is visually well correlated with CT. (This research was originally 
published in Medical Physics, Geometric feature-based multimodal image registration of contrast-enhanced 
cardiac CT with gated myocardial perfusion SPECT, Volume 36, 2009, 5467–5479, Woo et al., Figure 4.)
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perfusion scan (Danad et al. 2013; Di Carli, Dorbala, and Hachamovitch 2006). Nevertheless, cardiac PET 
and coronary CTA images obtained on a hybrid PET/CT scanner are not truly simultaneous and are typically 
acquired in different breathing patterns. This usually results in significant misalignments between PET and 
CT data and requires software registration.

We have conducted a study to verify the extent of such misalignment during typical cardiac PET/CTA 
protocol and validated the software registration method to correct the PET/CTA misalignment. In this 
study, we considered single-session hybrid PET/CT studies of rest/stress 13N-ammonia PET and coro-
nary CTA in 32 consecutive patients. All patients were studied on a whole-body 64-slice PET/CT scanner. 
Coronary CTA (64-slice) was performed immediately after completion of the rest-stress 13N-ammonia PET 
protocol, without changing patient position on the imaging table. For coronary CTA, after a timing bolus, 
ECG-gated helical scanning was performed using ECG-based dose modulation whenever possible, during a 
single breath-hold (~10 sec). Retrospectively ECG-gated reconstruction of contrast-enhanced data was per-
formed with the use of the following parameters: 0.6 mm slice thickness, 0.3 mm slice increment, 250 mm 
field of view, 512 × 512 matrix, and a standard cardiovascular filter setting of B30f (“medium smooth”) con-
volution kernel. The cardiac phase with the best image quality was used for further analysis.

Automated registration of PET LV surfaces with coronary CTA volumes as described in the previous 
section was evaluated by comparison to expert manual alignment by two observers. Phase adjustment as 
described in the previous section (Woo et al. 2009) was not performed in this study. Automated coregis-
tration was performed without any manual intervention. For validation purposes, separate expert manual 

Figure 12.6  An example of registration results: original CT image (top), images before (middle), and after 
(bottom) registration with phase adjustments are shown. Errors were 2, 1, and 0 mm for translation and 1°, 1°, 
and 0° for rotation, as compared to visual alignment. (This research was originally published in Medical Physics, 
Geometric feature-based multimodal image registration of contrast-enhanced cardiac CT with gated myocar-
dial perfusion SPECT, Volume 36, 2009, 5467–5479, Woo et al., Figure 6.)
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alignment was performed without knowledge of the automated coregistration results. Two expert observers 
independently verified the alignment of coronary CTA images with emission PET data. The manual align-
ment parameters (three translations [x, y, z] and three rotations [xy, xz, yz]) by expert observers were recorded 
for the comparison with the automated coregistration. The manual alignment process took about 2–3 min for 
each case. The automated coregistration algorithm was applied and compared to the average visual alignment 
for the 64 datasets (32 stress and 32 rest).

The frequency and magnitude of the initial misalignment by automated coregistration on rest and 
stress studies are shown in Figure 12.7. The initial PET-coronary CTA misalignment on the hybrid PET/
CT scanner was 27.2 ± 11.8 mm in x, 13.3 ± 11.5 mm in y, and 14.3 ± 9.1 mm in z-axes in rest and was 
26.3 ± 10.2 mm in x, 11.1 ± 9.5 mm in y, and 11.7 ± 7.1 mm in z-axes in stress studies. These results were 
similar to those obtained by the visual readers. The automated coregistration processing time was about 
2 seconds for each case. Overlaid PET/coronary CTA trees were superimposed on the 3-D MPS surface 
based on the automatic registration results between PET and coronary CTA volumes. The coronary tree 
did not need to be adjusted for the display in any patient, as qualitatively judged by both observers. In 
Figure 12.8, we show an example of 3-D visualization of coronary vessels superimposed with MPS sur-
faces before (Figure 12.8a) and after (Figure 12.8b) automated coregistration of PET and CTA obtained 
on a hybrid scanner. In Figure 12.9, we show an example of the fused images obtained by the automated 
coregistration of PET with coronary CTA for the same patient. This work demonstrated that software 
coregistration of coronary CTA and PET obtained on hybrid PET/CT scanners is still necessary due 
to different breathing protocols with the two different modalities, but it can be performed rapidly and 
automatically.
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Figure 12.7  Frequency and magnitude of the initial PET-coronary CTA misalignment in rest (a) and stress 
(b) studies by manual registration. (With kind permission from Springer Science+Business Media: J Nucl 
Cardiol, Automatic alignment of myocardial perfusion PET and 64-slice coronary CT angiography on 
hybrid PET/CT, 19, 2014, 487, Nakazato R, Dey D, Alexanderson E, Meave A, Jimenez M, Romero E et al., 
Figure 2.)
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12.3.3 �R egistration of CT maps for attenuation correction 
on hybrid PET/CT

Image registration also plays an important role in the CT attenuation correction on PET/CT scanners. 
CT-based attenuation correction for myocardial perfusion PET studies on hybrid scanners is challenging 
because of respiratory motion effects on the PET-CT alignment. Significant differences can occur as com-
pared to traditional standalone PET scanners with photon transmission attenuation correction, despite 
manual alignment affecting PET image quality (Slomka et al. 2008). Manual alignment techniques have been 
suggested for the correction of such misalignments (Gould et al. 2007), but they introduce observer variabil-
ity. In new developments for hybrid imaging, robust automatic registration techniques have been proposed to 
align CT attenuation maps with PET. Bond et al. (2008) have developed a method for cardiac CT-PET regis-
tration where the heart region is identified by multiresolution template matching and followed by cropping. 
They implemented both rigid and deformable methods for image alignment. In Figure 12.10, we show an 
example PET case and CT attenuation correction scan, which was originally misregistered due to respiratory 
motion (Figure 12.10a) and is corrected by the automated rigid registration method (Figure 12.10b). This reg-
istration method is now implemented by the PET/CT vendor and has been initially validated for attenuation 
correction using cardiac calcium scans by Zaidi et al. (2013). The deformable registration is required when 
calcium scans are used for attenuation correction because of mismatched respiratory and cardiac phases 
between PET and cardiac coronary calcium scan. Clinical validation of this fully automated CT attenuation 
scan/PET registration method in a larger population (n = 171) has been performed recently for the 82Rb PET. 
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Figure 12.8  3D visualization of coronary vessels superimposed with myocardial perfusion PET ventricu-
lar surfaces, before (a) and after (b) CT misalignment correction. (With kind permission from Springer 
Science+Business Media: J Nucl Cardiol, Automatic alignment of myocardial perfusion PET and 64-slice coro-
nary CT angiography on hybrid PET/CT, 19, 2014, 490, Nakazato R, Dey D, Alexanderson E, Meave A, Jimenez 
M, Romero E et al., Figure 6.)
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(a)

(b)

(c)

(d)

Figure 12.9  Automated volume alignment of coronary CTA and myocardial perfusion. Rows from top to bottom 
show in multiplanar orientations original coronary CTA images (a), original myocardial perfusion PET images (b), 
fused unregistered PET and coronary CTA images (c), and same images after automated volume registration (d). 
Subsequently, 3-D transformation parameters obtained from volume registration can be used to align associated 
coronary trees with PET ventricular surfaces. (With kind permission from Springer Science+Business Media: J Nucl 
Cardiol, Automatic alignment of myocardial perfusion PET and 64-slice coronary CT angiography on hybrid PET/
CT, 19, 2014, 490, Nakazato R, Dey D, Alexanderson E, Meave A, Jimenez M, Romero E et al., Figure 7.)

(a) (b)

Figure 12.10  Misregistered (white arrows) results of PET/CT without software correction (a) and automatically 
corrected PET/CT alignment with rigid algorithm (b).
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The authors have demonstrated that the prediction of obstructive disease on angiography is significantly 
improved by the automatic registration with rigid option, when compared to standard clinical manual regis-
tration of CT attenuation correction (CTAC) maps (Slomka et al. 2015a). Although these software techniques 
are not yet widely used on hybrid imaging equipment, they have great potential to streamline imaging with 
hybrid technology.

12.3.4 � 4-D SPECT/MR registration

We also investigated the feasibility of the hybrid imaging by standalone gated MR images with gated SPECT 
acquired in separate scanning sessions. In this case, the full-gated MR as well as gated SPECT datasets are 
typically available and all the phases can be used for automated registration, to improve the robustness of the 
method. To this end, we developed a computer algorithm for the 4-D registration of SPECT with MR image 
data, where cardiac motion is considered as an additional dimension. In our approach, fully automatic, approxi-
mate presegmentation to cardiac MR data based on the analysis of motion was performed (Aladl et al. 2004). 
A novel spatial-temporal preprocessing technique was used as the initial step to eliminate time-invariant voxels 
on MR images. Subsequently, a 4-D registration was performed with a mutual information technique (Wells et 
al. 1996), which iteratively adjusted a set of six rigid body parameters to align gated SPECT volume with multiple 
phases of cardiac MR. In Figure 12.11, we show an example of this standalone MR/SPECT registration.

12.4 � RECENT APPLICATIONS OF HYBRID IMAGING

12.4.1 � Improved diagnostic accuracy with hybrid SPECT/PET 
and coronary CTA

12.4.1.1 � VISUAL ANALYSIS OF COMBINED HYBRID IMAGING

Precise 3-D fusion of functional (PET, SPECT) and anatomical (CTA) imaging may allow an accurate assignment 
of epicardial lesions to the subtended ischemic myocardial territories. Consequently, more accurate detection of 
disease can be achieved (Danad et al. 2013; Flotats et al. 2011; Gaemperli, Bengel, and Kaufmann 2011; Namdar et 
al. 2005; Plass et al. 2011). It is thought that the hybrid imaging can play an important role in patients with noncon-
clusive SPECT or coronary CTA results (Schaap et al. 2013a). Implications for patient treatment have been studied 
with the conclusion that hybrid SPECT/CT imaging can lead to the similar treatment decisions as the results of 
invasive angiography (Schaap et al. 2013b). The potential value of hybrid PET/CT imaging was also demonstrated 
in patients being evaluated for the coronary bypass surgery (Plass et al. 2011). The clinical scenarios, in which such 
hybrid PET/CT or SPECT/CTA imaging could be applicable, are currently being investigated (Flotats et al. 2011).

The hybrid PET/CTA protocols remain complex and involve additional radiation dose, as well as injec-
tion of CT contrast, when compared to MPS alone. Recently, it has been reported that hyperemic (stress) 

(a) (b) (c)

Figure 12.11  Three orthogonal slices: horizontal long axis (a), short axis (b), and vertical long axis (c) of a 
SPECT study registered and fused with the corresponding cardiac cine MR image. (This research was originally 
published in Journal of Magnetic Resonance Imaging, Automated image registration of gated cardiac single-
photon emission computed tomography and magnetic resonance imaging, Volume 29, 2004, 283–290, Aladl 
et al., Figure 8.)
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blood flow alone (without rest scan) may be sufficient for detecting obstructive CAD (Danad et al. 2013). 
Therefore, combining physiologic and anatomic imaging could be potentially accomplished with PET stress-
only imaging combined with coronary CTA, which could significantly reduce the overall radiation burden 
and study time for the patient (Kajander et al. 2009, 2010). Furthermore, prospective gating and other 
dose-reducing techniques allow acquisition of high quality coronary CTA with doses lower than 1 mil-
liSievert (Achenbach et al. 2011). Thus, while a combination of stress-only PET with low-dose CTA may be 
feasible, it remains to be seen if such novel hybrid imaging protocols become clinically adopted. A principal 
obstacle to this application is that it is usually not possible to define clinically which patients would need both 
tests, before either an MPS or a coronary CTA study is done.

12.4.1.2 � CTA-GUIDED QUANTIFICATION OF MYOCARDIAL PERFUSION

Moving one step beyond the subjective visual interpretation of the hybrid imaging data, fused CTA data 
could be potentially used to improve the accuracy of software quantification for MPS, rather than simply 
aiding visual analysis. Our group has demonstrated this principle in 35 sequential patients with 64-slice coronary 
CTA, MPS, and available results of the invasive coronary angiography performed within 3 months (Slomka 
et al. 2009). Three-dimensional coronary vessels and CTA slices were extracted and fused with quantitative 
MPS results mapped on the LV surfaces and SPECT vascular regions.

The hybrid quantification scheme was designed as follows. Automatically coregistered CTA images and 
extracted trees were used to correct the MPS contours and to adjust the standard vascular region definitions for 
MPS quantification. Fused images allow overlaying default vascular territory boundaries on the 3-D ventricular 
MPS surfaces, with color-coded perfusion information and with the coregistered volume-rendered segmented 
3-D coronary tree as described previously. Vascular territories could then be adjusted segment by segment (based 
on a 17-segment American Heart Association model), utilizing the anatomic guidance provided by the coronary 
CTA. MPS contours or vascular territories could be adjusted based on the comparison with CTA. MPS perfu-
sion analysis was performed individually for each vessel with the use of the “Group” function in quantitative 
perfusion SPECT (QPS) software, in which 17 segments are assigned to a vascular territory based on the perfu-
sion defect pattern (Sharir et al. 2000; Slomka et al. 2005b). The portion of the total perfusion deficit (TPD) cor-
responding to a given territory was used for the automated quantification in each vessel (Slomka et al. 2005b).

Our group has demonstrated that such anatomically guided technique for adjustment of MPS contours and 
territories improved quantitative results as compared to SPECT imaging alone. Automated coregistration of MPS 
and coronary CTA had the success rate of 96% as assessed visually; the average registration errors were 4.3 ± 
3.3 mm in translation and 1.5 ± 2.6 deg in rotation on stress and were 4.2 ± 3.1 mm in translation and 1.7 ± 3.2 deg 
in rotation on rest. MPS vascular region definition was adjusted in 17 studies and LV contours were adjusted in 
11 studies using coregistered CTA images as a guide. CTA-guided SPECT analysis resulted in improved area 
under the receiver operator characteristics curves for the detection of right coronary artery (RCA) and left cir-
cumflex (LCX) lesions as compared to standard MPS analysis 0.84 ± 0.08 vs. 0.70 ± 0.11 for LCX (p = 0.03) and 
0.92 ± 0.05 vs. 0.75 ± 0.09 (p = 0.02) for RCA (Figure 12.12). Examples of studies in which the quantification results 
were modified by this technique are shown in Figures 12.13 through 12.15. Fused CTA allowed for an objective 
adjustment of these parameters by the operator. In this work, the CTA and MPS images were acquired separately 
on standalone scanners and automated image registration was used to combine the data. We have subsequently 
applied a CTA-guided quantification technique to the data obtained on hybrid PET/CT scanners, allowing rapid 
integrated 3-D display and coronary CTA-guided contour and territory adjustment on PET (Nakazato et al. 2012).

12.4.2 �H ybrid PET/SPECT imaging combined with calcium 
scan from CT

Integrated PET/CT or SPECT/CT hardware also enables incorporation of the coronary artery calcium (CAC) 
scan (Hong et al. 2002) into routine hybrid clinical imaging. The CAC scan is similar to the low-dose CT scan 
performed for the attenuation correction of PET, but it involves cardiac gating and breath-hold imaging. CAC 
scanning does not require injection of iodinated contrast and is much easier to perform than the coronary 
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CTA. It could be considered as an inexpensive add-on to PET or SPECT scan when using hybrid imaging. The 
CAC scan provides assessment of each patient’s global coronary atherosclerotic burden. It has been shown 
that CAC scan adds incremental prognostic information to the nuclear scan (Schenker et al. 2008). Marked 
incremental prognostic value by combining CAC and SPECT MPI has recently been reported in a study 
of 4897 patients followed for a median of 2.5 years for cardiac events (Engbers et al. 2016). The additional 
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Figure 12.12  ROC curves for the disease detection in individual vessels by partial total perfusion deficit per 
vessel in standalone MPS (blue) and CTA-guided MPS (pink) for left anterior descending (LAD) (a), LCX (b), and 
RCA (c) vascular territories. (This research was originally published in JNM. Slomka et al. Quantitative analysis 
of myocardial perfusion SPECT anatomically guided by coregistered 64-slice coronary CT angiography. J Nucl 
Med 2009; 50:1621–1630. © by the Society of Nuclear Medicine and Molecular Imaging, Inc.)
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diagnostic value of calcium scan was also evaluated for myocardial perfusion obtained by SPECT or PET 
studies. A study by Schepis et al. (2007a) reported that the calcium score offered incremental diagnostic infor-
mation over SPECT data for identifying patients with significant CAD and negative myocardial perfusion 
results. In another study utilizing hybrid PET/CT (Bybee et al. 2010), about 30% of patients demonstrated 
subclinical CAD detected by the presence of CAC, despite having normal myocardial perfusion. In our recent 
study, we have demonstrated that a combined quantitative +per-vessel score derived from the CAC and PET 
scan was superior in detection of obstructive disease as compared to PET imaging alone (Brodov et al. 2015). 
The CAC scan is also helpful to the clinician in the interpretation of MPI scans in patients with mild or equiv-
ocal perfusion defects. These studies support the concept that patients without known CAD undergoing PET/
CT myocardial perfusion should perhaps undergo a same setting coronary calcification study. It has been 

(b)

(a)

Figure 12.13  Example of MPS contour adjustment after MPS-CTA coregistration. In panel (a), co-registered 
CTA and MPS images are shown with MPS contours overlaid (white lines). Image fusion reveals that the 
valve plane is determined incorrectly (yellow arrows). The same images are shown after MPS contour adjust-
ment (b), revealing RCA defect on MPS. Invasive angiography confirmed a ≥70% stenosis in the RCA. (This 
research was originally published in JNM. Slomka et al. Quantitative analysis of myocardial perfusion SPECT 
anatomically guided by coregistered 64-slice coronary CT angiography. J Nucl Med 2009; 50:1621–1630. 
© by the Society of Nuclear Medicine and Molecular Imaging, Inc.)
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proposed that CAC scanning should routinely be combined with either SPECT or PET MPI, with the view 
that adding CAC to MPI detects subclinical atherosclerosis not detected by MPI, improves risk assessment, 
increases diagnostic accuracy as well as physician certainty in interpretation, and leads to greater change in 
patient management (Rozanski, Slomka, and D 2016).

Typically, in current practice with hybrid systems, the CAC scan is acquired separately, immediately 
before the PET/CT scan (Di Carli, Dorbala, and Hachamovitch 2006). This regimen with separate CT CAC 
and attenuation scans increases the radiation dose to the patient (Kim, Einstein, and Berrington de Gonzalez 
2009) and lengthens the overall scan protocol. However, it should be possible to utilize the CT calcium 
scans for attenuation correction and therefore eliminate the need for the CT scans on a hybrid PET/CT or 
SPECT/CT scanner. Vendors are developing manual or even automated tools for this purpose, as described 
in the previous section. In Figure 12.16, we show a screen snapshot of the software utility from one vendor 
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Figure 12.14  Example of MPS contour and territory adjustment based on CTA in a 72-year-old male patient. 
Original coronary CTA images (a) were interpreted to show a nonsignificant, <50% proximal RCA lesion and 
significant LAD lesion. Coregistration of CTA and MPS images was performed and indicated the need for 
contour adjustment (as shown in Figure 12.13). Quantification after contour adjustment reveals a 3% defect in 
the typical RCA territory (yellow arrow) and defect between LAD and LCX (red arrow) (b). After adjustments 
of the coronary territory based on the superimposed CTA coronary tree, the MPS lesion is assigned to LAD 
(c). Invasive angiography revealed a 50%–69% RCA lesion and a 90% LAD lesion. In this case, CTA-guided 
analysis allowed identification of the additional RCA lesion in MPS and reassignment of the second defect 
from LAD/LCX to LAD. (This research was originally published in JNM. Slomka et al. Quantitative analysis of myo-
cardial perfusion SPECT anatomically guided by coregistered 64-slice coronary CT angiography. J Nucl Med 2009; 
50:1621–1630. © by the Society of Nuclear Medicine and Molecular Imaging, Inc.)
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demonstrating the user interface for manual realignment of calcium scan with SPECT for the purposes of 
attenuation correction. This technique has been successfully applied in SPECT/CT (Schepis et al. 2007b) 
and PET/CT hybrid imaging (Burknard et al. 2010). In both of these studies, the correlation between the 
myocardial perfusion results corrected for attenuation with calcium scan and with standard CT attenuation 
correction scan was excellent in all regions of the myocardium. Conversely, it may be also possible to esti-
mate coronary calcium from nongated low-dose CT attenuation maps (Einstein et al. 2010; Mylonas et al. 
2012), even if the quality of the CT maps used for attenuation correction is lower than that of the standard 
CT calcium scan. Studying 492 patients from three centers, Einstein et al. have demonstrated that coronary 
artery calcifications can be visually assessed from low-dose CT attenuation correction scans for PET/CT and 
SPECT/CT with high agreement for the Agatston score (Einstein et al. 2010). Weighted kappa was 0.89 (95% 
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Figure 12.15  Example of MPS contour adjustment based on coregistered CTA in a 60-year-old male with 
congenital absence of left main artery. The calcium score was 1427. The original coronary CTA images (a) were 
reported as nondiagnostic in LCX and LAD arteries due to heavy calcifications in LCX potentially significant 
but not interpretable (yellow totally occluded). Coregistration of MPS with CTA allowed valve plane position 
adjustments (red arrows and lines) for MPS quantification based on the CTA (b). MPS quantitative analysis 
before contour adjustments (c) resulted in normal values (TPD = 1%). The repeated analysis after valve plane 
adjustment resulted in 7% TPD in the RCA territory (d). The fused 3D image of coronary anatomy and perfusion 
with corrected contours (e) illustrates the correspondence of the occluded RCA with the perfusion defect and 
normal perfusion in LAD and LCX region. Invasive angiography revealed 100% proximal RCA stenosis and no 
significant LAD or LCX disease.
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confidence interval [CI]: 0.88–0.91). Mylonas et al. demonstrated the quantitative assessment of calcium 
score from the CT attenuation maps with standard calcium score maps in 92 patients. The interclass correla-
tion between the calcium score CT attenuation maps and calcium score CT was 0.953 (95% CI: 0.930–0.96) 
(Mylonas et al. 2012). Further research is warranted to standardize and simplify the hybrid cardiac PET/
CT protocols, so that reliable PET or SPECT attenuation correction and calcium measurements could be 
obtained from a single CT scan on a hybrid scanner or even obtained using a standalone CT scan.

12.4.3 �H ybrid vascular imaging

An emerging application for the hybrid cardiovascular imaging with PET/CT is the investigation of vascular 
plaques. Latest PET/CT scanners are capable of combined molecular plaque imaging by PET and precise ana-
tomical delineation of the plaque boundaries by CTA. Considering high resolution of the new hybrid PET/
CT scanners especially with the new resolution-recovery techniques and motion correction techniques as 
described in previous sections, it should be possible to image tracer uptake in coronary lesions.

While coronary CTA can identify anatomical plaque features associated with increased risk, it does not depict 
the biological processes implicated in plaque rupture. Among the tracer compounds for imaging macrophage 
accumulation, 18F-FDG is approved for human use and is used extensively for detection and staging of tumors 
and for imaging glucose utilization in the viable myocardium (Maddahi et al. 1994; Tillisch et al. 1986). However, 
the use of this tracer may be limited by myocardial uptake, which obscures the coronary arteries. Recently, in 
a series of studies (Dweck et al. 2012; Irkle et al. 2015; Joshi et al. 2014), it has been discovered that PET with 
18F-sodium-fluoride (18F-NaF)—an inexpensive, widely available and Food and Drug Administration-approved 
tracer—identifies recently ruptured vulnerable plaque by binding to areas of active microcalcification, which is a 
well-established histological marker of high-risk disease. Hybrid imaging with high-resolution CTA is crucial for 
correct localization of the uptake in the coronary arteries both for 8fluorodeoxyglucose (18F-FDG) and for 18F-NaF.

Figure 12.16  An example of CT calcium scan registered with SPECT and used for attenuation correction. 
Manual adjustment of registration is done by the observer by aligning the contour of the myocardium with 
cardiac CT. (Courtesy of Aharon Peretz, GE Healthcare.)
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12.4.3.1 � CORONARY 18F-FDG HYBRID PET/CORONARY CTA IMAGING

Few studies utilizing PET/CT hybrid equipment for coronary vascular 18F-FDG imaging have been reported to date. 
Increased 18F-FDG signal along the course of coronary arteries in patients with known CAD has been reported but 
without direct confirmation that plaques existed at the sites of increased uptake (Wykrzykowska et al. 2009). Higher 
18F-FDG signal at culprit plaque sites was shown in patients with acute coronary syndrome (Rogers et al. 2010).

AxialCoronal Sagittal

LAD STEMI

RCA STEMI

LCX STEMI

(a)

(b)

(c)

Figure 12.18  Plaque imaging with hybrid PET/CTA. Examples of increased 18F-FDG uptake at stent site in 
patients with acute ST-elevation myocardial infarction (STEMI) PET/CT. (a) A 54-year-old man imaged after 
percutaneous coronary stenting of the proximal left anterior descending artery (LAD) for STEMI. MaxTBR at 
the stent site was 2.1 (white circles). (b) A 49-year-old man imaged after stenting of the proximal RCA for STEMI. 
MaxTBR at the stent site was 2.1. (c) A 71-year-old man imaged after stenting of the mid LCX artery for STEMI. 
MaxTBR at the stent site was 4.0. ( This research was originally published in JNM. Cheng et al. Coronary arterial 
18F-FDG uptake by fusion of PET and coronary CT angiography at sites of percutaneous stenting for acute 
myocardial infarction and stable coronary artery disease. J Nucl Med 2012; 53:575–583. © by the Society of 
Nuclear Medicine and Molecular Imaging, Inc.)

(b)(a)

Figure 12.17  Coronary plaque imaging. Fused 18F-FDG-PET (high-definition reconstruction) and coronary 
CTA in two cases from our work (10). Lesion site is indicated by blue arrows. A case with AMI and coronary 
plaque uptake (a) and a case without uptake (b) in the left main artery.



12.4  Recent applications of hybrid imaging  287

Our group has studied coronary arterial 18F-FDG uptake by fusion of PET and coronary CTA at sites of per-
cutaneous stenting for acute myocardial infarction (AMI) and stable CAD (Cheng et al. 2012). CT-attenuation 
correction images were fused with CTA images to best overlay the 3-D position of the recently placed stent in 
both data sets by rigid body alignment (translation in 3-D). These registration parameters were then applied 
to PET data for fusion with CTA images. This method allowed robust PET/CT registration despite the lack of 
anatomy details on 18F-FDG images.

Our study found that compared to stable disease patients, more AMI patients exhibited target to back-
ground ratio (TBR) > 2.0 at the stent site (12/20 vs. 1/7, p = 0.04). Two cases with and without uptake are shown 
in the left main artery in Figure 12.17. Further examples of increased 18F-FDG uptake are shown in Figure 12.18. 
After adjusting for baseline demographic differences, stent-myocardium distance, and myocardial 18F-FDG 
uptake, presentation of AMI was positively associated with the stent site TBR > 2.0 (odds ratio: 31.6, 
p = 0.044). This study demonstrated that with image fusion of 18F-FDG-PET and coronary CTA increased 
culprit site, 18F-FDG uptake could be in patients with AMI and was rarely seen in patients with stable CAD. 
However, this approach failed to detect increased signal at the culprit site in nearly half of AMI patients, 
highlighting the challenging nature of in vivo coronary artery plaque metabolic imaging. These results 
indicate detection of inflammation in the coronary arteries by hybrid PET/CTA imaging with 18F-FDG 
remains controversial.

12.4.3.2 � 18F-SODIUM FLUORIDE IMAGING

Recently, it has been suggested that another PET tracer 18F-sodium fluoride (18F-NaF) can potentially pro-
vide new information about formation and progression of atherosclerotic plaque and vascular plaque biol-
ogy (Derlin et al. 2010, 2011). 18F-NaF is an established PET tracer that detects novel areas of bone formation 
and remodeling. It has been used in oncological PET/CT imaging and is approved for human scanning 
(Even-Sapir et al. 2006). Dweck et al. has utilized hybrid PET/CT scanner (Siemens Biograph mCT) to study 
coronary arterial uptake of ¹8F-NaF and 18F-FDG as markers of active plaque calcification and inflamma-
tion in a prospective study of 119 patients (Dweck et al. 2012). They have also utilized the high-definition 
PET reconstruction algorithms as described in previous sections, with resolution recovery (Panin et al. 
2006) and time-of-flight corrections. Manual fusion was used to adjust the CTA to PET position. They have 
found that activity was higher in patients with coronary atherosclerosis versus control subjects and cor-
related with the calcium score. Patients with increased coronary ¹8F-NaF activity (n = 40) had higher rates 
of prior cardiovascular events and angina. They found that quantification of coronary 18F-FDG uptake was 
hampered by the myocardial activity and was not increased in patients with atherosclerosis versus control 
subjects. In a subsequent study from the same group, Joshi et al. utilized the same hybrid ¹8F-NaF and 
18F-FDG PET/CTA imaging technique to identify ruptured and high-risk atherosclerotic plaques in patients 
with myocardial infarction (n = 40) and stable angina (n = 40) (Joshi et al. 2013). ¹8F-NaF uptake was com-
pared with histology in carotid endarterectomy specimens from patients with symptomatic carotid disease 
and with intravascular ultrasound in patients with stable angina. They have found that the highest coro-
nary 18F-NaF uptake was seen in the culprit plaques. In contrast, coronary 18F-FDG uptake was commonly 
obscured by myocardial uptake with no differences between culprit and nonculprit plaques. They also found 
that marked 18F-NaF uptake occurred at the site of all carotid plaque ruptures and was associated with 
histological evidence of active calcification, macrophage infiltration, apoptosis, and necrosis. Examples of 
¹8F-NaF uptake are shown in Figure 12.19. Additionally, in a recent study with hybrid PET/CT Dweck et 
al. confirmed that ¹8F-NaF uptake identifies active tissue calcification and predicts disease progression in 
patients with calcific aortic stenosis (Dweck et al. 2014). In view of these findings, ¹8F-NaF PET/CT appears 
to be a very promising application for hybrid PET/CT imaging for identification of vulnerable plaques in the 
coronary and other vessels.

Precise image fusion and image quantification will be crucial for coronary 18F-NaF studies. We have devel-
oped automated methods for cardiac motion correction for 18F-NaF coronary PET data (Rubeaux et al. 2016). 
A significant improvement in image quality (reduced noise and improved TBR) has been found despite cor-
recting only cardiac motion. These motion correction techniques allow precise registration of anatomical 
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lesions seen on CTA and alignment of all PET counts (not only end diastolic counts) with end diastolic CTA 
images. Examples from this study are shown in Figure 12.20.

To date, hybrid coronary imaging has been performed with CTA and PET obtained with one session on the 
same scanner. However, in the clinical application of coronary imaging, CTA may need to be performed before 
PET, usually on a separate scanner—with a subset of patients being selected based on their coronary CTA results 
to undergo follow-up with PET coronary artery plaque imaging alone, i.e., with CTA used as a gatekeeper for 
coronary PET. Importantly, if this sequential approach is employed, the standard coronary CTA, which is acquired 
in end-inspiration, will have to be fused with the free-breathing coronary PET study. Such software fusion applica-
tion may be key for future clinical deployment of coronary PET imaging, with CTA used as a gatekeeper for PET.

12.5 � CARDIAC APPLICATIONS FOR HYBRID PET/MRI

Recently, clinical PET/MR systems were introduced as described in another chapter of this book. The primary 
application for PET/MR is currently in the oncological imaging, but several hypothetical clinical cardiovas-
cular applications have been suggested by the cardiovascular imaging experts (Adenaw and Salerno 2013; 
Quick 2014; Ratib, Nkoulou, and Schwaiger 2013; Rischpler et al. 2013). The major advantages of PET/MR 
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Figure 12.19  Focal 18F-fluoride and 18F-FDG uptake in patients with myocardial infarction and stable angina 
patient with acute ST-segment elevation myocardial infarction with (a) proximal occlusion (red arrow) of the 
left anterior descending artery on invasive coronary angiography and (b) intense focal 18F-fluoride 18F-NaF, 
tissue-to-background ratios, culprit 2.27 versus reference segment 1.09 (108% increase) uptake (yellow-red) 
at the site of the culprit plaque (red arrow) on the hybrid PET/CT. Patient with anterior non-ST-segment eleva-
tion myocardial infarction with (c) culprit (red arrow; left anterior descending artery) and bystander nonculprit 
(white arrow; circumflex artery) lesions on invasive coronary angiography that were both stented during the 
index admission. Only the culprit lesion had increased 18F-NaF uptake 18F-NaF, tissue-to-background ratios, 
culprit 2.03 versus reference segment 1.08 (88% increase) on PET/CT (d) after percutaneous coronary interven-
tion. Corresponding 18F-FDG PET/CT showing no uptake either at the culprit (18F-FDG, tissue-to-background 
ratios, culprit 1.62 versus reference segment 1.49 [9% increase]) or the bystander stented lesion. Note the 
intense uptake within the ascending aorta. In a patient with stable angina with previous coronary artery bypass 
grafting, invasive coronary angiography (e) showed nonobstructive disease in the RCA. Corresponding PET/
CT scan (f) showed a region of increased 18F-NaF activity (positive lesion, red line) in the mid-RCA (tissue-to-
background ratio, 3.13) and a region without increased uptake in the proximal vessel (negative lesion, yellow 
line). Radiofrequency intravascular ultrasound shows that the 18F-NaF negative plaque (g) is principally com-
posed of fibrous and fibro-fatty tissue (green) with confluent calcium (white with acoustic shadow) but little 
evidence of necrosis. On the contrary, the 18F-NaF-positive plaque (h) shows high-risk features such as a large 
necrotic core (red) and microcalcification (white). (Reprinted from The Lancet, 383, Joshi NV, Vesey AT, Williams 
MC, Shah AS, Calvert PA, Craighead FH et al., 18F-fluoride positron emission tomography for identification of 
ruptured and high-risk coronary atherosclerotic plaques: A prospective clinical trial, 705–713, Copyright 2014, 
with permission from Elsevier.)
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over PET/CT in this context are lack of radiation exposure from CT and the possibility of advanced functional 
and molecular cardiac imaging with MR. The disadvantage is the electromagnetic field generated by MR, which 
may prevent imaging of patients with pacemakers, implantable cardioverter defibrillators, or other implanted 
devices susceptible to electromagnetic interference. Preliminary clinical case reports have been published, dem-
onstrating potential clinical applications of simultaneous cardiac PET/MR. It has been suggested that simul-
taneous hybrid PET/MR of 13N-ammonia and late gadolinium enhancement (LGE) may allow diagnosis of 
myocardial hibernation (Figure 12.21) (Lau et al. 2013). Another group demonstrated the use of simultaneous 
PET/MR to assist in the diagnosis of the active cardiac sarcoidosis (Figure 12.22) (White et al. 2013).

It should be noted that it is possible that some of the PET/MR hybrid imaging applications can be more 
conveniently accomplished by standalone image and software registration as described in previous sec-
tions. For example, our group had studied the definition and size of the infarct with co-registered delayed 
enhancement MR and SPECT using software registration (Slomka et al. 2005a). Our study was done for 
cross-validation purposes; however, it could be imagined that combined stress SPECT or PET with delayed 
enhancement MR for viability definition obtained on standalone scanners could be performed clinically for 
viability imaging instead of traditional 18F-FDG viability scan. It remains to be seen if hybrid cardiac PET/
MR enters clinical practice in cardiology. Nevertheless, this hybrid device is very likely to be exploited as a 
powerful research and cross-validation tool for new PET or MR cardiovascular imaging techniques.
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Figure 12.20  Hybrid imaging of cardiac motion-corrected 18F-NaF PET and CTA. Left: 3-D rendering: end-
diastolic PET image (25% of PET counts) (left top) and motion-frozen image (left bottom). High image noise 
(% standard deviation) is seen in end-diastolic image (white dotted arrows). Increased 18F-NaF uptake (broad 
arrows) is seen in RCA (yellow), left anterior descending (LAD; red), and LCX (green). Right: 2-D multiplanar-
reformatted view of RCA lesion (yellow arrows) with low lesion signal in ungated image (right top), noise in 
end-diastolic image (white arrows, right middle), and high lesion signal with reduced noise in motion cor-
rected image (right bottom). (This research was originally published in JNM. Rubeaux et al. Motion correction 
of 18F-sodium fluoride PET for imaging coronary atherosclerotic plaques. J Nucl Med 2016;57:54–59. © by the 
Society of Nuclear Medicine and Molecular Imaging, Inc.)



290  Recent developments and applications of hybrid imaging techniques

Rest Stress

LGE MRI Fused LGE MRI with
13N-PET rest

13N-PET rest

(a) (b)

(c) (d) (e)

Figure 12.21  Example of cardiac PET/MR. 13N-ammonia and LGE PET/MR. Two-chamber long axis views of rest 
(a) and stress (b) 13N-ammonia PET/MR myocardial perfusion scan demonstrating a predominantly reversible 
anterior/anteroapical perfusion defect consistent with ischemia. (c) LGE imaging shows no delayed contrast 
uptake in the anterior/anteroapical wall, indicating the absence of infarction. (d) Fused PET perfusion and MR 
LGE images show no LGE in the area of resting hypoperfusion detected by PET (e) 13N-ammonia PET demon-
strating mild anterior and apical hypoperfusion at rest. (With kind permission from Springer Science+Business 
Media: J Nucl Cardiol, Demonstration of intermittent ischemia and stunning in hibernating myocardium, 20, 
2014, 910, Lau J, Laforest R, Priatna A, Sharma S, Zheng J, Gropler RJ et al., Figure 2.)
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Figure 12.22  PET/MR in active cardiac sarcoidosis. Three-dimensional LGE with 18F-FDG PET suggestive of active 
inflammation surrounding regions of established scar. Respective sequential short-axis images from the base to the 
mid-ventricle for T2-weighted MR, LGE MR, and 18F-FDG PET imaging (fused to LGE imaging). White arrows indicate 
regions of established scar by LGE imaging. Far right, images at a wider field of view to show splenic nodules with 
enhancement on both LGE and 18F-FDG imaging. (Reprinted from Circulation, Volume 127, Issue 22, White et al., 
Active cardiac sarcoidosis: first clinical experience of simultaneous positron emission tomography – magnetic reso-
nance imaging for the diagnosis of cardiac disease, e639–e641, 2013, with permission from Wolters Kluwer Health.)
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12.6 � CHALLENGES AND FUTURE POSSIBILITIES

Several promising clinical and research applications for the hybrid vascular imaging have been demon-
strated in this chapter. Certainly, for research purposes, the hybrid imaging is an excellent tool. It is, 
however, somewhat less apparent if a mainstream clinical application can be identified for cardiovascu-
lar hybrid imaging. For example, in the diagnosis of coronary disease, it is thought that only 10%–15% 
of patients would require both anatomical (coronary CTA) and myocardial perfusion scans (Berman et 
al. 2006). Performing hybrid scan on all patients is not economically feasible and would add unnecessary 
radiation burden to patients who would have needed only one of the scans. The main challenge is that 
it is not known ahead of time (before the test results of one scan are known) who should be undergoing 
the hybrid imaging; therefore, it becomes logistically difficult to adjudicate scans on a hybrid scanner 
to the appropriate patients who would benefit from it. Potentially, stress-only low-dose PET or SPECT 
with low-dose coronary CTA could be utilized in a streamlined dose-optimized hybrid protocol if there 
are patients in whom the need for both tests is clear. A potentially more practical solution could be the 
utilization of the selective hybrid imaging with software approach of standalone sequentially acquired 
data.

(a)

(b)

Figure 12.23  Automated plaque quantification from coronary CTA (a). Noncalcified (red) and calcified (yel-
low) plaque regions are detected (b). CT-defined volume of plaque could be used in the future for the partial 
volume correction of hybrid vascular images.
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Another potential future application for hybrid imaging is the improvement of the image resolution and 
quantitative accuracy of the PET or SPECT scan with the use of CT or MR data, for critically demanding 
research applications. Such improvements could be achieved by anatomically guided partial volume effects 
correction for hybrid imaging. Partial volume effects correction techniques have been found effective for 
oncological PET/CT imaging (Marouka et al. 2013). For vascular imaging, partial volume effects in terms 
of bias and variability will be large for coronary plaque imaging. Coronary CTA offers abilities to delineate 
lipid plaque volume accurately, and therefore, it should be possible to apply partial volume effect correction 
methods, based on the plaque volume and location. The volume of the noncalcified lesions determined by the 
automated software (Rubeaux et al. 2016) from CTA could be used in the future for partial volume effects 
correction for PET after coregistration (Figure 12.23). Such accurate absolute measurements of PET uptake 
could be important for research where high accuracy may be required for measuring the effects of therapy 
and thus warrant the use of hybrid imaging.

Nevertheless, some clinical hybrid imaging applications may be quite feasible for the widespread clini-
cal deployment. For example, it is possible to imagine that PET or SPECT with CT calcium scan could be 
routinely utilized, considering the evidence of added value of the CT calcium scan to the SPECT and PET 
myocardial perfusion imaging. The routine availability of the noncontrast CT scan obtained with hybrid 
equipment may allow additional future possibilities. For example, other cardiac variables such as pericardial 
fat volume can be derived via automatic software from the noncontrast CT (Dey et al. 2008). This new cardiac 
variable is related to presence of both myocardial ischemia and stenosis (Nazakato et al. 2012) and may offer 
additional value over the CT calcium score (Forouzandeh et al. 2013).

12.7 � SUMMARY

We have described recent developments in hybrid cardiovascular imaging with the focus on software devel-
opments and applications. Hybrid cardiovascular imaging by PET/CT or SPECT/CT is hampered by com-
paratively low resolution of nuclear imaging modality, as well as cardiac and respiratory motion, which is 
resolved differently in CT and PET/SPECT images. Corrections for image resolution, cardiac, and respiratory 
motion have been proposed to improve the agreement between the two imaging components. Hybrid imag-
ing may be performed with dedicated combined scanners or alternatively with software-enabled combination 
of standalone modalities. Robust automated software techniques have been developed for the registration 
of standalone SPECT/PET modalities with CTA, noncontrast CT, and MR. Due to mismatch in respiratory 
patterns, PET/CTA imaging with hybrid PET/CT scanners obtained in one scanning session still requires 
software registration for combined visualization and quantification.

Several reports demonstrate improved diagnostic accuracy of hybrid PET or SPECT/CTA imaging for the 
detection of the CAD with either dedicated hybrid scanners or standalone sequential imaging. It is also possi-
ble to improve the quantification of SPECT or PET by CTA-guided correction of the LV contours and vascular 
territories. A coronary calcium scan can be easily obtained with the hybrid scanners and it can provide addi-
tional diagnostic and prognostic value. A potentially noncontrast CT calcium scan could be used for attenu-
ation correction, streamlining the clinical protocols, and reducing radiation exposure. Alternatively, calcium 
estimates could be obtained from CT attenuation maps. Hybrid imaging may also be used for anatomically 
guided molecular imaging of atherosclerotic plaque. Several reports utilize vascular PET/CTA hybrid imaging 
to investigate the vulnerable plaques in the aorta, carotid and coronary vessels. The most promising PET agent 
for this application appears to be 18F-NaF. Novel applications have been suggested for hybrid PET/MR, includ-
ing the diagnosis of myocardial hibernation or diagnosis of cardiac sarcoidosis. Challenges for hybrid cardio-
vascular imaging include the cost of the procedures, radiation dose, as well as identification of patients who 
would benefit from such exams. There are, however, several clinical and research applications where hybrid 
imaging will prove viable and potentially some of the approaches will become part of routine clinical testing.
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Multimodality image fusion

MARINA PICCINELLI, JAMES R. GALT, and ERNEST V. GARCIA

13.1 � INTRODUCTION

In the last decades, the continued improvement of noninvasive imaging armamentarium (Achenbach et al. 
2010; Beller 2010) and better understanding of cardiovascular diseases have driven physicians and research-
ers in the field to adjust the position of diagnostic imaging techniques from a competing role to a synergistic 
one (Achenbach et al. 2013;  Blankstein and Dorbala 2010; Kramer and Narula 2010; Lee et al. 2013; van 
der Hoeven et al. 2012). Each modality exhibits and will most likely continue to exhibit its own strengths 
and weaknesses. The idea of a one-stop-shop (Kramer 1998) that could alone explain all aspects of myocar-
dial disease has given way to an integrated multimodality approach according to which different modalities 
equally contribute to the formation of the final image eventually used for diagnosis, prognosis, and patient 
management.

The commonest cardiac applications for imaging multimodality frameworks deal with clinical conditions—
the most prevalent being coronary artery disease (CAD) (Go et al. 2013)—for which both anatomy and 
function are necessary for a comprehensive assessment of the disease severity, its spatial distribution and 
treatment planning (Hsiao et al. 2010; Piccinelli and Garcia 2013). A number of clinical studies have been 
established that the degree of anatomical stenosis (measured with invasive coronary angiography [CA] or 
noninvasive computed tomographic angiography [CTA]) inadequately predicts the physiologic significance 
of obstructive CAD, particularly in intermediate lesions, resulting in many cases being referred to unneces-
sary invasive procedures (Achenbach et al. 2010; Blankstein and Di Carli 2010; Hacker et al. 2007; Lee et al. 
2013). Relative myocardial perfusion imaging (MPI) robustly identifies the vascular territory supplied by the 
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most severe stenosis but may underestimate true ischemia extent in patients with multivessel CAD and, given 
the high variability in coronary anatomy, may fail to properly single out the culprit vessel (Hachamovitch 
and Di Carli 2008; Underwood 2004). Additionally, after the Fractional Flow Reserve versus Angiography 
for Multivessel Evaluation trial demonstrated that revascularization guided by fractional flow reserve sig-
nificantly improves outcomes, tests for myocardial ischemia have been incorporated into revascularization 
guidelines (de Bruyne et al. 2012; Lee et al. 2013; Min et al. 2012; Tonino et al. 2010).

The strength and potential of multimodality image fusion originate not only from the availability of differ-
ent tests in ambiguous cases (Gaemperli et al. 2007a; Santana et al. 2009; Slomka et al. 2004), i.e., CTA-derived 
anatomy and MPI-derived perfusion, but also from the actual merging in the same visualization display of all 
the available information so that they can actually complement each other and provide an image that is more 
informative than any of the input singularly considered. Different types of imaging tests have been available 
to physicians for diagnosis for years, but they were typically interpreted side by side and fused in one’s mind. 
Recently, studies specifically designed to address this issue have demonstrated the incremental diagnostic value 
of fusion frameworks with respect to side-by-side or stand-alone interpretations (Santana et al. 2009) in that the 
confidence in interpretation with integrated images was higher with better accuracy and less errors.

In the following sections, we will initially present two main approaches for the realization of multimodal-
ity imaging frameworks, namely, software versus hardware solution, emphasizing their advantages as well 
as their drawbacks. We will then consider the commonest dual-modality systems and their usage in clinical 
settings for image fusion.

13.2 � WORKING DEFINITIONS�: SOFTWARE VERSUS HARDWARE 
IMAGE FUSION

Generally speaking, multimodality image fusion is performed when two or more images acquired either by 
different devices and/or at different moments are registered in space and time so that colocalization of the 
structure and function is obtained (Giovanella and Lucignani 2010; Saraste and Knuuti 2012). This integra-
tion can be realized according to different approaches and techniques, but they all come down to two strate-
gies: (1) software fusion, when images are acquired in separate scanners and dedicated image registration 
software is developed to perform the final integration of the volumetric datasets (Faber et al. 2004, 2011; 
Gaemperli et al. 2007b; Slomka and Baum 2009; Slomka et al. 2004, 2009), and (2) hardware fusion, when 
the patient is sequentially acquired by means of a hybrid device without being moved from the table (Cherry 
2009; Flotats et al. 2011; Gaemperli et al. 2012; Kauffmann and Di Carli 2009; Patton et al. 2009).

13.2.1 �S oftware fusion

Before the advent of hybrid devices, the only way to fuse distinct images was to make use of software tools and 
specifically of image registration techniques (Hutton et al. 2002; Maintz and Viergenev 1998). The increas-
ing use of radiological images in all aspects of clinical routine has made image registration a very active field 
of medical image processing. Particularly, automated registration techniques have been the focus of consid-
erable investigation (Faber et al. 2004, 2011; Gaemperli et al. 2007a, 2007b; Peifer et al. 1990; Piccinelli et al. 
2014; Slomka and Baum 2009; Slomka et al. 2004, 2009). Interactive alignment may in fact still be an option in 
research applications and most manufacturers supply interactive software so that the user can manipulate one 
image with three-dimensional (3-D) rotations and translations until it matches the second image to be aligned 
with, but these operations are time-consuming and subjective and consequently unfeasible for clinical needs.

From the technical point of view, image registration is implemented by the optimal transformation that 
best aligns one of the images to the other (Hill et al. 2001; Hutton et al. 2002; Maintz and Viergenev 1998). In 
this optimization process, three main components have to be defined for a registration algorithm to be cor-
rectly designed: a transformation model that defines how the coordinates between the two images are related 
(e.g., rigid versus deformable transformations); a similarity metric that quantifies the degree of alignment 
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between the images (e.g., mutual information, sum of squared differences (SSD), etc.); and a numerical rou-
tine that iteratively moves one of the images, evaluates the agreement between the datasets and stops when 
a predefined level of matching has been reached. Although a wide variety of different algorithms have been 
developed and proposed throughout the years, all registration techniques can be broadly grouped into two 
general approaches: surface-based and volume-based registration (Piccinelli and Garcia 2013). In surface-
based techniques, landmark points or geometric features (edges, organ contours) are extracted—an opera-
tion commonly called segmentation—from both images and are successively aligned. Voxel-based methods 
directly use the original image pixel intensities to define a similarity metric and perform the spatial alignment.

Image fusion software has considerably improved in the past few years in terms of algorithm accuracy 
(2.0–3.0 mm) (Giovanella and Lucignani 2010), time efficiency, and the sophistication of 3-D visualization 
techniques and displays. The widespread acceptance of DICOM (Digital Imaging and Communication in 
Medicine) standard has also made this approach flexible and affordable according to the specific institution 
needs. First, no real limitation exists on how many images can be fused, differently from actual dual-modality 
hybrid systems, and the software approach remains basically device independent while not all imaging tech-
niques can be integrated into a single apparatus. Particularly interesting, it is also the option of performing 
serial registration of images for follow-up studies and evaluation of treatment efficacy (Faber et al. 1991). 
However, the main downsides remain the difficulty in finding robust and automatically matching features 
between images (Piccinelli and Garcia 2013) as well as designing metrics that can robustly guide the regis-
tration process. Validation of nonlinear algorithms, which are desirable for the accurate alignment of soft 
tissues, is also the focus of active research (Rueckert and Aljabar 2010).

Although the inherent technical difficulties and the required specific expertise have hampered a more 
substantial transfer of software multimodality image fusion into clinical environments, the image registra-
tion of stand-alone acquisitions has paved the way for the development of hybrid scanners, demonstrating the 
clinical benefits of image integration to begin with (Slomka et al. 2009).

13.2.2 �H ardware fusion

In a hardware fusion approach, the radiological devices are physically integrated into a single apparatus and 
the images are acquired within one single imaging session. Hybrid systems such as positron emission tomog-
raphy (PET)/computed tomography (CT) and single-photon emission computed tomography (SPECT)/CT 
represent an important step forward toward a fully integrated device, although the acquisitions are presently 
not truly simultaneous. Current clinical hybrid machinery actually enables sequential imaging (Cherry 2009; 
Patton et al. 2009). The system is designed so that the two imaging devices are latched together in a tandem 
configuration and the patient can be moved from one scanner to the other (Figure 13.1) while the hardware 
of the two devices remains separated. The system is precisely calibrated so that the coordinate transformation 
between the two acquired volumetric datasets is predefined and stored in the system. No image registration is 
in principle needed and straightforward fusion and display are performed with improved spatial registration 
with respect to the software approach.

In practice, even when integrated scanners are available, image registration software is still needed for 
a number of reasons (Flotats et al. 2011). Since acquisitions are mostly sequential, the patient may move 
between the scans, and specifically to cardiac applications, the heart may shift due to the effects of pharmaco-
logical stress. Additionally, imaging the breathing chest presents a problem. X-ray CT images are acquired in 
much less time than MPI images. A single CT slice represents a snapshot of the chest at one instant while MPI 
images are acquired over several minutes. As such, if standard CT procedures are followed, the two image 
sets will most likely not match (Goetze and Wahl 2007). Standard image registration techniques may be used 
to correct for this misregistration.

The development of hybrid systems that perform true simultaneous acquisitions where both modalities 
acquire the same volume at the same time is an active field of research. This is a particularly challenging 
endeavor since the different components from either modality can greatly interfere with each other, causing 
various types of artifacts. Promising results have been recently reached by PET/magnetic resonance (MR) and 
SPECT/MR prototypes, although they have not yet routinely entered clinical settings (Rischpler et al. 2013).
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13.3 � PET/CT AND SPECT/CT ATTENUATION CORRECTION

While more detailed reviews of attenuation correction (AC) methods for both SPECT/CT and PET/CT can be 
found in other chapters of this book; herein, we briefly review the crucial role of image registration software 
and image realignment techniques for this important component of hybrid systems.

Attenuation correction is the most immediate exemplification of the synergistic role of multimodality 
imaging. Nonhomogeneous photon attenuation in the thorax is the main drawback of MPI. Attenuation arti-
facts can produce a decrease in both MPI sensitivity and specificity. To overcome this problem, CT-derived 
attenuation correction maps can be created and used to correct the original datasets greatly improving image 
quality (Heller et al. 2004; Kinahan et al. 2003; Machac et al. 2006) for both PET/CT and SPECT/CT. For AC 
purposes, the CT scan is commonly a fast low-dose acquisition that does not add much radiation burden 
to the patients. The crucial requirement for the correction to be performed properly remains the accurate 
alignment of the two volumetric datasets. As mentioned in the previous section, imaging of the heart is par-
ticularly challenging due to the inherent movement of the heart, its displacement in the cardiac cavity after 
pharmacological stress induction and respiratory artifacts. It has been recognized that the misregistrations 
between the scans pose a problem when the acquisition of the scans is sequential. This issue has been investi-
gated (Chen et al. 2006; McCord et al. 1992), and realignment of the two scans by way of different techniques 
has been proposed (Fricke et al. 2004; Loghin et al. 2004; Martinex-Moller et al. 2007).

Standard practice for patients undergoing rest/stress exams is to perform two separate CT scans for 
AC: in resting studies, either MPI or CT can come first, while for stress studies, it is recommended that 
the CT scan follow the MPI acquisition to reduce misregistration artifacts. Some clinics utilize one CT 
scan and registration software, as shown in Figure 13.2, to ensure that the CT and MPI match through-
out the imaging sequence (Nye et al. 2006).

Software approaches have been proposed also for the minimization of misregistration due to breathing arti-
facts. One solution is to reduce the temporal resolution of the CT to match the PET by using a very slow acquisi-
tion of a spiral CT or by averaging several CT images made over the respiratory cycle (McCord et al. 1992; Pan 
et al. 2005, 2006). Also, automated techniques that incorporate emission data into the CT-based attenuation 
map for better correction have been investigated and shown promising results (Martinex-Moller et al. 2007).

Misregistration artifacts appear to be more severe for PET than for SPECT, mainly because of the reduced 
spatial resolution of SPECT, but all SPECT/CT and PET/CT images require a careful quality control and, if 
necessary, realignment—either manually or by means of automated software—to avoid the risk in introduc-
ing artificial defects (Figure 13.3).

SPECT
PET

SPECT
PETCT CT

Figure 13.1  Most PET/CT and SPECT/CT scanners follow the same basic design where both scanners are 
integrated into a single unit with one table that carries the patient between the two scanners. Images must 
be acquired sequentially in both systems since the two units are separated along the table. In operation, a CT 
scout scan is used to determine the position of the heart for both the MPI and CT scans. The MPI and CT scans 
are then done in sequence (either may be first, depending on the circumstances).
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(a)

(b)

Figure 13.2  Proper registration of PET and CT is essential for accurate PET attenuation correction. In the 
top panels (a), the PET heart overhangs the soft-tissue into the lung on a segmented CT scan, perhaps due to 
movement of the patient between the two scans. The attenuation correction algorithm treated the lateral wall 
of the heart as if it had the same density at lung and severely under corrected for attenuation. In the bottom 
panels (b), the heart can be seen properly positioned after manual registration and the artefactual lateral wall 
defect resolves. All PET-CT images should be checked for proper alignment.

CT with heart position VLA SA

Figure 13.3  SPECT/CT images are acquired sequentially (first SPECT then CT or vice versa). If the patient 
moves between the two scans, the spatial mismatch can result in artefactual defects in the attenuation cor-
rected images. Patient movement between the SPECT and the CT acquisitions resulted in a misalignment of 
the heart in the two modalities as shown in the top panels. This produced an undercorrection of the anterior 
wall of the heart and an artefactual anterior wall defect. Correction software was used to realign the SPECT 
and CT before reconstruction and the heart reconstructs as normal as shown in the bottom panels. VLA, verti-
cal long axis; SA, short axis.



304  Multimodality image fusion

13.4 � INTEGRATION OF MPI AND CTA

The most common application of image multimodality fusion in cardiovascular medicine is the assessment of 
CAD severity. Recent pivotal clinical trials have indeed underlined as morphological and functional data can 
provide complementary information regarding a specific lesion. Such comprehensive information adds to the 
global clinical picture and helps selecting the proper treatment. Patients will benefit from invasive procedures 
only if flow-limiting stenoses are present and ischemia is proven, while aggressive treatment, which does not 
come without periprocedural risks, will not improve outcomes and patients’ symptoms (Gaemperli et al. 
2012; Lee et al. 2013; Tonino et al. 2010). Integration of MPI and CTA can in fact guide a more judicious selec-
tion of patients who are scheduled for catheterization. Additionally, given that standard vascular territories 
do not always represent the anatomy of the patient’s coronary trees, the CT-derived anatomy will improve the 
identification of the culprit lesion, further aiding intervention planning.

The less demanding integration of CT-derived data to MPI uses coronary calcium assessment (CCS). 
Technically, the inclusion is straightforward since low- and medium-quality acquisitions, namely, the same 
employed for AC, can be used for CCS evaluation, indeed keeping radiation dose to a minimum. CCS rep-
resents a surrogate marker for atherosclerosis burden, although low values cannot be interpreted as absence 
of CAD. The additional diagnostic and prognostic value of CCS is widely accepted, specifically in cases of 
normal SPECT or PET, where it can help uncover multivessel disease (Blankstein and Dorbala 2010; Chang et 
al. 2009; Rosen et al. 2009). Normal MPI associated with high CCS usually indicates low risk of events in the 
short term but intermediate risk in the longer term, as compared to those with little or no calcifications. In 
a recent study (Schenker et al. 2008), 82Rb PET/CT system was used to assess the increase in event rates with 
increasing CCS with or without perfusion defects.

Caveats to the use of CCS and MPI resides in its inability of defining stenosis severity and detecting 
noncalcified plaques, which are often the culprit of acute syndromes (Hsiao et al. 2010). The clinical quality 
of CTA has greatly improved in the last decades, and currently, CTA represents the most promising non-
invasive modality for the assessment of degree of stenosis. Additionally, with continuing improvement in 
spatial resolution, CT allows visualization of the vessel wall proving information on presence and compo-
sition of eccentric non-obstructive plaques, although its clinical value hasn’t been completely determined 
yet.

The feasibility and accuracy of CAD assessment with integrated systems were first reported by Namdar 
et al. (2005) using hybrid PET/CT with four-slice CT to perform contrast-enhanced CTA and standard rest/
stress perfusion acquisition. This and subsequent studies have confirmed the robustness of hybrid PET/CT 
systems in detecting CAD, resulting in improved specificity and positive predictive value (PPV) with respect 
to stand-alone acquisitions. In a recent study (Kajander et al. 2010) with 15O-H2O PET/CT (specifically 
64-detector CT), the diagnostic accuracy was 98%, while sensitivity, specificity, PPV, and negative predictive 
value (NPV) were 93%, 99%, 96%, and 99%, respectively. Sato et al. (2010) also reported an improved perfor-
mance of the 201Tl SPECT/CT for detecting ≥50% stenosis on CA than stand-alone CTA: specificity increased 
from 80% to 92% and PPV from 69% to 85%; sensitivity remained 95%, and NPV, 97%. Rispler et al. (2007) 
also investigated patients with known or suspected CAD by means of SPECT/CTA with global improvement 
of both specificity (95%) and PPV (77%). All these studies indicate that the noninvasive detection of hemo-
dynamically significant CAD by integrated MPI and CTA is highly accurate. Figures 13.4 and 13.5 show 
examples of integrated displays for the fusion data. It must be noted that to obtain a 3-D visualization like 
the one in Figure 13.5e, simple integrated systems are not sufficient and additional software postprocessing as 
described in Section 13.6 of this chapter is needed.

The incremental value of explicit registration of images acquired in separated scanners has also been 
addressed in numerous studies, and their results actually provided the background for the develop-
ment of hybrid systems. The studies indicated that in one third of the analyzed cases, the availability 
of fused images improved diagnostic performance with respect to side-by-side evaluation (Gaemperli 
et al. 2007b; Santana et al. 2009; Slomka et al. 2009). The number of equivocal lesions decreased and the 
sensitivity to multivessel disease was improved.
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Figure 13.4  Integrated 82Rb myocardial perfusion and CT coronary angiography images in a patient with 
suspected CAD. The rest and stress myocardial perfusion PET images demonstrate a small perfusion defect 
of severe intensity in the mid and basal lateral walls with significant but not complete reversibility. On CTA, 
the coronary anatomy was right-dominant (images not shown), with severe luminal narrowing of the proximal 
LAD and left circumflex coronary artery (LCX) (shown in cross-sectional images of the vessels in the inset). 
The integrated PET/CT results suggest that although the patient has extensive coronary atherosclerosis in 
the proximal LAD and LCX, only the LCX stenosis is hemodynamically significant. Follow-up catheter-based 
coronary angiography demonstrated a totally occluded LCX (filled by collaterals), with minimal disease in the 
proximal LAD. ANT, anterior; SEP, septal; LAT, lateral; INF, inferior; LM, left main artery; Ao, aorta; RI, ramus 
intermedius. (From Di Carli MF et al., J Nucl Cardiol, 13, 139–144, 2006. With permission.)
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Figure 13.5  (a) CTA curved multilinear reformat of the LAD shows an irregular mostly calcified plaque causing 
>50% diameter stenosis (arrow). LCX (b) and RCA (c) multiplanar reformats with significant stenosis in the proximal 
portions of both arteries (arrows). (d) Perfusion SPECT at stress (top) and rest (bottom) with a reversible defect in 
the apex and antero-apical region (arrows). (e) Fused display shows overlap of arteries segmented from the CTA 
and the epicardium detected from the perfusion SPECT. This display graphically demonstrates that the reversible 
antero-apical defect is in fact a result of the LAD stenosis and that interventional therapy should be directed to 
the LAD lesion. RCA, right coronary artery; LCX, left circumflex artery; LMCA, left main coronary artery. (Adapted 
from Rispler S et al., J Am Coll Cardiol, 49, 1059–1067, 2007. With permission.)
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From the technical point of view, in the majority of studies, image registration is performed by means 
of surface-based algorithms: the original images are preprocessed to extract landmarks that are eventually 
used for the final alignment. In the last few decades, nuclear cardiac imaging has been the focus of extensive 
research in order to objectively and automatically quantify perfusion images (left ventricle [LV] epicardial 
and endocardial boundaries, wall motion, ejection fraction, etc.). A number of software packages have been 
developed and made available to clinicians that allowed the standardization and the widespread utilization 
of nuclear cardiology as the most reliable tool for CAD assessment. Image processing of anatomical images 
on the other hand has lagged behind with regard to automated feature extraction.

The initial attempts to provide fusion of anatomy and function used biplane CA images to extract anatomy 
mostly with semiautomatic methods. In Faber et al. (2004), the angiographic images were manually seg-
mented with ad hoc software tools to extract vessel centerlines and registered to SPECT-derived LV surface 
by aligning the left anterior descending (LAD) to the anterior interventricular groove; the Iterative Closest 
Point algorithm (Besl and McKay 1992) and a nonlinear warping to adapt the coronaries to the LV surface 
were successively applied and the method was validated. Figure 13.6 shows examples of the 3-D final fused 
models. A similar work was proposed, although both SPECT and CA acquisition parameters were used to 
align the models (Schindler et al. 1999).

Since the advent of CTA, researchers have been trying to make use of all the volumetric information 
available to perform SPECT/CTA fusion. A volume-based algorithm was developed (Slomka et al. 2009) for 
semiautomated registration: preprocessing of the original images was still required for the extraction of coro-
nary tree anatomy; LV myocardium and blood pool were automatically identified in SPECT images and new 
volumetric dataset with masked myocardium and blood pool was created; and the CTA image was smoothed 
with a Gaussian filter and the images so obtained were used as inputs to the optimization algorithm. A rigid 
transformation was assumed and the sum of intensity differences (SSD) was used as a similarity metric. Faber 
and colleagues proposed in Faber et. al. (2011) a new volume-based methodology that made also use of the 
presence of the right ventricle (RV) to register SPECT/CTA. The resulting fused display is highly realistic, as 
depicted in Figure 13.7. Although the algorithm was validated using manually extracted anatomical images, 
preliminary results were recently presented on the complete automation of the technique (Piccinelli et al. 
2014). To account for phase mismatch between SPECT and CTA, a deformable registration was also suggested 
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Figure 13.6  Validation of the fusion method for aligning 3-D coronary trees from angiography with 3-D epi-
cardial surfaces from perfusion SPECT. Anatomical mass at risk (purple areas) computed from the coronary 
artery anatomy vs. physiological mass-at-risk (black areas) computed from perfusion quantitation. Vessels dis-
tal to the anatomic lesions are highlighted in green. Overlap of the purple and black areas is a measure of 
fusion accuracy, since in these patients, the perfusion abnormality was caused by the arterial blockage during 
balloon inflation for PTCA. (a) Example of an LAD lesion. (b) Example of an LCX lesion. (c) Example of an RCA 
lesion. LAD, left anterior descending artery; RCA, right coronary artery; LCX, left circumflex artery. (From 
Faber TL et al., J Nucl Med, 45, 745–753., 2004. With permission.)
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to select the SPECT phase that best matched the CTA and improved registration accuracy (Woo et al. 2009). 
In Gaemperli et al. (2007b), a different approach was described based on a volume-rendering type of dis-
play. The images are mostly manually registered, the LV epicardium is semiautomatically extracted, and the 
SPECT intensity is projected into the CTA-derived epicardial surface. The fusion process was highly repro-
ducible. Figures 13.8 and 13.9 show examples of these techniques.
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Figure 13.7  3-D and 2-D displays of anatomical and functional data as obtained with methodologies 
described in Faber et al. (2011). (Top) 3-D surface rendering of the RV and LV and coronary trees extracted 
from the CTA; RV surface is opaque, and the LV surface has mapped perfusion values from stress/rest SPECT. 
The user is allowed to interact with the models and rotate them. (Bottom) Short and horizontal axis slices of 
synchronized CTA and SPECT scans.
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Figure 13.8  SPECT and CT fused and displayed by means of volume rendering methods. The stenosis in the 
LCX is seen to correspond well to the lateral wall perfusion abnormality. (Taken from Wagner HN, J Nucl Med 
47, 13N–39N, 2006. With permission.)
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The accuracy of any given image registration technique can be potentially improved by adding to the algo-
rithm design additional anatomical or functional data retrieved from either modality or by moving to more 
advanced transformation models, i.e., deformable versus rigid. On the other hand, these changes may affect 
the algorithm’s performance in terms of computational power and/or time requirements and consequently 
limit its suitability for clinical settings (Audette et al. 2000; Rueckert and Aljabar 2010)

13.5 � INTEGRATION OF MPI AND MAGNETIC RESONANCE 
IMAGING

Although cardiac magnetic resonance imaging (MRI) is not yet being used commonly as a clinical diag-
nostic procedure, it is nonetheless the gold standard for investigating cardiac anatomy and function. Its 

Figure 13.9  Left anterior oblique (top) and right anterior oblique (bottom) views of a 3-D fused image taken 
from a combined SPECT/CT scanner. The location of the left anterior descending artery (LAD) stenosis and the 
myocardial perfusion defect (green) can be assessed. (From Nakauro T et al., Circulation, 112, e47–e48, 2005. 
With permission.)
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high resolution in space and time provides exquisite pictures of the moving heart. In addition, delayed 
enhancement images using gadolinium may be used to visualize myocardial infarcts, including those 
small subendocardial infarcts that are impossible to analyze with nuclear medicine. While early imag-
ing with gadolinium may provide some measure of perfusion with MRI, nuclear medicine is still the 
gold standard for this application. Therefore, the registration of MRI with MPI should allow better 
integration of these three pieces of information: function, infarction, and perfusion. Coronary mag-
netic resonance angiography can be used to assess CAD but is less commonly used with respect to CTA 
(Hundley et al. 2010; Schuetz et al. 2010), exhibiting lower diagnostic accuracy mainly given its lower 
spatial resolution (Sakuma 2011).

Due to the delayed development of hybrid PET/MR or SPECT/MR, there are limited data supporting 
the extensive use in the clinic of these devices (Büscher et al. 2010; Gaa et al. 2004; Nekolla et al. 2009; 
Rischpler et al. 2013). In animal models, hybrid PET/MR was performed and functional parameters 
were obtained with good accuracy (Büscher et al. 2010). A pilot study has also been recently conducted 
comparing PET/MR and SPECT for the assessment of cardiac viability (Carballo et al. 2012). Although 
the authors reported good agreement between the modalities considered, they also acknowledged the 
need for further investigations.

The software approach consequently represents the most followed strategy for image fusion of MPI 
and MR images. Its feasibility and accuracy have been demonstrated in a number of studies. Registration 
of SPECT perfusion images with MRI of the same patient was first demonstrated by Faber et al. (1991). A 
surface-based method was applied: endocardial boundaries were detected in each dataset; end-diastolic (ED) and 
end-systolic frames were identified from volume calculations; and finally, a cost function consisting of the 
distance of the MRI ED surface from the SPECT ED surface plus the distance of the MRI end-systolic sur-
face from the SPECT end-systolic surface was minimized over translation and rotation in three dimensions 
(Pelizzari et al. 1989). The resulting transformation was applied to the SPECT volume and interpolated in 
time. In clinical tests, LV and RV walls in SPECT were seen to align well with those in MR images, and areas 
of decreased perfusion in SPECT images were aligned with areas of decreased myocardial thickening in MR 
images. In the last decades, various other groups have focused on surface-based methodologies for the regis-
tration of PET or SPECT images to MR (Makela et al. 2003; Sinha et al. 1995). Crucial to surface-based meth-
ods is the extraction of anatomical landmarks from the images. In Sinha et al. (1995), LV boundaries were 
extracted by means of morphological and linear filtering techniques; surface fitting techniques (Pelizzari 
et al. 1989) were employed to find the best transformation between the two surfaces that was then used to 
register the original images. The method was validated by calculating the difference between user-identified 
landmarks in the two images after the transformation, using six MRI/PET image pairs and an average of 
14 landmarks per pair. The accuracy was determined to be 1.3 ± 1.1 mm for the ED images and 1.95 ± 1.6 mm 
for end-systolic images. In Makela et al. (2003), deformable models were used to segment different structures 
in the thorax, including LV and RV, and were subsequently rigidly aligned; in Figure 13.10, a 3-D model of the 
heart obtained with this approach is displayed color coded with PET-FDG uptake values.

Volume-based approaches have also been explored. These methods are arduous to apply to multimo-
dality image registration since pixel values can be significantly different and a proper similarity metric 
may be difficult to design. However, if the heart can be isolated from both MRI and nuclear images, 
then it is possible to align them using a cost function that operates on the original myocardial pixel 
values and attempts to reduce the differences between them. This is the approach taken by Aladl et al. 
(2004). When their automatic approach was compared to an interactive one performed by an expert, 
they found differences in translation and orientation to average ~1 pixel and ~4°, respectively, based 
on 20 patients.

Misko et al. (2006) described the use and value of registered SPECT and cardiac MRI. They used manual 
alignment tools to reorient the ED frame of the SPECT study with the ED frame of the MRI. Perfusion 
data were obtained from this ED SPECT slice and function was obtained from the MRI. They used delayed 
enhancement MRI techniques to define viability. The registered datasets were not displayed in 3-D; instead, 
they were divided into six segments per short axis slice, and perfusion, motion, and viability information was 
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combined in 18 patients. They computed a statistic called myocardial uptake per volume, which is counts 
from the perfusion image normalized by the volume determined by the MRI LV boundaries. They were able 
to show strong relationships between reduced perfusion and delayed enhancement. Despite the good results, 
the authors did not address the crucial issue on whether the fusion of these modalities could aid diagnosis 
compared to traditional examination.

Despite the preliminary good results of the integration of PET (or SPECT) with MR (either software 
or hardware), the clinical relevance remains a crucial issue to further advance the development of both 
approaches.

13.6 � QUANTITATIVE VERSUS VISUAL ASSESSMENT

Software versus hardware strategies for image fusion have different advantages and disadvantages. In 
most occasions, the hardware approach allows a very direct and straightforward visualization of the 
final fused image, even if images have to be double checked for misregistrations. In this case, the speed is 
the crucial advantage. The pivotal choice is then how the merged data are visualized for the physicians to 
take full advantage of the correspondence between anatomy and function. The most common approach 
makes use of volume-rendering techniques (Di Carli et al. 2007): the coronary arteries are selectively 
visualized from the CTA volumetric datasets and the perfusion/metabolism data are used to “paint” the 
myocardium, while the orientation of the two registered datasets is kept in synchrony. Despite being 
mostly qualitative, no quantitative information is retrieved from these types of display unless specific 
additional image preprocessing and postprocessing are applied (Rispler et al. 2007), and this visual 
assessment has been reported to improve diagnostic accuracy over side-by-side reading (Figures 13.4 
and 13.5).

The software approach may be less immediate and needs robust and automated algorithms to enter 
the clinical settings but allows the extraction of quantitative data from the images being analyzed. 
Clinicians are eventually provided with tools for the objective interpretation and comparison of cases. 
Quantitative nuclear cardiology is one of the most successful examples of the potential of imaging quan-
tification: software packages for the reading of SPECT/PET images represent today a fundamental clini-
cal tool in the hands of cardiologists (Ficaro et al. 2007; Garcia et al. 2007; Germano et al. 2007; Liu 
et al. 1999; Watson 1999; Watson and Smith 2007). The same growth can potentially be envisioned for 
multimodality imaging devices. For example, Figure 13.11 demonstrates the implementation of the ana-
tomical mass at risk extraction (Faber et al. 2004): given the position of a specific lesion on the coronary 
tree, the portion of myocardium affected by the obstruction can be estimated, visualized, and compared 
with perfusion data.
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Figure 13.10  Representation of PET FDG (fluorodeoxyglucose) uptake values (left) on the heart model cre-
ated from an MRI. Polar map of FDG uptake is seen in the polar map (right). (From Makela T et al., Med Image 
Anal, 7, 377–389, 2003. With permission.)
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Additionally, the availability of postprocessed data, such as color-coded 3-D or 4-D models, centerlines, 
and volumetric meshes, offers a wider range of techniques for visualization and even for direct interaction of 
the user with the displayed information.

13.7 � RADIATION DOSE

One of the most important issues in multimodality imaging is its associated radiation burden as detailed in 
Chapter 19 of this book. As a general principle in diagnostic radiology the effective radiation dose given to the 
patient by each specific modality should be kept as low as possible and an active discussion is ongoing about 
the radiation given even by each stand-alone modality.

It is widely recognized that due to the short half-life of PET tracers, the radiation given by routine 
stress/rest PET tests is much lower than the one associated with SPECT exams, going from 7.0–9.0 mSv 
for SPECT to as low as 1.0–2.0 mSv (Flotats et al. 2011; Thompson and Cullom 2006) with PET. On 
the other hand, SPECT radiation can be significantly reduced by applying new iterative reconstruction 
methods and dedicated detectors and collimators optimized specifically for MPI (Esteves et al. 2009; 
Slomka et al. 2012). Additionally, the implementation, whenever possible, of stress-only examinations 
is gaining support and will further reduce the radiation exposure (Chang et al. 2010; Iskandrian et al. 
2010; Pazhenkottil et al. 2010).
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Figure 13.11  3-D and 2-D fused displays obtained with techniques proposed in Faber et al. (2011) similar to 
Figure 13.7. Here, the mass at risk computation (see also Figure 13.6) described in Faber et al. (2004) is applied 
to the more realistic myocardium anatomy and coronary tree morphology extracted from the CTA. The user 
can position a lesion on the coronary trees, visualize the anatomical mass at risk (right model, purple surface), 
and compare it to the corresponding mapped blackout perfusion data (left model). SA, short axis; VLA, verti-
cal long axis.
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The effective radiation dose from cardiac CT greatly depends on the protocol implemented. Dose is mini-
mal (~1.0 mSv) when CT scan is used to extract CCS or to perform CT-derived AC. The dose increases when 
clinical CTA is required and augment as the slice thickness decreases. Mean radiation values of CTA were 
estimated to range between 8 and 18 mSv (Hausleiter et al. 2009), but application of recently developed cardiac 
CT protocols, such as prospective electrocardiogram (ECG) triggering, ECG-controlled current modulation, 
and body mass-adapted tube voltage scan, allows a dose reduction by 60%–80%. With the latest technology 
on dual-source CTs using prospectively triggered high-pitch spiral acquisition, a clinical quality CTA can be 
performed with an associated radiation dose of 1 mSv.

Taking advantage of all these improvements for stand-alone acquisitions, dual modalities also have greatly 
diminished their cumulative radiation doses to values ranging from 13.0 to 5.0 mSv using 82Rb PET/CT and 
providing CTA examinations whose quality matched conventional helical CTA (Achenbach et al. 2010; Javadi 
et al. 2008). A stress-only 99Tc SPECT/CTA examination could be performed with a total radiation for the 
combined study of 5.4 mSv (Husmann et al. 2009).

As far as MR is concerned, its integration with MPI images is particularly desirable since no additional 
radiation is given by MR, a feature that could make PET/MR or SPECT/MR the most suitable tool for follow-
up studies.

Although the radiation exposure has greatly decreased in recent years, the combined hybrid acquisition 
still gives additional radiation burden to the patient that should be avoided if it is unnecessary for diagnostics. 
The selection of patients that could benefit from dual-modality imaging is a crucial issue for clinical usage 
of hybrid systems, especially for CAD assessment, while it is less significant—at least from the radiation 
exposure point of view—with software approach. In clinical practice, an additional diagnostic test is com-
monly required for CAD evaluation only if the results from the previous exam are equivocal and no treat-
ment selection can be made with confidence. Retrospective multimodality fusion of the sequentially obtained 
images can indeed be performed exploiting at maximum all the available information. At present, it is largely 
unknown what kind of patients should directly undergo such integrated examinations for clinical effective-
ness and minimization of radiation dose (Flotats et al. 2011).

13.8 � WORKFLOW AND COSTS

In addition to the clinical practice of adopting a sequential diagnostic approach to minimizing radiation 
dose, that is, to plan a second test only if the first has produced equivocal results, other primary issues 
such as costs and clinical workf low can inf luence the routine use of hybrid systems (von Schulthess and 
Burger 2010).

One of the crucial aspects deals with the differences in scanning times required from the two inte-
grated devices. Nuclear cardiac images are acquired in much longer times compared to CTA that would 
consequently remain unused for all the duration of the functional acquisition. This can generate high 
costs per patient examined, particularly if CTA is a high-end model with 64 rows or more of detectors. 
Moreover, if used for AC only, CTA immobilization would also result in suboptimal use of an expensive 
device. The same consideration holds for MPI and MRI integration, although the acquisitions may be 
partially simultaneous.

For hybrid systems, it would also be rather difficult and expensive to integrate the rapid technological 
changes occurring in the radiological field, namely, top-line CT, basically creating devices that lag behind 
with respect to stand-alone models. Software fusion stays rather inexpensive, its only crucial component 
being the need for computational power, and is easily upgraded with new algorithms and approaches. 
Moreover, as detailed within this chapter, a software component remains necessary in hybrid systems as well 
to correct misregistrations and allow advance visualization techniques.

From the workflow perspective, the crucial advantage of hybrid systems is that the patient needs to be 
uploaded and downloaded only once instead of two times and the integrated device may fit into one room and 
requires only one operating team instead of two.
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13.9 � MULTIMODALITY IMAGE FUSION INTERPRETATION

With the spreading and availability of fused images, it has become critical to address the issue of competence 
and training in multimodality imaging techniques (Hricak et al. 2010).

The interpretation of hybrid images requires knowledge of molecular biology and metabolism as well 
as anatomical imaging. The continued advances in technology are now demanding a parallel expansion of 
our knowledge so that we are equipped to exploit the full potential offered by each technique. Radiology 
and nuclear cardiology are distinct imaging specialties: radiology focuses on anatomy and pathology, while 
nuclear cardiology focuses on biochemistry and pathophysiology.

More cross-training is indeed perceived as fundamental to facilitate the optimal use of fused techniques 
while retaining the necessary competence as expected by the patient. Although substantial changes in the 
educational and training programs would be necessary, the creation of new experts in multimodality imag-
ing could almost be envisaged, more organ oriented than technique orientated as it is today.

13.10 � CONCLUSIONS

More than a decade of research in the field of image registration to merge anatomical and functional infor-
mation and the continuous technological advances in radiological imaging devices has made multimodality 
image fusion not only a feasible clinical instrument but also a desirable one for any radiology department 
and for the investigation of a wide range of cardiovascular diseases. Whether hybrid systems or retrospec-
tive image registration should be employed greatly depends on the particular needs of each institution, on 
their clinical workflow and costs. Regardless of the strategy selected, the full integration of image fusion 
approaches into the radiological practice will not only impact diagnosis, prognosis, and treatment selection 
procedures but also transform the profession of the radiologist himself/herself from the expert on a par-
ticular radiologic technique to the expert on the imaging of a specific organ, in our case the heart, with all 
available modalities.

ABBREVIATIONS
3-D, 4-D	 Three-dimensional, four-dimensional
AC	 Attenuation correction
CA	 Coronary angiography
CAD	 Coronary artery disease
CCS	 Coronary calcium score
CT	 Computed tomography
CTA	 Computed tomographic angiography
ED, ES	 End diastole, end systole
EF	 Ejection fraction
FAME	 Fractional flow reserve versus angiography for multivessel evaluation
FFR	 Fractional flow reserve
LAD	 Left anterior descending
LV, RV	 Left ventricle, right ventricle
MPI	 Myocardial perfusion imaging
MRI	 Magnetic resonance imaging
PET	 Positron emission tomography
PPV, NPV	 Positive predictive value, negative predictive value
SPECT	 Single-photon emission computed tomography
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Quantitative cardiac SPECT/CT

CHI LIU, P. HENDRIK PRETORIUS, and GRANT T. GULLBERG

The principles and instrumentation of single photon emission computerized tomography (CT)/x-ray CT 
(single-photon emission CT [SPECT]) have been described in detail in Chapter 1 of this book. In the present 
chapter, we particularly focus on approaches to improving the accuracy of cardiac SPECT quantification with 
the corporation of hybrid SPECT/CT systems.
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14.1 � CORRECTIONS FOR ATTENUATION, SCATTER, 
COLLIMATOR-DETECTOR RESPONSES, PARTIAL VOLUME 
EFFECTS, AND PROJECTION TRUNCATION

14.1.1 � Image formation

Image formation for SPECT is illustrated in Figure 14.1, depicting a dual-detector gamma camera and a 
source distribution f(x, y) at angle θ with respect to the x axis of Detector 1. Simultaneously, an image is 
acquired on Detector 2 at θ = 90°. The detectors (or heads) of the gamma camera are equipped with parallel-
hole collimators, which in the ideal case only accept photons emitted from f(x, y) in the direction parallel to 
the collimator septa, as represented by the solid lines ′t1 and ′t2 in Figure 14.1. The source distribution in Figure 
14.1 is a coarse cartoon rendition of a slice through the four-dimensional (4-D) nonuniform rational B-spline 
(NURBS) cardiac-torso (NCAT) phantom (Segars and Tsui 2002) with a CT-simulated heart (Erlandsson 
et al. 2012). If (t, s) is a second coordinate system rotated by an angle θ with respect to (x, y), as described in 
Chapter 1 of this book, t and s can be expressed in terms of x and y, and the rotation angle θ as (Boas 1983)

	
t x cos y sin
s x sin y cos

= +
= − +

θ θ
θ θ 	 (14.1)

The ray sum (p(θ, t′)) is the line integral over f(t, s) with respect to s for t = t′, where ť is bounded by ′t1 and 
′t2 , or
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Figure 14.1  A cartoon depicting a slice through a patient placed supine in a dual-detector scintillation camera 
undergoing a myocardial perfusion scan. An enlargement of the heart is placed in the right upper corner for 
better visualization and the three black ‘dots’ represent radioactive spheres used to obtain the results shown 
in Figure 14.2. Note that the drawing is not always to scale.
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Figure 14.2  Profiles through 1.2-cm-diameter spherical sources placed in locations coinciding with the lateral 
wall, septal wall, and right ventricle (RV) free wall. The top two profiles (a, b) were simulated with no attenuation 
medium present, showing similar resolution with spherical sources at the same distance from the collimator 
surface (a) and deteriorating resolution by increasing distances (b), respectively. With the attenuation simu-
lated by NCAT, the degrading effects caused by the varying distances from the body’s edge are noticeable. 
Note that counts in the profiles without (a, b) and with (c) the attenuation are different, while the resolution 
(FWHM) of the sources shown in (c) are similar. The head 2 location in Figure 14.1 was used to generate the 
profiles in (a and c), while (b) was generated with head 2 in the left lateral oblique location to show the resolu-
tion differences most favorably.
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where δ is the delta function and used when the bounds ′t1 and ′t2 are infinitely close. The ray sums over all t′s 
covering the 2-D extent of the collimator (x, z) constitute a projection representing a 2-D radionuclide distri-
bution at angle θ. A set of projections can be acquired by rotating the camera heads about the object using a 
step-and-shoot or a continuous mode for the data collection. Projections can immediately be framed into 2-D 
matrices during the collection or stored as a list of events, with an event either being the position of a detected 
photon or other needed information such as regular time stamps and the location of the detectors. When the 
2-D projections are reordered in the z direction and stacked according to θ, they form matrices called the 
sinograms. These matrices are so designated because each location traces out a shape of the sine function (if 
acquired through 360°) of which the amplitude is dependent on the distance of the object from the center-of-
rotation and the phase is determined by the angular location.

14.1.2 � Image degradation

There are several physical factors contributing to the ideal image formation process and degrading the 2-D 
radionuclide distribution at each angle. These factors originate either (1) from inside the patient body such 
as body, heart, and respiratory motion, radionuclide decay, and fast-changing radionuclide distributions, 
(2) from the path along with the patient body to the detector such as attenuation and Compton scatter of 
photons, or (3) during the detection process of photons such as attenuation, Compton scatter, resolution loss/
partial volume effects, and resolving time losses. While radionuclide decay and resolving time losses (the 
time taken to detect a single photon when a large amount of the radionuclide is present) are well understood, 
cardiac motion and consequent blood pool volume changes as well as fast-changing radionuclide distribu-
tions such as a first pass through the heart of a radionuclide bolus injection garnered to measure cardiac 
function are three other confounding factors to be discussed separately in this chapter. In this section, we 
focus on the photon attenuation, Compton scatter, resolution loss, and partial volume effects attributable to 
SPECT image degradation.

Attenuation is the removal of photons that were created and initially traveled in the direction of the detec-
tor as depicted by A and B in Figure 14.1. The photon emitting at A from the septal wall of the left ventricle 
(LV) is absorbed within the right ventricle by the photo electric effect, while the photon at B originating from 
the lateral wall of the LV and initially traveling in the direction of the detector undergoes Compton scatter, 
changes direction, escapes from the patient body, and is ultimately stopped by the collimator. It is also pos-
sible for Photon B to undergo multiple interactions and be absorbed in the body with the same effect. The 
transmission fraction (TF(t′, s′, θ)) of photons escaping from the patient body and being detected by the detec-
tor can be described mathematically by

	 TF t s exp t s ds( , , ) ( , ) )′ ′ = − ′












′

∞
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s
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with μ(t′, s) being the linear attenuation coefficients at locations (t′, s). The impact of attenuation on imaging 
inevitably reduces “good” photon detection and causes underestimation in radionuclide image quantitation.

The detection of Compton scattered photons has the opposite effect than attenuation, increasing “bad” 
photon detection while causing overestimation in the image quantification. When tracing the path travelled 
by Photon C (Figure 14.1) originating in the spine, it is noted that the Compton scatter event directs the pho-
ton into the same path originally travelled by Photons A and B, after which it escaped from the patient body to 
be detected possibly at t = t′. A necessary condition for the scattered photon to be detected is that the photon 
energy after the Compton scatter at the scattering angle be greater than or equal to the lower boundary of the 
selected energy window. Classical scattering, where no energy change occurs, is not distinguishable from the 
photons detected in the photopeak energy window and is only made up of a small percentage of the interac-
tions with the energies used for SPECT imaging.

While photon attenuation and scatter depend on both the patient body composition and the characteristics 
of the detector system, spatial resolution and the resulted partial volume effects are mainly due to the latter. 
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As mentioned in Chapter 1 of this book, two independent resolution components can be identified in the 
absence of attenuation and scatter, namely, (1) intrinsic resolution due to the scintillation crystal thickness, 
number of photomultiplier tubes, and subsequent electronics and (2) the spatial varying geometrical accep-
tance of photons through the collimator influenced by hole size, hole length, and distance from the collimator. 
In addition to the photons emitted from an area bounded by ′t1 and ′t2 as shown in Figure 14.1, the collimator 
hole also accepts photons from a much larger area bounded by ′t3 and ′t4,  giving rise to the distance-dependent 
resolution. The point spread function (PSF) characterizing the system spatial resolution can be approximated 
by the convolution of two Gaussian functions by

	 σ σ σs c i

/
d d( ) ( )= +( )2 2 1 2

	 (14.4)

where σi represents the standard deviation of intrinsic resolution and σc is given by a linear function of dis-
tance as

	 σ σ σc dd d( ) = +0 	 (14.5)

where d denotes the distance of an object from the collimator surface and σ0 is the standard deviation of the 
collimator resolution at the surface. The image degradation wrought by the distance-dependent resolution is 
also referred to as partial volume effects which can be defined as the reduction in apparent radioactivity when 
the object imaged partially occupy the area inscribed in the geometrical acceptance angle of a collimator 
hole (Huang et al. 1979; Hutton and Osiecki 1998). According to Kessler et al. (1984), all objects smaller than 
2–3 times the full-width-half-maximum (FWHM) of the system resolution are prone to the partial volume 
effects. As such, the LV thickness ranging from 8 mm to 12 mm imaged by a commonly used SPECT camera 
of 10–15 mm of spatial resolution is affected by the partial volume effects in its entirety.

Figure 14.2 summarizes the degradation effects discussed thus far using three spherical sources (1.2 cm 
diameter) in the geometry given in Figure 14.1 (enlargement). Projections were generated using the SIMIND 
Monte Carlo code (Ljungberg and Strand 1989). Profiles through two projections are used to demonstrate 
(1) distance-dependent resolution (Figure 14.2a and b) and the effects of attenuation and Compton scatter 
(Figure 14.2c). The two projections were selected with the three spherical sources at the same distance from 
the collimator surface (Figure 14.2a and c) and aligned as drawn in Figure 14.1. Results of the spheres in 
Figure 14.2b were generated in separate simulations as to distinguish them from each other.

14.1.3 � Image restoration

Image restoration encompasses all efforts to correct for factors affecting the integrity of the original object 
(e.g., the heart) under investigation. During the course of this section, correction methods for attenuation, 
Compton scatter, and distance-dependent spatial resolution are discussed with an emphasis of the current 
start-of-the art in addition to the methods described in Chapter 1 of this book.

14.1.3.1 � ATTENUATION COMPENSATION

Compensation for attenuation presupposes information regarding the composition of the patient’s body that 
a photon has to traverse. Early practical attempts to create attenuation maps, other than importing high-
resolution images from CT (Fleming 1989), concentrated on measuring the transmission of photons through 
the patient’s body using a Gd-153 line source in a static (Celler et al. 1998; Gullberg et al. 1998; Tung et al. 
1992) or scanning (Tan et al. 1993) geometry while acquiring emission projections. A review by King et al. 
(1995) has elaborated on this topic. One manufacturer deviated from Gd-153 and used scanning Ba-133 point 
sources in sequence with the emission in an offset fan beam geometry employing ~350 keV photons to pene-
trate the parallel-hole collimators (Gagnon et al. 1999). The state-of-the-art in obtaining patient-specific atten-
uation maps was introduced by Blankespoor et al. (1996) with an x-ray CT and scintillation camera utilizing 
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the same patient bed in sequential SPECT/CT acquisitions. Since then, all major manufacturers embraced 
this SPECT/CT technology with (1) a combination of high-resolution diagnostic CT and dual-headed SPECT 
with the same patient bed, (2) a low-cost four-slice CT using the same gantry as the SPECT, (3) a low-cost 
cone-beam CT with an axial coverage of ~14 cm on the same gantry as the SPECT, and (4) a low-cost, low-
dose CT combined with a small footprint three-headed SPECT system utilizing a rotating chair. In all the 
systems mentioned earlier, appropriate scaling is necessary for attenuation coefficients at the emission pho-
ton’s energy. This scaling procedure becomes more complicated when the radionuclide to be corrected emits 
photons with more than a single energy (Pretorius et al. 1997).

The first attenuation compensation technique in SPECT introduced clinically was developed by Chang 
(1978) and used with filtered backprojection (FBP). Chang’s method is implemented after SPECT reconstruc-
tion to compensate for the attenuation by multiplying each point in the patient body by the reciprocal of 
the TF (Equation 14.3), averaged over the entire acquisition angles, from the point to the edge of the body. 
Therefore, the correction factor in Chang’s method is calculated by
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where M is the total number of projection angles θi, TF is calculated by Equation 14.3, and the conversion of 
x′ and y′ to t′ and s′ for each θi is executed by Equation 14.1. An iterative step can be added where the attenu-
ation compensated slices are forward projected (simulating the acquisition process) and subtracted from the 
acquired projections. The difference or error projections calculated by the subtraction are then reconstructed 
using FBP, corrected for attenuation using the same TF previously, and finally added to the slices originally cor-
rected. Multiple iterations are possible, but noise may increasingly arise. Since the implementation of Chang’s 
method, attenuation models (Gullberg et al. 1985) for projection and backprojection processes in fast iterative 
reconstruction techniques, such as ordered-subset expectation maximization (Hudson and Larkin 1994) and 
the rescaled block iterative algorithm (Byrne 1998), have became available at a time when the speed of afford-
able computers increased dramatically. These iterative reconstruction algorithms were derived based on the 
maximum likelihood expectation maximization (MLEM) technique (Chornoboy et al. 1990; Erlandsson et 
al. 2012; Lange and Carson 1984; Shepp and Vardi 1982). The iterative MLEM algorithm can be formulated as
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with h the system transfer matrix, g is the measured projections, while fnew and fold represent the current and 
previous estimates, respectively. The attenuation factor is accounted for in the h matrix earlier.

14.1.3.2 � SCATTER ESTIMATION AND COMPENSATION

Various scatter estimation methods have been proposed since classic scatter subtraction was introduced 
(Jaszczak et al. 1984). An extensive discussion is beyond the scope of this chapter but can be found in 
recent (Hutton et al. 2011) and earlier (Buvat et al. 1994) reviews. The state-of-the-art equipment men-
tioned in the previous section endeavors to measure ‘good geometry’ attenuation values, or attenuation 
not influenced by scattered x-rays. Therefore, the first ‘scatter compensation method’ still employed clini-
cally when scatter is not independently estimated is to lower the ‘good geometry’ attenuation values to 
account for the excess counts due to scatter. Clearly, this approach is only a crude approximation of photon 
scatter because the true scatter depends on the composition of the patient body as well as the radionu-
clide distribution. Two methods of scatter estimation and compensation currently available in most of 
clinical SPECT systems are the triple energy window (TEW) (King et al. 1997; Ogawa et al. 1991, 1994) 
and effective scatter source estimation (ESSE) (Bai et al. 2000; Frey and Tsui 1997; Kadrmas et al. 1998; 
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Zeng et al. 1999) methods. The TEW approach employs two additional energy windows on each side of 
the energy window straddling the photopeak to calculate a triangular scatter estimate in the absence of 
down scatter from higher-energy photons. In the original implementation, very small widths of these two 
energy windows (Ogawa et al. 1991, 1994) even including primary photons were chosen. Needless to say, 
these scatter estimates are noisy and in need of smoothing before subtraction. One of the solutions was to 
use wider energy windows further away from the photopeak energy window to ensure better noise char-
acteristics and less primary photon contamination. However, such a strategy tends to underestimate the 
scatter. The TEW is a projection-based scatter estimation method, whereas ESSE is a reconstruction-based 
method. With ESSE, the estimated primary distribution is blurred into an effective scatter source distribu-
tion. The effective scatter source is formed by taking into account the probability that a photon emitted at 
a given location will reach the scattering site where the photon that has undergone a scattering interaction 
is detected and finally will interact in the crystal, producing an event detectable within the photopeak 
energy window. The attenuated projector handles the probability of a photon being absorbed before the 
last scattering site. Approximations being made include the assumption of spatial invariance to precalcu-
lated blurring kernels by Monte Carlo simulation and the truncation of a Taylor series expansion of the 
exponential describing the probability of attenuation of the photon from the site of emission to the site of 
last scattering (Frey and Tsui 1997; Kadrmas et al. 1998). With use of Monte Carlo precalculated kernels, 
the path of the photon from emission to last scattering interaction before detection can include scattering 
interactions up to any order desired. However, these intermediate scatterings are assumed to occur in a 
uniform medium. An alternative method formulates the effective scatter source distribution by incre-
mentally blurring and attenuating each layer of the patient forward toward the detector (Bai et al. 2000; 
Zeng et al. 1999). A highly desirable and accurate method of scatter compensation being made possible 
by the improvements of computer speed and the accuracy of attenuation maps is Monte Carlo estimated 
scatter (Beekman et al. 2002; de Jong et al. 2001; Kamphuis et al. 1998). In this method, the attenuation 
map provides information about the density of a patient’s body and the reconstructed radionuclide distri-
bution is used as the “true” source distribution. To speed up the calculation of scatter in the projection/
backprojection operations in each iteration of the reconstruction algorithm, it was demonstrated early 
on that one could model scatter in the forward projection operation and ignore it in the backprojection 
operation (Welch and Gullberg 1997). The group of Beekman et al. (Beekman et al. 2002; Kamphuis et al. 
1998) identified the idea of modeling the scatter only in the forward projection but not in the backprojec-
tion operation as a dual matrix method. Further efficiency was obtained by combining stochastic photon 
transport of the interactions within the patient with an analytical model of the detection by the camera, a 
technique called convolution-based forced detection (de Jong et al. 2001). With TEW, scatter estimates can 
be subtracted before reconstruction or incorporated in the forward projector during reconstruction, while 
ESSE- and Monte Carlo-based estimations are better suited for incorporating the scatter in the forward 
projector. Limitations of ESSE- and Monte Carlo-based methods are the lack of information about out-of-
field-of-view radioactivity.

14.1.3.3 � DISTANCE-DEPENDENT RESOLUTION AND PARTIAL VOLUME COMPENSATION

Compensation techniques for the degradation of SPECT resolution caused by the partial volume effects can 
be divided into three categories: (1) image enhancement techniques, (2) image-domain correction techniques 
employing anatomical knowledge, and (3) projection-based techniques (Erlandsson et al. 2012).

The first category enlists the emission data alone and in some cases the addition of structural knowl-
edge during or post reconstruction. During iterative reconstruction, a model of the PSF incorporated into 
the transfer matrix for forward and back projection facilitates the distance-dependent resolution compensa-
tion. The ordered subset (Byrne 1998; Hudson and Larkin 1994) methods improved the efficiency of iterative 
reconstruction and made the MLEM technique clinically feasible. The Gaussian diffusion method (McCarthy 
and Miller 1991), in which spatial resolution correction is implemented incrementally as small Gaussians, 
can further improve the computing efficiency. Theoretically, an exact radioactive distribution is possible; 
however, the loss of high-frequency information during the acquisition process limits the resolution recovery. 
Striking results can be obtained by adding anatomical priors during the iterative reconstruction to enhance 
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edges and control noise; however, quantitative accuracy is compromised. Postreconstruction methods in 
which the image is deconvolved with the system PSF have also been proposed to enhance the image resolu-
tion. Restoration filtering such as the Wiener filter falls in this class.

It is obvious that the loss of high-frequency information during data acquisition limits full recovery 
of the true object. The next category of image domain correcting techniques is to use information from 
another modality, such as CT or magnetic resonance imaging, to identify and segment structures to correct 
for the partial volume as well as to identify and segment background structures that may have effects (such 
as spill-in or cross-talk) on the structures to be corrected. The partial volume corrected structure a(x) can 
be calculated by
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where ri(x) is the recovery coefficient, b(x) is the uncorrected structure, Aj is activity concentration from 
background structures, and ϕij is the cross-talk factor. By stepping through i, all regions of interest (roii) can be cor-
rected for partial volume. Several methods can be employed to obtain recovery coefficients (Erlandsson et al. 2012).

In the third category of projection-based techniques, the Poisson model of noise is exploited. Huesman 
(1984) and Carson (1986) developed analytical and iterative algorithms, respectively, to determine region of 
interest (ROI) mean values from projection data without having to reconstruct the full data set. Other alter-
native methods have also been developed (Formiconi 1993) and evaluated (Vanzi et al. 2007). However, as in 
the case of image domain methods, segmentation of the entire image is necessary. Moore et al. (2012) simpli-
fied the method by segmenting only two to four tissue types and then iteratively maximizing the log-likelihood 
to estimate the mean activities of each tissue type within each volume of interest (VOI). Background activity 
outside the VOI is estimated by reprojecting all the data not traversing through the VOI.

14.1.3.4 � PARTIAL VOLUME COMPENSATION FOR LOW-DOSE DEDICATED 
CARDIAC SPECT

In current SPECT/CT applications, dose reduction is gaining interest. With less injected dose, the image 
noise would be increased. Investigation of partial volume compensation (PVC) methods for low-count data is 
particularly important for applications of respiratory and/or cardiac gating and dynamic SPECT studies with 
tracer kinetic modeling, as PVC methods typically amplify image noise.

In a study for different noise levels, several anatomical-based PVC methods were included for performance 
comparison (Liu et al. 2015). These methods include pGTM (Du et al. 2005), perturbation geometry transfer 
matrix (pGTM) followed by the Muller-Gartner method (MGM) (Da Silva et al. 2001; Matsuda et al. 2003), and 
an iterative MGM approach (Liu et al. 2015) both with and without pGTM as the initial estimation. Almost 
all PVC approaches provided equivalent corrected results for noise-free and low-noise data. However, for low 
count data with high image noise, pGTM followed by MGM approach was very sensitive to noise and led to 
image artifacts and substantial quantification errors in the myocardium regions. In contrast, iterative PVC 
methods provided consistent mean images with low bias across all count levels, with slightly more artifacts 
with lower count levels, indicating the robustness of these iterative PVC approaches for high noise data.

Although the iterative PVC approaches can generate accurate quantification for the entire heart, these 
approaches amplify image noise on a voxel-by-voxel basis, which may result in a heterogeneous tracer 
uptake pattern in the myocardium due to noise and thus limit the capability of regional quantification. 
Chan et al. proposed a PVC approach that can simultaneously correct for the partial volume effect and 
reduce image noise (SPR) (Chan et al. 2016b). To suppress noise in SPECT images, a segmentation-free 
anatomical-based maximum a posteriori (MAP) reconstruction method that incorporates contrast CT 
into the reconstruction as a priori knowledge was used to encourage local smoothness while preventing 
contamination from neighboring anatomical regions (Bowsher et al. 2004; Chan et al. 2009; Vunckx et al. 
2012). The same reconstruction is also used to reconstruct the anatomical template to obtain a correction 
factor map. The final image is obtained by multiplying this correction factor map to the original SPECT 



14.1  Corrections for attenuation, scatter, collimator-detector responses, volume effects, projection truncation  327

reconstructions without PVC. The key contribution of noise reduction is achieved by using anatomical-
based reconstruction for both SPECT and the template images. Dog studies demonstrated that this SPR 
approach can simultaneously correct for partial volume effect (PVE) effectively and reduce image noise. 
Even with only ~10% of total counts, the SPR approach could still maintain high image quality with low 
noise and sharpen organ boundaries, while the MGM approach (Da Silva et al. 2001; Matsuda et al. 2003) 
substantially amplified image noise.

14.1.4 �C orrection of projection truncation for dedicated 
cardiac SPECT system

Recently, new dedicated cardiac SPECT systems have emerged (Garcia et al. 2011; Slomka et al. 2009). These 
systems typically use small detectors and constrain the entire field of view (FOV) to focus just on the heart. 
By using multiple detectors to image the heart simultaneously, these designs can provide higher sensitivity as 
compared to parallel-hole SPECT. However, the dedicated cardiac SPECT systems typically have limited FOV 
that covers only the heart, causing a major concern of projection truncation. This effect resulted from activi-
ties outside of the FOV, such as background activity from other organs, imaged by some but not all detectors 
(Clackdoyle et al. 2004; Lalush and Tsui 2000; Manglos et al. 1993). Reconstruction of truncated projections 
could cause severe artifacts and quantitative errors (Funk et al. 2006; Lalush and Tsui 2000; Zeniya et al. 
2007; Zeng and Gullberg 1990).

Several studies have investigated the impact of projection truncation on SPECT and proposed methods 
to compensate for the errors caused by the projection truncation. Previous studies have suggested that itera-
tive reconstruction could provide more stable solution and potentially recover a larger volume with accurate 
reconstruction than analytic reconstruction methods can (Clackdoyle et al. 2004; Zhang and Zeng 2007). 
For a parallel-hole SPECT camera with 180° acquisition, Xiao et al. (2010) investigated the impact of trun-
cations in both transmission and emission projections on attenuation correction and model-based scatter 
corrections. Their results showed that the impact of truncations from attenuation and scatter corrections on 
single-isotope SPECT is insignificant and should not affect clinical diagnosis. However, the truncation could 
have a larger impact on dual isotope acquisitions. They proposed a method by extending the projections in 
axial direction effectively to compensate for the truncation error. In Sabondjian et al. (2009), the authors 
demonstrated that the truncation in projections can cause artifacts in the reconstructed images, leading to 
over 100% error in quantification and reduction of the myocardial perfusion defect size by 17%. It has been 
reported (Branderhorst et al. 2012) that underestimation of the myocardial tracer activity was observed in a 
stationary small animal multipinhole SPECT. Zeniya et al. simulated a single pinhole collimator that rotated 
360° for data acquisition and they demonstrated that projection truncation resulted in artifacts on the edge 
of the FOV and produced up to 15% over-estimation in a simulation study (Zeniya et al. 2006, 2007). By 
using a larger matrix for image reconstruction, the overestimation was reduced to 2%–3.5% using iterative 
reconstruction algorithms.

Image reconstruction from truncated projections fall into two classes: the FOV is (1) partially or (2) com-
pletely contained within the object (the interior problem). Natterer pointed out that the interior problem is 
not uniquely solvable (Natterer 2001). Noo et al. (2004) introduced the concept of differentiated backprojec-
tion and showed that some truncation problems are solvable for some special truncation geometries of Class 
(1) mentioned previously. More recent studies indicate that the solution to the interior problem is unique if 
the value of a tiny subregion in the ROI is known (Defrise et al. 2006; Kudo et al. 2008; Ye et al. 2007; Yu and 
Wang 2009). These developments have led to significant progress in solving the truncation problem for x-ray 
CT.

The problem in emission tomography is somewhat more complicated because of the use of SPECT/CT 
to solve the attenuation problem. Truncation for both modalities presents the challenge of solving a dou-
ble interior problem in which both the transmission and emission projection data are truncated. Since the 
truncated data do not provide enough information for a unique reconstruction, some prior information 
must be known. An algorithm that corrected for both transmission and emission truncation was developed 
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(Zeng and Gullberg 2010). This algorithm required the information about a small subregion inside the FOV 
in both transmission and emission scans. Studies have also been performed for the cases in which this prior 
information is not known. By studying the null space, it was determined that the bias in the reconstruc-
tion was more sensitive to the detector sampling resolution than the number of projection views (Zeng and 
Gullberg 2012). However, this study shows that reconstructing truncated projections from a few projections 
resulted in significant image artifacts in addition to reconstructed biases. Later work (Mao and Zeng 2013) 
also showed that by modifying the MLEM reconstruction algorithm, these artifacts could be significantly 
reduced when sampling with a few projection angles. For a dedicated cardiac SPECT/CT system in which the 
CT projections are not truncated, a study suggested that the application of a reconstruction matrix support 
that matches with the body contour obtained from CT provides the most accurate reconstruction, whereas 
a smaller image matrix can cause artifacts and overestimation while an arbitrarily large image matrix could 
lead to an underestimation of counts (Chan et al. 2016a). These studies suggested that for hybrid SPECT/CT 
systems, the anatomical information obtained from CT could be used to improve the quantitative accuracy 
of dedicated cardiac SPECT with limited FOV.

14.2 � CORRECTION FOR MOTION

14.2.1 �M otion correction for parallel-hole SPECT
Patient motion has been recognized as a major cause for the presence of image artifacts and degradation of 
quantitative accuracy. Many groups have set out to develop comprehensive motion detection, estimation, and 
correction strategies to improve image fidelity and eliminate costly repeat acquisitions (Arata et al. 1995; Bai 
et al. 2009; Beach et al. 2004; Botvinick et al. 1993; Bruyant et al. 2005; Cooper et al. 1992; Dey et al. 2010; 
Eisner et al. 1987, 1988, 1993; Feng et al. 2006a; Fleming 1984; Friedman et al. 1989; Geckle et  al. 1988; 
Germano et al. 1993; Huang and Yu, 1992; King et al. 2013; Kovalski et al. 2007; Leslie et al. 1997; Matsumoto 
et al. 2001; McNamara et al. 2008, 2009; Mukherjee et al. 2009, 2010; O’Connor et al. 1998; Pretorius et al. 
2011). Most of the work on myocardial perfusion SPECT focused on garnering information regarding the 
consistency of the projections or sinograms to detect the motion and subsequently estimate and apply correc-
tions in the projection or image space (Arata et al. 1995; Bai et al. 2009; Eisner et al. 1987, 1988, 1993; Geckle 
et al. 1988; Huang and Yu 1992; Leslie et al. 1997; Matsumoto et al. 2001; O’Connor et al. 1998). The most 
frequently used methods calculate projection-by-projection cross-correlations of the perfusion data (Eisner 
et al. 1987, 1988, 1993; Leslie et al. 1997; O’Connor et al. 1998) or using a fiducial marker placed on the patient 
(Leslie et al. 1997) to calculate the center of the heart using diverging squares (Eisner et al. 1988; O’Connor et 
al. 1998). Other approaches implement some projection/reprojection algorithm and determine the best match 
between the original and reprojected projections (Arata et al. 1995; Bai et al. 2009; Matsumoto et al. 2001). 
More recently, a stereo tracking scheme using infrared or near-infrared cameras in combination with retro-
reflective markers to monitor external body and respiratory motion for correcting cardiac perfusion SPECT 
was introduced (Beach et al. 2004; Bruyant et al. 2005; Dey et al. 2010; Feng et al. 2006a; King et al. 2013; 
McNamara et al. 2008, 2009, Mukherjee et al. 2009, 2010; Pretorius et al. 2011). Respiratory gating using other 
means was also tested (Kovalski et al. 2007). While patient body motion occurs with varying frequency and 
amplitude or neither of these, the duration of a perfusion SPECT acquisition allowing for respiratory blurring 
always causes image degradation. The severity of this image degradation obviously depends on the amplitude 
and frequency of the breathing cycle. The rest of this section will be dedicated to respiratory motion moni-
toring, respiratory motion estimation, and respiratory motion correction, while only body and respiratory 
motion compensation will be illustrated. All the methods described in this subsection can only be done on 
gamma cameras capable of list mode data acquisitions.

Respiratory gating using an aligned signal from a respiratory elastic strap (Kovalski et al. 2007) has been 
shown to improve the uniformity of image intensity in the inferior and anterior regions of the LV. With this 
method, list mode data are reframed into four to five respiratory amplitude-binned projection sets and sepa-
rately reconstructed after normalization for the irregularity of the respiratory signal. Sets of short axis slices 
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are generated and the first respiratory bin was used as a reference for comparison to determine the displace-
ment vectors. These displacement vectors are in turn reprojected to the transaxial frame of reference, after 
which the x and y components are used to shift the projections accordingly taking the rotation geometry of 
the detectors into account. As a result, a final reconstruction yields respiratory corrected slices.

Instead of using a resistive strap to monitor respiration, a system referred to as visual tracking system 
(VTS) using retroreflective markers in conjunction with near-infrared cameras can also be used (Dey et al. 
2010; King et al. 2013; McNamara et al. 2008; Mukherjee et al. 2009, 2010; Pretorius et al. 2011). Although 
one retroreflective marker is sufficient to monitor the respiration, the implementation described endeavors 
to track both body and respiratory motions and uses up to seven of the markers (Figure 14.3) placed on 
the chest and abdomen. For respiratory motion monitoring and subsequent estimation, the accuracy of the 
alignment between the monitoring devices (resistive strap or VTS) and the list mode data stream are crucial. 
In the case of the VTS, three different methods have been devised, namely, (1) introducing a continuous 
pulse sequence at a known time point after the start of the VTS into the list mode data stream using either 
the electrocardiogram (ECG)-triggered pulse input or a second trigger pulse input if available, (2) introduc-
ing a uniquely designed pulse sequence together with the ECG-triggered pulse (O’Connor et al. 2013) at 
a known time point from the start of the VTS, or (3) aligning the observed VTS axial motion of the patient 
bed between the CT and SPECT portions of an acquisition with the information about the axial motion of 
the bed being recorded in the list mode data stream. To prepare for reframing into several projection sets, 
list mode data are divided into a sequence of 100-ms frames aligned with the VTS. As with the resistive strap 
method, the list mode data are binned into several respiratory frames acquired at each projection angle using 
the anterior–posterior (AP) signal obtained from an abdominal retroreflective marker. This reframing proce-
dure differs from the resistive strap method in that a fixed number of respiratory frames are generated (seven 
or nine), allowing for some of the projection sets to have blank projections depending on the irregularity of 
the respiratory amplitude. Instead of the first or end expiration projection set, the projection set centrally 
located (four or five depending on the number of respiratory frames) is used as a reference and is judged to be 
better aligned with a free breathing CT or transmission map. To minimize reconstruction differences between 
the reference projection set and the remaining projection sets, a reference projection set is reconstructed for 
each of the remaining projection sets after scaling to conform to the number of projections with counts and 
the count level of the specific projection set under consideration. After reconstruction with the compensation 
for rigid body motion (Feng et al. 2006a) and estimation of the respiratory motion using an intensity-based 
method (Dey et al. 2010), a final reconstruction is done combining compensation for rigid-body and respira-
tory motion by sequentially considering each respiratory frame at an angle before stepping to the next projec-
tion. Each of the subprojections at an angle was weighted with its fractional contribution to the full projection.

A patient example is given in Figure 14.4 to demonstrate the incremental improvement achieved with the 
respiratory motion compensation added to the state-of-the-art attenuation, scatter, and distance-dependent 
resolution compensation. Results without state-of-the-art compensation are also demonstrated in Figure 14.4.

Figure 14.3  An example of the placement of the retroreflective markers on a patient’s chest and abdomen.
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Figure 14.4  Illustration of a patient who has undergone a Tc-99m MIBI stress perfusion SPECT/CT scan with an 
abdominal AP signal of ~6 mm. (a) An estimated axial respiratory amplitude of 1.5 cm. The arrows show the transi-
tions between projections. (b) SPECT images incrementally improved with (i) no compensation, (ii) compensation 
for respiratory motion only, (iii) compensation for attenuation, distance-dependent resolution, and Compton 
scatter (TEW), and (iv) compensation for attenuation, distance-dependent resolution, Compton scatter (TEW), 
and respiratory motion. Note the change in the shape of the LV cavity from elongated to circular with respira-
tory motion compensation and the change in the thickness of the walls when resolution compensation is done 
(compare (i) and (ii) with (iii) and (iv)). (c) Incremental changes in polar maps generated from the short axis slices 
shown in (b) with (c, i) and (c, ii) corresponding to (b, i) and (b, ii) with their % differences in counts shown in 
(c, v), while (c, iii) and (c, iv) correspond to (b, iii) and (b, iv) with the % differences in counts between them given 
in (c, vi). The % differences in counts are arranged in 17-segment polar map format. (Courtesy of University of 
Massachusetts Medical School, Worcester, Massachusetts.)
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14.2.2 �M otion correction for dedicated cardiac SPECT
Conventional SPECT systems with parallel-hole collimators typically provide a spatial resolution of >10 mm 
in FWHM. Previous studies have shown that patients′ diaphragm motion amplitude is about 11 mm on 
average, which is similar to the spatial resolution of parallel-hole SPECT systems (Liu et al. 2009). Recent 
dedicated cardiac SPECT systems, such as GE Discovery 530c/570c systems with pinhole collimators and 
cadmium zinc telluride (CZT) detectors, could achieve high spatial resolution of ~7 mm in the center of field-
of-view. For these dedicated scanners, the motion amplitude is 2–3 times greater than the spatial resolution, 
making respiratory motion a more severe problem. Without correcting for the motion, the advantages of high 
spatial resolution are not fully taken for these dedicated systems.

As mentioned, conventional SPECT systems use parallel-hole collimators and slowly rotating detectors 
that acquire data sequentially from multiple angles for 3-D SPECT image reconstruction. Therefore, when the 
respiratory motion of a patient is irregular with amplitude variability and baseline shift, projection data from 
all angular views are not available for all respiratory phases, causing limited-angle reconstruction artifacts. 
These complex motion artifacts have been shown to limit the accuracy of motion estimation and thus have 
impacted respiratory motion correction algorithms (Dey et al. 2010). The dedicated cardiac SPECT systems 
with stationary data acquisition could intrinsically avoid this limitation and potentially further improve the 
image quality and quantitative accuracy of motion-corrected SPECT images.

Typical respiratory and cardiac motion correction methods utilize a gating technique, which uses only a 
small portion of all detected counts, and thus, the image noise level in the motion-corrected gated images is 
high, potentially compromising the quantitative accuracy and detectability of myocardial perfusion defects. 
Other motion correction approaches using all detected events without increasing image noise typically 
involves nonrigid registration of gated data, which are also noisy and could affect the registration accuracy, 
subsequently affecting the motion correction. Most of the dedicated cardiac SPECT systems are collimated 
only to the heart and can provide higher count sensitivity by several folds. Such high sensitivity could reduce 
the image noise in each gated image. Therefore, high-sensitivity scanners could effectively reduce motion 
through gating with minimal amplification of image noise, as compared to parallel-hole SPECT. In general, 
respiratory gating employs five to eight respiratory gates and each gated image contains only 10%–20% of all 
detected events. With dual respiratory and cardiac gating with typically eight cardiac gates, the counts in 
each dual-gated image could be further reduced to less than 2%–3%. In this dual-gating scenario, the dedi-
cated cardiac SPECT systems with high sensitivity would be particularly helpful for noise reduction.

A commercially available external motion monitoring system can integrate both respiratory and cardiac 
triggering signals into the list mode data acquired using a dedicated cardiac SPECT system (GE Discovery 
NM 530c and NM/CT 570c, GE Healthcare) (Chan et al. 2014). Respiratory motion correction was achieved 
by extracting the list mode data only during the end-expiration phases. As previous studies have shown, most 
patients spend longer time during the end-expiration quiescent periods (Liu et al. 2009), which take about 
30%–50% breathing time and are relatively “motion-free,” and the rebinned SPECT data during end-expiration 
phases could provide a better tradeoff between motion correction and noise amplification. Figure  14.5 
illustrates the different effects of end-expiration gating (five gates), cardiac gating (eight gates), and dual 
respiratory-cardiac gating in a patient study. Compared to the images without respiratory motion correction, 
the end-expiration gating (with ~40% of the counts) provides better definition of the perfusion defect in the 
inferior wall. By compensating for both respiratory and cardiac motions, the reconstructed images yielded a 
superior spatial resolution with better definition of the defect and even fine structures, such as the papillary 
muscle, although with a small increase in noise due to the fact that only 5% counts were used in this case. The 
application of respiratory motion correction in general improved the image quality and potentially quantita-
tive accuracy.

The high-sensitivity cardiac SPECT can also potentially minimize body motion. However, a previous 
study of 100 patients showed that 10% of the patients still had significant body motion more than 12 mm 
after 4 minutes of acquisition using this type of dedicated cardiac cameras (Kim et al. 2010). Patient body 
motion significantly increased between 6 and 7 minutes of image acquisition. This study suggested that 



332  Quantitative cardiac SPECT/CT

acquisition time shorter than 4–6 minutes, using faster dedicated cardiac SPECT systems, may avoid a sig-
nificant increase in patient motion.

In summary, the features of high sensitivity, high resolution, and stationary acquisition geometry of dedi-
cated cardiac SPECT systems provide new opportunities to correct for respiratory, cardiac, and body motions 
and may subsequently improve image quality and quantitative accuracy.

14.3 � DYNAMIC SPECT QUANTIFICATION

14.3.1 �H ardware, pharmaceutical, and modeling developments

Dynamic SPECT (Figure 14.6) is an imaging procedure that uses radiotracers to obtain images that reflect 
fundamental biophysiologic functions of perfusion, metabolism, and neural integrity in body organs by quan-
tifying the temporal changes of radionuclide concentrations. In SPECT perfusion imaging, the critical aspect 
is to understand the biochemistry involved that limits the extraction of the tracer from the blood because of 
size, hydrophilicity properties, and energy requirements for transport across the capillary wall. These proper-
ties determine the rate of extraction of the tracer from the blood. Models developed early on by Krogh (1919), 
Crone (1963), and Renkin (1959) help us understand and quantify the rate of extraction between tracers as a 
function of blood flow. These models are also preliminary for more complex spatially distributed models of 
exchange between capillary and extravascular tissue (Bassingthwaighte 1974). However, accurate quantita-
tion in dynamic SPECT requires development that combines the physics of the image detection process and 
the complexity of physical and biochemical processes in tissue into models of the time varying distribution 
between compartments (Figure 14.6).

The development of SPECT systems with sufficient temporal resolution to extract kinetic compartment 
model parameters has had a history of progress and regression. Early on, SPECT systems were designed to 
obtain dynamic tomographic data as shown in brain studies as early as 1963 (Kuhl and Edwards 1963) and 
cardiac studies in the 1990s (Stewart et al. 1990). Using a three-detector SPECT system (Lim et al. 1985), 
Budinger et al. (1991) demonstrated that a reliable blood input function could be obtained from 5-sec sam-
pling intervals of reconstructed dynamic SPECT data and this sampling regime would be sufficient for 

No motion correction Cardiac motion correction only

Respiratory motion correction only Dual respiratory-cardiac gating

Figure 14.5  An illustration of patient cardiac SPECT images obtained from a CZT dedicated cardiac SPECT 
using pinhole collimators without motion correction and with various combinations of respiratory and cardiac 
motion correction.
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compartment model-based analysis of the data. The first results of a compartment model-based analysis 
of dynamic cardiac SPECT data were obtained using a three-detector PRISM system (Picker, Cleveland, 
Ohio). The use of imaging systems with sufficient temporal resolution to extract kinetic compartment model 
parameters using conventional methods of estimating kinetic parameters from time-activity curves (TACs) 
generated from dynamic reconstructed ROIs demonstrated dynamic SPECT’s effectiveness for extraction of 
physiologic values of cardiac perfusion (Smith et al. 1994) and cardiac metabolism (Gullberg et al. 1999) in 
animals and similarly in humans (Chiao et al. 1994a).

The original three-detector PRISM SPECT system had the mechanical stability and control hardware to 
allow acquisition of 360° of data in 5 to 10 sec. The major advantage of a system of multiple-gamma cameras 
is the improvement in sensitivity afforded by better coverage of the solid angle; however, the arrangement 
of the detectors did not necessarily minimize attenuation of posterior views for nuclear cardiac imag-
ing. Another advantage is that multiple-gamma cameras reduce the angular range of motion necessary 
to acquire a complete data set. The disadvantage is the cost. As development of SPECT cameras moved 
to hybrid SPECT/CT systems with large-FOV dual-gamma detectors, these systems were able to perform 
continuous rotation to complete 360° tomographic views because of the slip ring (electromechanical device 
that allows transmission of electrical signals from a stationary to a rotating structure) technology neces-
sary for the CT but were not able to acquire tomographic views as rapidly as the triple-headed systems 
because of the large FOV cameras requiring a reduced orbit speed. However, more recently dedicated car-
diac scanners (Buechel et al. 2010; Erlandsson et al. 2009; Patton et al. 2007) have emerged with new solid 
state detector technology, but to reduce costs, the rotating SPECT system no longer operates on the same 
gantry as the CT with the slip ring design; instead, the design has reverted to detector orbits with alternat-
ing reversals of the detectors. Today, the instruments available in most clinics do not have good temporal 
resolution and therefore present major challenges in acquiring and modeling dynamic data. However, the 
introduction of new dedicated cardiac SPECT cameras is changing this somewhat, but in general, to make 
systems cost effective, the manufacturers sell typically general purpose systems that are not optimal for 
dynamic capability.

Left ventricular tissue ROI

Intraventricular blood ROI

Blood curve

Tissue curve Blood Extravascular

(a) (b)

(c) (d)

K1

k2

Figure 14.6  Concept of dynamic cardiac SPECT imaging. (a) Projections are acquired with a stationary ring 
of cadmium zinc telluride detectors (Discovery 570c, GE Healthcare) providing a consistent set of projections 
from time frame to time frame (b) A reconstructed slice of the sum of dynamic frames illustrating intraventricu-
lar blood and left ventricular tissue regions of interest (ROIs). (c) Illustration of TACs estimated from blood and 
tissue regions of interest. Note, the tissue curve will contain activity from both blood and extravascular tissue. 
(d) These curves are fit to a one-compartment model to obtain kinetic rate parameters for the wash-in (K1) and 
wash-out (k2). ([a, b] Courtesy of GE Healthcare. With permission.)
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Coordination of available radiotracers that have excellent flow versus extraction properties with SPECT 
systems with sufficient temporal resolution to extract kinetic compartment model parameters has been very 
irregular. SPECT tracers that have been Food and Drug Administration approved for myocardial perfusion 
are 201Tl (thallium), 99mTc-sesstamibi, 99mTc-tetrofosmin, and 99mTc-teboroxime. 201Tl, a potassium analog, has 
a high transcapillary extraction fraction and is rapidly cleared from arterial blood and taken up into myocar-
dial cells by active transport (Iida et al. 2003). 99mTc-sestamibi, with a biological half-life in the myocardium 
of 6 hours (Maublant et al. 1992), is more widely used to image myocardial perfusion in clinical studies and in 
some cases is used with dual 201Tl in rest(201Tl)/stress(99mTc-sestamibi) imaging protocols. However, in most 
cases, 201Tl has given way to 99mTc agents such as 99mTc-sestamibi and 99mTc-tetrofosmin because of concern 
for radiation dose. 99mTc-teboroxime (Leppo and Meerdink 1989), a stable, neutral, and lipid soluble tracer, 
has the fastest clearance time (a 10–15-min half-life in the myocardium) of the tracers and is 90% extracted 
in the first pass. It is highly linear with the flow. Research indicates that teboroxime has a lower degree of 
sensitivity to cellular metabolic impairment (Maublant et al. 1993) when compared to sestamibi or 201Tl. It 
has been shown that dynamic imaging of 99mTc-teboroxime with compartment modeling provides a measure 
of response to coronary vasodilation (Chiao et al. 1994a) and is a better measure of flow (better contrast) 
than that can be obtained from static imaging of 201Tl or, for that matter, static imaging of 99mTc-teboroxime 
(Di Bella et al. 2001). However, in evaluating the clinical potential of 99mTc-teboroxime, methods that took 
advantage of its fast wash-in and wash-out kinetics were not used, so 99mTc-teboroxime is no longer produced 
and not available nowadays for clinical use. This is unfortunate considering the advent of the new dedicated 
cardiac scanners. 123I-iodorotenone, with an even higher extraction fraction (Marshall et al. 2001), is another 
potential cardiac perfusion agent, but intellectual property issues make this less desirable for the industry.

The conventional method used to analyze dynamic SPECT and positron emission tomography (PET) data, 
in which (1) ROIs are specified in a sequence of reconstructed images, (2) TACs are generated from the data 
values in these ROIs (Gullberg et al. 2004), and (3) then these curves are input to a nonlinear estimation 
program (Huesman et al. 1995), is not optimal. A better method than the conventional method to produce 
estimates of kinetic parameters with lower variance and bias is to model the dynamic process in a voxel as a 
complete tomographic inverse problem (Reutter et al. 2005). Mathematically, the time varying distribution 
between compartments is represented by a system of differential equations with linear coefficients corre-
sponding to kinetic rate parameters of wash-in and wash-out from the compartments. These rate parameters 
are either (1) (semidirectly) estimated by modeling the TACs using spatiotemporal basis functions where the 
coefficients are first estimated directly from the dynamically acquired projections and then the compartment 
model parameters are estimated from the estimated blood and tissue TACs or (2) (directly) estimated from 
the projection data.

14.3.2 �E stimating time activity curves directly 
from projection data

The estimation of TACs directly from projections is more difficult for SPECT than PET because the tracer 
concentration distribution changes during the rotation of the detectors (Links et al. 1991). No constraints 
are placed on the dynamics of the TAC curves, but a model of the projected ROI is required. Spatiotemporal 
basis functions are the basic building blocks for modeling the variation of the reconstructed spatial distri-
bution as a function of time. The spatially nonuniform activity concentration within a particular volume 
can be modeled by selecting an appropriate set of spatial basis functions defined within the volume, such 
as splines, point clouds of tetrahedral elements, blobs, various types of polynomial expansions, or indicator 
functions corresponding to voxels. Similarly, time-varying activity concentrations within the volumes can be 
modeled by selecting a set of temporal basis functions that are capable of representing typical time variations 
and have desired smoothness properties. These may be splines (Figure 14.7), Gaussians, or factor analysis of 
dynamic structures (FADS) as elaborated further in the chapter curves that fit compartment models, polyno-
mial expansions, or several other possible spectral decompositions.
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Figure 14.7  Estimating dynamic frames and time activity curves directly from projection data. Reconstructed 
images and TACs for a human dynamic Tc-99m-sestamibi cardiac SPECT study (36 sec for 180° rotation, stress, 
and bolus injection): (a) Image of a GE VG3 Millennum Hawkeye SPECT/CT dual-head scanner used to collect 
the data. (b) Quadratic B-splines used to reconstruct the dynamic frames The fully 4D reconstructed dynamic 
images are sampled at (c) 15 sec, (d) 30 sec, (e) 45 sec, (f) 60 sec, (g) 90 sec, and (h) 120 sec. (i) The image formed 
by summing from 2 to 30 minutes. (j) Attenuation map for the same slice obtained from the x-ray CT mounted 
on the same gantry as the two gamma detectors. (k) The TACs sampled at the spatial positions indicated by 
the black crosses. ([a] Courtesy of GE Healthcare. With permission; [b] from Reutter BW et al., IEEE Trans Med 
Imaging, 19, 434–450, 2000.)
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Splines provide an efficient and accurate method of composing continuous smooth functions from fitted 
data of discrete samples that do not exhibit oscillatory behavior characteristic of high-degree polynomial 
interpolation. The direct least squares estimation of a nonuniform temporal distribution of B-splines was 
used in Figure 14.7 to obtain from dynamically acquired SPECT projection data dynamic frames of cardiac 
activity and smooth TACs that capture the relatively fast rise and fall of the tracer in the right and left ven-
tricular blood chambers, as well as uptake and retention of the tracer in the left ventricular myocardium 
(Reutter et al. 2000, 2002, 2004). Recent work using splines include comparison of results of blood pool TACs 
using slow (Winant et al. 2012) and fast (Alhassen et al. 2014) tracer infusions. FADS is a technique to extract 
factors from a series of dynamic data that are physiological, i.e., blood TAC or a particular TAC for the uptake 
and wash-out of a particular tissue region. Factors are temporal functions (TACs) with elements that are non-
negative. In the factor model, it is assumed that the activity in each pixel is a linear combination of a few fac-
tors. For cardiac studies, the estimation of factors was originally accomplished from a dynamic sequence of 
reconstructed SPECT images (Sitek et al. 2002a, 2002b). FADS was later applied to extract TACs directly from 
projections of the uptake and wash-out of 99mTc-MAG3 from the kidneys (Sitek et al. 2001) and for extracting 
the blood input function in rats from dynamic SPECT data acquired with slow camera rotation (Hu et al. 
2008). A more general parameterization of the kinetics is the tomographic estimation of characteristic curves 
for each voxel. The dSPECT method (Bauschke et al. 1999; Celler et al. 2001; Farncombe et al. 1999, 2001; 
Humphries 2011) assumes pixel base characteristic functions as the temporal basis functions and fits TACs 
for each voxel directly from projection measurements acquired from single or multiple rotations. The number 
of basis functions and their spatial and temporal extents can be varied so that spatiotemporal basis can opti-
mally model the spatial and temporal content of the data with the fewest number of basis functions. The goal 
is to parameterize spatially nonuniform activity within segmented volumes and to include smooth temporal 
changes within the volumes, thereby continuously modeling anatomy throughout time rather than through 
the use of small image voxels at discrete time segments. This provides a multiresolution structure that reduces 
the size of the parameter space, is ideal for estimating the parameters from projection data, and reduces noise.

Up until this point, we have ignored any organ motion caused by cardiac beating or respiration. 
Modeling kinetics in the moving myocardium due to periodic deformation and respiratory motion 
requires extending the 4-D tensor product of spatial and temporal basis functions to 5-D and 6-D tensor 
products using additional products of basis functions. The estimation of tracer dynamics from projec-
tions that model the change of the concentration of the tracer and the deformation of the organ as a 
function of time is referred to as 5-D tomography, and estimation that also includes the motion of the 
heart due to respiration is referred to as 6-D tomography. The 5-D and 6-D tomographies have all of the 
challenges of modeling both rigid and nonrigid body deformation simultaneously with the modeling of a 
time varying tracer concentration from tomographic projections (Gravier et al. 2007). Previous works to 
reconstruct 5-D data include using the dSPECT method (Feng et al. 2006b), a level set method (a numeri-
cal technique for tracking interfaces and shapes) to delineate boundaries of the heart while simultane-
ously estimating the time variation of the tracer concentration in the organ (Shi and Karl 2004), and 
splines for 5-D modeling of gated cardiac PET data (Verhaeghe et al. 2007) and of gated cardiac SPECT 
data (Shrestha et al. 2012). Work of 6-D tomography was also presented (Shrestha et al. 2013) where the 
tensor product is formed using Gaussian basis functions to represent motions of the heart due to defor-
mation and respiration and using splines to model changes in the intensity of the signal caused by uptake 
and wash-out of the radiotracer. It is assumed that the data are acquired dynamically with cardiac and 
respiratory phase information, either by list mode acquisition or by binning into gated dynamic frames 
over the cardiac and respiratory cycles.

Compartmental modeling involves the solution to systems of differential equations that express the time-
varying distribution between compartments. The solution to these equations involves expressions of expo-
nentials. Therefore, it is very natural to parameterize the kinetics of the radiopharmaceutical distribution in 
the tissue as a spectrum of exponential basis functions in time (Cunningham and Jones 1993). Instead of esti-
mating the kinetic parameters of models, one estimates the coefficients of a predefined spectrum of exponen-
tially decaying factors. It is assumed that the decay constants for the exponentials span some reasonable range 
of physiological values and those are predefined with sufficient sampling to adequately represent the kinetics 
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of the tracer. Efforts have been made to calculate these coefficients directly from projections (Hebber et al. 
1997; Hicks et al. 1989; Maltz 2001; Matthews et al. 1997). A significant limitation of exponential spectral 
methods is that the solution obtained may not be unique due to the large amount of parameter redundancy, 
which is characteristic of sums of decaying exponential terms (Maltz 2000). It has been shown that using 
an exponential basis with a nonuniform resolution reconstruction grid leads to a further reduction in the 
dimension of the problem of direct dynamic emission computed tomography reconstruction from inconsis-
tent projections (Maltz 2001, 2002). The solution coefficients, which must be nonnegative, can be determined 
by either using the MLEM algorithm or using a least squares technique with nonnegative constraints, which 
first determines spectral components for each projection sample and then the spectral components for each 
voxel are reconstructed from the projections of the spectral components (Meikle et al. 1998).

Other temporal basis functions that have been investigated for dynamic PET studies could be used in 
the spatiotemporal representation of dynamic SPECT data. These include some parametric decomposition 
(Matthews et al. 1997) using single value decomposition to determine the temporal basis functions or spec-
tral mixture models (Hudson and Walsh 1997). Others include the use of splines (Asma and Leahy 2006; 
Nichols et al. 2002) or wavelets (Verhaeghe et al. 2008) for the temporal basis functions. Another choice for 
the temporal basis function is the top-hat function (also known as an indicator function or characteristic 
function for a set X that is 1 if x is an element of X and 0 otherwise) where the temporal function is composed 
of a sum of top-hat functions defined on independent distinct time frames (Reader et al. 2006). This ‘basis 
function method’ has been used where the nonlinear terms in the model fitting are discretized over a range of 
likely basis functions that encompass the possible nonlinear terms (Hong and Fryer 2010; Lodge et al. 2000; 
Watabe et al. 2005). In addition, a dictionary of possible basis functions has been proposed (Gunn et al. 2002). 
Performance comparisons among some of these methods have also been performed (Boellaard et al. 2005; 
Dai et al. 2011).

14.3.3 �E stimating kinetic parameters directly 
from the projection data

Another approach to obtaining estimates of kinetic parameters with lower variance and bias is estimating 
the parameters of the kinetic model directly from projection measurements. It is assumed that the relation 
between the ROI and the parameters of the compartmental model and the dynamically acquired projections 
can be expressed in some maximum likelihood or Bayesian formulation. Chiao et al. (1994b, 1994c) estimated 
ROI kinetic parameters for a one-compartment model and boundary parameters for the regions from simu-
lated transaxial PET measurements, showing that biases of estimates are reduced by including ROI specifica-
tion inaccuracy. In Zeng et al. (1995), the parameters of a one-compartment model were fitted directly from 
the projection measurements, resulting in the elimination of the biases in parameters present when esti-
mated from the TACs generated from the reconstructions. Later, Huesman et al. (1998) used hard boundary 
constraints and demonstrated bias improvement by estimating kinetic parameters for a one-compartment 
myocardial perfusion model directly from cone-beam SPECT projections. The compartment was used for the 
simulated myocardium tissue while the blood input function was assumed to be known.

For the estimation of the blood TAC and kinetic model parameters directly from projections, the organs 
need to be segmented to properly model the spatial and temporal distributions of the radiopharmaceutical 
throughout the projected FOV by identifying the blood input and formulating appropriate models for each 
tissue type. The segmentation step (separation of blood and organ of interest) is critical in reducing bias and 
can be performed prior to the estimation of the blood input function and kinetic parameters or could be part 
of the optimization procedure in the segmentation step. If the segmented ROI is larger than the desired organ 
of interest, there could be cross-talk from other organs. If the other organ has lower counts, then the TAC for 
the organ of interest will be too low and vice versa. The effect on bias would be less if the segmented organ is 
contained within the desired organ of interest. For semidirect methods where TACs are first estimated for 
blood and tissues and then the kinetic compartment model parameters are estimated from these TACs, the 
segmentation of ROIs is not essential.
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Imposing a compartmental relationship (defined by a first-order differential equation) between blood and 
tissue activities into the spatiotemporal model will provide more temporal regularization than is provided by 
splines alone. In Reutter et al. (2005), a maximum likelihood approach (sum of squares) was used to estimate 
the kinetic model parameters directly from projections. Splines were used to model the blood input function 
and a physiological one-compartment model was used to model changes in activity for tissue volumes. A 4-D 
MAP approach with a compartmental-model-based temporal prior that constrains each voxel’s behavior in 
time to conform to a compartmental model was developed for dynamic cardiac SPECT application (Kadrmas 
and Gullberg 2001). In this approach, no a priori limitations on kinetic parameters were applied, but the 
parameter estimates evolved as the algorithm iterated to a solution. The method yielded TACs with reduced 
noise variations and provided wash-in parameter estimates with better accuracy and lower statistical uncer-
tainty than those obtained from conventional dynamic processing followed by compartmental modeling. The 
algorithm removed the bias in wash-in parameter estimates that can be caused by inconsistent projections 
from sampling schedules as slow as 60 sec per time frame; however, no improvement in wash-out param-
eter estimates was observed. Here, a one-compartment model was used as a Bayesian prior to constrain the 
TACs for each voxel, whereas in Reutter et al. (2005) a maximum likelihood approach was used to estimate 
directly from the projection coefficients of splines for the blood input function and kinetic rate parameters of 
a physiological one-compartment model that modeled changes in activity for tissue volumes. The Bayesian 
reconstruction framework is also well suited for accepting spatially regularizing priors, and such priors could 
readily be applied to either reconstructed voxel intensities or kinetic parameter estimates as desired.

14.3.4 �D ynamic SPECT using dedicated cardiac SPECT
As aforementioned, dynamic SPECT imaging using conventional SPECT scanners has challenges. The 
slow gantry rotation does not provide complete angular projection data needed for reconstructing accu-
rate dynamic frames within a short period. The low sensitivity of conventional SPECT could also prevent 
fast sampling of short dynamic frames due to noise amplification. Recent high-sensitivity dedicated car-
diac SPECT systems, in particular those with stationary or nearly stationary data acquisitions, provide new 
opportunities for dynamic SPECT imaging.

A recent study (Ben-Haim et al. 2013) evaluated the feasibility of quantifying a retention index, calculated 
as the ratio of stress and rest K1 values, to report myocardial perfusion reserve using a solid-state dedicated 
cardiac camera (D-SPECT; Spectrum Dynamics). High-temporal-resolution data were obtained to calculate 
the input functions. The blood pool and myocardium can be clearly defined in dynamic images, potentially 
due to the high sensitivity of the scanner. Using a one-tissue compartmental model, 95 sets of rest/vasodilator 
stress patient data showed that the retention index was lower in patients with perfusion defects and in regions 
supplied by obstructed coronary arteries. These results suggested the feasibility of quantifying myocardial 
blood flow and flow reserve using dedicated solid-state SPECT cameras.

Using a stationary dedicated cardiac SPECT system, Wells et al. achieved absolute quantification of myo-
cardial blood flow using both thallium-201 (201Tl) and 99mTc-labeled radiotracers in pigs both at rest and dur-
ing stress, with validation against microspheres (Wells et al. 2014; Liu and Sinusas 2014). This pilot preclinical 
study demonstrated the feasibility of dynamic SPECT imaging for quantification of absolute myocardial flow.

In addition to quantifying the myocardial blood flow, dynamic SPECT may play an important role in 
quantifying sympathetic activity. Sympathetic nuclear cardiac imaging with norepinephrine analog meta-
iodobenzylguanidine (mIBG) labeled by I-123 is the most widely used imaging approach for studying cardiac 
sympathetic hyperactivity and has been demonstrated as a powerful predictor of survival to stratify heart 
failure patients (Agostini et al. 2008a, 2008b; Bax et al. 2008; Carrio et al. 2010; Chirumamilla and Travin 
2011; Flotats and Carrio 2004; Jacobson et al. 2009; Matsuo et al. 1996; Nakata et al. 1998; Perrone-Filardi 
et al. 2011; Raffel and Wieland 2010; Strauss et al. 2010; Yamada et al. 2003; Wakabayashi et al. 2001). Relative 
mIBG activity is usually assessed semiquantitatively by calculating the heart-to-mediastinum ratio (HMR) 
of the mIBG uptake in the heart and mediastinum from 2-D planar images (Ji and Travin 2010), from which 
mIBG wash-out rate can also be calculated. Physiological parameters such as Ki and k3 (tracer retention) as 
well as k2 (wash-out rate) obtained from dynamic SPECT may be more sensitive and quantitatively accurate 



14.3  Dynamic SPECT quantification  339

than the HMR and wash-out rate mentioned previously in predicting patient survival. One preliminary study 
performed at Yale University investigated I123-mIBG patients with ischemic cardiomyopathy post implan-
tation of a defibrillator as a predictor for ventricular arrhythmias using a stationary dedicated SPECT/CT 
system (GE Discovery 570c). As a patient example shown in Figure 14.8, both one-tissue (1T) and two-tissue 
(2T) compartmental models were used to fit the 4-hour time activity curves, and the 2T model clearly pro-
vided more accurate fitting of the data. These data suggest that tracer kinetic modeling on dynamic I123-mIBG 
SPECT may be feasible for parameter estimation using the 2T model, whereas future studies are needed to 
explore the role of dynamic SPECT imaging for I123-mIBG.

To accurately estimate the parameters through kinetic modeling of a dynamic 4-D SPECT dataset, the 
prerequisite is to obtain an absolute quantitative reconstruction of each 3-D SPECT image. It is unclear 
whether tracer kinetic modeling will provide clinical value if the primary data are not quantitative. One 
study performed at Yale University investigated the impact of scatter correction and attenuation correction 
for dynamic SPECT imaging of a pig model using Tc99m-Tetrofosmin and a stationary dedicated SPECT/CT 
system (GE Discovery 570c). Rebinned dynamic projections were reconstructed with and without CT-based 
attenuation correction and with scatter correction using the TEW approach. Image-based input function 
was obtained from ROI quantification of the blood pool. Time activity curves obtained from the ROI of 
the entire myocardium were used as tissue curve. A one-tissue (two compartments) model was used to fit 
data to obtain K1 and k2. As shown in Table 14.1, scatter correction resulted in similar K1 values but lower k2 
values, as compared to parameters obtained without scatter correction. Additional attenuation correction 
led to slightly higher K1 and lower k2. These preliminary results may suggest that quantitative corrections of 
attenuation and scatter have an impact on parameter estimation on dynamic SPECT imaging. More accu-
rate parameter quantifications can be expected with additional data corrections such as partial volume and 
motion corrections.
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Figure 14.8  An illustration of patient dynamic I123-mIBG transaxial SPECT images (top panel) and curve fitting 
of myocardial uptake using 1T and 2T compartmental models (bottom panel).
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14.3.5 �S ummary of dynamic SPECT
The combination of gantry motion and the time-varying nature of the radionuclide distribution being imaged 
results in inconsistent projection data sets. The estimation of kinetic parameters from reconstructed TACs 
results in biases. The inconsistency and biases can be greatly improved with the new dedicated cardiac SPECT 
systems described herein. Estimating the kinetic parameters directly from projections acquired using both 
rotating and dedicated cardiac SPECT systems may also reduce the biases. A simulation study was performed 
for data acquired from a rotating SPECT system. A direct method in which the kinetic parameters for each 
region were simultaneously estimated directly from the projections (Reutter et al. 1998) was compared with a 
semidirect method where B-splines for blood and tissue TACs were estimated directly from projections using 
the same projection model (Reutter et al. 2000) and spline estimated TACs. This simulation study showed 
that the direct approach resulted in the best parameter estimation, although the results were only slightly bet-
ter than those calculated by the semidirect method while significantly better than those of the conventional 
method. Furthermore, other simulations (Reutter et al. 2005) showed that using B-splines to model the input 
function and directly estimating the compartmental model parameters and blood input function can improve 
quantitation of dynamic SPECT by reducing the standard deviation of uptake and wash-out parameters for 
the septal and lateral defects by 17% to 41%, respectively, as compared to the semidirect methods that estimate 
time activity curves first and then fit compartmental models to the curves. We emphasize that the estima-
tion of the time activity curves and kinetic model parameters directly derived from the projections reduces 
bias and improves parameter efficiencies for both rotating SPECT and dedicated cardiac SPECT systems. 
Ultimately, the correct combination of camera and radiotracer is critical for obtaining accurate and sensitive 
measures of biological function along with the correct modeling of the physics of the image detection process.
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Evaluations of cardiovascular diseases 
with hybrid PET-CT imaging

ANTTI SARASTE, SAMI KAJANDER, and JUHANI KNUUTI

15.1 � INTRODUCTION

The main clinical application of cardiac hybrid imaging so far has been the evaluation of coronary artery 
disease (CAD). It is well known that the angiographic severity of coronary lesion is a poor predictor of its 
hemodynamic significance (Gould and Johnson 2010; Tonino et al. 2010; Uren et al. 1994; White et al. 1984). 
Correspondingly, studies of computed tomographic angiography (CTA) have shown that only 30%–50% of 
stenoses with more than 50% luminal narrowing are associated with reversible perfusion defects on myocar­
dial perfusion imaging (MPI). On the other hand, many patients with completely normal myocardial perfu­
sion may have nonobstructive CAD (Gaemperli et al. 2007; Hacker et al. 2007; Schuijf et al. 2006).

In the existence of myocardial ischemia, revascularization improves the outcome by reducing the ische­
mic burden on the left ventricular (LV) myocardium (Hachamovitch et al. 2003; Shaw et al. 2008), while 
trials have failed to demonstrate superiority of revascularization over modern medical treatment if patients 
are not stratified by prior ischemia testing (Boden et al. 2007; Frye et al. 2009). In the recent trials, the role 
of ischemia-guided revascularization in patients with stable CAD has been emphasized (Pijls et al. 2010; 
Tonino 2009). According to this evidence, testing for myocardial ischemia has been included in the guide­
lines (Montalescot et al. 2013; Wijns et al. 2010). On the other hand, existence of non-obstructive CAD has 
been shown to have prognostic information (Min et al. 20011; van Werkhoven et al. 2009). Thus, to offer the 
most appropriate treatment strategy for stable CAD, both morphology and function are important.

The rapid development in imaging technology and processing software during the last decade has facilitated 
the fast clinical utilization of cardiac hybrid imaging (Gaemperli 2012). Cardiac hybrid imaging was stimu­
lated by the successful application of hybrid whole-body positron emission tomography (PET)-computed 
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tomography (CT) in oncology. Initially, the CT data were used only for attenuation correction of MPI images. 
Since then, several technical issues such as spatial shifts and intrinsic mismatch between the electrocardio­
gram (ECG)-gated CTA and nongated perfusion study have been resolved. In addition, three-dimensional 
(3-D) volume-rendering techniques have been developed to correlate perfusion information with the coro­
nary anatomy.

This chapter discusses the benefits and future possibilities of hybrid PET-CT imaging in the evaluation of 
cardiac diseases in the light of available clinical data.

15.2 � DETECTION OF CAD

15.2.1 �S trengths and weaknesses of separate modalities

15.2.1.1 � CORONARY CTA

During the last decade, CTA has developed to a widely used noninvasive anatomical imaging method 
(Schroeder et al. 2008). Due to major technical advances, it may now be performed quickly and robustly in 
clinical practice. Although both the indications and technical refinements for CTA are still evolving, the abil­
ity to evaluate both the lumen and its surroundings (vessel wall, myocardium) adds an intriguing perspective 
to previously available diagnostic tools.

The gantry of a CT scanner rotates around the patient to produce a map of x-ray attenuation values as 
described in the previous chapters of this book. It is possible to determine the spatial relationship of the 
radiation absorbing structures to create an image of the scanned object. A computed tomogram consists of 
a matrix of attenuation values presented in shades of grey. In modern scanners, a large volume is set paral­
lel along the longitudinal (Z-) axis of the patient, thus allowing simultaneous collection of data from a large 
field of view. Fast gantry rotation (with rotation times below 300 msec) and advanced detector technology 
allow reconstruction of extremely thin (sub-mm) slices and enables one to acquire detailed images with few 
motion artefacts. Although the 64-detector-row CT with about 4 cm coverage per rotation and imaging time 
of 6–12 seconds for the coronary artery tree is still the industry standard, more rapid image acquisition is now 
allowed by the 128-, 256-, and 320-row configurations of which the 320-slice solution offers the advantage 
of a 16-cm long Z-axis field of view, thus producing images of the entire heart with a single gantry rotation.

An alternative solution to improve the performance of CT is to use a device with dual x-ray sources and 
detectors, offering superior time resolution and, thus, reduced artefacts in moving targets. In addition, the 
use of two x-ray sources makes it possible to use two different x-ray energies, resulting in better contrast and 
presumably enabling more accurate analysis of a coronary artery plaque. For the same purpose, another 
vendor uses a single x-ray tube system in which the electric current is rapidly changed between two levels to 
produce different energies. Other advanced versions allowing for more sophisticated analysis of the energy 
spectra are being developed.

The radiation dose of a cardiac CTA exam may now be contained through the use of modern technology 
(Knuuti et al. 2014). The mean dose of 64-row cardiac CTA studies was once estimated as 15 mSv for males 
and 21 mSv for females, whereas the employment of novel devices and protocols has resulted in significant 
dose reduction. The most efficient of these techniques include fast spiral imaging with a dual-source CT and 
sequential (“step-and-shoot”) imaging with doses near, and in selected cases even below, 1 mSv. Iterative 
image reconstruction has recently become available by all the major vendors, reducing noise and thus pro­
ducing good-quality images with low radiation dose. Thus, the modern CT offers the tools for successful 
imaging of fast-moving small structures such as coronary arteries. Images gated or triggered by ECG for 
freezing the motion and acquisition are adequate and fast enough for covering the heart during a few seconds.

Prior to the exam, the usual precautions preceding any CT scan with intravenous contrast (allergies, pos­
sible renal failure) must be taken into consideration. Administration of beta-blockers to patients with ele­
vated heart rates (HRs) has proved beneficial: the amount of motion artefacts is decreased and, in some cases, 
use of more potent dose saving protocols is permitted. Administration of oral nitrates before the scan is of 
use because the compound dilates coronary arteries, improving visibility.
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In the scanner room, the patient is placed supine with the arms placed above the head. After ini­
tial localizing images, a noncontrast scan may be obtained to evaluate the amount of coronary calcium. 
Although the presence or absence of calcium deposits does not necessarily implicate whether the patient 
has significant CAD or not, this low-dose scan may be useful in determining the length of scan of the 
contrast-enhanced series, as well as in cases in which intravenous contrast is contraindicated. If the patient’s 
HR is very high despite premedication, thus predisposing to motion artefacts, and there are abundant cal­
cifications, it may be advisable to reconsider the possible benefits of CTA compared with other diagnostic 
methods. In some studies, a set limit for the amount of calcium is suggested before the contrast enhanced 
scan.

CTA enables direct visualization of coronary stenoses through the use of intravenous iodinated contrast. 
Usually, 50–100 mL of highly iodinated contrast media (320–400 mg of iodine/L) is administered at 4–6 mL/s 
followed by a saline flush. A test bolus method may be used to determine the optimal timing of contrast, 
but automated or semiautomated bolus triggering may produce comparable results with less radiation and 
contrast media.

If one uses a dose-saving imaging protocol with prospective ECG triggering, data from the late diastolic 
phase (65%–85% of the RR-interval) are usually collected. However, in patients with a HR above 60–65 per 
minute, additional systolic images may be of benefit to decrease motion artefacts (of the right coronary artery 
[RCA] in particular). Usually, this is obtained by widening and repositioning the time window of image 
acquisition prior to the scan.

Functional images of the heart can be obtained with a retrospectively ECG-gated protocol when data are 
collected during the whole RR-interval and, hence, all the phases. This enables the evaluations of wall motion, 
the cardiac valves, and ejection fraction but also causes more radiation to the patient than prospectively gated 
acquisition does. Retrospective gating is usually mandatory when the patient has a high or irregular rhythm. 
With extremely high HRs, it may be necessary to use multisegment acquisition modes that collect data of the 
same location during two or more heartbeats.

Images are evaluated at a workstation that allows efficient handling of large amounts of data and use of 
modern image processing techniques such as maximal intensity projection, multiplanar reformation, and 
volume rendering. It is, however, of utmost importance to also evaluate the original transaxial images. Each 
coronary artery segment is then assessed in terms of possible plaques, stenoses, or anomalies. In routine 
work, it may be advisable to use a four- to five-point scale in the evaluation of the degree of the luminal nar­
rowing (for example, in terms of diameter stenosis, <30%, 30%–50%, 50%–70%, >70%, occlusion) and at least 
a rough estimate of plaque characteristics (calcified, mixed, noncalcified).

A large number of single-center studies (Schroeder et al. 2008) and several randomized clinical trials 
(Budoff et al. 2008, Meijboom et al. 2008, Miller et al. 2008) with 64-detector CT technology have assessed 
the diagnostic accuracy of coronary CTA in the detection of obstructive CAD as defined by invasive angiog­
raphy. These studies have shown that the negative predictive value of such scans is excellent, close to 100%, 
thereby suggesting that CT can reliably rule out the presence of hemodynamically significant CAD. Positive 
predictive values, however, have been less impressive, usually between 75% and 85%. Most often, this is due 
to overestimation of detected stenoses. False-positive and false-negative interpretations and decreased accu­
racy for evaluating the coronary arteries attribute to image artefacts in many cases. The major cause of such 
diagnostic drawbacks is the presence of dense vascular calcifications causing blooming artefacts. Less fre­
quent causes include motion and insufficient contrast-to-noise ratio due to obesity or poorly chosen imaging 
parameters.

Current clinical indications recommend that CTA can be used to rule out CAD in symptomatic stable 
patients with intermediate pretest probability of CAD especially when patients are unable to exercise or ECG 
is uninterpretable. CTA is also useful in patients with uninterpretable or equivocal stress test. In patients with 
acute chest pain, intermediate pretest probability of CAD and no ECG or biomarker changes, normal CTA 
may be used for safely ruling out acute coronary syndromes (Goldstein et al. 2011: Hoffmann et al. 2012; Litt 
et al. 2012). Another group of patients for whom CTA can provide important information is the evaluation 
of coronary arteries in patients with new-onset heart failure. On the contrary, patients for whom CTA is not 
recommended are those with pronounced coronary calcification and patients with high pretest likelihood of 
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CAD. In addition, CTA should not be used to assess the severity and significance of known CAD or screen 
asymptomatic subjects for CAD (Montalescot et al. 2013; Schroeder et al. 2008; Wijns et al. 2010).

In conclusion, trials have demonstrated that CTA is an accurate noninvasive imaging technique in the 
morphological detection of CAD. In most available studies, the negative predictive value has been high, sug­
gesting that the method is reliable for ruling out significant CAD. In particular, this is true in patients with 
low or medium likelihood of CAD having stable angina. However, a CTA scan may overestimate the severity 
of atherosclerotic obstructions, thus requiring further testing to guide patient management. This is most 
evident for patient populations with extensive calcifications and higher likelihood of CAD.

15.2.1.2 � PET PERFUSION IMAGING

Myocardial perfusion PET, like single-photon emission computerized tomography (SPECT), is used to evalu­
ate the radiotracer uptake in the myocardium. The uptake kinetics reflects relative regional myocardial blood 
flow, which can be quantified at rest and during pharmacological stress as described in detail elsewhere in 
this book. The three main tracers used in the imaging of myocardial perfusion are 15-oxygen-labeled water, 
13-nitrogen-labeled ammonia, and generator-produced 82-Rubidium (82Rb). Each of these tracers has specific 
advantages and limitations that have also been discussed in detail elsewhere in this book. The radiation dose 
for the patient is relatively small with these PET tracers (typically 0.5–3 mSv), which makes it an attractive 
combination with coronary CT angiogram.

Compared with MPI with SPECT, PET can measure myocardial radioactivity concentrations with better 
spatial and contrast resolutions and it has accurate and well-validated attenuation correction. As a result, 
MPI using PET may be superior to SPECT for the detection of CAD in terms of image quality, certainty of 
interpretation, and diagnostic accuracy (Montalescot et al. 2013). A large number of studies have reported 
excellent diagnostic accuracy of PET MPI for the detection of obstructive CAD, defined as ≥50% or ≥70% 
stenosis on invasive coronary angiography. These studies have been summarized in two recent meta-analyses. 
One analysis using only 82Rb as a flow tracer (n = 1394 patients) showed pooled sensitivity of 90% and specific­
ity of 88% (Mc Ardle et al. 2012). The other meta-analysis using all available myocardial PET flow tracers (n = 
1692 patients) showed pooled sensitivity of 84% and specificity of 81% (Jaarsma et al. 2012). The comparison 
of perfusion imaging techniques has favored PET over SPECT (Jaarsma et al. 2012; Mc Ardle et al. 2012). 
Specific patients (e.g., obese) who could benefit from PET instead of SPECT are those prone to severe attenu­
ation artefacts, leading to an equivocal result.

In addition to assessing relative myocardial tracer uptake, PET perfusion imaging enables quantitative 
measurements of rest and stress myocardial blood flow (MBF) in absolute units that can be used to compute 
absolute myocardial flow reserve (MFR). This is based on the evaluation of regional tracer kinetics in the 
blood pool and the myocardium as described earlier in this book (Gould et al. 2013). Quantitative analysis 
of MBF has potential to further improve diagnostic accuracy of PET in detecting and estimating severity of 
CAD as well as stratifying patients’ risk. A pooled analysis of studies investigating the accuracy of quantita­
tive regional PET MPI in the detection of obstructive CAD in 165 patients showed sensitivity of 93% and 
specificity of 87% (Saraste et al. 2012). It is particularly helpful for revealing the true extent of CAD in patients 
with multivessel disease as well as for detection of global reduction of myocardial perfusion due to balanced 
multivessel disease or microvascular disease (Fiechter et al. 2012; Kajander et al. 2011; Saraste et al. 2012). The 
latter may be completely missed by conventional, relative analysis of MPI studies.

Clinical experience has demonstrated that in analogy to SPECT, PET MPI provides powerful prognostic 
information. Large clinical registries have been published recently that include more than 10,000 patients 
with known or suspected CAD (Dorbala et al. 2013; Fiechter et al. 2012; Williams et al. 2012). The extent and 
severity of ischemia and scar on PET MPI provided incremental risk estimates of future cardiac and all-cause 
death for both males and females, compared with traditional risk factors. More importantly, coronary vaso­
dilator dysfunction quantified by PET myocardial flow reserve (MFR) has been shown as a powerful predictor 
of cardiac mortality in patients with suspected or known CAD between diabetics and nondiabetics (Murthy 
et al. 2011, 2012; Saraste et al. 2012). In a large cohort of 2783 patients, MFR provided incremental prognostic 
value over semiquantitative measures of myocardial ischemia and scar as well as other clinical variables for 
identification of patients at risk of cardiac death (Murthy et al. 2011). The addition of MFR resulted in the 



15.2  Detection of CAD  355

correct reclassification of approximately one third of all intermediate-risk patients. Another study demon­
strated that diabetic patients without CAD but with impaired flow reserve had event rates comparable to 
those of patients with prior CAD (Murthy et al. 2012).

PET myocardial blood flow tracers are currently more expensive and less available than SPECT trac­
ers. Cyclotron-produced PET flow tracers such as nitrogen-13 ammonia and oxygen-15 water have excellent 
extraction rates of tracer uptake in the myocardium but require close proximity of cyclotron due to their 
short half-lives (10 min and 2 min, respectively). Therefore, generator-produced 82Rb, which has similar bio­
logic activity to thallium-201, is currently the most widely clinically used radiotracer for PET MPI. New PET 
perfusion tracers labeled with fluorine-18 (18F) that has a half-life of 110 min have been developed for more 
widespread use in centers without a cyclotron. 18F-Flurpiridaz was recently shown to be safe and good for 
diagnosis of CAD and is currently in a phase II clinical trial (Berman et al. 2013). In addition to tracer avail­
ability, access to scanner time may be also a limiting factor, but the number of PET scanners for clinical work 
is rapidly increasing. Although the investment costs are quite high with PET, the scans are very rapid, and 
when the availability of tracers improves, the PET scans can be also financially competitive to other imaging 
modalities.

A general limitation of perfusion imaging is the lack of information on coronary anatomy, and thus, it is 
not possible to differentiate between microvascular dysfunction and epicardial stenosis from PET alone. The 
knowledge on individual coronary anatomy would also help identify perfusion defects for certain coronary 
lesions. Coronary artery anatomy varies considerably among individuals and may disagree with standard­
ized vascular territories, particularly in the inferior and inferolateral wall, the territories with the largest 
variability in coronary anatomy (Javadi et al. 2010). Finally, a limitation of MPI is that it reveals only coronary 
lesions that induce perfusion defects. Although functionally significant CAD is currently the cornerstone for 
the selection of further medical and invasive therapy, nonobstructive plaques are also common in patients 
referred for diagnostic evaluation and might have significant implications for patients’ prognosis (Min et al. 
2011).

15.2.2 �H ybrid cardiac PET-CT imaging: Clinical data

Hybrid PET-CT imaging enables fusion of coronary CTA and MPI to visualize coronary atherosclerotic 
lesions and their hemodynamic consequences in a single study (Gaemperli et al. 2012; Danad 2013b). It is now 
available at selected centers and holds much promise for the detection of obstructive CAD as well as guidance 
of revascularization through vessel-specific information.

The current evidence of hybrid PET-CT is limited to few rather small single-center studies. The feasibil­
ity and clinical robustness of noninvasive hybrid imaging were first documented by Namdar and coworkers 
in a clinical study involving fusion of 13N-NH3 PET with four-slice CTA in 25 patients with CAD (Namdar 
2005). Using invasive coronary angiography combined with PET as the reference standard, the hybrid PET/
CTA approach allowed to detect flow-limiting coronary lesions that required a revascularization procedure 
with a sensitivity, specificity, positive predictive value (PPV), and negative predictive value of 90%, 98%, 82%, 
and 99%, respectively. Since then, three studies including a total of 260 patients have evaluated the accuracy 
of PET-CT imaging in the detection of CAD. These studies show pooled sensitivity of 93% and specificity of 
91% in the detection of obstructive CAD (Danad 2013b). Comparison of the diagnostic accuracy of hybrid 
imaging with the single imaging techniques (i.e., either CTA alone or MPI alone) showed superior diagnostic 
accuracy. Particularly, the PPV was better with hybrid imaging (87%) than with either CTA (65%) or MPI 
(83%) alone (Danad 2013b). In addition to the detection of stenosis in invasive coronary angiography, hemo­
dynamic significance of the majority of intermediate lesions was confirmed by fractional flow reserve mea­
surement in two studies (Kajander et al. 2010; Danad 2013a). Despite these promising early results, it should 
be noted that the aforementioned studies included limited number of patients in experienced centers and 
did not cover the variety of possible hybrid systems. Thus, larger multicenter trials will be needed to confirm 
these early results.

Combining information on atherosclerotic lesions and perfusion abnormalities has incremental value 
for estimation of cardiovascular risk as compared with single imaging modalities using hybrid PET-CT 
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(Maaniitty et al. 2017) and SPECT-CT (Pazhenkottil et al. 2011; van Werkhoven et al. 2009). A limitation of 
myocardial perfusion SPECT and PET is that they reveal coronary lesions that induce perfusion defects but 
do not exclude the presence of subclinical nonobstructive coronary atherosclerosis, which may be missed by 
perfusion imaging.

In a recent study with 864 symptomatic patients with intermediate probability of CAD, PET MPI using 
[15O]H2O during adenosine stress was performed when suspected obstructive stenosis was present on CTA. 
Obstructive CAD was excluded by CTA in about half of the patients, and these had very low annual rates of 
adverse events during 3.6 years of follow-up. The patients who had suspected obstructive stenosis on CTA 
underwent PET study, of which about half had normal and half had abnormal perfusion. The annual rate of 
events was 5 times higher in those with abnormal than normal perfusion. Patients with normal perfusion had 
an event rate comparable to that of patients without obstructive CAD on CTA. The independent prognostic 
value of morphological and functional coronary information was also demonstrated in another follow-up 
study (van Werkhoven et al. 2009). Moreover, a prospective follow-up trial assessed the incremental prog­
nostic value of hybrid imaging over the side-by-side findings from both techniques (Pazhenkottil et al. 2011). 
A reversible perfusion defect matching with significant stenosis on CTA was associated with a significantly 
higher event rate (death or myocardial infarction) than either stenosis or perfusion defect alone.

A recent study evaluated the influence of cardiac hybrid 15-oxygen-labeled water PET-CT imaging results 
on downstream referral for invasive coronary angiography and revascularization rate (Danad et al. 2014). In 
the presence of equivocal CTA results, negative perfusion study was associated with a revascularization rate 
of 0%, whereas abnormal perfusion study was associated with a revascularization rate of 59%. In the presence 
of obstructive CAD by CTA and abnormal perfusion study, revascularization rate was 72%, indicating that 
hybrid imaging findings had a significant impact on patient management (Danad et al. 2014). Larger prospec­
tive studies are needed to assess whether changes in treatment based on hybrid imaging may have a marked 
impact on the patients’ prognosis.

15.2.3 �A dded value of hybrid PET-CT: Case illustrations

There are several situations in which hybrid imaging can provide clinically beneficial information (Knuuti and 
Saraste 2013). Those patients with obstructive CAD causing ischemia can be identified accurately, referred for 
invasive coronary angiography, and considered for revascularization. The use of invasive tests can be potentially 
focused to those who have the highest probability to benefit from revascularization. In addition to obstructive 
disease, CTA can efficiently identify subclinical, nonobstructive coronary atherosclerosis in patients with nor­
mal myocardial perfusion. Big data show that nonobstructive CAD by CTA has negative impact on prognosis 
(Min et al. 2011), and these patients can be provided effective secondary prevention. Furthermore, microvas­
cular disease can be uncovered by CTA for some patients (Kajander et al. 2010). A significant fraction of the 
patients without any coronary atherosclerosis can be guided to less aggressive primary prevention. The follow­
ing case examples highlight the benefits of hybrid imaging in different clinical scenarios.

In clinical practice, hybrid imaging is often applied in a sequential manner, with additional scans per­
formed only if the results of the initial modality are equivocal. For example, the hemodynamic severity of 
intermediate stenosis in CTA can be confirmed by immediate perfusion imaging or the culprit lesion respon­
sible for perfusion defect can be localized by CTA. If the sequential approach is used, the order of the scans 
depends also on the pretest likelihood. It is rational to suggest that patients with low to moderate pretest like­
lihood of CAD should start with CTA and MPI would be performed only in those patients with obstructive 
CAD in CTA. This can be justified by a very high negative predictive value of CTA. On the other hand, if the 
likelihood of CAD is higher, a larger fraction of the patients will have obstructive disease and starting with 
perfusion imaging would make sense. CTA would be needed only if anatomical information is needed for 
a positive perfusion result. Naturally, both of these approaches have specific limitations. In the first option, 
knowledge of coronary function or microvascular disease is missed, whereas in the second option, preclinical 
atherosclerotic disease is not detected.

Figure 15.1 shows an example of microvascular disease in a 59-year-old man with risk factors of family 
history and smoking for CAD detected by PET-CT. The patient had atypical chest pain during exercise and 
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2-mm horizontal ST depression in lateral chest leads. In the PET-CT study, the coronaries were normal but 
myocardial perfusion was diffusely reduced (anterior view: Figure 15.1a; posterior view: Figure 15.1b). The 
absolute MBF during adenosine stress was below 2 mL/g/min (normal value >2.3 mL/g/min) in all myocar­
dial regions as shown in green in Figure 15.1. No epicardial disease was detected in invasive angiography and 
effective treatment of risk factors was recommended.

Figure 15.2 shows an example of evaluation of hemodynamic significance of CAD by hybrid PET-CTA. 
The patient was a 63-year-old man with multiple risk factors of CAD (hypercholesterolemia, hyperten­
sion, and family history). He was referred for exclusion of CAD due to chest pain on exercise. Exercise 
ECG showed no ST-segment changes despite mildly reduced functional capacity and chest pain at peak 
stress. Coronary CTA was performed, and multiplanar reconstructions of the left anterior descending 
coronary artery (LAD), the left circumflex (LCX), and the RCA are shown in Figure 15.2a. As one can 
notice, there are multiple, heavily calcified atherosclerotic lesions. There was suspicion of significant 
luminal obstruction at the site of proximal LAD and middle RCA lesions. In order to assess hemodynamic 
significance of the lesions, myocardial perfusion was evaluated during adenosine stress by O-15-labeled 
water PET. Fusion images of 3-D coronary anatomy and quantitative myocardial perfusion map show an 
area of moderately to severely reduced stress perfusion (1.5–2.0 mL/g/min), as seen in green and blue in 
the territory of RCA (Figure 15.2c). In contrast, the myocardial perfusion was normal (>2.3 mL/g/min), 
as seen in red in the areas subtended by the LAD (Figure 15.2b) and LCX (Figure 15.2d). Consequently, 
percutaneous coronary intervention (PCI) of the RCA was performed due to persisting symptoms despite 
anti-anginal medication.

Figure 15.3 shows an example of localization of culprit vessel by PET-CT hybrid imaging. A 69-year-
old male with Type 2 diabetes, CAD, and stent implanted in the middle RCA some years ago was referred 
for evaluation of recurrent chest pain. Resting ECG and LV function were normal. Myocardial PET 
perfusion study with O-15-labeled water and adenosine stress showed abnormally low perfusion in the 
area of three segments in the posterior wall. Coronary CTA was also performed and showed stenosis in 
the proximal and distal RCA, whereas in the left coronary artery, atherosclerotic lesions causing mild 
luminal narrowing (<50%) were seen. Fusion image clarified that the perfusion defect localized within 
the territory supplied by the RCA (green arrow), whereas the LCX artery is relatively small (red arrow) 
in this patient.

Figure 15.4 shows an example of balanced three-vessel disease detected by hybrid PET-CTA. The patient 
was a 52-year-old female with a history of typical angina pectoris. Myocardial perfusion was evaluated with 
PET and 15O-water during adenosine stress. Images show polar maps of myocardial perfusion with relative 
normalization to the maximum (Figure 15.4a) or absolute scale from 0 to 3.5 mL/g/min (Figure 15.4b). 

(a) (b)

3.5 ml/g/min

0.0 ml/g/min

Figure 15.1  An example of microvascular disease in a 59-year-old man with risk factors (family history and 
smoking) for CAD detected by PET-CT. (a) Anterior view and (b) posterior view of the heart.



358  Evaluations of cardiovascular diseases with hybrid PET-CT imaging

Relative perfusion within the LAD, LCX, and RCA territories was normal (100%, 100%, and 83% of the 
maximum, respectively), whereas absolute MBF quantification shows severe, balanced reduction of perfusion 
within all territories (0.75–0.9 mL/g/min; normal value, >2.3 mL/g/min). Coronary CTA revealed the reason 
for the reduced perfusion. There was a severe stenosis in the left main coronary artery caused by a soft plaque, 
as shown in Figure 15.4c (arrow), and another calcified lesion causing luminal narrowing in the middle RCA, 
shown in Figure 15.4d (arrow). Invasive coronary angiography confirmed the findings and the patient was 
referred for coronary artery bypass surgery.

Figure 15.5 shows an example of a PET-CT study after coronary artery bypass surgery. A 60-year-old man 
was referred for evaluation of coronary artery bypass grafts due to typical chest pain one year after coronary 
artery bypass grafting. CTA showed that the graft from the aorta to the LAD, the diagonal branch, and the 
RCA were open. However, evaluation of the calcified native coronary arteries was challenging and there was 
a suspicion of occlusion of the distal RCA. Myocardial perfusion was evaluated with PET and 15O-water 
during adenosine stress. Fusion images of 3-D coronary anatomy and a map of myocardial perfusion show 
severely reduced (1–1.5 mL/g/min) perfusion in the area subtended by the RCA, confirming RCA occlu­
sion (Figure 15.5a). The perfusion was normal, >2.3 mL/g/min, in the areas subtended by the LAD and LCX 
(Figure 15.5b). Due to severe symptoms despite optimal medication, the patient was referred for invasive 
coronary angiography.

(a)

mL/g/min

0

1.5

2.5

3.5 

(b)

(c)

(d)LAD LCX RCA

Figure 15.2  An example of evaluation of hemodynamic significance of CAD by hybrid PET-CTA. (a) Coronary 
CTA and (b, c) hybrid images.
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15.3 � OPEN ISSUES AND FUTURE PERSPECTIVES

As previously discussed, there is a need for confirmation of the diagnostic benefits of hybrid imaging in the 
evaluation of CAD in large multicenter studies. Furthermore, more information is needed on what kind 
of patients should undergo integrated examinations for clinical effectiveness and minimization of costs 
and radiation dose. For example, it can be expected that the proportion of patients needing dual scanning 
depends on the characteristics of the patient population, especially the pretest likelihood of CAD. Further 
studies are needed to evaluate whether imaging-guided use of interventions will also influence clinical out­
come of patients.

An obvious concern related to hybrid imaging is patient radiation dose that requires careful consideration 
of the need and benefits of hybrid PET/CT imaging (Knuuti et al. 2014). It is currently assumed that there is a 
linear relationship between the radiation dose and the risk of cancer, and naturally, all efforts should be made 
to reduce the exposure to ionizing radiation from imaging. The radiation dose from CTA has been reduced 
over the last years through improvements in image acquisition protocols, particularly the prospective ECG-
triggered sequential scanning. An advantage of short half-life of PET perfusion tracers is that the radiation 
exposure is low as compared to SPECT perfusion imaging.
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Figure 15.3  An example of localization of culprit vessel by PET-CT hybrid imaging.
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Figure 15.5  An example of a PET-CT study after coronary artery bypass surgery. (a) Posterior view and 
(b) anterior view.
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Figure 15.4  An example of balanced three-vessel disease detected by hybrid PET-CTA. (a and b) PET 
Myocardial perfusion polar maps, (c and d) coronary CTA images.
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Besides combination of CTA and perfusion imaging in the detection of CAD, there are other potential 
approaches where hybrid PET-CT imaging could be applied. Noninvasive assessment of the presence of 
extensive reversible ischemia and myocardial viability should be considered to guide revascularization of 
patients with chronic ischemic LV dysfunction (Montalescot et al. 2013). Patients who have viable but isch­
emic myocardium are at higher risk if they are not revascularized, while the prognosis of patients without 
dysfunctional and viable myocardium is not improved by revascularization. Several observational studies 
have shown that the presence of ischemic but viable myocardium is associated with improved outcome after 
revascularization as compared with pharmacological therapy alone in patients with systolic LV dysfunction 
due to ischemic heart disease (Allman et al. 2002; Ling et al. 2013). Evaluation of residual glucose metabo­
lism, a hallmark of viable myocardium, by 18F-2-fluoro-2-deoxyglucose (FDG) PET is considered as the most 
sensitive noninvasive tool to assess myocardial viability (Schinkel et al. 2007). A hybrid PET-CT scanner per­
mits evaluation of viability with FDG-PET immediately in combination with coronary anatomy by CTA and 
automatic fusion of FDG images with coronary images, but the incremental value of using hybrid PET-CTA 
imaging in ischemic heart failure remains largely to be studied. It is also worth mentioning that rapid HR and 
renal dysfunction are common in heart failure and may often preclude the use of contrast-enhanced CTA.

Cardiac molecular imaging has provided techniques and new targeted probes to better understand the 
pathophysiological mechanism underlying cardiovascular diseases (Nahrendorf et al. 2009; Saraste et al. 
2009). Examples of clinical problems that might benefit from molecular imaging include the identification of 
vulnerable atherosclerotic plaques before rupture and subsequent myocardial infarction, detection of mecha­
nisms that precede LV remodeling and development of heart failure, and the assessment of risk of ventricular 
arrhythmias by neuronal imaging. Owing to high sensitivity and availability of tracers with low risk of toxic­
ity, PET is the leading imaging technique to proceed with translation of molecular imaging into clinical trials 
(Knuuti and Bengel 2008). Molecular imaging depends on hybrid imaging approaches, where the nuclear 
imaging component is used for molecular targeting seen as “hot spot” and the CT or other anatomical imag­
ing modality is used for localization of the molecular signal as well as account for partial volume errors that 
would cause underestimation of the true regional radiotracer activity.

15.4 � CONCLUSIONS

Cardiac PET-CT imaging holds a great promise for the detection of CAD and assessment of the severity of the 
heart disease. Increasing evidence has shown that the method is very accurate and provides prognostic infor­
mation and allows guidance of therapy. The technique appears to be mature now for the use in routine clinical 
cardiology. However, the availability of tracers seems currently to limit the wider use of the approach. The 
recent development of commercial longer half-life perfusion tracers may make the method widely available. 
In addition, novel molecular imaging applications may be brought into the clinical work in the near future.
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Quantitative analyses and case studies of hybrid 
PET-MRI imaging

LEON J. MENEZES, ELEANOR C. WICKS, and BRIAN F. HUTTON

16.1 � INTRODUCTION

The excellent soft tissue contrast of magnetic resonance imaging (MRI) and the capability of functional imag-
ing at the molecular level by positron emission tomography (PET) should have the potential to create unique 
additive value in cardiac imaging. As a novel imaging technology, PET/MRI in cardiovascular disease needs 
to demonstrate its performance and value in clinical practice.

In addition to any clinical value, the multiparametric imaging offered by MRI and PET in a single exami-
nation will provide novel possibilities for research. The first direction of research into hybrid PET/MRI has 
been cross-validation studies. Subsequent studies will address clinical questions.

The main motivation for the development of PET/MRI scanners was to take advantage of the superior 
soft tissue contrast of MRI and the reduced ionizing radiation exposure in comparison to PET/computed 
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tomography (CT). But there are other advantages specific to cardiac imaging that might be exploited, e.g., 
the dynamic imaging of the ventricle for improved correction for motion and respiration. However, there are 
difficulties for quantitative analysis when the generation of attenuation correction (AC) maps of the patient 
is directly from MRI data.

In this chapter, we provide a review and outlook on future applications of cardiac PET/MRI based on 
published research and clinical examples.

16.2 � WORKFLOW

As discussed in Chapter 4 of this book, AC is fundamental, as is the registration between the AC map and the 
PET data. The AC maps are estimated using a two-point Dixon sequence (Martinez-Möller et al. 2009). The 
potential disadvantage of this approach, that bone is excluded, is not so limiting when scanning the thorax, 
compared to the brain or pelvis. Uncertainty in the attenuation distribution in lungs continues to be a challenge 
and can lead to unpredictable errors. From PET/CT, motion and, hence, misalignment may lead to artefacts and 
diagnostic error (Gould et al. 2007). An advantage of PET/MRI over PET/CT is that the Dixon sequences can be 
repeated without any further radiation. While the acquisition of the image data in PET/MRI is simultaneous (in 
the case of the Siemens Biograph mMR and GE Signa PET/MR), the time taken for each modality varies con-
siderably. PET acquires a true volume with acquisition times of the order of minutes, depending on the chosen 
tracer, its half-life, and the injected activity. Therefore, the acquired PET data include the motion that took place 
during the scan: cardiac and respiratory motion and voluntary and involuntary patient motion.

On the other hand, cardiac MRI sequences are acquired serially with acquisition times of the order of 
seconds and usually in end-expiration breath-holds. Thus, in cardiac PET/MRI, summed averaged rather 
than respiratory- or cardiac-gated PET data are compared and fused with end-diastolic MR images from 
end-expiration. The development and use of dual-gated or self-navigated whole heart cardiac MR sequences 
(Piccini et al. 2011) may be better suited to PET/MRI scanning than conventional cardiac MR image acquisi-
tion (Kramer et al. 2013).

With simultaneous PET/MRI, there is the potential of using the motion signals from one modality to cor-
rect both image data sets, e.g., MR-based respiratory motion correction (Chun et al. 2012) and partial volume 
correction (Erlandsson et al. 2012). However, any extra MRI needed might add to the total length of the scan.

Current MR scanners used in hybrid PET/MRI are based on a 3.0 Tesla field strength, enabling a better 
signal-to-noise ratio at the expense of more frequent susceptibility effects and radiofrequency inhomogene-
ities that require fine-tuned acquisition parameters.

16.3 � CARDIAC APPLICATIONS IN PET/MRI

16.3.1 �M yocardial perfusion

Myocardial perfusion imaging with PET has long been seen as a reference method for validation of other 
diagnostic approaches (Bengel et al. 2009). A recent meta-analysis of noninvasive perfusion imaging showed 
that PET achieved the highest diagnostic performance and that first-pass perfusion cardiac MR may provide 
an alternative without ionizing radiation and a similar diagnostic accuracy as PET (Jaarsma et al. 2012). 
Three PET perfusion tracers are in clinical use: 13N-NH3, 15O-water, and 82Rubidium (82Rb). However, 13N-NH3 
and 15O-water need an on-site cyclotron and the generator for 82Rb is not MR-compatible.

PET/MRI offers a test bed for the validation of new tracers for myocardial perfusion PET or new cardiac MRI 
perfusion techniques in human subjects under identical conditions. Up until now, such cross-validations took 
place on standalone machines separated in time and space (Morton et al. 2012). As such, one could perform further 
validation of 18F-flurpiridaz, a tracer that has certain advantages over the existing PET perfusion tracers against 
cardiac MR perfusion rather than single-photon emission computed tomography (SPECT) (Berman, Maddahi, 
and Tamarappoo 2013). More specifically, this new PET tracer has a low positron energy and a long half-life that 
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allows one to transport the radiopharmaceutical to areas distant from a cyclotron, the option of exercise stress 
testing with tracer injection outside the scanner, and a simplified myocardial blood flow estimation approach. One 
could also validate blood-oxygen level dependent (BOLD) MRI (Arnold et al. 2012) or arterial spin (ASL) labeling 
(Zun et al. 2011) against PET perfusion. These latter techniques have potential clinical utility as they do not require 
the administration of gadolinium-based contrast agents, which are contraindicated in severe renal dysfunction.

Recent research on cardiac perfusion MRI is aimed at increasing the spatial coverage of the heart from 
at least three slices (basal, mid, and apical, limited by the length of the R–R interval of the electrocardio-
gram [ECG]) during clinical routine first-pass perfusion cardiac MRI, by using three-dimensional sequences 
(Manka et al. 2015). The increased diagnostic yield and noninvasive validation would be better performed 
with simultaneous PET/MRI than against separate SPECT (Jogiya et al. 2014).

One ongoing clinical study of simultaneous 3N-NH3 PET perfusion and first-pass MRI (clinical trial 
NCT01779869) is addressing the relative contributions of stress MRI and stress PET data and whether the 
rest PET scan can be omitted in favor of rest first-pass MRI, potentially shortening the scan acquisition time 
and reducing radiation dose.

16.3.2 �M yocardial tissue characterization by PET/MRI
16.3.2.1 � VIABILITY

Since the publication of the trial on surgical treatment of ischemic heart failure (STICH) (Velazquez et al. 2011) and 
the viability substudy (Bonow et al. 2011), the utility of viability testing in patients with left ventricular dysfunc-
tion and coronary artery disease prior to revascularization has been questioned. The randomized controlled trial 
on PET and recovery following revascularization (PARR-2) did not show a significant difference in the composite 
primary outcome of cardiac death, myocardial infarction (MI), or recurrent hospitalization among those patients 
randomized to PET-guided management versus standard care without PET (Beanlands et al. 2007), although, in 
about 25% of patients, the imaging-based recommendations were not followed by the treating physicians.

Fluorodeoxyglucose (18F-FDG) PET under oral glucose loading or hyperinsulinemic-euglycaemic clamp-
ing demonstrates viable myocardium, whereas late gadolinium enhancement (LGE) MRI makes use of the 
property of gadolinium-chelates to accumulate in increased extracellular spaces (such as scarred myocar-
dium). Good agreement between PET and MRI has been demonstrated on separate imaging (Klein et al. 
2002), but there are advantages that MRI might have over PET. The quality of 18F-FDG images is relatively 
poor in diabetics because of decreased 18F-FDG uptake. MRI has a superior spatial resolution of 1–3 mm, 
which allows differentiation of transmural and subendocardial infarction. Also, MRI could help in classify-
ing areas with reduced or absent 18F-FDG uptake due to myocardial wall thinning, which can be mislabeled 
as scar by PET alone (a partial volume error). Whether these advantages determine changes in management 
and lead to improved patient outcomes would require a large multicenter trial. To date, a feasibility study of 
cardiac PET/MRI including five patients with chronic MI has demonstrated substantial agreement between 
PET and MRI (Nensa et al. 2013). Figure 16.1 shows an example of viability assessment in PET/MRI.

16.3.2.2 � ACUTE MI

Early after acute MI and primary percutaneous coronary intervention (PPCI), cardiac MRI can be performed 
to characterize the tissue of the reperfused heart, allowing direct visualization and quantification of its con-
stituent components, including the area of “irreversible” myocardial injury or MI delineated by LGE imaging, 
the area of “reversible” myocardial injury, or the “area-at-risk” delineated by T2-weighted imaging (Francone 
et al. 2009; Friedrich et al. 2008) and T1-weighted imaging (Ugander et al. 2012), zones of microvascular 
obstruction (Bekkers et al. 2009), and intramyocardial hemorrhage within the MI (O’Regan et al. 2009). All 
of these are surrogate predictors of clinical outcome post-PPCI. Nevertheless, how these individual compo-
nents of the acutely reperfused MI impact on cardiac metabolism in patients with MI is not clear. There are 
two studies demonstrating that the area of reduced 18F-FDG uptake correlates with the area at risk (Nensa 
et al. 2015; White, Bulluck, and Frohlich 2015). One study of 28 patients with 6 months follow-up after PPCI 
for acute MI showed that a fifth of those MI segments that had reduced 18F-FDG uptake but no LGE on MRI 
had an inferior functional recovery (Rischpler et al. 2015). A case illustration is shown in Figure 16.2.
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16.3.2.3 � INFLAMMATORY RESPONSE AFTER ACUTE MI

The inflammatory response after acute MI may also be a risk factor for adverse remodeling and the development 
of heart failure. Monocytes migrating into the heart during the first days after MI have been identified as key 
players of cardiac inflammation and have been linked to the development of heart failure (Frangogiannis et al. 
2002). 18F-FDG PET is frequently used to image inflammation in many clinical situations, as activated inflam-
matory cells show increased expression of glucose membrane transporter proteins. In patients, the glucose 
metabolism of cardiac myocytes can be suppressed by a high-fat, carbohydrate-restricted diet and the intra-
venous (i.v.) administration of unfractionated heparin before 18F-FDG injection (Soussan et al. 2012) (Figure 
16.3). Heparin administration induces an activation of lipoprotein lipase, which in turn causes an increase of 
free fatty acids in the blood. Using these interventions, the human heart switches its energy metabolism from 
glucose to almost exclusively fatty acids, which thus specifically allows imaging the glucose metabolism in the 
infarct area. Whether this technique is superior for identifying patients at risk for developing heart failure or 
can guide future anti-inflammatory therapy after acute MI needs to be further investigated.

16.3.2.4 � SYMPATHETIC INNERVATION
11C-hydroxyephedrine (HED) is the most commonly used PET tracer used to measure sympathetic integ-
rity. PET provides improved spatial image resolution and tracer uptake quantification compared to 
123I-Metaiodobenzylguanidine (MIBG) SPECT (Matsunari et al. 2010). A prospective study of 204 patients 
with ischemic cardiomyopathy (left ventricular ejection fraction <35%) showed that sympathetic denervation 
(assessed by 11C-HED PET) is an independent predictor of sudden cardiac death independent of ejection frac-
tion and infarct size (Fallavollita et al. 2014).

Hybrid PET/MRI innervation studies with cardiac MRI left ventricular function, perfusion, and scar 
assessment could provide a comprehensive prognostic assessment in heart failure patients and may provide 

(a) (b) (c)

(d) (e) (f )

Figure 16.1  Horizontal long-axis (a, d), vertical long-axis (b, e), and short-axis (c, f) views of a 49-year-old man 
who had had a large anterior MI 1 year earlier, treated with PPCI to the left anterior descending (LAD) artery 
with a drug-eluting stent. There is transmural LGE of the anterior septal region on MRI (a–c) with correspond-
ing hypometabolism with 18F-FDG PET (d–f) (white arrows).
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synergistic information for risk stratification and better direct device therapy such as implantable cardio-
verter defibrillator insertion.

16.3.2.5 � SARCOIDOSIS

Cardiac sarcoid is a potentially fatal condition that presents with a wide range of clinical manifestations 
including conduction abnormalities, tachyarrhythmia, congestive heart failure, cardiomyopathy, and sud-
den cardiac death (Wicks, Menezes, and Elliott 2015). Cardiac MRI with LGE is a criterion for the diagnosis 
of cardiac sarcoid. Inflammation imaging with 18F-FDG PET has supplanted 67Gallium imaging. The patient 
preparation described in imaging the inflammatory response after acute MI earlier (high-fat, low-carbohy-
drate diet and i.v. heparin) was first used to image cardiac sarcoidosis (Figure 16.3). One series of 51 patients 
with suspected cardiac sarcoidosis underwent PET/MRI. The combination of uptake of PET and LGE on MRI 
had greater sensitivity than either modality alone and there was poor topological agreement between the 
location of 18F-FDG uptake and scar. This may reflect the natural history of the disease with progression from 
inflammation to scar (Wicks, Menezes, and Pantazis 2014).

16.3.2.6 � MYOCARDITIS

Myocarditis is a challenging diagnosis due to the heterogeneity of clinical presentations. The actual incidence 
of myocarditis is also difficult to determine as endomyocardial biopsy, the diagnostic gold standard, is used 
infrequently (Caforio et al. 2015). Using the same inflammatory 18F-FDG PET scanning, there have been case 
reports published on the use of PET/MRI (Nensa et al. 2014). Investigating the diagnostic yield, the ability to 
direct endomyocardial biopsy, prognosticate patients, and monitor response to therapy in myocarditis using 
hybrid PET/MRI requires proper study.

(a) (b)

(c) (d)

Figure 16.2  Short-axis views of the myocardium of a 47-year-old man, smoker, who presented with chest pain 
and transient ST elevation inferolaterally. Angiography showed subtotally occluded distal LAD, treated with 
PPCI to the LAD artery. Cardiac PET/MRI was performed 3 days after the infarction. There is (arrows) trans-
mural LGE of the interventricular septum (a) with matching intracellular and interstitial edema demonstrated 
together with increased T2 signal and edema on T2 mapping (b), which indicates no salvage. A quantitative 
T1 map also indicates the area at risk (c). 18F-FDG PET under oral glucose loading shows corresponding hypo 
metabolism in the infarcted segments (d).
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16.3.2.7 � ANDERSON-FABRY DISEASE

Anderson-Fabry disease is a rare, X-linked, genetic disorder caused by mutations in the gene that encodes 
the lysosomal enzyme, alpha-galactosidase A. Cardiac involvement is the most common cause of prema-
ture mortality. Tissue damage, including fibrosis in the heart and kidney due to progressive accumulation of 
glycosphingolipids, starts before symptomatic onset of organ failure. In cardiomyocytes, glycosphingolipid 
storage may directly cause injury and alter the expression of signaling molecules, triggering inflammation, 
hypertrophy, apoptosis, early interstitial fibrosis, and late cell replacement fibrosis. Thirteen patients with 
Anderson-Fabry disease have been studied with inflammatory 18F-FDG PET/MRI (Nappi et al. 2015). Of the 
13 patients, 6 exhibited focal LGE indicating myocardial fibrosis; 4 of those also had edema on T2-weighted 
images (short T1 inversion recovery [STIR]), which was associated with focal FDG uptake on the correspond-
ing PET images. Again, larger studies are warranted to investigate the role of inflammatory PET/MRI in 
disease “staging” and to evaluate response with enzyme replacement therapy.

16.3.3 � Interstitial space

16.3.3.1 � T1 MAPPING AND EXTRACELLULAR VOLUME

The intrinsic signal (measured as the MR parameters T1 and T2) of myocardium without a contrast 
agent can be imaged using rapid sequences providing T1 “maps” (Messroghli et al. 2004; Piechnik et al. 
2010). Differences in native T1 can be detected in acute myocardial injury and global interstitial fibro-
sis. A problem with these techniques is that they measure a composite myocardial signal from both the 
interstitium and myocytes. Using MR contrast media, however, native and postcontrast T1 maps can be 
compared, and by calculating the extracellular volume (ECV) fraction the myocardial and interstitial 

(a) (b)

(c) (d)

5

Figure 16.3  Short-axis views of a 29-year-old lady known to have pulmonary sarcoidosis, thought to be quies-
cent, who presented with 4 weeks history of palpitations. The ECG showed a broad complex tachycardia. There 
is homogenous STIR signal indicating no edema (white arrow in a). There is mid to epicardial LGE inferolaterally 
(white arrow in b), which corresponds to focal increased 18F-FDG uptake on PET (following a carbohydrate-
restricted diet and then a 12-hour fast) (white arrow in c). The fused images also slow focal uptake in the 
lung parenchyma (white dotted arrows in d). The patient was treated with immunosuppression with steroids.
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space can be separated (White et al. 2012). Native T1 maps have been used to identify regional edema, 
fibrosis, amyloidosis (vide infra), Anderson-Fabry disease, and intramyocardial hemorrhage (Moon 
et al. 2013). Expansion of the ECV occurs principally in diffuse fibrosis, but also with edema or infiltra-
tion by amyloid protein.

Possible synergistic uses of T1 mapping and ECV measurement include validation of perfusable tissue index 
by H O2

15 . As fibrotic myocardium is unable to exchange water rapidly, a reduction should correlate with fibrosis. 
Although not validated against biopsy, perfusable tissue index is reduced in patients with advanced dilated 
cardiomyopathy, correlates with reduced function, and is also reduced in MI (Knaapen et al. 2004, 2005).

Thus, T1-mapping techniques with cardiac MRI to assess diffuse fibrosis, infiltration, and inflammation 
and PET techniques to assess inflammation and fibrosis could provide new insights into diseases such as 
hypertrophic and dilated cardiomyopathies, diastolic heart failure, and diabetic cardiomyopathy.

16.3.3.2 � AMYLOIDOSIS

Amyloidosis is a clinical disorder that arises from the aggregation of insoluble fibrous deposits of misfolded 
proteins. Deposition of fibrillary material and the toxic effects of precursor soluble intermediates result in pro-
gressive organ dysfunction, which manifest as heart failure with restrictive physiology (Gertz, Dispenzieri, 
and Sher 2014). The recent development of PET tracers for amyloid plaque identification in Alzheimer’s dis-
ease has generated potential interest in the evaluation of cardiac amyloidosis, a condition that is imaged using 
MRI (Fontana et al. 2014) and 99mTc-3,3-diphosphono-1,2-propanodicarboxylic acid (99mTc-DPD) SPECT 
(Hutt et al. 2014). 11C-PIB and 18F-Florbetapir have been used to depict systemic and cardiac amyloid (Antoni 
et al. 2013; Dorbala et al. 2014; Lee et al. 2015). Validation with T1 mapping and ECV measurements with 
simultaneous PET/MRI could possibly allow earlier diagnosis and treatment monitoring (Figure 16.4).

(a) (b)

(c) (d)

Myocardial T1 = 1465 ms Myocardial T1 = 686 ms

Blood T1 = 1851 ms Blood T1 = 706 ms

Figure 16.4  Horizontal long-axis views of a 65-year-old lady with systemic AL amyloidosis, showing native T1 
mapping (a) with high native T1 values in the myocardium precontrast. All T1 values drop from pre to post con-
trast (b) (i.e., map becomes all blue) because of the presence of gadolinium throughout. There is a differential 
ECV/interstitial expansion in the “core” LV septum to endocardium and epicardium (light blue surrounded by 
dark blue in b). This is shown in the LGE image (white vs red arrows in d) also in the lateral wall, which indicates 
that there is a nonuniform amyloid distribution. This is confirmed in the ECV map (c) by the blue vs. the epi-
cardium and endocardium in green, which actually merges with the blood pool; i.e., the ECV/interstitial space 
expansion is as high as blood.
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16.3.3.3 � ATHEROSCLEROSIS

Several PET tracers have been used to image atherosclerotic plaques. The most frequently used tracer is 18F-
FDG. Increased 18F-FDG uptake is related to macrophage infiltration, in culprit carotid plaques in stroke 
(Menezes et al. 2011). However, 18F-FDG is not an ideal tracer to image the coronaries due to spillover from 
the myocardium. 18F-fluoride has been shown to identify culprit lesions in recent MI (Joshi et al. 2014), and 
prognostic studies are underway. 18F-Galacto-RGD PET/CT imaging of αvβ3 expression has been similarly 
validated in a carotid endarterectomy model (Beer et al. 2014). Atherosclerotic plaques and vessel walls are at 
the limits of PET spatial resolution. The tracer uptake in the carotids is usually rather low and, as said, suscep-
tible to spillover effects, and obviously cardiac and respiratory motion is also an issue. This might ultimately 
be addressed using MRI-based partial volume correction and motion correction. As such, hybrid PET/MRI 
would advance molecular PET imaging of coronaries and vulnerable plaque using novel tracers, correlating 
with plaque composition by vessel wall MRI and MR angiography.

16.3.3.4 � STEM CELL TRACKING

Hybrid PET/MRI could also become the imaging modality of choice for the evaluation and follow-up of 
new therapeutic techniques aimed at tissue regeneration and myocardial repair. However, preclinical stud-
ies have demonstrated that only a small fraction of the transplanted cells are engrafted into the myocar-
dium (Terrovitis et al. 2009). Recent studies have shown that PET imaging can be used for assessment of 
the kinetics of stem cell therapy in MI (Wu, Abraham, and Kraitchman 2010). Dual labeling of stem cells 
with iron particles may offer new tools for monitoring the delivery, survival, and migration of cells after 
cell transplantation (Higuchi et al. 2009). Human endothelial cells labeled with iron oxide nanoparticles 
were modified using a viral vector so that they expressed the human sodium iodide symporter. After injec-
tion of these cells into the heart of nude rats, MRI was able to exactly locate these cells, whereas 124Iodine 
PET was ideal for monitoring cell survival (Higuchi et al. 2009). After death of the transplanted cells, the 
iron oxide particles were taken up by macrophages; consequently, the MR signal did not indicate viable 
transplanted cells. Therefore, simultaneous PET/MRI might be valuable for monitoring of cell- or gene-
based therapy approaches.

16.4 � CONCLUSION

Hybrid cardiac PET/MRI may find its niche as a cross-validation platform for new tracers or applications of 
existing tracers, or new MR sequences, for eventual dissemination to separate standalone MR and PET/CT 
scanners. However, the potential for external and self-navigated gating, motion correction, partial volume 
correction, constrained PET reconstruction, and the reduced ionizing radiation compared to PET/CT could 
find multimodality, multiparametric PET/MRI to have a unique role in rare and possibly common cardio-
vascular disorders.

With increased scrutiny of both the utilization and the cost of imaging, one of the major hurdles for the 
clinical application of PET/MRI for cardiovascular applications will be to demonstrate that the combination 
of these two tests within one imaging session will have incremental value and most importantly will directly 
impact management decisions and improve patient outcomes. New comparative effectiveness studies will be 
needed to validate the clinical utility of combined cardiovascular PET/MRI.
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Merging optical with other imaging approaches

DOUG YEAGER, NICHOLAS DANA, and STANISLAV EMELIANOV

17.1 � INTRODUCTION

Within cardiovascular medicine, the development of improved diagnostic imaging techniques remains an 
area of active research and development, focusing on a wide range of diseases and pathologies. The success-
ful prevention or management of such conditions necessitates a fundamental understanding of the under-
lying pathophysiology, early detection of those pathologies, and reliable risk stratification. The application 
of a wide array of optical imaging modalities provides both clinicians and preclinical researchers with the 
ability to accomplish these goals by enabling imaging of both biological anatomy and biochemical composi-
tion. Optical imaging is particularly well suited for high-sensitivity molecular imaging of pathophysiological 
processes of the cardiovascular system through the application of fluorescence, bioluminescence, or spec-
troscopic techniques. In vivo applications of these techniques within deep seated tissue (>1 mm), however, 
suffer from poor spatial resolution and lack of anatomical context for the received signals. These limitations 
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are increasingly being met through the incorporation of additional imaging techniques that are capable of 
providing images revealing tissue anatomy, such as x-ray, magnetic resonance imaging (MRI), or ultrasound 
(US). These hybrid optical imaging modalities are increasingly utilized to provide multifaceted characteriza-
tion of tissue, enabling simultaneous assessment of both morphology and composition.

Clinically, intravascular imaging represents a natural application of hybrid optical imaging techniques. 
Historically, the diagnosis of coronary atherosclerosis has been limited to morphological measurements, 
despite increasing evidence that their underlying composition is of great importance in assessing their future 
risk of inducing acute coronary events. Because the relevant field of view for intravascular imaging is limited 
to several millimeters, a wide range of optical imaging techniques have been adopted, using catheter-based 
configurations for improved characterization of atherosclerotic lesions. Hybrid intravascular optical imag-
ing techniques, including systems that are clinically approved and many that are in preclinical development, 
promise to ultimately provide clinicians with improved platforms for evaluating structural and biochemical 
characteristics of atherosclerotic plaques to help enable their more accurate diagnosis and subsequently guide 
more effective treatment.

Beyond intravascular imaging, noninvasive optical imaging techniques provide preclinical researchers 
with platforms for complimentary assessment of anatomy, molecular composition, and physiological param-
eters during arterial or cardiac imaging. The use of specially designed hybrid optical platforms has enabled 
rapid, user-friendly small-animal imaging for in vivo evaluation of diseases and monitoring of therapeutic 
response. Furthermore, the recent expansion of hybrid nonlinear optical microscopy (NLOM) techniques 
enables label-free, high-resolution imaging for the study of tissues at the biomolecular level. Insights obtained 
from these hybrid applications are helping guide the development of novel contrast agents, which may, in 
turn, ultimately lead to next generation clinical diagnoses and therapeutic approaches.

This chapter overviews the current status of hybrid optical imaging techniques utilized within cardiovas-
cular medicine, focusing heavily on emerging multimodality intravascular imaging techniques. Other topics 
include applications of contrast-enhanced noninvasive imaging techniques, small-animal optical imaging 
systems, and hybrid NLOM applications for imaging of cardiac and arterial tissues.

17.2 � INTRAVASCULAR IMAGING OF CORONARY 
ATHEROSCLEROSIS

Coronary heart disease remains a leading cause of death throughout industrialized nations, responsible for 
more than 7 million deaths annually throughout the world (Mendis et al. 2011). This high mortality rate is due, 
in part, to an inability to appropriately characterize and treat atherosclerotic plaques, the underlying cause 
of coronary heart disease (Roger et al. 2012). Advances in molecular biology over the past several decades 
have provided an understanding of coronary pathophysiology involved in atherosclerotic plaque develop-
ment and destabilization. Plaque progression is a process involving disordered cholesterol metabolism, 
compromised endothelial function, and loss of vessel patency, with systemic and local inflammatory events 
occurring throughout its growth. Atherosclerosis develops from endothelial dysfunction, causing monocyte 
recruitment and eventual progression toward an advanced, thrombotic plaque, as illustrated in Figure 17.1 
(Choudhury, Fuster, and Fayad 2004). High levels of low-density lipoprotein or infectious agents and tox-
ins can cause endothelial dysfunction and expression of adhesion molecules and selectins. These molecules 
then promote accumulation of monocytes, which subsequently form foam cells and an associated amplified 
inflammatory response with secretion of extracellular matrix proteins (Ross 1995; Mullenix, Andersen, and 
Starnes 2005; Packard and Libby 2008). Ultimately, production of matrix metalloproteinases can weaken a 
plaque’s fibrous cap, rendering it prone to rupture with subsequent thrombus formation, which is associated 
with acute complications. Several studies have shown that thin-cap fibroatheromas (TCFA), those most prone 
to rupture, are typically characterized by the presence of a thin fibrous cap (<65 μm) overlaying a large, lipid-
rich pool and accompanied by an increased number of inflammatory macrophages (Friedman and Van den 
Bovenkamp 1966; Constantinides 1967; Chapman 1968; Falk 1983; Willerson et al. 1984; Davies and Thomas 
1985; Muller, Tofler, and Stone 1989; Muller et al. 1994).
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Despite this fundamental understanding of the pathophysiology of atheroma progression, its transla-
tion into reliable clinical diagnoses remains limited by the capabilities of current imaging modalities. For 
example, the traditional gold standard for coronary imaging during percutaneous coronary interventions 
(PCIs), contrast coronary angiography, provides only a two-dimensional projection of vessel patency. As a 
result, the image provides a primarily morphological characterization of the coronary tree and suffers from 
inadequate resolution and contrast to detect certain characteristics of plaque stability, such as the thickness 
of a fibrous cap and underlying composition. Therefore, there remains a need for improved diagnostic imag-
ing modalities that provide interventional cardiologists with greater information regarding the morphology 
as well as the cellular and molecular composition of atheroma to help guide accurate lesion characteriza-
tion and to monitor therapy delivery. Numerous intravascular imaging techniques, including those which 
have already been translated into clinical practice as well as those in preclinical development, are poised to 
help bridge this gap between diagnostic imaging capabilities and the fundamental understanding of disease 
pathology (Waxman, Ishibashi, and Muller 2006). Among those are several hybrid imaging techniques that 
seek to merge modalities with complimentary advantages, including various combinations of intravascu-
lar US (IVUS), optical coherence tomography (OCT), coronary angioscopy (CAS), spectroscopic imaging 
methods, fluorescence imaging techniques, intravascular photoacoustic imaging (IVPA), and intravascular 
nuclear imaging techniques.

17.2.1 �C ombined IVUS and OCT
IVUS imaging has provided a tool for arterial assessment within the catheterization laboratory for several 
decades, particularly within Japan, Europe, and the United States. At the time of intervention, an IVUS 
catheter is advanced into the coronary arteries and scanned using a high-center-frequency US transducer 
(20–60  MHz) that is rotated to provide real-time cross-sectional images of arterial morphology to aid in 
diagnosis and therapy guidance during PCI. Volumetric renderings of coronary artery segments can also be 
obtained if the catheter is mechanically pulled back during rotation. IVUS is commonly used for the charac-
terization of atherosclerotic lesions of unclear severity based on angiographic assessment to guide selection of 
the appropriate transcatheter therapy option through its ability to delineate the full vessel wall thickness and 
echogenicity to provide metrics associated with lesion severity (Fitzgerald and Yock 1993). Despite its ongo-
ing clinical applications, however, IVUS provides limited histopathological information about the imaged 
artery, and histological studies have reported a generally low sensitivity of the technique’s ability to differen-
tiate thrombotic and lipid-rich lesions (Franzen, Sechtem, and Hopp 1998; Nissen and Yock 2001). Efforts to 
overcome the fundamental limitations of IVUS have led to the investigation of numerous imaging techniques 
intended to supplement the morphological view provided by IVUS imaging with greater information regard-
ing the compositional or mechanical characteristics of the interrogated arteries. Among these techniques 
are virtual histology-IVUS (VH-IVUS) and integrated backscatter-IVUS (IB-IVUS), both of which involve 
analysis of the spectral content of backscattered US signals as a means of predicting tissue composition. 
Although VH-IVUS and IB-IVUS are clinically available methods intended to improve the ability of IVUS to 
detect plaque composition, the reliability of these approaches has recently been questioned (Kim et al. 2008; 
Thim et al. 2010). Finally, IVUS palpography, a technique that involves the assessment of vessel wall deforma-
tion at variable intravascular pressures (e.g., systole and diastole) to detect soft versus hard lesions, has also 
been investigated (Gaglia, Steinberg, and Weissman 2009).

Intravascular OCT has also been introduced as an alternative to IVUS imaging. Intravascular OCT is 
conceptually analogous to IVUS imaging in that images from both modalities are generated based on signals 
reflected from tissue structures. However, IVUS signals are received by the direct detection of time of flight 
of the propagating US pressure transients, whereas in the case of OCT, interferometry techniques are used to 
detect either time delays or frequency shifts in received optical echoes, which travel five orders of magnitude 
faster than US waves. As a result, OCT is able to achieve a higher axial resolution than IVUS imaging and 
can therefore provide greater ability to differentiate vessel wall and atherosclerotic plaque microstructures 
(Kubo et al. 2007). In addition to general detection of vessel morphology and identification of atheroscle-
rotic plaques, fibrous cap thickness, microcalcifications, neovascularization, thrombus, and macrophage 
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infiltration have all been interrogated by OCT (Tearney et al. 2012). This modality is not without its own 
limitations, however, as it requires saline flushing to eliminate blood during signal acquisition and is capable 
of providing only a limited tissue penetration depth of less than 1.25 mm, or even less in lipid-rich regions 
(Jang et al. 2002).

The combination of these two clinical imaging modalities offers several potential advantages over either 
IVUS or OCT as a stand-alone solution during PCI. Through combined IVUS/OCT, the advantages of each 
can be exploited to provide high-resolution interrogation of the vessel microstructure near the luminal sur-
face without sacrificing the ability to image the full vessel wall thickness. Additionally, IVUS is well suited 
for imaging beyond lipid-rich pools but not beyond calcifications, while the opposite is true for OCT imag-
ing (Raber et al. 2012). Therefore, the possibility of combining the modalities is particularly intriguing as 
a means of assessing both the fibrous cap thickness and full extent of a plaque burden, including potential 
positive remodeling, in advanced atherosclerotic lesions. Figure 17.2 demonstrates the improved diagnostic 
potential of combining the modalities for detecting TCFA plaques, using off-line coregistration of IVUS, or 
VH-IVUS, and OCT images (Sawada et al. 2008; Gonzalo et al. 2009). The synergistic effect of combined 
IVUS/OCT is, in part, a consequence of the fact that these vulnerable plaques are diagnosed differently using 
the two modalities. For OCT, fibrous cap thickness and a diffuse boundary, indicative of a lipid-rich pool, are 
the primary parameters utilized to differentiate TCFA. For IVUS, the differentiation is based on the extent 
(>40%) and axial location, relative to the luminal wall, of a plaque. When both modalities are performed, the 
diagnostic efficacy for differentiating TCFA has been found to increase.

As a result of the demonstrated improved diagnostic capability performing both IVUS and OCT imaging, 
efforts to develop combined IVUS/OCT imaging catheters are currently under way. While several prototypes 
have been demonstrated (Li et al. 2010, 2013; Yang et al. 2010; Yin et al. 2010, 2011; Xiang et al. 2014), no fully 
integrated system or catheter capable of in vivo intravascular coronary imaging has been developed to date. 
The smallest profile of the developed integrated IVUS/OCT catheters is approximately 690 μm, but with an 

(a) (b)

(d) (e)

(c)

Figure 17.2  In panels a–c, matched cross-sections obtained by IVUS (a), OCT (b), and IVUS-VH (c) depict 
fibrocalcific plaque in the left half of the vessel, and a necrotic core/lipid pool at the opposite side of the calci-
fication. Superimposition of IVUS on top of OCT and IVUS-VH on top of OCT is presented in Panels (d) and (e), 
respectively. (Adapted from Raber L et al., EuroIntervention 8, 98–108, 2012. With permission.)
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inflexible distal housing of the catheter (Yin et al. 2011), while other prototypes exhibit shorter inflexible dis-
tal ends, but at larger catheter diameters, thus limiting their application to ex vivo (Li et al. 2010; Yang et al. 
2010; Yin et al. 2010, 2011) and in vivo (Xiang et al. 2014) examination of animal models of atherosclerosis and 
excised human coronary arteries (Li et al. 2013). While further improvements of the integrated systems are 
still necessary to improve their performance to that comparable to results demonstrated using independent, 
clinical IVUS and OCT systems, the preliminary results that have been demonstrated using combined IVUS/
OCT catheters in recent years are indicative of the promising potential for the hybrid technique to enable 
improved lesion characterization.

17.2.2 �H ybrid CAS techniques

CAS represents an alternative approach for intravascular imaging, enabling clear visualization of the luminal 
arterial wall. Originally introduced as early as the mid-1980s (Spears, Spokojny, and Marais 1985; Sherman 
et al. 1986), CAS is a clinically approved endoscopic technique that utilizes a fiber bundle to deliver a white 
light illumination source as well as to collect and return reflected light to a charge-coupled-device, color 
camera (Suter et al. 2011). The generated CAS images have been demonstrated to enable the differentiation 
of atheroma composition based, in part, on the color of identified lesions. Fibrous lesions tend to appear as 
white lesions, whereas lipid-rich plaques tend to exhibit a yellow color upon CAS visualization, likely due to 
the carotenoid content of intimal cholesterol (Ishibashi et al. 2006). Furthermore, the intensity of the detected 
yellow color has also been associated with the prevalence of thrombosis on the atheroma, suggesting a poten-
tial indicator of lesion vulnerability (Ueda et al. 2004).

Despite its regulatory approval and ability to distinguish different arterial surface compositions, the uti-
lization of CAS remains limited to research applications, and there are currently no clinical indications for 
the use of CAS over other imaging modalities during coronary intervention. Limitations of this technique 
include the inability to image beyond the surface of the arterial wall, the requirement of flushing luminal 
blood during imaging, and catheter diameters that are too large to enable imaging beyond the proximal 
regions of main coronary arteries. As a research tool, however, CAS continues to be refined and is commonly 
utilized to help evaluate the efficacy of both pharmacological treatment regimes, such as statin therapies 
(Takano et al. 2003; Tawakol and Muller 2003), and evaluation of arterial wall response following stent place-
ment (Yamamoto et al. 2009; Yokoyama et al. 2009). Additionally, due to its inability to image beyond the 
arterial surface, CAS has been utilized in combination with IVUS (Tokuhiro et al. 2000; Koie et al. 2003) 
and OCT (Kubo et al. 2008), as well as the combination of all three modalities (Kubo et al. 2007), to provide 
a more comprehensive evaluation of atherosclerotic lesions. Despite these pairings, integrated intravascular 
probes combining CAS with other intravascular modalities have not yet been developed, and coregistration 
of CAS images with those obtained from the same arterial cross-section with different techniques remains a 
challenge for these dual-modality and trimodality applications.

17.2.3 �H ybrid intravascular spectroscopy techniques

While both IVUS and OCT imaging provide clinicians with information regarding coronary artery mor-
phology, each modality is limited in its ability to definitively diagnose arterial composition due to potential 
ambiguities and artifacts in their respective backscattered signals. Intracoronary diffuse reflectance near-
infrared spectroscopy (NIRS) represents an additional and clinically approved imaging technique that is 
capable of detecting lipid-rich plaques. NIRS relies on variations in the molecular overtone and combination 
vibrations of endogenous molecules, which result in molecular composition-specific optical absorption and 
scattering within the near-infrared region (NIR) of the electromagnetic spectrum (approximately 1000 nm 
to 2400 nm). During intravascular NIRS imaging, a broadband NIR source is emitted into the arterial wall 
and the returned light is received to extract chemical compositional information of the illuminated region. 
First demonstrated as a tool for assessing atherosclerotic plaques in an animal model of atherosclerosis in the 
early 1990s (Cassis and Lodder 1993), the capability of NIRS to detect several plaque risk indicators, including 
lipid pools, fibrous cap, and inflammatory cells was demonstrated nearly a decade later (Moreno et al. 2002), 
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and the modality was first utilized for in vivo human imaging for lipid detection soon thereafter (Caplan et 
al. 2006). Commercialized by InfraReDx (Burlington, Massachusetts) and approved by the Food and Drug 
Administration in 2008, clinical intravascular NIRS provides a chemogram, representing the likelihood of a 
lipid-rich plaque within an angular region of an arterial cross-section. A notable advantage of the technique 
is that this chemogram can be obtained through blood, thus avoiding the need for luminal flushing, which 
is required for most other optical imaging modalities. However, because NIRS detects remitted light from 
within highly optically scattering blood and tissue, the received signal is not depth resolved (Brugaletta et 
al. 2011). Therefore, while the absence or presence of a lipid-rich plaque can be detected using NIRS, it alone 
cannot provide corresponding morphological context without being coupled with IVUS or OCT.

The current clinical NIRS system couples the technique with IVUS imaging, providing a dual-modality 
approach to coronary assessment. Both NIRS and IVUS image acquisition are performed simultaneously with 
a conventional IVUS image display encompassed within a chemogram, revealing the likelihood of lipid-rich 
plaque within an angular region (Figure 17.3a). In addition to a demonstrated general improvement in the abil-
ity to characterize high-risk, lipid-rich plaques (Caplan et al. 2006; Waxman et al. 2009), the hybrid NIRS/
IVUS imaging technique is also being used to generate a database from 1000 patients through the Chemometric 
Observations of Lipid Core Plaque of Interest in Native Coronary Arteries registry, to be used for assessment of 
the varieties of lipid-rich plaques and their long-term clinical significance and responses to available therapies 
(Suter et al. 2011). Additionally, a recently launched 9000-patient Lipid-Rich Plaque Study trial is intended to 
assess whether this hybrid imaging technique can be utilized as a predictor of future coronary events.

Early clinical adoption of NIRS/IVUS has been found through its inclusion as an end point for lipid-
lowering clinical trials (Simsek et al. 2012) and is actively being investigated as a tool to help reduce risk of peri-
procedural complications during PCI through the Coronary Assessment by Near-infrared of Atherosclerotic 
Rupture-prone Yellow trial (Goldstein et al. 2009, 2011). As the results of the ongoing clinical trials come out, 
the true clinical impact of NIRS/IVUS imaging will be further clarified. Interestingly, as NIRS/IVUS contin-
ues its expansion within clinical practice, it was not until very recently that a combined NIRS/OCT catheter 
prototype was reported (Fard et al. 2013). The dual-modality NIRS/OCT catheter utilized a single, dual-clad 
optical fiber as a conduit for separately carrying the light required for each modality and was demonstrated 
for imaging ex vivo atherosclerotic human coronary artery tissue at a frame rate of 24 Hz (Figure 17.3b and c). 

(a)

(b)

(c)
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Figure 17.3  Representative hybrid NIRS images. (a) View of the clinically approved InfraReDx TVC NIRS/IVUS 
imaging system showing both cross-sectional and longitudinal views. (b, c) OCT-NIRS images of cadaver coro-
nary artery ex vivo. Yellow color in the ring surrounding the cross-sectional images indicates the presence of 
lipid within the associated angular direction. ([a] Adapted from Shydo B et al., J Invasive Cardiol, 25, 5A–8A, 
ISNN: 1557–2501, 2013. With permission; [b, c] reprinted from Fard AM, Vacas-Jacques P, Hamidi E, Wang H, 
Carruth RW, Gardecki JA, and Tearney GJ. 2013. Optical coherence tomography–near infrared spectroscopy 
system and catheter for intravascular imaging. Opt Express 21 (25):30849–30858. With permission of Optical 
Society of America.)
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Relative to the further developed NIRS/IVUS, NIRS/OCT would provide the added benefit of high axial reso-
lution for improved assessment of arterial microstructures, but at the expense of requiring luminal flushing 
and inability to image the full vessel wall thickness.

Raman spectroscopy, an alternative method for detecting the molecular signatures of biological tissues, 
has also been investigated as a potential intravascular imaging modality. Rather than molecular absorption 
spectra, as is the basis for NIRS assessment, Raman spectroscopy relies on frequency shifts of emitted light, 
which are generated by an energy exchange between photons and molecular components of tissues. The mag-
nitude of this energy exchange, and thus the extent of the frequency shift of received photons, is a function 
of a given molecule’s vibrational and rotational energies. Raman spectroscopy therefore offers the potential 
for very high molecular specificity. Whereas NIRS is used to differentiate lipid-rich plaques, Raman spec-
troscopy offers the potential to differentiate specific chemical components such as triglycerides, cholesterol, 
cholesterol esters, elastin, and collagen (Baraga, Feld, and Rava 1992; Manoharan et al. 1992; Brennan et al. 
1997; Romer et al. 1998; van de Poll et al. 2003). Several intravascular Raman catheter prototypes have been 
developed and applied for arterial assessment including in the presence of luminal blood (Buschman et al. 
2000; van de Poll et al. 2003; Motz et al. 2006; Chau et al. 2008). Additionally, it has been shown that Raman 
spectroscopy enables evaluation of pharmaceutical treatment efficacy through the quantification of plaque 
composition (van de Poll et al. 2001) as well as detection of vulnerable plaques with a sensitivity and specific-
ity of 79% and 85%, respectively (Motz et al. 2006).

Irrespective of the potential for high intravascular molecular sensitivity, Raman spectroscopy as a stand-
alone modality suffers from similar limitations as NIRS, namely, its inability to detect arterial morphology. 
To this end, an offline approach to couple IVUS imaging with Raman spectroscopy was demonstrated and 
proposed as a potential future method of providing interventional cardiologists with a means of identifying 
vulnerable atherosclerotic lesions and monitoring therapy outcomes (Romer et al. 2000). A similar approach 
combining Raman spectroscopy with IVUS elastography, an IVUS technique that measures mechanical 
properties of the arterial wall through correlation of US images obtained before and after application of a 
force, such as pulsatile blood flow, was also proposed (van de Poll et al. 2000). Along the same lines, bench-top 
designs combining Raman spectroscopy with OCT have also been demonstrated, although the designs have 
not yet been integrated into a probe design or even utilized for the assessment of arterial tissues (Patil et al. 
2008; Evans et al. 2009; Khan et al. 2014). While these proof-of-concept demonstrations of hybrid Raman 
techniques are still in early stages, they offer the potential for development into an intravascular system 
analogous to that of NIRS/IVUS.

Despite these encouraging results and demonstrations of hybrid modalities combining Raman spectros-
copy with IVUS or OCT, Raman spectroscopy has failed to be translated into the clinic. In comparison to 
NIRS, Raman spectroscopy typically yields low intensity signals, and the resulting low signal-to-noise ratio 
is exacerbated by noise introduced within the optical fibers of Raman catheters. While high-wavenumber 
Raman spectroscopy techniques and new catheter designs have provided hope that the technical challenges 
preventing commercialization of a hybrid Raman-based approach to plaque assessment will be attained, sig-
nificant validation is still required (Brennan et al. 2008; Chau et al. 2008).

17.2.4 �H ybrid intravascular fluorescence imaging techniques

Fluorescence imaging techniques have also been introduced as a means of enhancing the ability to detect 
atherosclerotic plaque composition. Several distinct fluorescence imaging techniques are underway, includ-
ing time-resolved fluorescence spectroscopy (TRFS) and near-infrared fluorescence spectroscopy (NIRF). 
Initial studies were able to differentiate normal arterial tissue from atherosclerotic lesions by assessing the 
tissue molecular components, including lipid, elastin, and collagen, based on their respective autofluores-
cence characteristics (Deckelbaum et al. 1987; Richards-Kortum et al. 1989; Baraga et al. 1990). Increased 
molecular specificity, however, has been achieved through the introduction of TRFS, a technique that relies 
on the temporal profile of remitted photons following excitation with a pulsed optical source. TFRS has been 
demonstrated for the ex vivo classification of atherosclerotic plaques into three subtypes: intimal thicken-
ing, fibrotic and fibrocalcific, and inflamed and necrotic lesions (Marcu et al. 2009). The ability to detect the 
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presence of macrophage foam cells was also demonstrated (Marcu et al. 2005). Further improvements were 
subsequently made through the introduction of fluorescence lifetime imaging microscopy (FLIM), a TRFS 
technique that enables the recording of two-dimensional lifetime information. FLIM has been performed 
utilizing an endoscopic design that permits an improved imaging depth of approximately 4 mm (Elson, Jo, 
and Marcu 2007; Phipps et al. 2009). The FLIM catheter was utilized for ex vivo characterization of 11 human 
aorta sections at a total of 48 locations, demonstrating that the technique can be used to distinguish clini-
cally relevant plaque features with sensitivities as high as 86% and an all case specificity of 87% (Phipps et al. 
2011). Notably, a hybrid imaging probe combining fluorescence spectroscopy with reflectance spectroscopy 
and Raman spectroscopy has also been described (Šćepanović et al. 2009) and utilized to characterize plaque 
composition (Scepanovic et al. 2011).

As FLIM and, more generally, TRFS continue development toward clinical translation, they suffer from 
two primary drawbacks: a limited penetration depth of approximately 250 μm due to the high absorption 
and scattering of the excitation light and the inability to provide arterial morphology to compliment the 
compositional assessment (Phipps et al. 2009). As with the previously discussed spectroscopic imaging 
techniques, combination of TRFS with IVUS or OCT offers the potential to eliminate the later of these 
limitations. Recently, TRFS has been integrated with IVUS imaging through the development of a multi-
modality intravascular catheter prototype with an outer diameter of 1.8 mm to enable fluorescence-based 
assessment of arterial composition under US guidance (Stephens et al. 2009). However, this initial proto-
type exhibited a fixed fiber orientation and it was necessary to maintain close proximity to the vessel wall 
to acquire TRFS images. In a modified design, a second-generation TRFS/IVUS catheter with an outer 
diameter of 2.6 mm incorporated a flushing design to enable intraluminal measurement without totally 
occluding a vessel or forcing direct contact of the optical fiber while also enabling rotation of both the 
IVUS transducer and TRFS optical fiber and was demonstrated on ex vivo coronary artery specimens as 
shown in Figure 17.4a and b (Bec et al. 2012). Notably, TRFS/IVUS was subsequently utilized for in vivo 
imaging in a swine model (Bec et al. 2014). A similar multimodality approach combining TRFS with US 
microscopy and photoacoustic (PA) microscopy was used to characterize ex vivo human carotid artery 
sections to provide complimentary compositional, morphological, and functional characterization of the 
arterial wall (Sun et al. 2011).

In addition to TRFS/IVUS, preclinical research combining OCT with fluorescence imaging techniques is 
also under way. An initial demonstration of fluorescence spectroscopy and OCT was utilized to differentiate 
normal from plaque regions in ex vivo postmortem aorta samples using a bench top setup (Barton, Guzman, 
and Tumlinson 2004). Similarly, a separate bench top prototype combining FLIM with OCT has also been 
developed and utilized to characterize ex vivo human coronary artery specimens (Park et al. 2010).

Several studies have also investigated the potential for combining the anatomical information from IVUS 
or OCT with NIRF imaging. NIRF is a technique that relies on the labeling of tissues with exogenous contrast 
agents that fluoresce at longer wavelengths than tissue autofluorescence. Initially introduced for the detec-
tion of cathepsin B in atherosclerotic mouse models (Chen et al. 2002), NIRF has since been demonstrated 
for the detection of numerous molecular targets of relevance to atherosclerosis, including both in vitro and in 
vivo studies (Jaffer, Libby, and Weissleder 2009). Notably, a 2.9F, two-dimensional rotational NIRF imaging 
catheter emitting at 750 nm and capable of high-sensitivity fluorophore detection was developed and demon-
strated for the detection of inflammation-regulated cysteine protease activity in atheroma and stent induced 
injury (Jaffer et al. 2011). In the same study, IVUS pullbacks were also performed at the time of NIRF imaging 
to enable off-line coregistration of the arterial anatomy with the distribution of detected fluorescence (Figure 
17.4c–e). NIRF has also been more directly integrated with OCT imaging through the development of inte-
grated catheters utilizing double-clad optical fiber designs to independently carry the illumination for OCT 
and NIRF (Yoo et al. 2011; Liang et al. 2012). In one embodiment, a prism at the distal end of the catheter was 
rotated using a micromotor to scan the optical illumination profiles during imaging of ex vivo atherosclerotic 
tissue samples (Liang et al. 2012). This design, however, causes the outer diameter of the catheter to be over 
2 mm, with further miniaturization dependent on the development of smaller profile motor assemblies. A 
different OCT/NIRF catheter design utilizes a rotational assembly that is comparable in functionality and 
size to clinical OCT catheters (Yoo et al. 2011).
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Further development and validation of intravascular hybrid imaging probes utilizing the molecular speci-
ficity offered by fluorescence techniques and morphological information provided by IVUS or OCT are ongo-
ing. In the case of NIRF, while several fluorophores have been investigated within the preclinical setting, 
including several that are activated upon interaction with a specific molecular target of interest, most of the 
fluorophores have not been approved for clinical use and their safe utilization remains to be demonstrated 
in humans. As these techniques are further refined, their true clinical significance and safety will need to be 
clarified through the initiation of large-scale clinical trials similar to those being conducted using the clinical 
NIRS/IVUS imaging system.

17.2.5 �C ombined IVUS and PA imaging

The combination of IVUS with IVPA was recently introduced as an alternative potential hybrid imaging 
modality for improved characterization of coronary arteries. IVPA is based on the PA effect in which the 
absorption of nanosecond-pulsed optical illumination results in a rapid thermal expansion of the absorber, 
with subsequent generation of pressure transients that can be detected by US transducer. The generated pres-
sure amplitude is proportional to the delivered optical fluence, the absorption coefficient of the absorber(s) 
and a tissue- and temperature-dependent parameter (the Grüneisen parameter), which accounts for the effi-
ciency of conversion from optical to acoustic energy (see Chapter 8 for a more in-depth description of PA 
imaging fundamentals). Due to the dependence of the PA signal amplitude on the optical absorption proper-
ties of the illuminated medium, it is possible to differentiate particular absorbers of interest based on their 
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Figure 17.4  Hybrid fluorescence imaging representative images. (a–b) Combined IVUS-FLIM imaging. 
(a) IVUS cross-section and (b) reconstructed 3-D FLIM images of a stented coronary artery labeled with two 
coumarin bead inclusions (blue) obtained using a hybrid catheter ex vivo. (c–e) Combined IVUS-NIRF imag-
ing. (c) Longitudinal IVUS image of the abdominal aortoiliac arteries. Arrows demarcate IVUS-detectable 
mildly stenotic plaques (P1, P2). (d) Image of NIRF catheter pullback aligned with the angiogram and IVUS 
image demonstrates NIRF signal in small volume plaques, in >3.0-mm-diameter arteries. Corresponding 1D 
plot of the angle-averaged 2-D NIRF intensity pullback below. (e) Longitudinal superimposed NIRF and IVUS 
fusion images (yellow/white = strongest NIRF signal intensity, red/black = lowest NIRF signal intensity). ([a, b] 
Reprinted from Bec J et al., J Biomed Opt, 17, 106012, 2012. With permission; [e] reprinted from J Am Coll 
Cardiol, 57, Jaffer FA, Calfon MA, Rosenthal A, Mallas G, Razansky RN, Mauskapf A, Weissleder R, Libby P, 
Ntziachristos V, Two-dimensional intravascular nearinfrared fluorescence molecular imaging of inflammation 
in atherosclerosis and stent-induced vascular injury, 2516–2526, Copyright 2011, with permission from Elsevier.)
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unique spectral signatures. In this respect, PA imaging is similar to optical spectroscopy techniques such as 
NIRS. However, PA imaging offers a distinct advantage in comparison to purely optical-based techniques. 
Because the signal detection is achieved using US transducer, locating the origin of the signal can be achieved 
based on the US time-of-flight. As a result, PA signals can be readily depth-resolved to reveal the spatial dis-
tribution of absorbers. Therefore, IVPA imaging has been introduced as a tool for localizing absorbers within 
arterial tissues (Sethuraman et al. 2007a; Jansen, van Soest, and van der Steen 2014).

Combined IVUS/IVPA imaging provides a means of supplementing the morphological information pro-
vided by IVUS with additional capability for assessing the composition of atherosclerotic lesions based on 
unique optical absorption properties of specific plaque components or delivered contrast agents (Sethuraman 
et al. 2007b). Beyond the complimentary nature of the information received from the two modalities, there is 
the added benefit of shared hardware between IVUS and IVPA. Because the received signals for both modali-
ties are acoustic pressures, a hybrid IVUS/IVPA system can use a single US transducer, analog-to-digital 
converter, and many of the same signal processing algorithms. This shared instrumentation is an important 
consideration as IVUS/IVPA looks to become a commercial system in the future as it reduces added cost 
associated with combining multiple intravascular modalities.

Early demonstrations of the feasibility and potential applications of IVUS/IVPA utilized bench-top 
experimental setups with external illumination for IVPA signal generation and commercially available IVUS 
transducers for IVUS transmission as well as receiving of both IVUS and IVPA signals (Sethuraman et al. 
2007a, 2007b). Using this setup, IVUS-guided spectroscopic PA (sPA) was performed on ex vivo tissue sec-
tions from animal models of atherosclerosis by selectively tuning the output wavelength of the excitation light 
sources within the range of 680 nm to 900 nm in order to differentiate and localize fibrous and lipid com-
ponents within the arterial wall based on differences in the associated molecular optical absorption spectra 
(Sethuraman et al. 2008). The ability to localize collagen as well as lipid within atherosclerotic arteries was 
more thoroughly studied using similar bench top sPA imaging systems using optical excitation within the 
near infrared wavelength region, particularly near lipid absorption spectral peaks at approximately 1200 nm 
and 1720 nm (Wang et al. 2010, 2012c, 2012d; Allen et al. 2012).

These early demonstrations of IVPA contrast based on endogenous tissue absorbers have also been 
expanded to the localization of exogenous absorbers. One clear example is the imaging of metallic stent 
struts based on the intrinsically high optical absorption of metal relative to endogenous tissue (Su, Wang, and 
Emelianov 2009). While clinical OCT systems are well suited to image stents and detect apposition, the high 
contrast of struts in IVUS/IVPA imaging may provide an additional method for guidance of their placement 
during PCI and may prove to be particularly advantageous for assessment of restenotic arteries in which 
OCT lacks adequate imaging depth. Additionally, the bench-top IVUS/IVPA system was further utilized to 
localize macrophages labeled with exogenous contrast agents (Wang et al. 2009). Spherical plasmonic gold 
nanoparticles, which yield very high PA signal due to the surface plasmon resonance effect, were shown to 
be phagocytosed by macrophages. Once internalized and aggregated within macrophage endosomes, the 
nanoparticles exhibited a broadening of their absorption peak which was detected by spectroscopic IVPA 
(sIVPA) imaging.

As these early applications of PA imaging for detection of atherosclerotic plaque components emerged, 
custom fabricated integrated IVUS/IVPA catheter prototypes and imaging systems enabling the acquisi-
tion of spatially coregistered and temporally consecutive IVUS and IVPA images were simultaneously 
under development. The initial description of integrated catheters capable of combined IVUS/IVPA imag-
ing included two prototype designs, which were fundamentally different in terms of the method used to 
direct light onto the arterial wall (Karpiouk, Wang, and Emelianov 2010). In one design, an angled mirror 
placed distal to the optical fiber was used to direct the PA excitation light onto the arterial wall such that 
it overlapped with the beam profile of a commercially available 40 MHz center frequency IVUS trans-
ducer. In the second design, the mirror is replaced by the utilization of the total internal reflection effect 
to produce side-fire illumination from an angle-polished optical fiber. Additional integrated IVUS/IVPA 
catheter designs have subsequently been proposed, including the use of a forward-pulsing hollow cylindri-
cal transducer encompassing an optical fiber with an angled mirror to coaxially redirect both the IVUS 
and IVPA beams (Wei et al. 2011), as well as an optical fiber with an axicon mirror at the distal tip for PA 
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excitation and microring based acoustic detection, which could allow an all-optical assembly (Hsieh et al. 
2012). Despite these novel designs, integrated catheters utilizing side-fire optical fiber (Karpiouk, Wang, 
and Emelianov 2010) coupled with a conventional IVUS transducer is the design that is currently the most 
commonly used in ongoing preclinical IVUS/IVPA studies. This is likely due to both the simplicity of fab-
rication and the risk of damaging a mirror due to the high optical intensities required for IVPA imaging 
with a single, small-diameter optical fiber delivery. All of these initial prototype integrated IVUS/IVPA 
catheters were too large and inflexible to be directly applied to in vivo coronary artery imaging. However, 
further miniaturization of the side-fire fiber-based catheter design has been reported, with the smallest 
integrated IVUS/IVPA catheter reported to date having a diameter of approximately 1.25 mm (Jansen et 
al. 2011). While these integrated IVUS/IVPA catheters have not yet been demonstrated in vivo in human 
coronary arteries, they have been utilized in the characterization of arterial plaques from both animal 
models of atherosclerosis and human cadaver artery sections (Figure 17.5).

Using integrated IVUS/IVPA imaging catheters, sIVPA imaging has been demonstrated to further 
advance imaging of lipid distribution within arterial plaques. Given the association between large lipid pools 
within atherosclerotic plaques and their susceptibility to rupture, the localization of lipid has been a major 
focus for the hybrid IVUS/IVPA technique and is a likely first clinical application for IVUS/IVPA imaging. 
Specifically, two distinct optical absorption peaks of lipid within the NIR region have been utilized for sIVPA 
imaging of lipid-rich plaques, one located at approximately 1210 nm, as shown in Figure 17.5a and b (Jansen 
et al. 2011, 2012, 2013; Wang and Emelianov 2011) and the other at 1720 nm, as shown in Figure 17.5c and d 
(Wang et al. 2012a, 2012b; Jansen et al. 2013). A direct comparison between results obtained from perform-
ing sIVPA imaging over the two spectral bands found similar results, with a lower pulse energy required for 
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Figure 17.5  IVUS/IVPA imaging of lipid with atherosclerotic plaques. (a, b) Ex vivo IVUS/IVPA images obtained 
from two distinct locations within a human coronary artery section using sIVPA imaging near 1210 nm. 
(c) IVPA and (d) IVUS/IVPA cross-sectional images obtained from an atherosclerotic rabbit aorta in vivo using 
1720 nm excitation. ([a, b] Reprinted from Jansen K, van der Steen AF, van Beusekom HM, Oosterhuis JW, 
and van Soest G. 2011. Intravascular photoacoustic imaging of human coronary atherosclerosis. Opt Lett 36 
(5):597–9. With permission of Optical Society of America; [c, d] reprinted from Ultrasound Med Biol, 38, Wang 
B, Karpiouk A, Yeager D, Amirian J, Litovsky S, Smalling R, Emelianov S, In vivo intravascular ultrasoundguided 
photoacoustic imaging of lipid in plaques using an animal model of atherosclerosis, Copyright 2012, with 
permission from Elsevier.)
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detection of lipid at the 1720-nm spectral band but with a reduced achievable imaging depth (Jansen et al. 
2013). IVUS/sIVPA has also been expanded to go beyond localizing lipid within plaques to the differentiation 
of specific cholesterol compositions, much like the aforementioned capability of Raman spectroscopy, as a 
way of further characterizing lesions and potentially differentiating lipid within plaques from adventitial fat 
(Jansen et al. 2013).

For the absorption peak located at 1720 nm, the IVPA signal obtained using only a single wavelength was 
shown to correlate well with regions identified as lipid by both the sIVPA approach and subsequent histologi-
cal staining (Wang et al. 2012b). In fact, this single wavelength lipid-detection technique was the approach 
utilized for the first in vivo IVUS/IVPA demonstration, which was performed on a rabbit model of atheroscle-
rosis as shown in Figure 17.5c and d (Wang et al. 2012a). While the single wavelength approach offers advan-
tages in terms of the required imaging time and image processing complexity, its sensitivity and specificity 
should be further quantified on a large sample size to validate the efficacy of the method. Importantly, US/
PA imaging for the detection of lipid has also been performed in presence of luminal blood for both of the 
optical peaks under investigation, a notable advantage over other depth-resolved optical techniques (Wang 
et al. 2010, 2012b; Allen et al. 2012).

While the localization of endogenous lipid, and potentially collagen, within the coronary arteries is a 
likely first clinical target for IVUS/IVPA imaging, expansion of the technique to enable greater tissue compo-
sitional assessment is also being investigated. The use of plasmonic gold nanoparticles to localize phagocyti-
cally active macrophages was expanded through the demonstration that systemically injected, near-infrared 
absorbing, rod-shaped gold nanoparticles also preferentially localized within atherosclerotic plaques and 
could be detected using IVUS/IVPA imaging in the presence of luminal blood in ex vivo studies on animal 
models of atherosclerosis (Yeager et al. 2012). The role of nanoparticle contrast agents for IVUS/IVPA was 
recently further motivated through the demonstration that a continuous wave (CW) laser emitting at the 
peak absorption wavelength of the nanoparticles could be coupled into the same optical fiber of the inte-
grated catheter to induce selective heating of the tissue immediately surrounding the nanoparticles (Yeager 
et al. 2013). The same study also showed that the induced temperature rise could be measured by monitor-
ing the intensity of the received IVPA signal during selective CW laser heating, thus providing a potential 
future platform for selective, controllable photothermal therapy of labeled atherosclerotic plaques as shown 
in Figure 17.6. The use of metallic nanoparticles for the detection of plaque macrophages represents one 
of many potential contrast agent types and plaque biomarker targets that may be investigated for IVUS/
IVPA imaging in the future. For example, organic dyes and single-walled carbon nanotubes have each been 
broadly utilized as PA imaging contrast agents, while plaque biomarkers, including the overexpression of cell 
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adhesion molecules, matrix metalloproteinases, and integrins, have all been molecular targets for detection 
with preclinical PA imaging systems (Luke, Yeager, and Emelianov 2012; Mehrmohammadi et al. 2013). Each 
of these applications involving exogenous contrast agents could be adapted for IVUS/IVPA imaging appli-
cations, although the clinical utilization contrast-enhanced imaging for intravascular characterization of 
atherosclerotic plaque composition would likely require a lengthy regulatory approval process to ensure the 
safety and efficacy of specific contrast agents and imaging procedures.

In general, although IVUS/IVPA is still under development as a preclinical system, its ability to not only 
detect but also localize lipid deposits within the context of the arterial morphology makes it a potentially 
attractive clinical modality. However, technical hurdles of further miniaturization of the integrated catheters 
and implementation of laser sources with a significantly higher repetition rate, as well as safety concerns due 
to the high optical intensities at the distal tip of the catheter must be addressed as the technology progresses 
towards clinical adoption.

Complimentary to IVPA imaging for the characterization of coronary atherosclerosis, sPA imaging has 
also been utilized with an ex vivo animal tissue model to visualize the optical wavelength-dependent changes 
that occur when native cardiac tissue is ablated in the course of cardiac arrhythmia treatment (Dana et al. 
2014). Cardiac arrhythmia is often treated by the targeted destruction of myocardial tissue with the applica-
tion of energy via percutaneous catheter access. As hyperthermia denatures proteins and disrupts the native 
structure of cardiac tissue, changes in the optical absorption of the treated tissue in the NIR regime occur. 
sPA imaging, being sensitive to absorption as a contrast mechanism, can characterize this tissue and identify 
hyperthermia lesions down to depths of at least 3 mm in ex vivo studies using animal models. Furthermore, 
it was shown that sPA imaging can differentiate gaps between adjacent lesions on the order of 1 mm. Both 
of these results are promising to physicians as they demonstrate that sPA imaging can provide physicians 
feedback on the transmurality and contiguity of lesions, which are paramount to improving cardiac ablation 
outcomes. While this application is not truly intravascular, particularly at its current stage, a novel combined 
PA and US imaging catheter designed for combined intracardiac US/PA imaging has been demonstrated and 
such a catheter could be utilized for ablation monitoring in the future (Nikoozadeh et al. 2012). This repre-
sents a first translational step in the development of a clinical platform for PA imaging guidance of cardiac 
arrhythmia ablation and, potentially, other intracardiac applications.

17.2.6 �H ybrid intravascular positron detection and OCT
Conventional scintigraphic techniques, including positron emission tomography (PET) and single-photon 
emission computed tomography (SPECT), have a wide array of applications within cardiovascular imaging. 
These techniques utilize radionuclide contrast agents to detect and monitor physiological processes, thus 
enabling functional imaging. However, in the case of coronary atherosclerosis, these noninvasive modali-
ties suffer as a result of substantial physiological motion and provide insufficient resolution and sensitiv-
ity to effectively characterize functional activity within atherosclerotic lesions. Efforts to circumvent these 
limitations, however, have resulted in the development and ex vivo characterization of several prototype 
intravascular radiation detection catheters (Lederman et al. 2001; Janecek et al. 2004; Hosokawa et al. 2006; 
Shikhaliev et al. 2006; Strauss et al. 2006). For such catheters, it is desirable to detect beta radiation, due to 
its short path length of only a few millimeters, rather than gamma and x-radiation, which have much longer 
path lengths and could increase undesirable background signal from tissue beyond the coronary adven-
titia. The distal ends of these intravascular catheters have typically utilized plastic scintillating fibers for 
beta detection, resulting in improved sensitivity radionuclide detection over noninvasive nuclear imaging 
techniques.

Intravascular positron detection alone, however, suffers from a lack of anatomical information. Therefore, 
to compliment the functional information obtained from arterial lesions, a dual positron detection and OCT 
probe has been developed (Piao et al. 2005). The hybrid probe was demonstrated on ex vivo arteries from ani-
mal models of atherosclerosis, demonstrating the complimentary functional and microstructure informa-
tion offered by the two modalities. Despite this initial demonstration of the feasibility to combine these two 
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modalities, intravascular positron detection has not continued to make advances toward a clinical catheter, 
likely as a result of its limited resolution. Additional challenges include the need for improved catheter design 
and the optimization of radionuclide delivery and detection protocols, owing to their limited half-life and 
inherent circulation times.

17.2.7 �M erging intravascular imaging with coronary 
angiography

In addition to the aforementioned combinations of intravascular imaging techniques for complimentary 
characterization of coronary morphology and composition, significant effort has also focused on the integra-
tion of intravascular modalities with noninvasive imaging techniques that enable broader visualization of the 
coronary tree. For example, methods for integrating IVUS images with both x-ray angiography (Klein et al. 
1992; Reiber et al. 2011) and computed tomographic coronary angiography (van der Giessen et al. 2010) have 
been developed to enable evaluation of the arterial wall morphology within the context of the broader coro-
nary geometry. Despite the existence of well-developed image processing algorithms for combining these 
invasive and noninvasive modalities, such systems are not used for general clinical applications and remain 
restricted to research applications (Bourantas et al. 2013). Similarly, the combination of OCT with coronary 
angiography is also in development, including a hybrid quantitative coronary angiography (QCA) and OCT 
technique, as demonstrated by Figure 17.7 (Tu et al. 2011). Reconstruction and coregistration of images from 
the two modalities are accomplished using biplane QCA for vessel reconstruction, followed by anatomi-
cal landmarks to overlay the OCT image (Bourantas et al. 2013). While its future application as a clinical 

Figure 17.7  X-ray angiography-OCT coregistration and quantification. A sidebranch was manually identi-
fied from both x-ray angiography and OCT images to be used as a baseline position to register the two 
imaging modalities. After the registration, the markers superimposed in the OCT longitudinal view were 
synchronized with the same markers in the x-ray angiography views. The OCT measurements could be 
compared with 3-D QCA at the same position. (Reprinted from Tu S et al., Int J Cardiovasc Imaging, 27, 
197–207, 2011.)
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technique remains to be seen, the hybrid OCT/QCA technique is actively being utilized as a research platform 
to evaluate the accuracy of angiographic measurements (Tsuchida et al. 2007) and to investigate the role of 
vascular shear and tensile stress on atherosclerotic plaque destabilization (Bourantas et al. 2012).

17.2.8 � Prospective outlook for hybrid intravascular optical 
imaging techniques

The wide array of intravascular imaging modalities, and hybrid techniques thereof which are either already 
approved for clinical use or under active development, are motivated by the need for improved diagnostic 
capabilities to help identify high-risk atherosclerotic lesions and subsequently guide PCIs. The detection of 
high-risk atherosclerotic plaques remains an ongoing challenge and one that is inadequately addressed using 
conventional clinical imaging modalities, as was demonstrated through the results of the Providing Regional 
Observations to Study Predictors of Events in the Coronary Tree study (Stone et al. 2011; Fleg et al. 2012).

Each of the individual modalities discussed herein offers unique advantages for intravascular imaging 
despite their individual limitations, as highlighted in Table 17.1. Hybrid imaging techniques seek to intel-
ligently combine the advantages of multiple modalities to yield improved diagnostic potential, with a cen-
tral focus on identifying atherosclerotic plaque features, both morphological and compositional, which are 
known to correlate with lesion vulnerability. While IVUS, OCT, and NIRS are currently the only clinically 
approved intravascular modalities, and IVUS/NIRS is the only approved hybrid intravascular technique, com-
mercialization of one or more of the other emerging techniques is likely in coming years. In order for this 
to occur, however, several broad challenges must be addressed. For each of the preclinical hybrid intravas-
cular techniques discussed, the combined imaging systems and especially the integrated catheters must be 
further refined and demonstrated to be safe and effective for in vivo diagnoses (Bourantas et al. 2013). If this 
is achieved, demonstration of the true clinical impact of each particular hybrid technique will be dependent 
on the results of large-scale clinical trials, such as those currently under way utilizing the NIRS/IVUS hybrid 
system, and the widespread transition from existing technologies to hybrid systems is likely contingent on 
results of such trials.

17.3 � NONINVASIVE COMBINED US AND PA CAROTID ARTERY 
IMAGING

Carotid atherosclerosis has been widely studied as a result of both its proximity to the skin surface and, more 
importantly, its established correlation with cerebrovascular events (Dempsey et al. 2010) and coronary athero-
sclerosis (Wofford et al. 1991). Measurement of the carotid artery intima-media thickness via B-mode US imaging 
was introduced as early as the mid-1980s (Pignoli et al. 1986) as a means of assessing atherosclerotic burden and is 
commonly utilized both for clinical assessment of patient risk and as an end point for clinical trials. Subsequently, 
variability in discrete echogenic and echolucent lesions identified in carotid artery US images was demonstrated as 
a method for identifying specific plaque types associated with elevated incidence of embolic brain infarcts (Kakkos 
et al. 2007). Drawing from these findings, PA imaging was introduced to compliment US assessment of the carotid 
artery plaques. For example, a novel approach combining US, strain rate, and PA imaging for assessment of dis-
eased carotid arteries was introduced using excised arteries within a pulsatile bench-top setup (Graf et al. 2011, 
2012). Using strain rate imaging provides a method of interrogating the vessel wall mechanical properties based 
on a cross-correlation algorithm measuring displacement generated across the arterial wall during pulsatile flow. 
Thus, the triple-modality approach utilizes shared instrumentation to provide complimentary information of the 
carotid artery’s structural, compositional, and mechanical characteristics. The feasibility of in vivo PA imaging for 
carotid artery assessment was subsequently demonstrated and shown to be more effective using a curved array 
transducer for PA detection, although this application did not integrate US imaging (Dima and Ntziachristos 
2012). Together, these preliminary studies support the continued investigation into the potential added benefit that 
PA imaging could provide in the noninvasive evaluation of carotid arteries.
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17.4 � CARDIOVASCULAR APPLICATIONS OF HYBRID OPTICAL 
IMAGING USING MULTIMODAL CONTRAST AGENTS

Hybrid optical imaging techniques combining fluorescence or bioluminescence imaging (BLI) with other 
molecular and anatomical imaging modalities have been widely investigated in recent years in an attempt to 
further expand the capabilities for monitoring pathophysiological changes relevant to cardiovascular medi-
cine. Such techniques typically utilize contrast agents designed to provide molecular specificity for at least 
one imaging modality. Several examples of molecularly targeted, dual- or triple-modality contrast agents 
have been synthesized and are under investigation for applications in monitoring cardiovascular pathologies. 
However, due in large part to the use of investigational contrast agents, the majority of such hybrid imaging 
approaches are limited to preclinical investigations, particularly on small-animal models.

Due to the unique size considerations of small animal models, several imaging modalities using hybrid 
optical technologies are currently available. Not only does the size of small animal models (on the order of 
100 g body weight for murine models) allow for improved optical delivery for deep tissue targets, impor-
tant for cardiac applications, but also the constrained size allows for sophisticated tomographic approaches, 
which may be more difficult to implement clinically or on larger animal models. Given this advantage, several 
commercially available and experimental systems coupling fluorescence, bioluminescence, or PA imaging 
with an additional imaging modality capable of providing anatomical information have been utilized for 
preclinical cardiovascular research.

17.4.1 �C ombined x-ray computed tomography and fluorescence 
molecular tomography

Fluorescence molecular tomography (FMT) is an optical imaging procedure that enables three-dimensional 
mapping and quantification of exogenous near-infrared fluorescent molecule distribution through the use of 
multiple source/detector pairs surrounding the image target. FMT is a powerful tool for in vivo small-animal 
imaging but is incapable of being simply scaled up for optical imaging of large animals or humans due to 
limitations in imaging depth. Despite its high sensitivity and quantitative capabilities, FMT additionally 
suffers from a lack of anatomical context. To alleviate this limitation, it has been combined with x-ray com-
puted tomography (CT) imaging using fiducial markers in the animal/sample housing that can be readily 
identified in both the CT and FMT images (Nahrendorf et al. 2009, 2010; Leuschner et al. 2010; Panizzi et al. 
2010; Leuschner and Nahrendorf 2011). This combination has been utilized to enable noninvasive in vivo 
assessment of cardiovascular disease progression, including the monitoring of protease activity in murine 
atherosclerosis, as shown in Figure 17.8 (Nahrendorf et al. 2009), and cellular and molecular interactions 
in response to myocardial infarction (Leuschner et al. 2010; Panizzi et al. 2010). Together, these results are 
indicative of the power of FMT-CT imaging as a platform for investigating cardiovascular pathologies and 
injury responses at the molecular level in small animals.

17.4.2 �C ombined optical and MRI
Recent work has also combined fluorescence tomography and MRI through the use of a dual-contrast mag-
netofluorescent nanoparticle, CLIO-Cy5.5, which was demonstrated on a mouse myocardial infarct model 
(Sosnovik et al. 2005, 2007). The study demonstrated that macrophage uptake of CLIO-Cy5.5 48 hours post 
left coronary artery ligation could be well visualized using both MRI and FMT techniques, with approxi-
mately a fourfold increase in signal over the control, which was corroborated by fluorescence microscopy. The 
hybridization of these two imaging modalities is analogous to the more common fusion of PET/SPECT and 
x-ray CT imaging, where functional information obtained from PET/SPECT imaging can be merged with 
anatomical information from x-ray CT. In the case of the optical/MRI hybrid technique, FMT provides high-
sensitivity contrast agent detection while MRI is able to provide greater surrounding anatomical context. 
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Whereas other modalities may use a unified system to register images from the two modalities, image coreg-
istration in FMT/MRI is typically obtained using fiducials as well as the dual-contrast magnetofluorescent 
probe that colocalizes the fluorescence and MRI signal.

This hybrid contrast agent and multimodal imaging approach has introduced a promising platform to 
develop the role of FMT and magneto-fluorescent nanoparticles probes for in vivo cardiac imaging. Further 
development and evaluation has led to the simultaneous use of AnxCLIO-Cy5.5 as an apoptosis indicator 
(Schellenberger et al. 2004) and a novel gadolinium chelate, Gd-DTPA-NBD, as an indicator of necrosis 
(Sosnovik et al. 2009). The Gd-DTPA-NBD indicator was demonstrated to demarcate lesions of cardiomyo-
cyte necrosis using ex vivo delayed enhancement MRI and confirmed with fluorescence reflectance imag-
ing (FRI) imaging in a mouse ligation model, as shown in Figure 17.9. Dual-modality imaging of mice who 
received the cocktail injection following myocardial infarction identified large regions of apoptotic but viable 
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Figure 17.8  In vivo FMT-CT imaging. (a–c) Image coregistration is based on fiducial landmarks (arrows) that 
are incorporated into the animal holder and are identifiable on CT (a) and FMT (b). The software co-aligns 
these fiducials to create a hybrid data set (c). Fluorescence signal in the aortic root of an apoE−/− mouse is 
encircled. (d–f) Two-dimensional (2-D) FMT-CT long axis views of apoE−/− mice injected with respective pro-
tease sensors. Fluorescence signal is observed in the aortic root and arch, regions with high plaque load and 
high ex vivo fluorescence signal. (g–i) CT-only views of d–f. Arrow heads depict vascular calcification, likely 
colocalizing with plaques. (j–r) Three-dimensional (3-D) maximum intensity projection of hybrid data sets show 
skeletal and vascular anatomy and the distribution of fluorescence signal. Most signal is observed in the root 
and arch; however, (q) and (r) show additional activation of the protease sensor in the carotid artery, also a 
region predisposed to atheroma build-up in this model. (s–u) FMT-CT after injection of respective sensor into 
wild type mice. (v) Fluorochrome concentration reflecting protease activity plotted over time. (w) Protease 
activity 24 hours after injection of sensors. *p < 0.05. (Reprinted from Nahrendorf M et al., Arterioscler Thromb 
Vasc Biol, 29, 1444–1451, 2009. With permission.)
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cardiomyocytes within 4–6 hours following ischemic injury. Such findings have implications for potential 
clinical treatment strategies, and further development and characterization of AnxCLIO-Cy5.5 contrast 
agents are ongoing (Chen, Josephson, and Sosnovik 2011).

An additional nanoparticle platform that is designed to mimic endogenous high-density lipoprotein has 
recently been reported (Cormode et al. 2008; Fay et al. 2013). Consisting of a phospholipid-coated, metal-
lic core structure, the platform has been used to incorporate CT, fluorescence, and MRI contrast agents for 
multimodal imaging. Because of its size and structural similarity to endogenous high-density lipoprotein, 
this multifunctional nanoparticle platform offers a clear potential for imaging atherosclerotic plaques (Skajaa 
et al. 2011). One additional future consideration for this hybrid technique is the potential for both MRI and 
fluorescence imaging techniques to be performed using intravascular catheters (Ferrari and Wilensky 2007). 
While the two intravascular techniques have not been combined for hybrid imaging at this stage, their con-
tinued development may provide an avenue for the clinical translation of hybrid optical MRI techniques for 
intravascular applications such as the use of the lipoprotein mimetic contrast agent platform.

In addition to contrast agents combining MRI and fluorescence imaging, BLI combined with a modality 
providing anatomical/structural imaging such as MRI represents a promising hybrid imaging application to 
track engrafted cell therapies. Recent work has been done tracking embryonic stem cell treatment response in 
a murine myocardial infarction model utilizing specialized embryonic stem cells expressing firefly luciferase 
and tagged with superparamagnetic iron oxide (SPIO) MRI contrast agents (Stone et al. 2011; Zhang et al. 
2011b). This methodology represents an intriguing application of dual-contrast imaging probes, which are 
separable following apoptosis of the engrafted embryonic stem cells by macrophages localizing at the infarct 
region. Animals that exhibited an improved treatment response, as measured by histology, correlated well to 
those animals exhibiting SPIO-based contrast on MRI and increased BLI signal, whereas those that exhibited 
only SPIO-based MRI contrast (in which the embryonic stem cells largely died off and the SPIO contrast 
probe was phagocytosed by macrophages) showed no significant benefit from treatment. Thus, treatment 
outcome could be well predicted from combined MRI and BLI imaging using labeled embryonic stem cells.

(a)

(b)

(c)

(d)

(e)

Figure 17.9  Delayed enhancement MRI of Gd-DTPA-NBD in an infarcted mouse heart. The heart was excised 
20 minutes after the injection of Gd-DTPA-NBD, bisected and imaged with a T1-weighted 3-D gradient echo 
sequence. (a) A volume rendered image and (b) a 2-D short axis reconstruction at midventricular level are 
shown. Accumulation of Gd-DTPA-NBD is seen in the territory of the ligated left coronary artery (anterior wall 
to inferolateral wall and most of the apex). (c) FRI of Gd-DTPA-NBD shows that the detection of the agent 
by MRI and by fluorescence imaging correspond very well. (d) Magnification 100× and (e) 400× immunohis-
tochemistry for Gd-DTPA-NBD at the border zone of the infarct shows that the agent accumulates in areas 
of cardiomyocyte degeneration and expansion of the extracellular space. No accumulation of the agent is 
seen in areas with intact cardiomyocyte cell membranes. (Reprinted from Sosnovik DE et al., Circ Cardiovasc 
Imaging 2, 6, 460–467, 2009. With permission.)
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17.4.3 �C ombined nuclear and optical imaging

The intelligent design and synthesis of molecularly targeted tracers combining radionuclide- and 
fluorescence-based contrast for hybrid PET/optical imaging applications have been the focus of significant 
preclinical research in recent years. Such multimodality contrast agents offer the potential for clinical trans-
lation to capitalize on the high-sensitivity molecular information that they provide to help improve diag-
noses and guide therapies. Clinically, using a hybrid PET/optical contrast agent and imaging approach, one 
can envision the initial whole-body PET imaging, followed by the guidance of surgical intervention using 
fluorescence imaging techniques (Ghosh et al. 2013). For example, in one scenario, dual-modality contrast 
agents could be utilized to reveal atherosclerotic plaque inflammation to guide the decision of whether or 
not intervention is appropriate, immediately followed by the use of the fluorescence provided by the same 
particles to help guide the intervention with a fluorescence imaging intravascular catheter (Majmudar and 
Nahrendorf 2012). However, the clinical translation of such hybrid PET/optical imaging applications relies 
on the further characterization of the multimodal contrast agents and their clinical approval.

At this stage, the hybrid approach can also help with the preclinical evaluation of PET imaging agents 
on small animal models through the reduction in required equipment for evaluation of contrast agent 
targeting efficacy (Nahrendorf et al. 2010). Given these advantages, it has been shown that FMT measure-
ments using multifunctional contrast agents show high correlation as well as seamless integration and 
visualization with PET/CT images obtained from both phantoms and small-animal models (Nahrendorf 
et al. 2010). Given this complimentary contrast between hybrid PET/fluorescence techniques for small-
animal imaging, and its potential long-term clinical impact, numerous investigational multifunctional 
contrast agents have been developed, many with direct applications to the diagnosis and monitoring of 
cardiovascular pathologies.

Investigational dual-labeled contrast agents combining fluorescence and nuclear imaging have been devel-
oped for a wide range of cellular and molecular targets. For example, a dextran-coated magnetofluorescent 
nanoparticle labeled with the radionuclide 64Cu was utilized for the imaging of macrophages in inflammatory 
atherosclerosis in mice using PET, MRI, and FMT (Nahrendorf et al. 2008). The study found that elevated sig-
nals from the accumulation of contrast agents observed within the aortic root and arch exhibited a target-to-
background ratio of 5.1, and accumulated doses within the aortas and carotid arteries were found to be 260% 
and 392% greater in the atherosclerotic mice than in wild-type controls. A similar platform, comprising the 
radionuclide 18F-CLIO and a near-infrared fluorochrome, was utilized for the detection of macrophages within 
atherosclerotic mice aortic aneurysms (Nahrendorf et al. 2011). Signals obtained from the aneurysms were 
found to be higher than both wild type aorta and atherosclerotic plaques. Dual-modality micelles labeled with 
the radionuclide 111In and near-infrared fluorescent Cy7-like dye and conjugated with Annexin V, which spe-
cifically binds to phosphatidylserine residues that are exposed on the cell surface during apoptosis, have also 
been demonstrated for the hybrid imaging of apoptosis (Zhang et al. 2011a). Annexin V-labeled, multimodality 
contrast agents represent a natural extension of a nuclear imaging targeting strategy, which has been widely 
utilized to investigate apoptosis in cardiac tissue (Narula et al. 2001; Kietselaer et al. 2004, 2007).

Peptides combined with radionuclides and optical dyes or fluorophores have also been investigated as 
molecularly targeted multifunctional nanoparticles (Azhdarinia et al. 2012). For example, a contrast agent 
comprising the near-infrared dye IRDye 800CW and the radionuclide 111In was conjugated with a peptide 
containing the commonly utilized arginine-glysine-aspartic acid (RGD) sequence (Houston et al. 2005). RGD 
serves as a ligand for αvβ3 integrins, which are known to be overexpressed in neovasculature, including many 
tumors as well as the vasa vasorum of advanced atherosclerotic plaques. A further development of multifunc-
tional αvβ3 integrin-targeted contrast agents comprised of a near-infrared fluorescent dye, radionuclide, and 
a cyclic RGD peptide were synthesized and evaluated in vivo using fluorescence imaging, gamma scintigra-
phy, SPECT, as well as BLI imaging of coinjected luciferin (Edwards et al. 2009). Silica nanoparticle-based, 
RGD peptide-conjugated contrast agents labeled with Cy5 fluorophores and 124I radionuclides have also 
been synthesized (Benezra et al. 2011). Additional dual-modality platforms combining in vivo PET imaging, 
near-infrared fluorescence, and targeted peptides have been demonstrated for molecular imaging of matrix 
metalloproteinase-9 (Azhdarinia et al. 2011; Rodenberg et al. 2011) and interlukin-11 (Wang et al. 2007). 
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While these agents were not directly applied for cardiovascular imaging, the molecular targets evaluated 
using the hybrid nuclear/optical imaging are known to be of relevance in the progression of atherosclerosis 
and other cardiovascular pathologies.

The continued rapid development of multimodality contrast agents, along with the characterization of 
their functionality and in vivo utility, is expected to continue within the preclinical setting. Modifying their 
surface chemistry to optimize circulation times and redesigning their conjugation to render the attached 
optical contrast components activatable upon interaction with the targeted biomolecules represent two likely 
areas of further improvement (Sinusas et al. 2008). Furthermore, the intelligent incorporation of pharmaceu-
tical agents as part of the contrast agent platform offers an additional area of further development (Wickline 
and Lanza 2003). Such a platform enables multimodality imaging to confirm and quantify therapeutic deliv-
ery. In addition to these ongoing preclinical refinements in the design of multimodal, hybrid optical imaging 
agents, there remains a long clinical approval process, which will need to be first motivated and then suc-
cessfully completed before they can ever be effectively translated beyond platforms for preclinical research.

17.4.4 � PA imaging of cardiac tissue

The reliable visualization of tissue hemodynamics can provide a wealth of functional information on the target 
tissue. As previously discussed, PA imaging can utilize near-infrared light to probe the optical absorption of oxy- 
and deoxy-hemoglobin, the primary chromophores within most tissues, as well as highly absorbing exogenous 
contrast agents. Through the use of sPA imaging and spectral unmixing techniques, different chromophores can 
be individually identified to obtain molecular images at depths well beyond the ballistic photon regime.

By using single-wavelength and multispectral PA imaging, it has been shown that PA signal changes 
resulting from a bolus injection of high-contrast plasmonic gold nanorods (AuNR) can be tracked in near 
real-time (Taruttis et al. 2010). In particular, it was demonstrated than the single wavelength PA signal origi-
nating from the murine jugular vein approximately doubles over the 90 s time frame following AuNR injec-
tion. The spectral profile of the absorbers and verification of its correspondence to the expected absorption 
profile of the injected AuNRs were determined by sPA imaging, allowing the near real-time tracking and 
identification of changes in exogenous contrast agents at tissue depths of approximately 5 mm. This same 
imaging system was later used to image macrophage infiltration 48 hours post infarction in another murine 
model (Taruttis et al. 2013). Additionally, indocyanine green, a near-infrared absorbing organic dye, was 
conjugated with a dendritic polyglycerol sulfate (dPGS), a targeting agent with demonstrated accumulation 
in inflamed tissues (Licha et al. 2011). By using sPA imaging in conjunction with PA tomographic approaches, 
leukocyte uptake of the dPGS-indocyanine green (ICG) probe was demonstrated to be localized in the infarct 
region at 2 hours post injection.

An additional intriguing application of PA imaging is vibrational PA bond imaging, a term given to the 
application of sPA at optical wavelengths from approximately 1600–1800 nm for detection of overtones of the 
molecular bond vibrations for identification of biomolecules of interests. This wavelength range corresponds 
to a local minimum in the absorption spectrum of water and may represent a second “optical window” in the 
infrared regime. It was shown, through careful wavelength selection, that fat could be distinguished from 
proteins using sIVPA imaging in phantom studies (Wang et al. 2012c, 2012d), and the ability to image lipid 
within this wavelength range using IVPA has been heavily investigated (Wang et al. 2012a, 2012b; Jansen 
et al. 2013). While not yet adapted to tissue or small animal models, likely due to challenges associated with 
the high optical attenuation in water at these longer wavelengths, this technique represents a potentially 
promising new optical regime for hybrid optical imaging to monitor lipid distribution.

17.5 � CARDIOVASCULAR APPLICATIONS OF HYBRID 
NLOM TECHNIQUES

NLOM techniques have recently been applied to help characterize arterial or myocardial tissues using ultra-
fast laser excitation to exploit several different nonlinear optical effects, which, in turn, can be utilized to 
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generate high-contrast images of specific molecular structures without the need for immunohistochemical 
staining procedures and at greater depths than can be achieved using linear optical microscopy techniques. 
These nonlinear techniques include two-photon-excited fluorescence microscopy (TPEF), sum-frequency 
generation (SFG), coherent anti-Stokes Raman spectroscopy (CARS), and stimulated Raman scattering 
(SRS). TPEF relies on the fluorescence from either exogenous or endogenous tissue fluorophores generated 
upon simultaneous absorption of two photons. SFG refers to a nonlinear scattering process in which two 
photons interact to produce a single emitted photon at a higher frequency, or shorter optical wavelength, than 
the two original photons. A special case of SFG, second-harmonic generation (SHG) refers to the process in 
which the two incident photons are of the same frequency and the resulting photon possessing double their 
frequency. Both CARS and SRS are label-free nonlinear optical techniques, which enable imaging of tissues 
based on intrinsic molecular vibrational contrast with significantly higher signal than is achievable using 
spontaneous Raman spectroscopy.

Different biological molecules within tissues intrinsically produce signals using different nonlinear tech-
niques. For example, fibrillar collagen produces SHG, TPEF can excite autofluorescence of elastin, and CARS 
can be used to visualize lipid. Therefore, the combination of NLOM techniques provides an avenue for label-
free, molecular-specific imaging of disease biomarkers relevant to both atherosclerotic plaques and the more 
general imaging of myocardial tissue. For example, a combination of SHG to image collagen with TPEF to 
image elastin was used as a means of imaging the collagen network within the fibrous cap and to differenti-
ate the fibrous cap from underlying layers of atherosclerotic plaques (Lilledahl et al. 2007). The assessment of 
arterial cells and surrounding extracellular matrix was similarly shown to enable visualization of cell mem-
branes, elastin, and collagen, based on images obtained using CARS, SFG, and TPEF, respectively (Wang, 
Le, and Cheng 2008). SRS was also combined with SHG microscopy as a hybrid imaging approach to detect 
cholesterol crystals in atherosclerotic plaques (Suhalim et al. 2012).

These hybrid NLOM techniques are being utilized to study structural and biochemical changes associ-
ated with cardiovascular disease progression. For example, features derived from multiple NLOM setups 
have been used to perform label-free imaging of atherosclerotic arterial tissue, demonstrating their ability to 
identify atherosclerotic plaque characteristics and classify their progression, as demonstrated by Figure 17.10 
(Ko et al. 2010, 2011, 2012; Mostaço-Guidolin et al. 2010, 2011). These techniques have also been employed for 
the assessment of arterial changes induced following stenting of atherosclerotic pig models (Wang et al. 2011) 

(a) (b)

Figure 17.10  Nonlinear optical images of an advanced plaque obtained at approximate depths of (a) 10 μm 
and (b) 60 μm from the lumen surface. Blue SHG fibrillary collagen type-I, red/orange CARS lipid-rich struc-
ture buried under a fibrous cap. (With kind permission from Springer Science+Business Media: Biophys Rev, 
Nonlinear optical microscopy in decoding arterial disease, 4, 2012, 323–334, Ko A, Risdale A, Mostaco-Guidolin L, 
Major A, Stolow A, Sowa M.)
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as well as the impact of diet on lipid accumulation and macrophage infiltration in atherosclerotic mice mod-
els (Lim et al. 2010). Similarly, TPEF and SHG have been utilized to characterize an increase in fibrosis in an 
animal model of myocardial infarction (Caorsi et al. 2013). Together, these demonstrations of hybrid NLOM 
techniques for high-contrast imaging of specific biomolecules provide a large opportunity to further charac-
terize the biochemical changes that occur during the progression of cardiovascular pathologies as well as the 
molecular-specific changes that are induced during their treatment.

17.6 � CONCLUSIONS

Cardiovascular imaging has conventionally centered on the morphological assessment of cardiac and vas-
cular tissue. However, improved fundamental understanding of cardiovascular pathologies has elucidated 
the need to introduce molecular imaging techniques into cardiovascular medicine for improved diagnoses 
and monitoring of therapeutic response. High-sensitivity molecular imaging techniques, however, tend to 
provide poor anatomical context to quantify and analyze the location and significance of detected signal. 
Therefore, hybrid imaging techniques capable of providing the ability to characterize and quantify both mor-
phology and composition are of great interest for cardiovascular imaging applications. A wide array of hybrid 
optical techniques has been developed and applied for the characterization of heart and vascular pathologies.

Numerous hybrid intravascular imaging modalities are being developed and applied for improved char-
acterization of coronary atherosclerosis. Histopathological studies have shown that thin-cap fibroatheroma, 
so-called vulnerable plaques, are characterized by a combination of morphological (e.g., fibrous cap thickness 
<65 um, large plaque volume) and compositional (e.g., lipid pool, macrophage infiltration) characteristics. 
To this end, and given the limited required penetration depth for coronary artery imaging, hybrid intravas-
cular optical imaging techniques are currently under development to provide a complimentary assessment 
of coronary anatomy and composition. These hybrid techniques include the clinically approved combined 
NIRS/IVUS, as well as a multitude of additional pairings, which are currently under development, including 
combinations of intravascular OCT, Raman spectroscopy, fluorescence imaging techniques, and PA imaging. 
While each of these hybrid intravascular imaging approaches offers the potential for improved character-
ization of arterial lesions, the extent of their clinical impact is yet to be determined and will largely remain 
uncertain until the completion of large-scale clinical trials shed light on their diagnostic advantages.

In addition to intravascular imaging, noninvasive hybrid optical techniques have been widely utilized 
for preclinical assessment of cardiovascular pathologies, particularly for in vivo imaging of small animals. 
Molecularly targeted hybrid contrast agents have enabled applications combining optical modalities with 
x-ray CT imaging, MRI, and nuclear imaging as well as contrast-enhanced PA imaging. These intelligently 
designed probes have enabled complimentary, whole-body anatomical and high-contrast imaging of such 
targets as apoptotic cells and molecular indicators of myocardial damage or atherosclerotic plaque risk. 
Lastly, the combination of multiple NLOM techniques enables the label-free imaging of biomolecular struc-
tures for unprecedented high-sensitivity and high-resolution tissue analysis.

In summary, hybrid optical techniques offer the potential for high-sensitivity molecular imaging within 
the context of the underlying anatomy. The continued development of integrated systems promises to help 
advance preclinical research to better understand cardiovascular pathologies and responses to investiga-
tional therapies as well as to potentially improve upon the current gold standard techniques for intravascular 
imaging and classification of atherosclerotic plaques in the coming years.

ABBREVIATIONS
ADC	 Analog-to-digital converter
AuNR	 Gold nanorod
BLI	 Bioluminescence imaging
CARS	 Coherent anti-stokes Raman spectroscopy
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CAS	 Coronary angioscopy
CTCA	 Computed tomographic coronary angiography
CW	 Continuous wave
dPGS	 Dendritic polyglycerol sulfate
FDA	 Food and Drug Administration
FLIM	 Fluorescence lifetime imaging
FMT	 Fluorescence molecular tomography
FRI	 Fluorescence reflectance imaging
IB-IVUS	 Integrated backscatter intravascular ultrasound
IVPA	 Intravascular photoacoustic
IVUS	 Intravascular ultrasound
LDL	 Low-density lipoprotein
MNP	 Magneto-fluorescent nanoparticles
MRI	 Magnetic resonance imaging
NIRF	 Near-infrared fluorescence
NIRS	 Near-infrared spectroscopy
NLOM	 Nonlinear optical microscopy
OCT	 Optical coherence tomography
PA	 Photoacoustic
PCI	 Percutaneous coronary intervention
PET	 Positron emission tomography
QCA	 Quantitative coronary angiography
RGD	 Arginine-glysine-aspartic acid peptide sequence
SFG	 Sum-frequency generation
SHG	 Second-harmonic generation
sIVPA	 Spectroscopic intravascular photoacoustic
SNR	 Signal-to-noise ratio
sPA	 Spectroscopic photoacoustic
SPECT	 Single-photon emission computed tomography
SPIO	 Superparamagnetic iron oxide
SRS	 Stimulated Raman scattering
TCFA	 Thin-cap fibroatheroma
TPEF	 Two-photon enhance fluorescence
TRFS	 Time-resolved fluorescence spectroscopy
US	 Ultrasound
VH-IVUS	 Virtual histology intravascular ultrasound
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Hybrid instrumentation versus image fusion: 
Path to multibrid visualization

ERNEST V. GARCIA and MARINA PICCINELLI

18.1 � INTRODUCTION

With the advent of the acceptance of the results of the Fractional Flow Reserve Versus Angiography for 
Multivessel Evaluation trial (Pijls et al. 2010) that among 50%–90% coronary lesion anatomic data alone are 
inaccurate in determining their physiologic relevance, the need for integrated assessment of cardiac anatomy 
and physiology has been elucidated. This realization has promoted the use of multimodality imaging and the 
query as to how best to integrate these results.

Much had been written as to the bright future of hybrid scanning (Beyer et al. 2011a,b,c). Hybrid scanning 
generally implies an imaging system with hardware that acquires images with two types of information, such 
as physiologic and anatomic. Image fusion generally implies software methods that register the images with 
one type of information onto images with another type of information. Importantly, in cardiac image fusion 
of two modalities, software methods are always required to account for heart motion and patient breath-
ing, which are usually inevitably different in the two imaging modalities by which images are sequentially 
acquired.
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416  Hybrid instrumentation versus image fusion

Criticisms of a multimodality cardiac imaging approach usually start with concerns over radiation 
exposure to the patient and increased healthcare costs (Beyer et al. 2011b,c; Di Carli and Hachamovitch 
2007). Radiation concerns are discussed in Chapter 19 of this book. In general, the rationale for a multi-
modality approach is not that each patient should be submitted to every possible cardiac imaging modality 
for improved diagnostic accuracy, but rather that all cardiac imaging modalities performed on a patient 
should be integrated in one display, interpreted by one cardiac imaging expert, resulting in one clinical 
report. Clearly, the challenges to the routine use of this approach are multifactorial, with such issues as 
technical, scientific, clinical, quantitative, and socioeconomic (political). The remainder of this chapter 
will address these challenges.

18.2 � MULTIBRID VISUALIZATION

As well discussed in this book, the topic of integration is generally confounded as to whether multimo-
dality fused imaging relates to how the data are acquired or how they are visualized. More precisely, the 
term hybrid, as in hybrid images, implies a new type of image generated from the information of two 
other types of images and thus relates to the visualization of the image rather than how the information 
is acquired. As we continue to realize the advantages of this colocalization of multispectral images into 
one display, the integration of more than two types of clinical information is desired, further emphasiz-
ing the emergence of a multibrid (Sasaki 2008) cardiac image (or n-brid, where n is the number of fused 
modalities).

18.3 � BENEFITS AND CHALLENGES OF HYBRID 
INSTRUMENTATION/HARDWARE TECHNIQUES

18.3.1 �B enefits

Although the term hybrid has different meanings in the imaging field, it means the combination of two vari-
eties of imaging hardware that are physically coupled in the same imaging equipment. As discussed in this 
book, typical examples are positron emission tomography (PET)/computed tomography (CT), single-photon 
emission CT (SPECT)/CT, and PET/cardiovascular magnetic resonance (CMR). The benefits of the hybrid 
scanning approach are many (Gaemperli et al. 2011; Kaufmann 2009; Kaufmann and Di Carli 2009; Saraste 
and Knuuti 2012). The two types of information provided by the hybrid approach are often complementary, 
such as anatomic and physiologic. But beyond this attribute, the advantage of the hybrid approach is that the 
two types of information are acquired either simultaneously, such as in the PET/CMR approach, or, more 
commonly, sequentially in a short time window, such as in PET/CT and SPECT/CT. Moreover, the patient is 
not moved to a different imaging table between imaging modalities and general shape and file format compat-
ibility between modalities are usually realized. This compatibility facilitates the software fusion algorithms 
necessary to register the three-dimensional (3-D) cardiac distribution from one modality onto the comple-
mentary modality considering the need for correcting for heart motion and patient breathing (Slomka and 
Baum 2009; Slomka et al. 2008).

The advantage of the hybrid approach is optimized in simultaneous imaging, as in PET/CMR, since both 
types of information are obtained when the heart is at the same exact physiological state (Saraste and Knuuti 
2012). Another pairing of modalities that benefits the hybrid approach is when a less expensive and fast 
acquisition modality is combined to a more expensive and slower modality, the most appropriate example 
being a SPECT/CT cardiac scanner, where the CT scanner has been simplified to perform only transmission 
scans for attenuation correction and gated CT scans for measuring calcium score. This assumes that the CT 
simplification has resulted in a significant reduction of hardware cost.
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18.3.2 �C hallenges

Clearly, one of the challenges for this hardware coupling hybrid approach would be to couple more than two 
imaging scanners into one device, such as PET/CT/CMR or any other combination. Although this multiple 
(>two) hardware scanning approach has been investigated in a couple of settings, the technical challenges 
and cost that have to be overcome make it a prohibitive option.

Another challenge for the hybrid scanning approach is whether the approach is cost-effective (Beanlands 
et al. 2007; Flotats et al. 2011; Fraser et al. 2006). Two issues are relevant to the question of cost-effectiveness. The 
first one is related to updating the equipment. Take, for example, PET/CT. Even if the original purchase of 
the equipment has the latest PET and latest CT scanners that have been coupled, as hardware innovations in 
either modality are commercially released, the imaging laboratory administrators of the hybrid equipment 
are challenged with whether to do an expensive fork-lift upgrade of both scanners or wait for the time when 
there are new versions of both the PET and CT scanners.

The second issue related to the reduced cost-effectiveness of the hybrid equipment is that most hybrid 
scanning systems, like PET/CT or SPECT/CT, do not perform simultaneous imaging of both modalities. 
Thus, while the emission scan is being performed, the CT scanner is idle and not producing clinical revenue.

Yet another challenge for the hybrid scanning approach is the training necessary for licensing and cer-
tification in two modalities by the personnel (physicians and technologists) in one imaging laboratory 
(Beanlands et al. 2007; Flotats et al. 2011; Fraser et al. 2006). This is further complicated by the political turf 
battles in many countries as to which department is allowed to perform a specific imaging procedure and the 
training necessary for interpreting the hybrid results.

18.4 � BENEFITS OF SOFTWARE IMAGE FUSION TECHNIQUES

By software image fusion here, we mean the coregistration of the 3-D distribution of one modality onto one 
or more other modalities or the same modality at a different state using software algorithms. As explained 
previously, even in hybrid cardiac scanning techniques, additional software fusion techniques are required 
since the multimodality acquisitions are usually acquired sequentially and in different total acquisition 
times, necessitating corrections for heart movement and patient breathing (Slomka et al. 2008; Slomka and 
Baum 2009). Thus, coregistration improvements in software cardiac image fusions automatically also trans-
late to improvements in hybrid scanning techniques. Additionally, since software cardiac software fusion 
techniques (Faber et al. 2004; Peifer et al. 1990, 1992) predate cardiac hybrid scanning techniques (Groves 
et al. 2009; Kaufmann 2009; Namdar et al. 2005), software techniques “paved the way” (Slomka and Baum 
2009) for the clinical application of hybrid scanners. Moreover, the benefits of software fusion techniques 
overcome most of the challenges of hybrid hardware techniques since the software approach is not limited 
to two modalities and is cost-effective since there is no high cost of hybrid scanners or idle scanners, and 
there is even less concern as to cross-training, licensing, or turf battles since each modality may be acquired 
in the politically correct imaging laboratory for a specific institution. Nevertheless, this does not overcome 
the issue of the training necessary to interpret the fused information. In Table 18.1, a concise list of the pros 

Table 18.1  Pros/cons of hybrid scanning vs. software fusion

Hybrid scanning Software fusion

Cost effectiveness/upgradability − ++

Acquisition time + ++

Radiation concerns − +

Image portability ++ −

Processing time + −

Quantitative synergism − +++

Multibrid visualization − +++
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and cons of the hybrid scanning versus the software fusion approaches is presented. The challenges of hybrid 
image fusion in general are covered in the next section.

18.5 � FUTURE CHALLENGES

The future challenges of image fusion are multifactorial and include issues that are technical, synergistic, 
scientific, clinical, and socioeconomic. Issues related to the scientific and clinical challenges of how best to 
fuse the various cardiac anatomic and functional information are well covered in other chapters in this book.

18.5.1 � Technical challenges

There are plenty of technical challenges (Slomka and Baum 2009; Slomka et al. 2008), summarized in 
Table 18.2. Perhaps the greatest challenge to the routine clinical application of multimodality cardiac 
image fusion is that it should be totally automatic. Total automation would promote reproducibility of 
results between institutions, but more importantly, it would eliminate the potentially time-consuming 
process of manually aligning two totally different modalities. An important step in total automation of 
software fusion is the automatic segmentation of the pertinent cardiac anatomic structures (Faber et 
al. 2011; Woo et al. 2009). For example, in fusing cardiac CT (and computed tomographic angiography 
[CTA]) information to PET or SPECT emission information, it would be facilitated by the automatic 
identification of the endocardium and epicardium of the left and right ventricles (Heimann and Meinzer 
2009; Paragios 2002; Petitjean and Dacher 2011; Tsai et al. 2003). Since the CT coronary angiographic 
information is inherently registered with the biventricular CT anatomic information, by coregistering 
the emission myocardium to the CT myocardium, the CT coronary angiogram is automatically regis-
tered (Piccinelli et al. 2014).

Another technical challenge of software image fusion is the degree of deformation (Slomka and Baum 
2009), i.e., nonlinear, nonrigid coregistration that should take place for the two cardiac modalities to per-
fectly align spatially. This is particularly true of cardiac soft tissue deformation between two scans due to 
respiration, cardiac motion, different physiological effects, and treatment effects (Beyer et al. 2011b; Slomka 
and Baum 2009).

A technical challenge that has received little attention is the need for interactive 3-D cardiac region of 
interest (ROI) tools that either generate volumetric measurements or cut through overlapping fused struc-
tures for cross-sectional visualization of important hidden information. For example, Figure 18.1 shows a 
3-D volume rendered CTA image set fused to perfusion SPECT information where the coronary artery cross-
sectional information shows a distal patent stent demonstrating that the distal perfusion defect is due to 
proximal vessel calcification and not a blocked stent.

Finally, a technical challenge that is slowly being overcome is the portability of images from the different 
modalities into a multimodality workstation with the software to perform the image fusion (Gaemperli and 
Kaufmann 2008). This issue is being helped by the progress in multimodality PACS (Picture Archiving and 

Table 18.2  Technical challenges of software 
cardiovascular image fusion

•	 Automation

•	 Cardiac segmentation

•	 Cardiac motion and respiratory motion

•	 Nonlinear coregistration/deformation

•	 Interactive 3D ROI tools

•	 Image portability

•	 Quantitative synergism
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Communication Systems) infrastructure and better defined DICOM (Digital Imaging and Communications 
in Medicine) standards.

18.5.2 �S ynergistic challenges

It has been pointed out that the goal of cardiac imaging fusion should be to generate hybrid or multibrid 
images where the multimodality information is synergistic to the point that this fused image is greater than 
the sum of its parts (Bax et al. 2007; Gaemperli and Kaufmann 2008). One of the most direct ways to accom-
plish this goal is to use quantitative information from one modality to improve the quantitative information 
of the other modality and to use both quantitative and complementary types of information to improve the 
overall diagnostic information content. Experts continue to emphasize that the future of cardiovascular 
multimodality imaging is directly dependent on our ability to improve our quantification of flow, function, 
and anatomic variables (Bax et al. 2007; Beller 2010).

Importantly, distinction first has to be made as to the differences between qualitative image fusion and 
quantitative image fusion. In qualitative image fusion, the two modality image sets are scaled and aligned in 
the same angular projection and then software is used so that one image is “painted” onto the other image set 
for a diagnostician to visually interpret the two types of information (Gaemperli et al. 2011). Although these 
are usually aesthetically, nice-looking images, in this qualitative fusion approach, there is no possibility to 
measure any integrated quantitative parameters or to improve the scientific content of one modality from the 
other modality. In quantitative image fusion, the software has access to quantitative measurements from one 
modality, which may be used to improve the image or complement measurements from the other modality.

An example of an application of quantitative image fusion is in the integrated measure of myocardium at 
risk by incorporating the intersection of quantitative physiologic mass at risk from a SPECT or PET myocar-
dial perfusion imaging study with the quantitative anatomic mass at risk from the same patient’s correspond-
ing coronary tree (Faber et al. 2004) (Figure 18.2). Two other examples of improved quantification through 
synergistic image fusion are (1) the use of the better defined valve plane from a cardiac CT study to define the 
valve plane of the emission study (Slomka et al. 2009a) and (2) the use of the better defined LV myocardium 

Calcification

Calcification Soft plaque 

Patent kissing stent

Figure 18.1  Volume-rendered display with cross-sectional LAD visualization. The CTCA is rendered to show 
the epicardial surface, and quantitated perfusion information is overlaid in color. In this patient, the black 
region corresponds to a perfusion abnormality in the anterior apical region. Coronary artery data from CTCA 
are visualized in a multiplanar reformat; that is, the original artery cross-section from the image data is overlaid 
on the volume rendering. Note that both calcified and soft plaque can be identified and the patency of the 
stent can be evaluated. The abnormality seen in the LAD can be corresponded with the perfusion abnormal-
ity. CTCA: computerized tomographic coronary angiography; LAD: left anterior descending coronary artery.
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from the CT scan to correct the emission tracer concentration including for partial volume effect (Li et al. 
2013; Suh et al. 2012).

18.5.3 �S ocioeconomic challenges

The technological improvements in the cardiac imaging field of the last decades have allowed to study any 
given patient with a wide range of methodologies that vary from the technical point of view as well as the 
clinical and the financial ones. This is further complicated by the interpretation of one composite cardiac 
image that has been fused with information from multiple modalities. A joint European multiorganization 
task force (Fraser et al. 2006) has identified that these challenges are related to how clinicians, hospital man-
agers, and insurers adapt to these changes; how the different approaches should be reconciled to the benefit of 
the patient; and what are the implications for the education and training of future cardiologists, radiologists, 
and other specialists in cardiovascular imaging. This task force recommends that these challenges may be 
overcome through a joint cardiac imaging service (Figure 18.3). This joint service would facilitate the clinical 
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Figure 18.2  Mass at risk. (a) Physiological mass at risk. Various surface-rendered views of the left ventricle 
(LV) with perfusion color coded onto the surface. Each shows abnormal perfusion during stress (blacked-out 
regions) and areas that normalize at after rest (white-out regions). White-out regions identify vascular territo-
ries that are at risk for myocardial infarction. (b) Anatomical mass at risk. Anatomical mass at risk is related to 
the territories of the left ventricle supplied by each coronary artery. These two pictures (left and right) should 
be superimposed but are separated for the sake of clarity. The left picture shows a coronary artery as it would 
look if the LV were flattened into a 2-D plane. The regions shown on the right picture are those areas that 
are closer to the artery of the same color than to any other artery. Thus, the green area in the right picture is 
supplied by the green artery in the left picture. The red area in the right picture corresponds to the arterial 
bed of that portion of the red artery, which is distal to an occlusion. Thus, this is the area at risk for myocardial 
infarction, as determined by this model of coronary arteries and their territories plus their alignment with the 
LV surface. The mass of this area is then computed to obtain the anatomical mass-at-risk.
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diagnostic services where experts in all methods collaborate (Gaemperli et al. 2011). This approach would 
emphasize an organ-based approach where the diagnostician emphasizes the integration of results into clini-
cal decision making and on the impact on clinical outcomes (Gaemperli et al. 2011).

18.6 � CONCLUSION

Multimodality cardiovascular image fusion, whether obtained from hybrid scanning or software fusion 
alone, has been shown to enhance the process of diagnosing a patient with myocardial flow limiting dis-
ease (Faber et al. 2004; Gaemperli et al. 2007; Groves et al. 2009; Jaarsma et al. 2012; Namdar et al. 2005; 
Rispler et al. 2007; Santana et al. 2009; Slomka et al. 2009). We do agree with those who have determined that 
integration of multiple types of cardiac information, specifically physiological and anatomical data, is most 
efficiently achieved by their software fusion acquired on separate scanners (Gaemperli and Kaufmann 2008).

Moreover, software fusion is preferably performed quantitatively over qualitative approaches. Quantitative 
fusion allows important quantitative cardiac information to be preserved and utilized, and just as impor-
tant, it allows the synergistic use of mutually complementary quantitative information to improve image and 
diagnostic accuracy. Although there are a number of technical challenges that still need to be overcome for 
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Figure 18.3  Suggested organization of joint, multidisciplinary cardiac imaging diagnostic services. Note the 
multibrid visualization as the focus of the diagnostic process. (Adapted from Fraser AG et al., Eur J Echo­
cardiography, 7, 268–273, 2006.)
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ideal, clinically useful software fusion, these challenges will be met as research funding continues to fuel the 
necessary work to perform these developments.

Finally, although the hybrid technology has to date emphasized the acquisition of images from two 
cardiac imaging modalities to create a third, fused, new image, the focus should change to the visual-
ization process so that more than two types of modalities performed on a patient should be integrated 
in one multibrid display, interpreted by one cardiac imaging expert, resulting in one clinical report. 
This multibrid approach will use complementary imaging information to facilitate the detection and 
quantification of the burden of calcified and noncalcified plaques, the quantification of vascular reac-
tivity and endothelial health, the identification of f low-limiting coronary stenosis, and potentially, the 
identification of high-risk plaques by using a fusion of morphology and biology with molecularly tar-
geted PET imaging (Di Carli and Hachamovitch 2007; Gaemperli and Kaufmann 2008). Moreover, this 
multibrid visualization will transcend the diagnostic process, making its way into the operating room 
of the future for the advancement of minimally invasive cardiac surgery (Kpodonu 2010). Clearly, these 
clinical advances will be accompanied by socioeconomic challenges that will have to be overcome for 
the benefit of the patient.
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Concerns with radiation safety

MATHEW MERCURI and ANDREW J. EINSTEIN

19.1 � INTRODUCTION

The use of medical imaging has greatly improved our ability to accurately diagnose disease and manage 
patient care. However, as in all aspects of health care, it is important that the benefits of a procedure outweigh 
the risks involved. Whereas the benefits of medical imaging, while often difficult to quantify, are widely 
appreciated, optimizing this benefit-to-risk ratio requires that we know something about the risks involved. 
Most radiologic and all nuclear medicine procedures expose patients and operators to ionizing radiation. 
Radiation exposure can result in detrimental health effects, including skin injury, genetic defects, and cancer. 
Thus, it is important that physicians both avoid inappropriate procedures and limit exposure to levels that are 
“as low as reasonably achievable” (ALARA principle) (International Commission on Radiological Protection 
[ICRP] 103, 2007).

Hybrid imaging utilizes both radiologic and nuclear medicine modalities. The combined use of these 
modalities may result in enhanced imaging capabilities. However, from the perspective of radiation protec-
tion, hybrid imaging poses some unique issues for patients and operators. For example, the use of two or more 
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radiologic or nuclear medicine modalities will expose the patient to radiation from each modality, which 
may result in a relatively higher dose of radiation than what is expected from a single modality. This may also 
result in greater potential for radiation-related effects. Furthermore, radiologic and nuclear medicine modali-
ties differ in how they produce (and thus expose patients to) radiation, creating challenges in monitoring and 
quantifying the total exposure and subsequent dose from hybrid procedures that use both.

This chapter will outline some special considerations for radiation safety when using hybrid imaging. We 
will begin with an outline of the common terms used in radiation monitoring and the types of injury and other 
negative health effects that can result from radiation exposure. Next, we will review the history of ionizing 
radiation use in medicine and the evidence for radiation-induced negative health effects based on epidemio-
logic and laboratory studies. Special attention will be given to clinical cardiac populations. We will then review 
the different imaging modalities that use ionizing radiation. This will include an examination of how radiation 
is produced, how exposure/dose is measured, and the range of expected exposures/doses for each modality. 
Herein, we will present some measurement issues and special considerations for radiation safety that arise 
from the integration of radiologic with nuclear medicine imaging modalities. The chapter concludes with sug-
gestions on how to minimize radiation dose to patients undergoing hybrid imaging, ways of communicating 
risks to patients, and considerations for following patients who have or are expected to receive a high dose. 
Throughout this chapter, we identify gaps in the current literature and present considerations for future study.

19.2 � TERMINOLOGY

19.2.1 � Ionizing vs. non-ionizing radiation

Many devices used in medicine utilize electromagnetic radiation in order to image anatomical features or 
physiologic processes for the purpose of diagnosis or to guide an intervention. In many cases, this radiation 
may be of sufficient kinetic energy to liberate an electron from an atom or molecule and thus form ions 
when interacting with matter. This is known as ionizing radiation. Ionizing radiation is required to produce 
the tissue reactions and stochastic effects as described in Section 19.2.4 (Radiation-induced negative health 
effects). Radiologic modalities, such as computerized tomography (CT) and fluoroscopy, emit ionizing radia-
tion in the form of x-rays. Nuclear medicine modalities, such as single-photon emission CT (SPECT) and 
positron emission tomography (PET), require the use of radiopharmaceuticals that emit ionizing radiation in 
the form of both gamma and x-rays. Some imaging modalities are less harmful to biological tissue on account 
that they do not emit energy sufficient to strip electrons. For example, magnetic resonance imaging (MRI) 
uses radio waves, which are of insufficient energy to be ionizing. Likewise, ultrasound devices use high-
frequency sound (or pressure) waves to produce images. Sound waves differ from electromagnetic radiation 
in how they interact with matter, including biological tissue.

19.2.2 �D ose metrics

Ionizing radiation produced by medical imaging modalities may be in the form of either x-rays or gamma-
rays. Biological tissue that is exposed to such radiation may absorb some of the energy. The absorbed dose 
(D) is defined as the amount of energy per tissue unit mass, and is measured in Grays (Gy), a special term for 
Joules per kg used in the context of radiation protection. Different types of ionizing radiation vary in their 
potential to damage biological tissue. The equivalent dose (H) accounts for such differences by applying a 
“radiation weighting” factor (wr) to the absorbed dose. Thus, the equivalent dose is the product of the radia-
tion weighting factor and the absorbed dose (H = wr × D). For x-rays, this weighting factor is 1. Biological 
tissues differ in their sensitivity to radiation. The effective dose (ED) accounts for such differences and can be 
estimated from the weighted sum of the equivalent doses to each tissue. The equivalent doses are weighted 
according to tissue weighting factors (wt). The sum of wt over all body tissues is 1. Both the equivalent and 
effective doses are measured in Sieverts (Sv), another special term, used for a weighted Gray. The collective ED 
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denotes the sum of all EDs to all individuals in a specified population over a specified period of time. The total 
dose to an individual from repeated exposures is commonly referred to as the cumulative ED.

19.2.3 �E xposure metrics

The dose metrics described previously cannot be directly measured for an individual undergoing a proce-
dure. Thus, it is unlikely that such information will be available to healthcare providers for monitoring and 
tracking purposes. However, additional, more easily measured metrics have been developed that can provide 
an indication of exposure. These can be used as quality metrics, such as in setting diagnostic reference levels 
(often referred to as DRLs), for the purpose of minimizing patient risk.

Exposure from radiologic imaging modalities can be measured using air kerma (AK). While AK typically 
denotes the amount of kinetic energy of the liberated charged particles per unit mass (in this case air), the 
exposure monitoring equipment actually measures the amount of energy transferred to the charged particles. 
This AK is measured at some defined distance from the radiation emitting source and is measured in Grays. 
A related measure is the kerma area product (KAP), which takes into account the area of the x-ray field. The KAP 
is measured as the product of Grays and the area of exposure (e.g., Gy × cm2). Due to the three-dimensional 
(3-D) nature of the examination, the estimation of radiation exposure from CT requires a consideration of 
volume. The CT dose index (CTDIvol) indicates the radiation dose from a single CT slice, based on a phantom 
model. In order to account for the radiation from the entire scan, the CTDIvol is multiplied by the irradiated 
length (i.e., length of the body portion scanned) to yield the dose length product (DLP), measured in Grays 
per unit length (e.g., Gy × cm). While this metric intends to estimate dose, the individual patient may differ 
in size and composition from the phantom, and thus, DLP may indeed be more an indication of radiation 
exposure than of dose. However, these issues may be somewhat mitigated through the use of the size-specific 
dose estimate, a variation of the CTDIvol that reflects anthropometric parameters of the patient (Boone et al. 
2011). Nuclear medicine examinations expose the patient to radiation via an injected radiopharmaceutical 
rather than an external ionizing radiation field. As the radiopharmaceutical decays, ionizing radiation is 
emitted. Administered activity indicates the number of decays per second of the radiopharmaceutical and is 
measured in units of Becquerels (Bq). Radiation exposure from nuclear medicine is typically expressed using 
administered activity.

Radiation exposure metrics can be used to estimate the ED from a procedure. With knowledge of 
spatial parameters of the examination and patient-specific anthropometric data, exposure metrics from 
radiologic examinations (specifically, fluoroscopy-based procedures), such as KAP, can be used to estimate 
organ and whole-body EDs (National Council on Radiation Protection and Measurements [NCRP] 168, 
2010). ED from CT can be estimated by multiplying the DLP by a conversion factor (Huda et al. 2008). 
The value of the conversion factor is dependent on what part of the body is scanned. Estimates of ED from 
nuclear medicine procedures can be calculated using models that account for administered activity, the 
radionuclide used, and standard patient biokinetic characteristics and habitus (ICRP 53, 1988; 80, 1998; 
106, 2008). While ED was developed as a population-level metric and thus should not be considered an 
accurate depiction of radiation dose in an individual patient, converting exposure metrics to ED estimates 
facilitates the direct comparison of patient doses (and thus, relative potential risk) between different imag-
ing modalities. Furthermore, this allows for some estimation of cumulative dose for patients who undergo 
one or more procedures using different modalities, including hybrid imaging techniques such as PET/CT 
or SPECT/CT.

19.2.4 �R adiation-induced negative health effects

Exposure to ionizing radiation can cause detrimental health effects. Such effects include, but are not limited 
to, skin injury, cataracts, genetic disorders, and cancer (e.g., Dunlap 1942; Ron 1998; Koenig et al. 2001; 
Pearce et al. 2012). Radiation-induced negative health effects can be divided into two general categories: tissue 
reactions and stochastic effects.
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19.2.4.1 � TISSUE REACTIONS

In the past, some radiation-related effects were considered deterministic in nature, in that the severity of dam-
age to biological tissue increased relative to the radiation dose, with defined dose thresholds below which 
injury could not occur. These effects include skin depilation, erythema, and necrosis; cataracts; and lung fibro-
sis. Visible effects of radiation occur within a few hours to a few weeks from the time of exposure to ionizing 
radiation, with possible additional late effects many years after exposure. The mechanism for resulting injury 
was understood to be mainly from DNA or chromosomal damage leading to cellular death (Stone et al. 2003). 
However, we now know that cellular death cannot explain all the effects observed in irradiated tissue. This is 
especially true for late (often more severe) effects. Observed tissue injury may be the result of multiple pro-
cesses, including cellular death (clonogenic cell death and/or apoptosis), and inflammatory responses that 
alter cell function and molecular cell signaling (Denham et al. 2001; ICRP 118, 2012). Thus, resulting injuries 
are no longer considered strictly “predetermined” from dose, but rather modifiable (ICRP 118, 2012). A more 
suitable term for this class of radiation-related effects is tissue reactions. The threshold for a given tissue reac-
tion is typically defined as the dose above which there is a 1% incidence of that injury (ICRP 118, 2012). For 
example, skin erythema can occur above a peak skin dose of 2 Gy. More serious effects, such as skin necrosis 
or desquamation, can occur at much higher peak skin doses (>15 Gy) (see Koenig et al. 2001; Balter et al. 2010).

19.2.4.2 � STOCHASTIC EFFECTS

Stochastic effects are those where the probability of the effect occurring is a function of the radiation dose but 
the severity of that effect is not. Stochastic effects include genetic disorders and cancer (e.g., solid tumor, leu-
kemia). The mechanism for stochastic effects is DNA alterations in living cells. Unlike tissue reactions, sto-
chastic effects can occur at any dose (i.e., there is no threshold). However, there is controversy regarding the 
validity of this assertion, which we will cover in more detail in Section 19.4.2 (Evidence for stochastic effects).

19.3 � BRIEF HISTORY OF RADIATION USE IN MEDICINE

The end of the nineteenth century brought advancements in physics that made modern medical imaging 
possible. First was the discovery of x-rays by Roentgen in 1895, which led to the first x-ray photograph, a pre-
cursor to the radiogram. Roentgen’s application of x-ray photography was almost immediately put to medical 
use. This technique, facilitated by the widespread availability of the cathode-ray tube, provided the basis for 
all radiologic imaging modalities. Next was the discovery of radioactivity in 1896, credited to both Henri 
Becquerel and Marie and Pierre Curie. Radioactivity would provide the basis for nuclear medicine.

Over the next three decades, medical applications of ionizing radiation were therapeutic or for simple 
2-D imaging of bone. In 1924, de Hevesy and colleagues introduced a radiotracer method to study bone 
metabolism in animals. This technique allowed for additional diagnostic methods, such as investigation of 
in vivo circulation or blood flow. Imaging the distribution of an injected or ingested radiopharmaceutical 
was made possible with the development of scintillation detectors (e.g., gamma camera) in the 1950s. Again, 
these images were restricted to a single plane. By the 1960s, computer technology and software development 
had advanced to where radiopharmaceutical emissions data could be reconstructed to produce a topographi-
cal “mapping” of the imaged portion of the body. As described in the previous chapters of this book, this 
led to the development of SPECT, PET, and the x-ray-based CT. Thus, by the early 1970s, medical imaging 
could be used to acquire 3-D representations of the human body. More recent technological innovations have 
produced hybrid imaging techniques as focused in this book. These combine functional information from 
nuclear medicine with anatomical information from radiologic modalities. Hybrid techniques using ionizing 
radiation include SPECT/CT and PET/CT as introduced respectively in Chapters 1 and 2 of this book. More 
recent hybrid imaging capitalizes on the 3-D capabilities of MRI technology, in the form of PET/MRI as 
described in Chapter 4 of this book.

The use of medical imaging has increased steadily since its introduction to medicine over a century ago. 
However, the number of procedures per capita has increased dramatically in recent decades (United Nations 
Scientific Committee on the Effects of Atomic Radiation [UNSCEAR] 2008; Smith-Bindman et al. 2012). 
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This is likely due to both technological innovation and its application for increasingly complex procedures. 
Commensurate with increasing use is a dramatic rise in the collective dose. The NCRP estimates that during 
the period 1980 to 2006, the U.S. population’s annual per capita radiation ED from (non-therapeutic) medical 
sources increased sixfold, such that the proportion of the total dose attributed to medical imaging sources 
is now approximately equal to that from all other sources combined (NCRP 160, 2009). Worldwide, the esti-
mated contribution of medical sources to the collective dose doubled over the same period (UNSCEAR 1988, 
annex C; 2008, annex A). Much of this increase is attributed to CT, where although individual examination 
doses have decreased, the rate of use has increased (NCRP 160, 2009; Smith-Bindman et al. 2012).

As the use of medical imaging had increased over the past century, regulation and safety standards have 
evolved to meet our understanding of the negative effects of ionizing radiation. Early on, radiation safety was 
focused at limiting doses to levels that would not produce visible effects, such as skin injury or hair loss (Jones 
2005). While there were restrictions for medical use, much of the safety initiatives were aimed at minimizing 
occupational exposure (Jones 2005). In the late 1920s, organizations whose purpose was to provide scientific 
support and provide recommendations regarding protection began to form. Such organizations include pre-
cursors to the ICRP, and the NCRP. By the mid-twentieth century, the recommendations of these organiza-
tions began to include concern for those effects that are more difficult to both observe and directly attribute 
to radiation exposure, such as cancer or genetic damage. Recognizing the need to balance the substantial 
benefits of medical imaging with the potential negative effects of ionizing radiation, modern radiation pro-
tection in medicine is primarily focused on a program of procedural justification, and dose optimization 
(ICRP 26, 1977; 103, 2007).

19.4 � EVIDENCE FOR RADIATION-INDUCED EFFECTS

19.4.1 �E vidence for tissue reactions

Immediately after the discovery of x-rays, evidence of tissue reactions directly attributable to radiation was 
reported in the scientific literature (Codman 1896; Daniel 1896; Miller 1995). These were for the most part 
skin injury and hair loss. In vitro and in vivo laboratory studies in animals demonstrate the damaging effects 
of ionizing radiation on biological tissue (Biological Effects of Ionizing Radiation [BEIR] VII 2006). Evidence 
of radiation-related tissue reactions in clinical populations is based primarily on case studies of patients 
undergoing fluoroscopy-guided procedures, such as cardiac catheterization or electrophysiology studies 
(U.S. Food and Drug Administration 1994; Koenig et al. 2001). Cohort studies in cardiac populations have 
thus far yielded few tissue reactions (Vano et al. 2001, 2005; Padovani et al. 2005). This is expected, however, 
as fluoroscopy-guided cardiac procedures typically administer a peak skin dose far below the threshold to 
induce skin injury.

19.4.2 �E vidence for stochastic effects

Reports of ionizing radiation-induced stochastic effects among laboratory workers and radium dial painters 
soon followed the emergence of tissue reactions (Miller 1995; Fry 1998). Radiation-induced leukemia was 
first reported in 20 radiologists and radioisotope workers in the 1940s (Dunlap 1942). Traditionally, evidence 
for stochastic effects has come from cohort studies of atomic bomb survivors, patients undergoing radia-
tion therapy, and nuclear industry workers (Cardis et al. 1995; Ron 1998, 2003; Little 2001a,b; Little et al. 
2009), and more recently from studies of pediatric populations undergoing CT procedures (Pearce et al. 2012; 
Mathews et al. 2013). The pediatric CT population aside, the radiation dose for individuals in these popula-
tions is typically higher than that seen in clinical populations undergoing radiologic or nuclear-medicine-
based examinations or procedures. The magnitude of risk of stochastic effects resulting from radiation doses 
in the range typical of medical imaging is less certain compared to that in the relatively higher dose popula-
tions described earlier. Brenner and colleagues (2003) argued that there is good evidence of stochastic risk 
with acute doses of >50 mSv and protracted doses of >100 mSv and reasonable evidence at very low acute 
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doses (i.e., >5 mSv). Models have been developed to project risk in doses <50 mSv. The most common is the 
“linear non-threshold” (LNT) model, which assumes that there is potential for stochastic effects at any dose 
and that risk for such increases linearly with dose (NCRP 136, 2001; Upton 2003).

The LNT model has been challenged for low doses on the basis that it does not account for natural cel-
lular level protective mechanisms (e.g., DNA repair, cell elimination) or adaptive responses (e.g., hormesis/
radiation homeostasis), whereby an initial radiation exposure prepares a cell to withstand subsequent larger 
exposures, thus reducing the magnitude of biological effects (Olivieri et al. 1984). On the contrary, cellular 
interactions, whereby irradiated cells signal nearby unirradated cells to undergo mutogenesis (i.e., bystander 
effects) may result in damage in excess of LNT model predictions (Zhou et al. 2000; Brenner et al. 2001; Hall 
2003). Thus, other models, including linear quadratic, threshold, downward curving, and hormetic have been 
proposed. Despite these concerns, the NCRP (136, 2001), ICRP (99, 2005), and the UNSCEAR (2010), based 
on reviews and syntheses of the existing evidence, regard the LNT model as that best representing the cur-
rent evidence and advocate its use for purposes of protection and regulation. Furthermore, a comprehensive 
review of the evidence presented in the 2006 BEIR report concluded that, for purposes of radiation protec-
tion, the LNT model is the one that best fits the available data (BEIR 2006).

There is a scarcity of evidence of stochastic effects in clinical populations undergoing medical imaging. 
This is likely due to the substantial sample size and long-term follow-up requirements that studies need to 
overcome the number of potential confounders and the multiyear latency period between dose and observed 
onset of disease, respectively (Land 1980). A number of studies, specifically focused at children, have been 
proposed or are currently in progress to overcome these obstacles (Einstein 2012). Recently completed stud-
ies of children undergoing CT demonstrate an increased risk of solid tumor formation (most notably brain 
cancer) and leukemia (Pearce et al. 2012; Mathews et al. 2013). The findings of these studies provide support 
for the LNT model.

19.5 � IMAGING MODALITIES THAT USE IONIZING RADIATION

19.5.1 �R adiologic procedures

Radiologic imaging modalities utilize x-rays emitted from a source external to the patient. These x-rays are gen-
erated when an electron emitted from a cathode inside a vacuum tube removes an electron from a target atom 
(located on an anode). An electron from a higher shell fills the vacancy on the target atom, emitting an x-ray in 
the process. The stream of x-rays emitted from the vacuum tube is of sufficient energy to be considered ionizing 
radiation. When the x-ray beam comes into contact with biological tissue, it may be absorbed, scattered, or pass 
through without incident. As mentioned previously, absorbed x-rays can cause damage to biological tissue.

Radiologic procedures include conventional radiography (e.g., orthopedic and chest x-rays, mammog-
raphy), fluoroscopy, and CT. These procedures collectively account for the majority of imaging examina-
tions. As a result of their frequency of use and the magnitude of the acute dose from some modalities, this 
class of procedures accounts for the majority of the population collective radiation dose attributable to 
non-therapeutic medical sources. The biggest culprit is CT, accounting for roughly half of this collective 
dose (NCRP 160, 2009). The ED from a CT examination can vary dramatically depending on the procedure 
parameters, and the body area imaged. Current dose estimates for cardiac CT indicate that EDs of <1 mSv can 
be achieved with modern equipment and best practices (Achenbach et al. 2010; Leipsic et al. 2010; Schuhbaeck 
et al. 2013). This is lower than fluoroscopy-driven cardiac diagnostics (e.g., cardiac catheterization) and even 
(in the best case scenario) in the range of a chest x-ray (average ED approximately 0.1 mSv) (Mettler et al. 
2009; Schuhbaeck et al. 2013).

CT is the most commonly used radiologic modality in hybrid imaging. Thus, consideration of radiation 
dose from CT is noteworthy in hybrid imaging. Furthermore, the use of CT in conjunction with nuclear 
medicine modalities (e.g., PET, SPECT) is becoming more common in clinical practice. In fact, PET/CT sys-
tems are increasingly replacing standalone PET, as such systems are no longer available from many imaging 
device manufacturers (Hricak et al. 2010).
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19.5.2 � Nuclear medicine procedures

Imaging modalities used in nuclear medicine rely on the radioactive decay of inhaled, injected, or ingested 
radiopharmaceutical to produce images of physiological processes and function. For example, in PET, when 
the radiopharmaceutical decays, it releases positrons. These positrons collide with electrons. This collision 
results in an annihilation of both particles and the release of gamma rays. The gamma rays are “collected” by 
detectors to produce images. Thus, radiologic and nuclear medicine imaging modalities differ with respect 
to radiation in two important ways: (1) the source of the radiation (external to the patient vs. internal) and 
(2) the type of radiation (x-ray vs. both gamma ray and x-ray).

Like x-rays, gamma rays are of sufficient energy to be considered ionizing radiation. However, gamma 
rays differ from x-rays. First, gamma rays are formed inside the nucleus of an atom, whereas x-rays ema-
nate from an atomic orbital. Second, the gamma rays used in medical imaging typically have a shorter 
wavelength and, thus, higher energy. This allows gamma rays used in medical imaging to more eas-
ily penetrate matter. For purposes of radiation protection, gamma rays and x-rays are considered to 
be reasonably similar in their potential to damage biological tissue (i.e., “relative biological effective-
ness” [RBE]) (ICRP 60, 1991; 92, 2003). Thus, all gamma rays and x-rays are assigned the same radiation 
weighting factor when calculating an equivalent dose (ICRP 103, 2007). This is notwithstanding some 
laboratory evidence, which suggests that low-energy x-rays have a higher RBE compared to high-energy 
x-rays and gamma rays, due to their ability to produce lower energy secondary electrons (Hill 2004; 
Hunter and Muirhead 2009).

Nuclear medicine includes procedures using PET or SPECT systems. Radionuclide myocardial perfusion 
imaging (MPI) is a common nuclear medicine diagnostic procedure in cardiology. The estimated dose from 
typical nuclear cardiology procedures range from 2 to >20 mSv, depending on the type of procedure and the 
radioisotope and protocol used (Einstein et al. 2007; Mettler et al. 2008). For example, a cardiac stress test 
using 3.5 mCi (129.5 MBq) thallium-201 has an estimated ED of 22 mSv, compared to one using 27.5 mCi 
(1017.5 MBq) 99mTc-sestamibi where the ED is estimated at 8 mSv (Einstein et al. 2007). Actual patient doses 
from nuclear medicine procedures vary from estimated doses as a function of individual patient biokinetics 
and habitus (Mercuri et al. 2012). While nuclear-medicine-based imaging is used less often than radiologic 
procedures, due to its relatively higher average acute dose, nuclear medicine accounts for a quarter of the col-
lective dose to the U.S. population from medical sources (NCRP 160, 2009).

19.5.3 �S pecial considerations for hybrid imaging

Although various hybrid imaging techniques exist, those that combine PET or SPECT with CT are of most 
concern from the perspective of radiation protection. The combination of these modalities brings about mul-
tiple challenges for radiation dose recording and monitoring and subsequent protection strategies. The first 
challenge is related to qualitative differences between radiologic (i.e., CT) and nuclear medicine modalities 
(i.e., PET or SPECT) in how radiation is produced and measured. In radiologic modalities, which use radia-
tion fields that are generated externally to the patient, the magnitude of exposure (and subsequent dose) is 
contingent on the intensity of the radiation field, distance from the x-ray tube, field size, and duration expo-
sure. Exposure is quantified by the amount of energy transferred from the radiation field to the tissue (or air) 
in question and is estimated using kerma-based metrics. Contrast this with nuclear medicine modalities, 
where radiation exposure to the patient is due to the radioactive decay of pharmaceutical agents. In this case, 
exposure is quantified using the administered activity relative to the concentration of the radiopharmaceuti-
cal. Unfortunately, these different exposure metrics are incompatible on account that they are measured in 
different units (i.e., Grays vs. Becquerels), and thus, the individual radiation burden from each modality used 
in the hybrid procedure must be reported separately.

One solution is to convert the different exposure metrics into a common measure. As mentioned previ-
ously, ED may serve as a means to quantify the burden of radiation risk to the patient from qualitatively 
different modalities. Again, it should be emphasized that ED was not developed for use at the individual 
level; however, it may be adequate for the purpose of estimating relative dose until which time a more valid 
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and reliable measure is developed. However, estimates of ED from individual hybrid imaging procedures 
are more prone to error than are individual radiologic or nuclear medicine procedures. Whereas radiologic 
procedure doses can vary relative to differences in patient body size and tissue distribution relative to the 
radiation source, and nuclear medicine procedures relative to patient biokinetics and habitus, dose estimates 
from individual hybrid imaging procedures are affected by all of these factors.

Table 19.1  Typical EDs from nonmedical exposures and medical imaging sources

Source Typical ED (mSv)

Nonmedical exposures

Backscatter for airport screening 0.0008

One way flight, Helsinki to New York 0.05

Miner or nuclear industry worker (annual) 2

Background radiation to public (annual, worldwide) 2.4

Average annual limit, radiation workers 20

Lifetime occupational limit (Germany) 400

Noncardiac medical imaging

Chest x-ray, posteroanterior 0.02

Chest x-ray, posteroanterior and lateral 0.1

Mammogram 0.7

Head CT 2

Abdominal CT 10

Nuclear cardiology

Lowdose 99mTc stress-only (450 MBq) 3

One day rest/stress or stress/rest 99mTc (450/1350 MBq) 13

Two day 99mTc (750/750 MBq) 11
201Tl rest-redistribution (92 MBq) 11

Dual isotope (U.S. protocol) (120 MBq TI/1110 MBq 99mTc) 22
18F Fluorodeoxglucose (275 MBq) 5
82Rb rest/stress (1665/1665 MBq) 2
13N-ammonia rest/stress (555/555 MBq) 2
15O-water rest/stress (500/500 MBq) 1
153Gd Line Source attenuation correction 0.001

Cardiac CT

Attenuation correction
CT attenuation correction scan < 1

Calcium scoring
Electron beam CT 1

Multidetector-row CT 3

Coronary CT angiography
Prospectively triggered, 100 kVp 2

Prospectively triggered, 120 kVp 3

Retrospectively gated ESTCM, 120 kVp 14

Retrospectively gated, 120 kVp 20

Cardiac catheterization

Diagnostic catheterization 7

Percutaneous coronary intervention 20

Source:	 Adapted from Einstein AJ, Knuuti J, Eur Heart J, 33, 573–578, 2012.
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The second challenge is that radiation doses from individual CT, PET, and SPECT procedures may be 
relatively high among all medical imaging procedures, and thus, when combined, the result has the potential 
for a relatively high dose of radiation to the patient, compared to other imaging modalities. For example, 
in one report, ED from undergoing a combination myocardial perfusion and coronary angiography study 
with SPECT/CT using a dual isotope protocol was estimated as high as 41.5 mSv (Rispler et al. 2007). This 
likely represents the worst case scenario, as protocol optimization in each modality, facilitated by advances 
in technology since the time of that study, can greatly reduce the dose. Typical EDs from individual cardiac 
imaging exams, the components of hybrid imaging studies, are presented in Table 19.1, where they are com-
pared to doses from other medical and nonmedical radiation sources. It is evident here that use of optimized 
technique, e.g., performing MPI using a low-dose 99mTc-based protocol rather than a dual isotope protocol, 
can result in a considerable reduction in dose to the patient.

In the published literature on hybrid cardiac imaging, a variety of protocols have been used, with a cor-
responding variety of radiation doses; these are summarized in Table 19.2. This range is well illustrated in a 
study by Husmann et al. (2009), who performed stress/rest MPI with 99mTc-tetrofosmin and CT angiography 
repeated twice, using both prospective triggering and retrospective gating. ED from the MPI portion of the 
study averaged about 10 mSv; ED from CT angiography averaged 2.2 mSv for prospective triggering but 
19.7 mSv for retrospective gating. Thus, the total dose for the hybrid study was 11.8 mSv using the prospec-
tive triggering CT protocol and 30.4 mSv for the retrospective protocol. When considering just the stress 
portion of the MPI portion, i.e., stress-only imaging, the total dose for the study was 5.4 mSv and 24.1 mSv, 
respectively.

Even where it is possible to integrate the radiation burden from each modality used in hybrid imaging, a 
further challenge is how to prospectively record and monitor doses. Exposure information and subsequent 
dose estimates can be incorporated into imaging devices. Many imaging devices used in modern radiologic 
procedures offer a means to both estimate and record radiation exposure. This information, used in conjunc-
tion with procedure and patient parameters required to estimate dose, could be transferred to the Digital 
Imaging and Communications in Medicine (DICOM) header as part of a standard dose report. However, 

Table 19.2  Reported EDs for cardiac hybrid imaging procedures

Reference

Imaging 

device Study type Radiopharmaceutical

Estimated 

ED (mSv)

Rispler et al. 2007 SPECT/CT R/S MPI w. CTAC + rE-g CTA + 

CS

201Tl (R), 99mTc-

sestamibi (S)

41.5

Preuss et al. 2008 SPECT/CT R/S MPI w. CTAC 99mTc-tetrofosmin or 
99mTc-sestamibi

9.8

Husmann et al. 2009 SPECT/CT S/R MPI w. CTAC + pE-t CTA 99mTc-tetrofosmin 11.8

Husmann et al. 2009 SPECT/CT S/R MPI w. CTAC + rE-g CTA 99mTc-tetrofosmin 30.4

Husmann et al. 2009 SPECT/CT S MPI w. CTAC + pE-t CTA 99mTc-tetrofosmin 5.4

Husmann et al. 2009 SPECT/CT S MPI w. CTAC + rE-g CTA 99mTc-tetrofosmin 24.1

Pazhenkotti et al. 2010a SPECT/CT pE-t CTA + S/R MPI w. CTAC 99mTc-tetrofosmin 4.6–8.6

Pazhenkottil et al. 2011 SPECT/CT S/R MPI w. CTAC + pE-t CTA 99mTc-tetrofosmin 12

Herzog et al. 2011b SPECT/CT S MPI w. CTAC + pE-t CTA 99mTc-tetrofosmin 4.7

Flotats et al. 2011c PET/CT R/S MPI w. CTAC + pE-t CTA + CS 82Rb 13–15

Kajander et al. 2009 PET/CT R/S MPI w. CTAC + pE-t CTA + CS 15O-water 9.5

Kajander et al. 2009 PET/CT R/S MPI w. CTAC + rE-g CTA + CS 15O-water 22

Gould et al. 2008d PET/CT R/S MPI w. CTAC + CTA 82Rb 7

Note:	 R: rest; S: stress; CTA: Coronary computed tomography angiography; CTAC: CT attenuation correction; pE-t: Prospective 
ECG-TRIGGERING; rE-g: retrospective ECG-gating; CS: calcium score.

a	 MPI was not performed if CTA showed normal result.
b	 99mTc administered activity adapted to BMI was as follows: BMI < 25 kg/m2: 150 MBq, BMI ≥ 25 kg/m2: 200 MBq.
c	 Estimate based on data from Javadi et al. (2008).
d	 CTAC for whole exam was based on the post stress test only.
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critical information necessary to estimate dose from nuclear medicine procedures is not currently part of 
the system described previously (Mercuri et al. 2012). Therefore, a process must be developed such that this 
information (e.g., administered activity, radiopharmaceutical administered, etc.) can be entered into the sys-
tem and then integrated with dose information from the CT component to provide a total dose estimate for a 
given procedure. This will require the joint effort of medical societies to develop consensus on what should be 
recorded and how dose should be estimated and manufacturers to develop a means to capture and transmit 
this information to the DICOM header (Mercuri et al. 2012).

19.6 � MINIMIZING RISK

The best way to minimize risk from radiation exposure is to ensure that only those patients who can benefit 
from undergoing an ionizing radiation-based imaging examination do so (i.e., justification) and that the 
minimal amount of radiation needed to acquire the clinically necessary information is used (i.e., optimiza-
tion). Although optimization strategies can significantly reduce exposure and dose, judicious use of appro-
priateness criteria may have the most impact. Physicians should limit referring patients for hybrid imaging 
to when the diagnostic utility is expected to be high or where indicated by evidence-based clinical practice 
guidelines. Referring physicians should work closely with radiologists and imaging cardiologists to ensure 
that procedures are appropriate. Wherever possible, one could consider using hybrid devices where one com-
ponent modality does not use ionizing radiation. For example, PET/MRI may be a useful alternative to PET/
CT in the event the physicians seek to minimize radiation exposure to the patient. Furthermore, physicians 
should ensure that each component of the hybrid imaging protocol is essential to yield the necessary clini-
cal information. For example, when performing a myocardial perfusion examination with SPECT/CT or 
PET/CT, the CT component may be useful for attenuation correction and anatomical reference but may also 
offer opportunity for investigation of coronary calcium, obviating the need for an additional CT scan for 
calcium scoring (Einstein et al. 2010). When using hybrid imaging technology, routine acquisition of both 
functional and anatomical information may be unwarranted unless there is strong clinical justification for 
both. Thus, hybrid imaging technology offers greater opportunity for “test layering,” which in some cases 
may be unnecessary.

Once the appropriate examination is selected, dose optimization can be achieved through the use of 
best practices for a given procedure as described in the next two paragraphs. However, with hybrid imag-
ing, dose optimization strategies must account for each component modality—how dose is optimized dif-
fers between radiologic and nuclear medicine modalities. Again, it is important that clinicians find the 
appropriate balance between dose reduction and image quality, so that the utility of the investigation is 
maintained.

Radiation exposure from CT is primarily determined by scan parameters. Reducing x-ray tube current 
and potential can greatly reduce radiation dose. These parameters should be chosen in consideration of 
patient morphology and habitus, as well as the image reconstruction algorithm used. In general, iterative 
reconstruction methods enable the use of lower tube current and/or potential (Nelson et al. 2011). When 
performing coronary CT angiography studies, the use of ECG-controlled tube current modulation reduces 
the exposure to the patient. Newer scan modes such as axial step-and-shoot, volume, and high-pitch helical 
imaging reduce dose even more (Trattner et al. 2014).

Protocol selection can greatly affect the magnitude of exposure from nuclear medicine procedures. When 
performing MPI in patients with low pretest probability of coronary artery disease, one could consider the 
use of “stress-only” or “stress-first” protocols in patients (Chang et al. 2010). Radiopharmaceutical selection 
can influence the magnitude of dose. For example, dual-isotope protocols show higher doses despite lower 
exposure rates, due to longer half-life of the radiopharmaceutical. Radiation dose reduction can be achieved 
with the use of 99mTc agents when performing SPECT, wherever possible (Einstein et al. 2007). Recent stud-
ies suggest that the use of a Rubidium-82 or a N-13 Ammonia PET protocol has the potential to reduce dose 
further compared to standard SPECT techniques (Einstein et al. 2007; Dilsizian et al. 2009; Hunter et al. 2010; 
Senthamizhchelvan et al. 2010; Small et al. 2013).
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19.7 � CONCLUSION

Hybrid imaging technology can enhance a clinician’s ability to acquire information necessary to improve 
diagnosis and optimize patient outcomes. However, this technology presents challenges for reducing risk 
from radiation exposure. Risk of radiation-related effects could be reduced through a combination of appro-
priate use, including avoidance of unneeded layered testing, and dose optimization. Careful attention to these 
strategies will ensure a more favorable benefit-to-risk ratio for patients undergoing hybrid medical imaging 
procedures.
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Future directions for the development and 
application of hybrid cardiovascular imaging

ALBERT J. SINUSAS

20.1 � INTRODUCTION

This chapter will summarize the overall goals for developing hybrid imaging systems, multimodality imag-
ing probes, and integrated hybrid imaging approaches for the evaluation of cardiovascular disease. There 
may be advantages and challenges associated with any new hybrid technology, which will require careful 
evaluation and review. A systematic approach for evaluation of new hybrid technologies will be discussed 
relevant to assessing the advantage and impact of the new approaches for research and clinical purposes, 
with the ultimate goal of improvement of health care outcomes. The future implementation and acceptance 
of any new technology require education of all relevant parties, along with culture change, and organizational 
and institutional commitment. These advancements in multimodality imaging technology should lead to 
improved image quantification and diagnostic accuracy, thereby promoting “precision medicine,” and a more 
personalized approach to healthcare delivery.

20.2 � HYBRID IMAGING—TECHNOLOGICAL ADVANTAGE

Multimodality hybrid imaging aims to take advantage of the different physical properties of image forma-
tion for each imaging modality to create an image set with complementary (or even synergistic) information. 
The aim is to produce a superior image set for either research purposes, clinical applications, or a combi-
nation of both. For research applications, hybrid imaging methodology might simply improve quantifica-
tion of a targeted molecular probe or imaging approach or provide anatomical localization, as would be 
the case for hybrid single-photon emission computed tomography/computed tomography (CT), positron 
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emission tomography (PET)/CT, or PET/magnetic resonance (MR) imaging. Alternatively, the hybrid imag-
ing technology may provide new insight into a molecular pathway or pathophysiological process or provide 
a link between molecular processes and associated anatomical or physiological events. Clinical application 
of hybrid imaging technology may result in improved diagnostic accuracy and prognostication or facilitate 
monitoring of disease process or therapeutic intervention. For example, improved performance for risk esti-
mation by using simultaneous PET and cardiovascular magnetic resonance (CMR) imaging with incorpora-
tion of cardiac or respiratory motion correction (Petibon et al. 2017) or improved diagnostic categorization 
of patients according to differential patterns of fused PET-CMR images as in the case of evaluation of cardiac 
sarcoidosis or amyloidosis (Quail and Sinusas 2017).

Thus, the success of any multimodality imaging approach is dependent on acquiring information that 
is more valuable than that from individual components, or even the composite of the components. Ideally, 
one should obtain unique information that can be derived only using a truly integrated hybrid technol-
ogy, as opposed to acquiring images on two separate imaging systems and fusion of the datasets following 
acquisition.

20.3 � HYBRID IMAGING—TECHNOLOGICAL CHALLENGES

In contrast, if the information from different imaging modalities provides the same information simply in 
different image spaces, redundancy is introduced. Combining technologies in a single hybrid device could 
also potentially reduce the efficacy of any given technology. In the example of PET-CMR imaging, the addi-
tion of an MR magnet in the PET imaging space may limit subject eligibility for PET scanning, increase 
operational costs, prohibit the use of generator produced PET radioisotopes within the imaging room, and 
also complicate attenuation correction of PET scans (Quail and Sinusas 2017). As such, the creation of a 
hybrid device should provide a true advantage over fusion of images acquired on separate devices.

20.4 � HYBRID IMAGING PROBES

The application of hybrid imaging will require the parallel development of hybrid multimodality imaging 
probes. As outlined in Chapters 10 and 11 of this book and prior review articles (Stendahl and Sinusas 2015a, 
2015b), the development of these multimodality probes offers advantages for validation of new molecularly 
targeted probes and hybrid imaging technologies and may also provide complementary and unique informa-
tion. Since biological processes are complex and involve the interaction of multiple signaling pathways and 
physiological changes, the ability to track different processes in parallel offers a unique advantage. Taking 
advantage of the individual strength of different modality probes, multimodality imaging probes provide a 
powerful mechanism to enhance the assessment of critical pathophysiological processes and therapies. The 
visualization and colocalization of multiple molecular targets or the evaluation of molecular and physiologi-
cal biomarkers with structural changes will be critical in understanding these complex disease processes at 
the molecular level, could lead to new therapeutics, and will enable the evaluation of novel therapeutics. These 
hybrid probes, in combination with hybrid imaging technology, have facilitated the emergence of theranos-
tics, which are characterized by the integration of diagnostic probes with targeted therapeutics.

20.5 � IMPROVED IMAGE QUANTIFICATION

Hybrid imaging systems often bring together complimentary technologies that allow for improved image 
quantification, with the corrections for image resolution, cardiac and respiratory motion, scatter between 
organs, tissue attenuation, and partial volume errors (Slomka 2017). Many hybrid imaging systems bring 
together components that have complementary strengths, for example, high resolution versus high sensitiv-
ity. The improvement in image quantification may be through anatomical colocalization with the correction 
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for partial volume errors or the use of kinetic modeling. More specifically, the kinetic modeling of a tracer 
may be improved with better identification and characterization of specific tissue compartments.

20.6 � SWOT ANALYSIS OF NEW HYBRID TECHNOLOGY

When considering implementation of a new hybrid imaging technology, one needs to take into account a 
structured strengths, weaknesses, opportunities, and threats (SWOT) analysis, which involves evaluation of 
the relevant internal strengths and weaknesses of any given technology, as well as external opportunity and 
threats associated with competitive technologies, or the use of the technologies separately (Ciarmiello and 
Hinna 2016). This analysis needs to involve all the stakeholders: promoters of technology, researchers, clini-
cians, and decision makers. Only recently has structured SWOT analysis been introduced in healthcare sys-
tems in evaluation of new technologies (van Wijngaarden, Scholten, and van Wijk 2012; Kashyap et al. 2013).

A scoring system can be used to assign importance of factors that might present new opportunities or 
threats based on the likelihood of impact on current practices within an organization. Similarly, strengths 
and weaknesses can be assessed using a scoring system that allows the factors to be identified according to 
their significance (major, minor, neutral) and level of importance (high, medium, low) (Ciarmiello and Hinna 
2016). Again, any careful structured quantitative analysis of the relative advantages and disadvantages of a 
hybrid technology must involve all the stakeholders.

20.7 � CULTURE LAG

Introduction of any new hybrid systems may lead to anxiety, confusion, and the inefficient deployment of the 
new resources. Culture lag is considered an important aspect of social change and evolves, accumulating as a 
result of invention, discovery, and dispersion (Brinkman and Brinkman 1997). Any delay in developing the 
appropriate knowledge and skills needed to optimally implement a technology may impact on the efficient 
use of new hybrid imaging resources within the research or healthcare environment.

The implementation of any new hybrid technology may involve the emergence of new professional identity 
and intercollegiate interactions. The advancement of a new technology may necessitate the establishment of 
new professional training pathways and creation of professional society guidelines for training and appropri-
ate utilization, or even creation of new professional organizations or societies. This might lead to changes in 
certification policy and professional licensing, which may result in an occupational shift and domain owner-
ship. New technology can also require and result in changes in state or federal policy, as the shift in technol-
ogy may have relevance to regulatory or licensing authorities (Griffiths 2016).

20.8 � CHANGE IN PRACTICE

Introduction of new hybrid equipment will foster new imaging techniques and approaches that will lead to 
new clinical partnerships and clinical pathways and may eventually result in a change in clinical practice (see 
Figure 20.1). This transition may require restructuring of the environment and creation of new operational 
communities. To ensure appropriate adaptation and utilization of a new hybrid technology, new quality con-
trol measures and appropriate use criteria will need to be established. Also, any new hybrid technology will 
need to be evaluated in the context of existing technologies in balance with the needs of the patients and sup-
port of local and federal regulatory agencies. Without financial reimbursement for use of an emerging hybrid 
technology, the technology is not likely to gain widespread utilization and will remain a research instrument 
at select institutions.

For any changes in practice to occur, there needs to be education and training of imaging technologists 
and physicians, and this needs to be followed by outreach and education of the clinical community. The 
outreach must be directed to clinical subspecialty organizations involved in establishing clinical guidelines 
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and appropriate use criteria and followed by outreach to patient advocacy groups. This final stage of outreach 
must incorporate with patient education.

20.9 � FUTURE DIRECTIONS

The future of hybrid cardiovascular imaging will likely involve the delivery of novel theranostics and the inte-
gration of multimodality probes and hybrid imaging technology with image-guided therapeutic interven-
tions. One future goal would be to bring molecular and/or physiological images and coregistered anatomical 
images generated on a hybrid imaging system into the anatomic space of a cardiovascular interventional suite 
or a hybrid operating room in order to direct therapies using image guidance. The approach might involve 
the intra-arterial or intramyocardial delivery of imageable therapeutics (theranostics) under direct image 
guidance. This could involve the use of external hybrid imaging systems or multi-modality hybrid imaging 
catheters, or both types of hybrid systems. This image-guided approach would allow for tracking of the initial 
delivery and retention of therapies whether they are biochemical, cellular, genetic, or polymer based. New 
therapies may involve the local delivery of therapeutic agents via engineered polymers that are molecularly 
targeted to the area and slowly release the therapy based on the local environment. These polymers can be 
bioresponsive so that the degradation of the polymer and slow and sustained release of the therapy is based 
on the local environmental conditions (i.e., pH or enzyme activity) (Purcell et al. 2014).

The advancements in multimodality cardiovascular imaging technology and probes outlined in this text-
book should lead to improved image quantification and diagnostic accuracy, thereby promoting a more pre-
cise and personalized approach to healthcare delivery.
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APDs, see Avalanche photodiodes (APDs)
Application-specific integrated circuit (ASIC), 58
“As low as reasonably achievable” (ALARA 

principle), 425
Atherosclerosis, 372
Atherosclerosis, hybrid intravascular imaging in the 

study of, 185–209
angioscopy, 189
future developments in intravascular hybrid 

imaging, 198–200
future perspective in hybrid intravascular 

imaging, 200–201
future trends in intravascular imaging, 191–192
integration of intravascular imaging 

technologies, 192
intravascular magnetic resonance imaging, 191
intravascular magnetic resonance spectroscopy, 

190–191
intravascular scintillation probes, 192
IVUS, 188–189
IVUS and computed tomography, fusion of, 

194–195
IVUS and intravascular photoacoustic imaging, 

combined, 198
IVUS and near-infrared spectroscopy imaging, 

combined, 195–197

IVUS and optical coherence tomography 
imaging, fusion of, 198

IVUS and time resolved fluorescence 
spectroscopy, fusion of, 200

IVUS and x-ray angiography, fusion of, 193–194
near-infrared fluorescence imaging, 192
near-infrared spectroscopy, 190
optical coherence tomography, 190
optical coherence tomography and coronary 

angiography, fusion of, 197
optical coherence tomography and near-infrared 

fluorescence spectroscopy, fusion of, 
199–200

photoacoustic imaging, 191
Raman spectroscopy, 191
software and methodologies for co-registration 

of intravascular imaging data, 193–197
thermography, 189
time-resolved fluorescence spectroscopy, 192

Atherosclerotic plaque
characterization of, 172–173
imaging of, 48–49
multimodality probes for imaging of, 251–255
PET-CT imaging of, 49

ATP, see Adenosine triphosphate (ATP)
Attenuation correction (AC), 15, 302
Avalanche photodiodes (APDs), 77

B

Bioluminescent imaging (BLI), 214, 394
Birdcage (BC) quadrature transmit/receive 

radiofrequency (RF) coils, 59
Body mass index (BMI), 47
Bolus tracking, 46
BrainPET, 79
Bremsstrahlung (‘braking’ radiation), 18

C

CABG, see Coronary artery bypass surgery (CABG)
CAC, see Coronary artery calcification (CAC)
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CAD, see Coronary artery disease (CAD)
Cadmium-zinc-telluride (CZT) detectors, 

10, 59, 331
Cardiac MRI (CMR), 95
Cardiac sarcoidosis (CS), 50–51
C-arm systems, 139
CAS, see Coronary angioscopy (CAS)
CCD camera, see Charge-coupled device (CCD) 

camera
CCS, see Coronary calcium scoring (CCS)
CCTA, see Coronary CT angiography (CCTA)
Central Section Theorem, 12
Charge-coupled device (CCD) camera, 120
Chemical exchange saturation transfer (CEST), 214
CMR, see Cardiac MRI (CMR)
CoA, see Acyl-Coenzyme A (CoA)
Collimators, 8–10

multipinhole, 59, 60
parallel-hole, 8–9, 320
pinhole, 9–10

Combined ultrasound and photoacoustic imaging, 
see Ultrasound and photoacoustic (PA) 
imaging (combined)

Common volume-of-view (CVOV), 58
Complementary spatial modulation of 

magnetization (C-SPAMM) sequence, 
85

Computed tomographic angiography (CTA), 19, 299
evaluation of with PET-CT, 350–352
integration of MPI and, 303–307
registration of SPECT with, 273–274

Computed tomography (CT), 4, 17–22; see also 
CT-MRI; PET-CT; X-ray CT principles

advantages and disadvantages of SPECT/CT, 21
attenuation correction (CTAC), 39
basics, 17–19
beam hardening, 18
Bremsstrahlung (‘braking’ radiation), 18
correction of nuclear medicine images, 19–20
dose index, 427
fast-rotation CT, 20–21
fusion of intravascular ultrasound and, 194–195
helical scanning, disadvantage of, 18
high-speed rotation, 19
hybrid SPECT/CT camera designs, 20–21
slow-rotation CT, 20
synergy of SPECT and CT, 21–22

Computed tomography (CT) imaging techniques, 
44–47

coronary artery calcium, 46
coronary CT angiography, 44–46

CT-fractional flow reserve, 47
CT myocardial perfusion imaging (CTP), 46–47

Contrast agents, see Multimodal contrast agents, 
cardiovascular applications of hybrid 
optical imaging using

Coronary angioscopy (CAS), 380
Coronary artery bypass surgery (CABG), 49
Coronary artery calcification (CAC), 46
Coronary artery disease (CAD), 47–48, 96

CT-MRI diagnosis of, 98–99
obstructive, 352

Coronary artery disease (CAD), PET-CT detection 
of, 350–356

added value of hybrid PET-CT (case 
illustrations), 354–356

hybrid cardiac PET-CT imaging (clinical data), 
353–354

strengths and weaknesses of separate modalities, 
350–353

Coronary calcium scoring (CCS), 97
Coronary CT angiography (CCTA), 44, 96
CS, see Cardiac sarcoidosis (CS)
C-SPAMM sequence, see Complementary 

spatial modulation of magnetization 
(C-SPAMM) sequence

CT, see Computed tomography (CT)
CTA, see Computed tomographic angiography 

(CTA)
CT-MRI, 95–115

applications for CT-MRI fusion and 
coregistration, 97–101

CAD diagnosis, 98–99
cardiac CT technology, 102
CMR scan protocol parameters, 106
CMR technology, 102–107
CT-MRI scanner design, 109–111
CT scanner attributes, 103
CT scan protocol parameters, 104–105
CT subsystem, 109–110
current technology, 102–107
future technology, 107–111
image registration accuracy, 100
MRI subsystem, 110–111
omni-tomography, 107–108
proof-of-concept prototypes, 111
real-time surgical intervention, 100
research survey, 101
revascularization planning, 98

CVOV, see Common volume-of-view (CVOV)
CZT detectors, see Cadmium-zinc-telluride (CZT) 

detectors
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D

Development and application of hybrid 
cardiovascular imaging, future directions 
for, 439–443

change in practice, 441–442
culture lag, 441
hybrid imaging probes, 440
improved image quantification, 440–441
SWOT analysis of new hybrid technology, 441
technological advantage, 439–440
technological challenges, 440

Digital Imaging and Communications in Medicine 
(DICOM), 419, 433

Digitally reconstructed radiograph (DRR), 147
Dixon-VIBE sequence, 82
Dose length product (DLP), 427
Dual-detector gamma camera, 320
Dynamic-cine acquisitions, 35
Dynamic SPECT quantification, 332–340

dynamic SPECT using dedicated cardiac SPECT, 
338–339

estimating kinetic parameters directly from 
projection data, 337–338

estimating time activity curves directly from 
projection data, 334–337

hardware, pharmaceutical, and modeling 
developments, 332–334

time-varying activity concentrations, 334

E

EC, see Electron capture (EC)
ECG gating, see Electrocardiography (ECG) gating
Echocardiography, see X-ray 

fluoroscopy–echocardiography
Echocardiography (ECHO) markers, 50
Effective dose, 426
Effective scatter source estimation (ESSE), 324
Electrocardiography (ECG) gating, 35, 96, 271
Electron capture (EC), 4
Endocarditis, 51
Endothelial progenitor cells (EPCs), 223
Equivalent dose, 426
ESSE, see Effective scatter source estimation (ESSE)

F

Factor analysis of dynamic structures (FADS), 334
Fast-rotation CT, 20–21
FBP, see Filtered backprojection (FBP)

FDG, see Fluorodeoxyglucose (FDG)
FD-OCT, see Frequency domain (FD)-OCT
FFR, see Fractional flow reserve (FFR)
Field of view (FOV), 9, 29, 327
Filtered backprojection (FBP), 11–12, 31, 102
Fluorescence lifetime imaging microscopy (FLIM), 124
Fluorescence molecular tomography (FMT), 125, 394
Fluorodeoxyglucose (FDG), 76, 218
4-D SPECT/MR registration, 279
FOV, see Field of view (FOV)
Fractional flow reserve (FFR), 47
Frequency domain (FD)-OCT, 197
Full-width half-maximum (FWHM), 8, 323

G

Gamma camera(s), 5–10
cadmium-zinc-telluride detectors, 10, 59, 331
collimators, 8–10
dual-detector, 320
energy and spatial resolution, 7–8
multiple, 333
NaI(Tl) scintillation detector, 5–6
photomultiplier tubes, 6
positioning electronics, 7
resolution, 16

GCA, see Giant-cell arteritis (GCA)
Geiger-mode APDs (GAPDs), 81
Generalized autocalibrating partially parallel 

acquisitions (GRAPPA) algorithm, 87
Giant-cell arteritis (GCA), 51
Green fluorescence protein (GFP), 245

H

Hardware fusion, 301
Harmonic phase imaging (HARP), 85
HDL, see High-density lipoprotein (HDL)
HDL-like nanoparticles, 244
Heart failure, 50
Heart rate (HR), 35
Herpes simplex virus type 1 thymidine kinase 

(HSV1-tk), 225, 245
High-density lipoprotein (HDL), 241
Hounsfield units (HU), 33
HR, see Heart rate (HR)
Hybrid PET/CT, see PET-CT
Hybrid PET-MRI imaging, see PET-MRI imaging, 

quantitative analyses and case studies of
Hybrid x-ray luminescence and optical imaging, 

see X-ray luminescence/optical imaging
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I

IC, see Internal conversion (IC)
ICE, see Intracardiac echo (ICE)
ICG, see Indocyanine green (ICG)
Image fusion, hybrid instrumentation versus, 

415–424
abbreviations, 422
hybrid instrumentation/hardware techniques, 

benefits and challenges of, 416–417
multibrid visualization, 416
socioeconomic challenges, 420–421
software image fusion techniques, benefits of, 

417–418
synergistic challenges, 419–420
technical challenges, 418–419

Indocyanine green (ICG), 169
Instrumentation, see Image fusion, hybrid 

instrumentation versus
Integrated PET and MRI of the heart, 75–93

cardiac motion correction, 86–87
combined cardiac/respiratory motion correction, 87
current state-of-the-art instrumentation, 78–81
early instrumentation approaches, 78
future developments in instrumentation, 81
image-based radiotracer arterial input function 

estimation, 88–89
instrumentation, 78–81
motivation, 76–77
MR-based photon attenuation correction, 81–84
nonrigid body MR-assisted PET motion 

correction, 85–87
partial volume effect correction, 87–88
respiratory motion correction, 85–86
spill-over and spill-in effects, 87
technical challenges, 77–78

Internal conversion (IC), 4
Intracardiac echo (ICE), 140
Intravascular imaging, see Atherosclerosis, hybrid 

intravascular imaging in the study of
Intravascular photoacoustic (IVPA) imaging, 191, 

198, 380
Intravascular scintillation (IVS), 192
Intravascular ultrasound (IVUS), 130, 188–189

combined intravascular photoacoustic imaging 
and, 198

combined near-infrared spectroscopy imaging 
and, 195–197

fusion of computed tomography and, 194–195
fusion of optical coherence tomography imaging 

and, 198

fusion of time resolved fluorescence spectroscopy 
and, 200

fusion of x-ray angiography and, 193–194
Inversion recovery with on-resonance water 

suppression (IRON), 216
Ionizing radiation, 426
IVPA imaging, see Intravascular photoacoustic 

(IVPA) imaging
IVS, see Intravascular scintillation (IVS)
IVUS, see Intravascular ultrasound (IVUS)

K

Krebs cycle, 43
k-t focal underdetermined system solver (kt-FOCUSS) 

algorithm, 87

L

Late gadolinium enhancement (LGE), 289
LDL, see Low-density lipoprotein (LDL)
Linear discriminant analysis (LDA), 125
Line of response (LOR) projections, 29
Lipopolysaccharide (LPS), 240
LOR projections, see Line of response (LOR) 

projections
Low-density lipoprotein (LDL), 222, 244
LPS, see Lipopolysaccharide (LPS)
Lutetium oxyorthosilicate (LSO), 78

M

Magnetic resonance imaging (MRI), 51, 75; see also 
Integrated PET and MRI of the heart

Magnetic resonance imaging (MRI), integration of 
MPI and, 306–308

Magnetic resonance imaging (MRI) probes, 214–218
CEST probes, 218
paramagnetic MRI probes, 214–215
superparamagnetic MRI probes, 215–218

Matrix metalloproteinase (MMP), 223
Maximum likelihood expectation maximization 

(MLEM) technique, 324
MBF, see Myocardial blood flow (MBF)
MDCT, see Multidetector CT (MDCT)
Merging of optical with other imaging approaches, 

377–411
abbreviations, 400–401
cardiovascular applications of hybrid NLOM 

techniques, 398–400
combined IVUS and OCT, 380–382
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combined IVUS and PA imaging, 386–390
hybrid CAS techniques, 382
hybrid intravascular fluorescence imaging 

techniques, 384–386
hybrid intravascular positron detection and OCT, 

390–391
hybrid intravascular spectroscopy techniques, 

382–384
intravascular imaging of coronary 

atherosclerosis, 378–392
merging intravascular imaging with coronary 

angiography, 391–392
multimodal contrast agents, cardiovascular 

applications of hybrid optical imaging 
using, 394–398

noninvasive combined US and PA carotid artery 
imaging, 392

prospective outlook for hybrid intravascular 
optical imaging techniques, 392

Mesenchymal stem cells (MSCs), 216, 223
MI, see Myocardial infarction (MI)
MLEM technique, see Maximum 

likelihood expectation maximization 
(MLEM) technique

MMP, see Matrix metalloproteinase (MMP)
MPCs, see Multipotent progenitor cells (MPCs)
MPH collimators, see Multipinhole (MPH) 

collimators
MPI, see Myocardial perfusion imaging (MPI)
MPS, see Myocardial perfusion SPECT (MPS)
MRI, see Magnetic resonance imaging (MRI)
MSCs, see Mesenchymal stem cells (MSCs)
MSOT, see Multispectral optoacoustic 

tomography (MSOT)
Multibrid visualization, path to, see Image fusion, 

hybrid instrumentation versus
Multidetector CT (MDCT), 48, 96
Multimodal contrast agents, cardiovascular 

applications of hybrid optical imaging 
using, 394–398

combined nuclear and optical imaging, 397–398
combined optical and MRI, 394–396
combined x-ray computed tomography and 

fluorescence molecular tomography, 394
PA imaging of cardiac tissue, 398

Multimodality image fusion, 299–317
abbreviations, 313
hardware fusion, 301
integration of MPI and CTA, 303–307
integration of MPI and magnetic resonance 

imaging, 306–308

multimodality image fusion interpretation, 313
PET/CT and SPECT/CT attenuation correction, 

302–303
quantitative versus visual assessment, 310–311
radiation dose, 311–312
software fusion, 300–301
workflow and costs, 312
working definitions, 300–301

Multimodality probes, preclinical evaluation of, 
213–236

MRI probes, 214–218
multimodality probes, 227–228
optical probes, 224–225
radionuclide probes, 219–222
reporter gene/probes, 225–227
ultrasound probes, 223–224
x-ray probes, 218–219

Multimodality probes for cardiovascular imaging, 
237–266

aortic aneurysm, 256
apoptosis, 246
atherosclerosis and vulnerable plaque, 251–255
cardiovascular applications, 246–257
cell tracking, 256–257
clinical and experimental significance, 259
inflammation, 246–251
liposomes and micelles as multimodality carriers, 

238–240
macromolecular carriers and small molecule 

probes, 245
nanoparticles, 240–244
reporter genes, 245–246
theranostics, 258–259

Multipinhole (MPH) collimators, 59, 60
Multipotent progenitor cells (MPCs), 224
Multispectral optoacoustic tomography (MSOT), 165
Myocardial blood flow (MBF), 31
Myocardial infarction (MI), 44
Myocardial perfusion imaging (MPI), 40, 299
Myocardial perfusion SPECT (MPS), 273
Myocarditis, 369
Myocardium and cardiovascular function, 

evaluation and monitoring of, 174–175

N

NaI(Tl) scintillation detector, 5–6
Nanoparticles, 240–244

dendrimers, 243–244
HDL-like nanoparticles, 244
iron oxide, 242



450  Index

polymers, 243
quantum dots, 241–242
silica, 242–243

Nanophosphor, x-ray/optical luminescence imaging 
with, 120–121

Nd:YAG lasers, see Neodymium-doped yttrium 
aluminum garnet (Nd:YAG) lasers

Near-infrared spectroscopy imaging
combined intravascular ultrasound and, 195–197
fusion of optical coherence tomography, 199–200

Neodymium-doped yttrium aluminum garnet 
(Nd:YAG) lasers, 159

NIR fluorescence (NIRF), 129
Non-ionizing radiation, 426
Nonlinear optical microscopy (NLOM), 378, 398–400

O

OCT, see Optical coherence tomography (OCT)
Omni-tomography, 107–108
OPOs, see Optical parametrical oscillators (OPOs)
Optical approaches, see Merging of optical with 

other imaging approaches
Optical coherence tomography (OCT), 130, 190, 380

combined IVUS and, 380–382
frequency domain-, 197
hybrid intravascular positron detection and, 390–391

Optical parametrical oscillators (OPOs), 159
Optical probes, 224–225
Optical resolution PA microscopy (OR-PAM), 157
Ordered subset expectation maximization (OSEM) 

algorithm, 12

P

PA, see Photoacoustic (PA) imaging
PACS (Picture Archiving and Communication 

Systems), 418–419
PAH, see Pulmonary arterial hypertension (PAH)
Parallel-hole collimators, 8–9, 320
Percutaneous coronary intervention (PCI), 48, 380
Perfluorocarbon (PFC) nanoparticle, 215
PET, see Positron emission tomography (PET)
PET-CT, 27–55

acquisition data padding, 45
aortitis, 51
atherosclerotic plaque, imaging of, 49
attenuation correction, 302
cardiac sarcoidosis, 50–51
cardiac stem-cell tracking, 50
clinical applications, 47–51

coincidence detection, 28–30
coronary artery disease, 47–48
CT imaging techniques, 44–47
data storage, correction, and image 

reconstruction, 30–31
detection of subclinical coronary disease, 48
dynamic-cine acquisitions, 35
endocarditis and device infection, 51
heart failure, 50
high-resolution PET imaging for, 270
inflammation, 51
metabolic and viability imaging of myocardium, 49
PET imaging techniques, 36–44
prompt-gamma coincidences, 28
prospectively gated acquisitions, 35
pulmonary arterial hypertension, 49–50
quantification, 31
radiotracers, 28
registration of CT maps for attenuation 

correction on, 277–279
renin-angiotensin system, 50
respiratory gating for, 271
retrospectively gated acquisitions, 35
sympathetic innervation, 50
test bolus vs. bolus tracking, 45
x-ray CT principles, 32–36

PET-CT, evaluations of cardiovascular diseases 
with, 351–362

detection of CAD, 350–356
open issues and future perspectives, 357–359

PET-MRI imaging, quantitative analyses and case 
studies of, 365–376; see also Integrated 
PET and MRI of the heart

acute MI, 367
amyloidosis, 371
Anderson-Fabry disease, 370
atherosclerosis, 372
cardiac applications, 366–372
inflammatory response after acute MI, 368
interstitial space, 370–372
myocardial perfusion, 366–367
myocardial tissue characterization by PET/MRI, 

367–370
myocarditis, 369
sarcoidosis, 369
stem cell tracking, 372
sympathetic innervation, 368–369
T1 mapping and extracellular volume, 370–371
workflow, 366

PFC nanoparticle, see Perfluorocarbon (PFC) 
nanoparticle
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Photoacoustic (PA) imaging, 165–171; see also 
Ultrasound and photoacoustic (PA) 
imaging (combined)

clinical translation of, 175–178
combined IVUS and, 386–390
of endogenous tissue, 168–169
of exogenous contrast agents, 169–171
safety of, 177–178
sPA imaging, 165–166
thermal PA imaging, 166–168

Photoacoustic (PA) imaging instrumentation and 
systems, 158–165

acoustic detection, 160–161
IVUS and IVPA imaging (catheter and system 

design), 163–165
optical excitation, 158–160
signal acquisition and image reconstruction, 

161–162
small-animal PA imaging systems, 162–163

Photomultiplier tube (PMT), 6, 77
Photon attenuation correction, MR-based, 81–84

continuous-valued attenuation maps, 83
discrete-valued attenuation maps, 82–83
use of emission data to iteratively improve the 

attenuation map, 84
Pinhole collimators, 9–10
PMT, see Photomultiplier tube (PMT)
Point-spread function (PSF), 8, 31
Position-sensitive APDs (PSAPDs), 79
Positron emission tomography (PET), 28, 36–44; see 

also Integrated PET and MRI of the heart; 
PET-CT; PET-MRI imaging, quantitative 
analyses and case studies of

cell signaling, 44
dynamic imaging for quantification of 

physiologic and molecular function, 
40–44

ECG-gated imaging of ventricular function, 38
metabolism, 42–44
perfusion, 40–42
respiratory-gated imaging, 39–40
whole-body imaging of tracer biodistribution, 38

PRF, see Pulse repetition frequency (PRF)
Probes, see Multimodality probes, preclinical 

evaluation of
Prompt-gamma coincidences, 28
Prospectively gated acquisitions, 35
PSAPDs, see Position-sensitive APDs (PSAPDs)
PSF, see Point-spread function (PSF)
Pulmonary arterial hypertension (PAH), 49–50
Pulse repetition frequency (PRF), 159

Q

Q-switched neodymium-doped yttrium aluminum 
garnet lasers, 159

Quantitative cardiac SPECT/CT, see Single photon 
emission computed tomography (SPECT), 
quantitative cardiac

Quantitative coronary angiography (QCA), 130, 186
Quantitative perfusion SPECT (QPS) software, 280
Quantum dots (QDs), 126, 224, 241–242

R

Radiation dose (multimodality image fusion), 311–312
Radiation safety, 425–438

absorbed dose, 426
administered activity, 427
air kerma, 427
dose metrics, 426–427
effective dose, 426
equivalent dose, 426
evidence for radiation-induced effects, 429–430
exposure metrics, 427
history of radiation use in medicine, 428–429
imaging modalities that use ionizing radiation, 

430–434
ionizing vs. non-ionizing radiation, 426
minimizing risk, 434
nuclear medicine procedures, 431
radiation-induced negative health effects, 427–428
radiologic procedures, 430
special considerations for hybrid imaging, 

431–434
tissue reactions, 428

Radionuclide probes, 219–222
Radiotracers, PET-CT, 28
Raman spectroscopy, 191, 384
Ramp artifact, 14
Ramp filter, 12
RAS, see Renin-angiotensin system (RAS)
RBE, see Relative biological effectiveness (RBE)
Recent developments and applications, 269–297

automated image registration techniques for 
hybrid imaging, 273–279

cardiac applications for hybrid PET/MRI, 288–290
challenges and future possibilities, 291–292
coronary 18F-FDG hybrid PET/coronary CTA 

imaging, 286–287
correction of spatial registration for hybrid PET/

CTA data, 274–276
enhanced PET resolution, 270
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4-D SPECT/MR registration, 279
18F-sodium fluoride imaging, 287–288
high-resolution PET imaging for hybrid PET/

CT, 270
hybrid PET/SPECT imaging combined with 

calcium scan from CT, 280–285
hybrid vascular imaging, 285–288
improved diagnostic accuracy with hybrid 

SPECT/PET and coronary CTA, 279–280
motion-frozen techniques, 272
registration of CT maps for attenuation 

correction on hybrid PET/CT, 277–279
registration of SPECT with coronary CTA, 

273–274
respiratory gating for hybrid PET/CT, 270–271

Region of interest (ROI), 107, 418
Regularized HARmonic phase (r-HARP), 85
Relative biological effectiveness (RBE), 431
Renin-angiotensin system (RAS), 44, 50
Reporter gene/probes, 225–227, 245–246

MRI reporter gene/probe, 225
optical reporter gene probes, 227
PET/SPECT reporter gene/probe, 225–227

Resolution recovery, 16
Respiratory-gated imaging, 39–40
Retrospectively gated acquisitions, 35
ROI, see Region of interest (ROI)

S

Sarcoidosis, 369
Scatter correction (SC), 15
Scintillators, x-ray/optical luminescence imaging 

with, 121
Signal-to-noise ratio (SNR), 59, 78
Silicon photomultipliers (SiPMs), 77
Single photon emission computed tomography 

(SPECT), 39, 302; see also SPECT/MR 
imaging system, second-generation 
whole-body small-animal

Single photon emission computed tomography 
(SPECT), principles and instrumentation 
of, 3–25

attenuation, 14–15
cadmium-zinc-telluride detectors, 10
collimators, 8–10
computed tomography, 17–22
distance-dependent collimator resolution, 16
energy and spatial resolution, 7–8
factors that influence SPECT image quality, 

14–17

filtered backprojection, 11–12
gamma camera, 5–10
iterative reconstruction, 12–14
NaI(Tl) scintillation detector, 5–6
patient motion, 16–17
photomultiplier tubes, 6
positioning electronics, 7
radioisotopes used in SPECT, 4–5
ramp filter, 12
sampling requirements, 11
scatter, 15–16
3-D image reconstruction, 11–14

Single photon emission computed tomography 
(SPECT), quantitative cardiac, 319–349

attenuation compensation, 323–324
correction of projection truncation, 327–328
distance-dependent resolution and partial 

volume compensation, 325–326
dynamic SPECT quantification, 332–340
image degradation, 322–323
image formation, 320–322
image restoration, 323–327
motion correction for dedicated cardiac SPECT, 

331–332
motion correction for parallel-hole SPECT, 

328–330
partial volume compensation for low-dose 

dedicated cardiac SPECT, 326–327
scatter estimation and compensation, 324–325

Single-walled carbon nanotubes (SWNTs), 169, 224
Sinogram, 30, 322
SiPMs, see Silicon photomultipliers (SiPMs)
Slow-rotation CT, 20
SNR, see Signal-to-noise ratio (SNR)
Software fusion, 300–301
Software image fusion techniques, benefits of, 

417–418
SPECT, see Single photon emission computed 

tomography (SPECT)
SPECT/MR imaging system, second-generation 

whole-body small-animal, 57–73
completed SPECT/MR insert, 62
fabrication of MR-compatible MPH collimators, 

61
MPH collimator design, 60–61
MR-compatible SPECT insert, 59
simultaneous dynamic SPECT/MRI, 66, 69–70
simultaneous static SPECT/MRI, 65–66, 68–69
SPECT/MR insert, SPECT imaging 

characteristics of, 64, 67
SPECT system calibration and correction, 62–64
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3-D corrective and sparse-view mph SPECT 
image reconstruction method, 64, 68

transmit/receive quadrature BC RF coil design 
and fabrication, 61–62

SPIO-based agents, see Superparamagnetic iron 
oxide (SPIO)-based agents

SPR, see Surface plasmon resonance (SPR)
Standardized uptake value (SUV), 82
Stem cell tracking, 50, 218, 372
STICH trial, see Surgical treatment for ischemic 

heart failure (STICH) trial
Strengths, weaknesses, opportunities, and threats 

(SWOT) analysis, 441
Subclinical coronary disease, detection of, 48
Superparamagnetic iron oxide (SPIO)-based agents, 

215
Surface plasmon resonance (SPR), 171
Surgical treatment for ischemic heart failure 

(STICH) trial, 49
SUV, see Standardized uptake value (SUV)
SWNTs, see Single-walled carbon nanotubes (SWNTs)
SWOT analysis, see Strengths, weaknesses, 

opportunities, and threats (SWOT) analysis
Synchrotron-based x-ray fluorescent microscopy 

(SXRF), 122

T

TACs, see Time-activity curves (TACs)
Takayasu’s arteritis, 51
Target to background ratio (TBR), 287
TCFA, see Thin-cap fibroatheromas (TCFA)
TEE, see Transesophageal echo (TEE)
TEW, see Triple energy window (TEW)
TFR gene probe, see Triple fusion reporter (TFR) 

gene probe
Thermal PA (tPA) imaging, 166–168
Thin-cap fibroatheromas (TCFA), 378
Time-activity curves (TACs), 333
Time-resolved fluorescence spectroscopy (TRFS), 

192, 200
Tissue fraction, definition of, 88
tPA imaging, see Thermal PA (tPA) imaging
Transesophageal echo (TEE), 140, 144, 146
Transthoracic echo (TTE), 140
TRFS, see Time-resolved f luorescence 

spectroscopy (TRFS)
Triple energy window (TEW), 324
Triple fusion reporter (TFR) gene probe, 214
TTE, see Transthoracic echo (TTE)
Tube current, 32

Tube voltage, 32
Tumor necrosis factor (TNF)-a, 250

U

Ultrasound and photoacoustic (PA) imaging 
(combined), 153–184

abbreviations, 178–179
applications in cardiovascular medicine, 171–175
atherosclerotic plaques, characterization of, 

172–173
challenges for real-time clinical PA imaging, 

176–177
clinical translation of PA imaging, 175–178
imaging depth and spatial and temporal 

resolution of PA imaging, 157–158
myocardium and cardiovascular function, 

evaluation and monitoring of, 174–175
PA imaging, 165–171
PA imaging instrumentation and systems, 158–165
PA pressure generation, 155–157
safety of PA imaging, 177–178
therapy guidance, 175

Ultrasound probes, 223–224
Ultrasound targeted microbubble destruction 

(UTMD), 223

V

Vascular cell adhesion molecule (VCAM)-1, 250
Visual tracking system (VTS), 329
Volume of interest (VOI), 326

X

XLCT, see X-ray luminescence CT (XLCT)
X-ray angiography (XA), 130, 193–194
X-ray CT principles, 32–36

cone-beam reconstruction, 36
data acquisition, 33–35
dual-source and dual-energy systems, 36
dynamic-cine acquisitions, 35
history, 32
iterative and model-based reconstruction, 36
multislice detection geometry, 35–36
prospectively gated acquisitions, 35
radiodensity quantification (HU), 33
retrospectively gated acquisitions, 35
2D reconstruction (full-scan and half-scan), 33
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