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Abstract
Hyperpolarized-gas MRI using 3He or

129

Xe is an evolving technology for providing

images of the lung with high spatial and temporal resolution. The associated acquisition
strategies, such as ventilation imaging and

129

Xe dissolved-phase imaging, have great

potential to yield a comprehensive morphologic and functional assessment of the
lung. The goal of this dissertation was to advance hyperpolarized-gas MRI by addressing
three specific needs: (1) robust and rapid calibration of the MR-scanner transmitter; (2)
accelerated acquisition of hyperpolarized-gas and proton image sets during a single breath
hold; and (3) quantitative regional assessment of 129Xe dissolved in lung tissue and blood.
Subject-specific calibration of the MR-scanner transmitter is an important initial step
for every MR examination.

However, due to the non-equilibrium nature of

hyperpolarized-gas magnetization, techniques established for proton MRI are not
applicable for hyperpolarized gases. In this work, we sought to design and implement an
optimized phase-based transmitter calibration method that yields accurate results from only
a small fraction of the hyperpolarized-gas magnetization, and to validate this method
against a commonly-used amplitude-based method in human subjects. To permit
integration at the beginning of any imaging pulse sequence, the proposed method requires
less than 100-ms, and consumes no more than 5% of the hyperpolarized
magnetization. The method yielded results comparable to the reference amplitude-based
approach in the presence of B0 and B1 inhomogeneity representative of that encountered in
human lung imaging.

II

Acquisition of 3He and proton (1H) image sets during the same breath hold offers
complementary functional and anatomical information, and greatly facilitates quantitative
analysis of ventilation defects in the 3He images. Although isotropic 3D image sets are
preferred, such a combined 3He /1H acquisition requires a breath-hold duration of 10-20 s
(depending on lung dimensions), which may be difficult for subjects with impaired
respiratory function. In this work, to accelerate the combined acquisition of 3He and 1H
3D image sets, we incorporated the ideas of compressed sensing to achieve a breath-hold
duration which is less than one-half of that required for the conventional approach,
without application of multi-coil parallel imaging. The undersampling pattern and
reconstruction quality for both 3He and 1H imaging were evaluated using simulations
based on fully-sampled data sets and using direct comparison of fully-sampled and
undersampled data from the same subject. Finally, the performance of the accelerated
and conventional acquisitions in depicting ventilation defects was compared in subjects
with pulmonary disease.
Through recent advances in pulse-sequence techniques and
technology, acquisition of ventilation and dissolved-phase

129

129

Xe-polarization

Xe images of the human

lung in a single breath hold has been demonstrated. To maximize the information on
pulmonary disease offered by dissolved-phase

129

Xe, it is important to extend this

methodology to permit quantification of the individual dissolved-phase components in
the human lung. This project is focused on developing an MRI pulse sequence that
permits regional quantification of the tissue (lung parenchyma/plasma) and red blood cell
(RBC) fractions of the dissolved

129

Xe signal, relative to the associated gas

129

Xe signal,

from a breath-hold acquisition of less than 20 s. This technique was tested in healthy

III

subjects and validated against spectroscopic measurements of the dissolved-phase

129

Xe

components in the lung. Finally, a pilot study was performed to compare tissue/RBC
fractions in healthy subjects to those in subjects with pulmonary disease.
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Chapter 1
Introduction
1.1 Dissertation Scope
Obstructive lung diseases, such as chronic obstructive pulmonary disease (COPD) and
asthma, affect millions of people’s lives and are both reported to increase in incidence in
recent years [1, 2, 3, 4]. There is growing need to evaluate newly developed therapies and
to better understand the underlying mechanisms leading to development of these
pulmonary diseases. Imaging techniques which can provide regional information on the
structure and function of the lung are highly desirable to help address this need.
Hyperpolarized-gas (HPG) MRI has shown rapid development in the past two decades,
and has proven to have great potential for yielding a comprehensive morphologic and
functional assessment of the lung by providing images with high spatial and temporal
resolution [5, 6, 7, 8]. Nonetheless, imaging time, limited by breath-hold duration and the
non-equilibrium nature of hyperpolarized-gas magnetization, remains an obstacle for
producing images with higher quality and for developing new technologies to explore
many aspects of lung function. The work for this dissertation focused on developing new
pulse sequences and incorporating new MRI technology into hyperpolarized-gas studies
to improve robustness and utility in three ways: 1) development of a new transmitter
calibration pulse sequence for hyperpolarized-gas studies, which consumes less
magnetization and requires less time than existing methods, and thus can be integrated
into any imaging pulse sequence; 2) acceleration and optimization of an imaging pulse
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sequence useful for quantification of ventilation abnormalities, which currently requires a
relatively long breath-hold duration; and 3) design of a new acquisition method to better
explore basic lung function by providing regional maps of gas exchange using
hyperpolarized 129Xe.

1.2 Dissertation Overview
This dissertation is organized as follows.
Chapter 1 provides a brief introduction to the scope and structure of this dissertation.
Chapter 2 discusses background information and the corresponding three specific aims.
Chapter 3 presents a phase-based method for HPG transmitter calibration, and work on
optimization and evaluation of this method using simulation, phantom tests and human
studies.
Chapter 4 describes acceleration of a combined 3He and 1H acquisition method using
the compressed-sensing technique, and presents assessment of the reconstruction fidelity
for this method in healthy and diseased subjects.
Chapter 5 demonstrates the implementation of a multi-echo 3D radial pulse sequence to
acquire

129

Xe dissolved-phase and gas-phase images and the separation of the

129

Xe

components dissolved in tissue and red blood cells (RBCs) using these multi-echo images,
and describes relevant methodologies to analyze the results. This chapter also presents 3D
129

Xe dissolved-phase and gas-phase studies in human subjects, and quantitatively

compares the results from healthy with the ones from diseased subjects.
Chapter 6 summarizes the work of this dissertation project and discusses the
possibilities for further development.

2

Chapter 2
Background
2.1 Lung Function and Major Diseases
The major function of the lung is gas exchange: providing oxygen needed for
metabolism and eliminating carbon dioxide. This process is driven by free diffusion.
According to Fick’s law of diffusion, the amount of gas that moves across the blood-gas
barrier is proportional to the area of the exchange surface but inversely proportional to the
thickness of the barrier wall. So, a larger surface area and a thinner blood-gas barrier
facilitate the exchange process. This is achieved by the formation of the branching
structures for both pulmonary airways and pulmonary blood vessels, and wrapping of the
small blood vessels (capillaries) around an enormous number of small air sacs called
alveoli, as Figure 2.1 shows.
The airway consists of a series of branching tubes which become shorter, narrower and
more numerous, moving from the entrance (trachea) to deeper within the lung [9-12]. The
whole branching system, like an inverted tree (Figure 2.2), can be divided into 23
generations according to Weibel [10]. The first 16 generations: trachea, right and left main
bronchi, lobar, segmental bronchi, continuing to terminal bronchioles, make up the
conducting airways with a volume of about 150 ml [9]. They lead the air to gas exchange
regions, and are often called “anatomical dead space.” The terminal bronchioles divide into
respiratory bronchioles, alveolar ducts and finally alveoli. This alveolated region of the
lung where the gas exchange occurs is known as the respiratory zone, which makes up
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most of the lung volume of about 2.5 to 3 liters [9]. If this space were occupied by a single
sphere, the internal surface area would be only 1/100 of a square meter. But in reality,
human lung has an exchange surface area of about 70 square meters, which is accumulated
from myriads of alveoli (about 300 million) at the end of the branching system.
Figure

2.1.

Electron

micrograph

showing a pulmonary capillary (C) in
the

alveolar

wall.

Large

arrow

indicates the diffusion path from
alveolar gas to the interior of the
erythrocyte

(red

blood

cell, EC),

alveolar epithelium (EP), interstitum
(IN), capillary endothelium (EN), and
plasma. The extremely thin blood-gas
barrier can be noticed in this graph.
(From

West

JB.

Respiratory

Physiology- The Essentials. Baltimore,
USA: Williams & Wilkins; 1998 [9].

The pulmonary blood vessels also form a branching structure from the pulmonary
artery to the capillaries and back to the pulmonary veins. Initially, the arteries, veins and
bronchi travel close together, but when approaching the periphery of the lungs, the veins
separate to pass between the lobules, whereas the arteries and bronchi continue to run
together through the centers of lobules. The capillaries form a dense network in the walls of
alveoli. The diameter of capillaries is about 10 µm, only large enough to allow one red
blood cell to pass. The blood-gas barrier is also extremely thin, for example, in Figure 2.1

4

the blood-gas barrier is about 0.3 um in some places

All of these factors create a very

efficient environment for gas exchange.
During inspiration, due to contraction of the diaphragm or rising of the ribs, the volume
of the thoracic cavity increases and air is drawn into the lung. Inspired air flows down to
about the terminal bronchioles by bulk flow. After this point, diffusion of gas within the
airways becomes dominant. Expiration during resting breathing is mainly driven by passive
return of the lung due to the elasticity of the lung tissue.

Figure 2.2. Schematic representation of airways branching in the human lung.
(From Weibel ER. Morphometry of the Human Lung. Heidelberg: Springer Verlag;
1963 [10]. )
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Asthma [1] and COPD [2] are major lung diseases which affect millions of people
worldwide. Improved methods of detection, intervention and treatment can reduce this
burden and greatly promote health [3, 4, 13].
COPD is a preventable and treatable disease characterized by airflow limitation that is
not fully reversible, as defined by the American Thoracic Society [14]. COPD is the fourth
leading cause of death in the United States, and is the only major cause of death for which
the age-adjusted death rate has increased in recent years. Currently, there is not sufficient
knowledge on the genetic factors leading to COPD. Nonetheless, cigarette smoking is
found to be the most important risk factor for COPD [14]. According to a statistical report
[15] from 2006, nearly 8 out of 10 cases of COPD are caused by exposure to cigarette
smoking. Emphysema, defined as abnormal enlargement of airspaces distal to the terminal
bronchioles of the lung, occurs in a large portion of COPD subjects [2]. Because of the
rapidly increasing rates of illness and death in COPD [16], and since only “rudimentary
standards are available for describing the severity of COPD” [17], there is a growing need
for improved tools for applications like monitoring the lung functional response to new
treatments or aiding in the rapid development of novel respiratory drugs targeting COPD.
Asthma is a lung disease characterized by reversible obstruction of the small airways
and chronic inflammation, resulting in reduced pulmonary ventilation [18, 19]. The
prevalence of asthma has increased since the 1980s, but the death rate from asthma has
been well controlled, even though there is no cure for asthma [18, 19, 20]. Also, asthma is
the most common chronic disease of childhood, affecting about 4.8 million children in the
US. During an asthma attack, airway smooth muscles tighten and constrict the airways,
narrowing the airways and allowing less airflow to pass. In addition, cells in the airways
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produce more mucus due to inflammation, which further narrows the effective airway
diameter. Even in mild asthma, obstruction of small airways can lead to air trapping and
regional hyperinflation; while in severe asthma, this can cause loss of elasticity of the lungs
and low oxygen saturation [21, 22-26]. Prior reports in asthmatic patients were typically
limited to only gross anatomic abnormalities such as bronchiectasis, atelectasis, or
bronchial wall thickening [27-29]. Methods which help assessment of airway anatomy,
regional lung mechanics and associated lung function (gas exchange) can promote
understanding of the differences between the lungs of healthy subjects versus those with
asthma, or of the differences between severe and non-severe asthma [30].

2.2 Methods of Assessing Major Lung Diseases
Clinical assessment of COPD is based on medical history, physical examination and
pulmonary function tests (PFTs). Chest radiography can help to differentiate the
diagnosis, and chest computed tomography (CT) is highly recommended if there is doubt
of the diagnosis and in preparation for bullectomy or lung volume-reduction surgery [2].
But, these methods are not very sensitive to the early changes of the lung during initial
stages of COPD, and are not sensitive enough to monitor gradual disease progression.
The diagnosis of asthma depends on two points: 1) evidence of episodic symptoms of
airflow obstruction; and 2) obstructions are at least partially reversible [18, 20]. Similar
to COPD, medical history, physical examination, PFTs, chest radiography and X-ray CT
are common means to diagnose or evaluate asthma. Among them, medical history,
physical examination and PFTs are global measurements, not sensitive to early detection
and providing little information as to the regional distribution of disease. X-ray CT has
emerged as the choice for comprehensive assessment of the lung by providing a detailed
7

assessment of the airway and vascular trees, parenchyma, pulmonary blood volume [31],
and regional ventilation [32]. However, X-ray CT is limited in assessing the lung
function.

For example, although it allows assessment of pulmonary function by

obtaining images with inhalation of stable, non-radioactive xenon gas and determining
the wash-in and wash-out rates, the image resolution and repeatability of these techniques
under current technical conditions are limited. Concern about ionizing radiation further
hinders its feasibility, as well as that of techniques such as Single Photon Emission
Computed Tomography (SPECT), particularly when repeated imaging is needed
longitudinally or the target subjects are children.
In summary, there is great need for better diagnostic imaging methods for lung
diseases including COPD and asthma.

2.3 Hyperpolarized Gas Magnetic Resonance Imaging
Despite the recent advances with techniques such as ultrashort echo time imaging of
the lung parenchyma [33], proton MRI still has shortcomings in evaluating pulmonary
structure and function. For example, proton MRI cannot directly image the airspaces,
and is limited in exploring the physiological function of the lungs.
Hyperpolarized noble gas MRI, using 3He or 129Xe, has demonstrated the capability to
detect changes in ventilation [34, 35, 36, 37], lung microstructure [38, 39, 41, 41], and
quantities related to perfusion and gas exchange in the lung [42, 43, 44, 45], all of which
are related to normal lung development and function, as well as disease progression.
The most commonly used technique for hyperpolarized gas (HPG) MRI of the lung is
ventilation imaging, which depicts the signal intensities (spin-density weighted) of the
functioning (ventilated) regions of the lung, and detects ventilation defects: regions of
8

absent or relatively low signal intensity within the lung. Studies have shown HPG MRI is
able to detect ventilation changes in the lung with much higher sensitivity than either
spirometry or scintigraphy [34, 35]. For instance, ventilation imaging using HPG MRI
showed the capability to detect regional airway closure in moderate to severe asthma [35],
and changes before/after breathing albuterol [47], and also showed sensitivity and
regional specificity for detecting obstructive lung diseases like COPD [37].
The application of diffusion-weighted MRI techniques to HPG MRI allows
characterization of the lung microstructure by measuring the random Brownian motion of
the gas atoms within the lung airspaces. By measuring the signal attenuation for at least
two b values, an apparent diffusion coefficient (ADC) can be calculated, representing the
restriction of gas inside the lung. Diffusion-weighted MRI of HPG has proven to be
exquisitely sensitive to both diseased-induced alternations and normal physiological
variations [48, 49], and even more sensitive than high-resolution CT [46].
The paramagnetic effects of oxygen have been exploited to measure the partial pressure
of oxygen (pO2) inside the lung using HPG MRI [42, 43]. This method shows potential for
providing valuable information on both healthy and diseased subjects [44].
Further, various other techniques for probing the structure and function of the lung
using HPG have been developed, such as dynamic imaging of gas flow [50]. In particular,
hyperpolarized

129

Xe, because of its relatively high solubility in lung parenchyma and

blood, has great potential for exploring characteristics of lung function, such as gas
exchange and uptake [51]; details of

129

Xe dissolved-phase imaging are discussed in

Section 2.6.
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2.4 Phase-based Calibration Method for HPG MRI
Calibrating the transmitter voltage (flip angle) for each subject is a standard
procedure that is performed for every clinical MRI exam. The relationship between the
radiofrequency (RF) power output to the transmit coil and the B1 field produced depends
on the size, orientation, geometry, and composition of the subject. This calibration is
critical for obtaining consistent and optimum image quality, and is thus integrated into
the software of commercial MR scanners. However, established transmitter calibration
procedures for 1H acquisitions, either amplitude-based [52] or phase-based [53] methods,
typically use high-flip-angle (90° or greater) RF pulses and are often iterative.
Because of the non-equilibrium nature of hyperpolarized-gas magnetization,
calibration methods used in proton acquisitions are not suitable for hyperpolarized gases.
In most of the current hyperpolarized-gas studies at our institution, a calibration
procedure is done at the beginning of every study. Subjects inhale a small dose of
hyperpolarized gas (50-200 ml; a smaller volume [50-100 ml] for 3He and larger volume
[>100 ml] for 129Xe), and then the calibration pulse sequence is executed. The transmitter
calibration is then extracted from signals created by excitation with a series of RF pulses,
with spoiling of transverse magnetization and a short repetition time (TR) between pulses.
Neglecting T1, this yields directly the signal depletion caused by B1 from which the
correct calibration voltage can be determined [54, 55]. Results of the calibration are
written to a log file. The calculated frequency and calibration voltage (or scaling factor to
the flip angle for particular sequences) are set manually for the rest of the studies using
the same RF coil.

This whole process is manual and requires a separate dose of

hyperpolarized gas. We will call this the amplitude-based method in the scope of this
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dissertation. This amplitude-based method depletes all (or most, see Figure 2.3) of the
available magnetization and also requires iterative excitation, yielding a relatively long
acquisition time. Thus this method is not suitable to be appended at the beginning of an
imaging or spectroscopy pulse sequence. Also, the accuracy of this method is dependent
on T1 relaxation (or oxygen induced T1 variation) [56] and also B1 field inhomogeneity
[60]. We need a calibration design which is fast, accurate enough, and consumes very
little magnetization, thus can be integrated into the beginning of an arbitrary sequence.

Figure 2.3. Amplitude of measured signals versus excitation number from
the amplitude-based method [54]. The pulse sequence includes up to 8
“blocks,” each of which contains a series of 32 excitation RF pulses with the
same flip angle.

The flip angle for a given block is double that for the

previous block. The block with the highest signal magnitude (red circles) is
used to calculate the transmitter voltage by fitting a mono-exponential decay
to the signals.
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2.5 Combined 3He and 1H Acquisition
Hyperpolarized-gas magnetic resonance imaging shows potential to offer high
resolution images of ventilated lung airspaces [5, 6, 35, 36], while conventional proton (1H)
MR imaging of the chest [65, 66] can provide reasonable depiction of lung parenchyma
and high resolution imaging of the surrounding structures such as the chest wall, heart and
major vessels. Acquisition of both hyperpolarized-gas and 1H image sets is considered
important for interpreting the anatomic and physiological changes of the lung [67], and has
proven to be valuable in disease assessment [67, 68].
Figure 2.4. Combined
3

1

He and H acquisitions

1

H Images

3

He Image Overlaid
on 1H image

a. Lung images acquired
from a healthy volunteer,
showing excellent
registration between 3He
and 1H images. Adapted
from [72] with permission.
b. Images from a patient
with lung cancer and
COPD showing tumor in
the left lung. The upper
part of the lung is poorly
ventilated in the 3He
images. Adapted from [72]
with permission

Previously, such a combined acquisition required multiple breath-holds due to
relatively long acquisition times for both the 3He and 1H acquisitions. Retrospective
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image registration cannot completely eliminate residual errors [69], particularly since
temporal synchronicity between image sets is lost [70]. With hardware development for
rapid switching between resonance frequencies, frequency multiplexing and dual-tuned
RF coils, and improvement of imaging-sequence techniques [71], acquisition of both 3He
and 1H image sets in one breath-hold period becomes feasible and spatially-registered
images obtained during the time course of the same breath hold are found to be helpful for
identifying and quantifying ventilation defects [72]. Figure 2.4 shows acquisition results
from a healthy subject (upper images), in which the 3He and 1H images show excellent
spatial registration, and from a patient diagnosed with lung cancer and COPD (lower
images); images are reproduced from [72] with permission. However, the total acquisition
time using current techniques is still longer than 15 seconds in most cases, even when
partial Fourier and elliptical scanning techniques are applied. This breath-hold duration
may be difficult to endure, especially for diseased subjects. Therefore we seek acceleration
of the existing imaging strategy, while maintaining sufficient image quality for diagnosis.

2.6 Gas Uptake Imaging using Hyperpolarized 129Xe
2.6.1 Xenon Dissolved-phase and Lung Function
The primary function of the lung is exchange of respiratory gases. Impaired gas
exchange in pulmonary disease can cause symptomatic shortness of breath, and in severe
disease can progress to respiratory failure and death.

Although our knowledge of

gas-exchange status in individual patients is derived primarily from whole-lung
measurements, gas exchange can vary substantially within the lung, especially for
heterogeneous conditions like COPD and asthma. Thus, regional assessment of
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ventilation and gas uptake would permit investigation of the fundamental process of gas
exchange, and improve our understanding of how heterogeneous diseases such as COPD
and asthma affect gas exchange. In addition, the ability to easily and non-invasively
quantify regional gas uptake may prove invaluable for evaluating new therapeutics for
lung diseases.

Nonetheless, despite many recent advances in medical imaging

technology, there is no clinical-imaging method that permits quantitative regional
assessment of both gas delivery to the alveolar airspaces and gas uptake into the lung
parenchyma and blood.
Hyperpolarized

129

Xe, because of its relatively high solubility in biological tissues

and exquisite sensitivity to its environment, which results in large range of chemical
shifts upon solution [76], is particularly useful in exploring characteristics of lung
function, such as gas uptake and exchange. Following inhalation, multiple MR spectral
peaks, associated with different compartments, can be detected inside the lung, with most
of the 129Xe staying in the lung airspaces (“gas-phase”), and a small fraction (about 1-2%)
of

129

Xe dissolving into the lung parenchyma and blood (“dissolved-phase”), giving rise

to relatively small peaks with chemical shifts of around 200 ppm from the gas-phase peak
[77, 78, 79, 80]. Figure 2.5 shows a representative spectrum from a healthy human
subject, reproduced from [81].
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Figure 2.5. Representative

129

Xe spectrum from a healthy human subject,

showing peaks at 0 ppm (gas-phase), 198 ppm (lung parenchyma/plasma) and
218 ppm (red blood cells). Adapted from [81] with permission.

Dissolved-phase xenon is in dynamic equilibrium with xenon in airspaces, driven by
diffusion. The associated continual exchange of xenon atoms between the gas and
dissolved compartments, which have distinctly different resonance frequencies, permits
gas uptake and exchange to be assessed using hyperpolarized

129

Xe MRI. The

quantitative characteristics of the exchange and uptake processes are determined by
physiologically relevant parameters, such as the thickness of the blood-gas barrier [82],
the ratio of the functional tissue volume to alveolar volume [83], and the
surface-to-volume ratio [84].

2.6.2 MR Imaging of the Lung utilizing Dissolved-phase Xenon
Even though the fraction of xenon dissolved in the lung parenchyma and blood is
small, early studies of the human lung proved it was possible to detect these
compartments of dissolved-phase
dissolved-phase

129

129

Xe in whole lung spectra [79].

Images of

Xe were subsequently acquired in small animals by using multiple

inhalations of hyperpolarized gas [82, 85, 86].

However, such a multi-inhalation
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protocol is not currently applicable to human studies. Muradian et al. [87] also
demonstrated the possibility of obtaining gas-phase and dissolved-phase images in
humans at low field strength (0.2T) by decomposing the total xenon signal using the
3-point Dixon method. With recent improvements in gas-polarization systems [88], liter
quantities of hyperpolarized

129

Xe can be obtained with sufficiently high polarization to

permit direct imaging of the dissolved phase in humans during a single breath-hold
period.
In 2010, Cleveland et al. presented direct 3D imaging of

129

Xe dissolved in lung

tissue and blood, using a 3-lobe sinc excitation RF pulse (applied 3826 Hz higher than the
gas-phase peak) and a pseudo-randomly ordered radial pulse sequence [89]. This study
represented a key milestone for the hyperpolarized-gas imaging field. Limited by gas
polarization (5%-9%) and also a relatively long acquisition time,

129

Xe dissolved-phase

images were not acquired simultaneously with ventilation images (which were acquired
in a different breath-hold using a multi-slice 2D SPGRE sequence), although
imperfection of the excitation RF pulse still excited a small fraction of the gas-phase
signal (see below). Figure 2.6 shows 3D dissolved-phase images and multi-slice 2D
gas-phase images acquired in a healthy subject with different spatial resolutions
(reproduced from [89] with permission). Even though relatively high similarities were
found between the dissolved-phase images and ventilation images as seen in the overlaid
images (Figure 2.6C), mismatches are also seen. Because the absolute dissolved-phase
signal intensity has no physical meaning, it is hard to distinguish pathological alterations
in ventilation from those in tissue microstructure or blood flow, or to quantitatively
analyze the associated information on lung-function available from such images, without
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normalization

of

the

dissolved-phase

simultaneously with the same resolution.

images

to

gas-phase

images

acquired

Concerning incidental excitation of the

gas-phase signal, Figure 2.7 shows a representative 129Xe dissolved-phase image versus a
control image acquired in the same position and in the same subject using identical
acquisition parameters except the RF pulse was centered 3826 Hz below the gas peak
(adapted from [89] with permission). Clearly, some gas-phase signals were detected in
the control image, while ideally only thermal noise would be present in the control image.

Figure 2.6. 3D

129

Xe dissolved-phase images (A, resolution 12.5*12.5*15 mm3) and

2D ventilation images (B, resolution 3.2*3.2*15 mm3) acquired in different
breath-holds in a healthy subject. C. Dissolved-phase

129

Xe images from A displayed

in color and overlaid on grayscale ventilation images from B. Images reproduced
from [89] with permission.
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The large difference in chemical shift between dissolved-phase and gas-phase

129

Xe

provides the possibility to acquire both components in the same image within one breath
hold [81]. The simultaneously acquired ventilation images with matched spatial resolution
provide an ideal basis for normalizing the dissolved-phase images, making regional
quantification of gas uptake possible.
Figure 2.7. Representative
dissolved-phase image (A), using an RF
pulse centered 3826 Hz above the
gas-phase resonance frequency, and
control image [B] using identical
acquisition parameters except the RF
pulse was centered 3826 Hz below the
gas peak. Images reproduced from
[89] with permission.

The simultaneous acquisition of 3D dissolved-phase and gas-phase images in the
human lung was realized in this fashion as described in [81]. A truncated sinc pulse was
used to excite both the dissolved-phase and gas-phase 129Xe signals at the same time; the
gas-phase signals were excited using a small sidelobe in the RF-pulse excitation profile,
as Figure 2.8A shows. The dissolved-phase and gas-phase images were separated in the
frequency-encoding direction upon Inverse Fourier Transform (Figure 2.8B). A
disadvantage of this method is that spatial resolution and receiver bandwidth are
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inherently linked, so increasing the spatial resolution in the frequency-encoding direction
requires the bandwidth to decrease, which in turn increases chemical-shift displacement
along the frequency-encoding direction between the parenchyma/plasma and RBC
components of the dissolved-phase signal, and forces a longer minimum TE unless
half-echo sampling is used. A relatively long TE is problematic because T2* values for
the dissolved-phase components are quite short (~2 ms) [90]. Another disadvantage is
that the method cannot depict the parenchyma/plasma and RBC components separately,
because of the relatively long TE and bandwidth limitations.

Figure 2.8. A.) Frequency response of the RF pulse used for the simultaneous
acquisition in [81]. B.) Dissolved-phase and gas-phase components are separated
along the frequency-encoding direction by properly choosing the imaging
parameters. Adapted from [81] with permission.
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Figure 2.9. 3D images acquired in healthy (top), asthmatic (middle) and mild
COPD subjects (bottom) [81]. Each panel shows the central six 20-mm-thick 129Xe
images (each slice contains gas-phase image on the left and dissolved-phase image
on the right) from the respective acquisition. Sequence parameters included: TR
50ms, TE 2.8ms, flip angle at dissolved-phase 20o, bandwidth 110 Hz/pixel (6.2
ppm/pixel), and resolution 12x12x20mm3.

Images adapted from [81] with

permission.

Figure 2.9 shows representative images acquired using the pulse sequence proposed
in [81]. Relatively uniform distribution of signal is seen in both ventilation and
gas-uptake images obtained from healthy subjects, while marked mismatching between
ventilation and gas-uptake was detected in the two diseased subjects. Also note the
relatively low SNR in the dissolved-phase images for all subjects.
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For better assessment of the lung function using dissolved-phase xenon, we seek to
simultaneously acquire dissolved-phase and gas-phase signals with higher image quality.
Furthermore we attempt to separate the two components of dissolved-phase signals:
xenon dissolved in lung parenchyma/plasma, and xenon dissolved in red blood cells,
which will possibly provide clearer and more valuable information on lung function.

2.7 The Goal of this Dissertation Research
As noted in Chapter 1, the goal of this dissertation is to advance hyperpolarized-gas
MRI by addressing three specific needs: (1) implementing robust and rapid calibration of
the MR-scanner transmitter using negligible HPG magnetization; (2) accelerating
combined acquisition of hyperpolarized-gas and proton image sets during a single breath
hold; and (3) realizing quantitative regional assessment of gas uptake by lung tissue and
blood using 129Xe. Our goal is achieved through the following three specific aims.

2.7.1 Specific Aim 1
Specific Aim #1 is to design and implement an optimized phase-based transmitter
calibration method that yields accurate results from only a small fraction of the
hyperpolarized-gas magnetization, and to validate this method against a commonly-used
amplitude-based method in human subjects. To permit integration at the beginning of
any imaging pulse sequence, the proposed method requires less than 100 ms, and
consumes no more than 5% of the hyperpolarized magnetization.

The method is

designed to yield results comparable to the reference amplitude-based approach in the
presence of B0 and B1 inhomogeneity representative of that encountered in human lung
imaging.
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2.7.2 Specific Aim 2
Specific Aim #2 is to accelerate the combined acquisition of 3He and 1H 3-D image
sets by using the compressed sensing technique to achieve a breath-hold duration which
is less than one-half of that required for the conventional approach. The undersampling
pattern and reconstruction quality for both 3He and 1H imaging are evaluated using
simulations based on fully-sampled data sets and using direct comparison of
fully-sampled and undersampled data from the same subject. Finally, the performance
of the accelerated and conventional acquisitions in depicting ventilation defects is
compared in subjects with pulmonary disease.

2.7.3 Specific Aim 3
Specific Aim #3 is to develop an MRI pulse sequence that permits regional
quantification of the tissue (lung parenchyma/plasma) and RBC fractions of the dissolved
129

Xe signal, relative to the associated gas 129Xe signal, from a breath-hold acquisition of

less than 20 s.

This technique is tested in healthy subjects and validated against

spectroscopic measurements of the dissolved-phase

129

Xe components in the lung.

Finally, a pilot study is performed to compare tissue/RBC fractions in healthy subjects to
those in at least 5 subjects with pulmonary disease.
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Chapter 3
Implementation of Phase-based Calibration
Method for Hyperpolarized Gas Studies
3.1 Introduction
3.1.1 Phase-based B1 Mapping and Calibration Methods
For HPG imaging it would be desirable to have a calibration pulse sequence which is
accurate, short and consumes just a small fraction of the total magnetization, and thus can
be integrated into the beginning of any acquisition method. As an initial attempt, a
low-flip-angle, phase-based method using composite hard RF pulses was described for
calibrating the transmitter voltage when imaging hyperpolarized substances [57]. This
method drove the magnetization in a square pattern in the transverse plane, returning it
almost to the origin with each “cycle” of the pulse. The phase of the final transverse
magnetization was found to be related to the flip angle (α) for each segment of the
composite hard RF pulse, as Figure 3.1 shows. Analogous to most of the phase-based
methods, to remove phase shifts from other sources, two measurements with different flip
angles were performed, one using flip angle α and the other using α/3. The phase
difference between these two measurements was calculated and fitted based on a Bloch
equation simulation (Figure 3.1b shows examples of the Bloch equation simulation
results and measured phase differences) to determine the actual flip angle, and thus the
transmitter calibration voltage.

Several optimizations were made to improve the
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sensitivity of this approach to B1 variation, such as using flip angles of α and –α [58],
breaking the transverse pathway into more sides, or using a pre-excitation RF pulse [59].
Nonetheless, further assessment showed that these methods yield relatively large error
when the B0 field is inhomogeneous [60].
At roughly the same time, Sacolick et al. [61] proposed a novel B1 mapping method
based on the Bloch-Siegert shift, which represents the shift of the precession frequency
when spins experience RF pulses that are off-resonance or that do not excite any
transverse magnetization [62, 63, 64].
Bloch-Siegert phase shift φBS.

The net result of an off-resonance RF pulse is the

The equations below (Eq. 2.1 and Eq. 2.2 reproduced

from [61]) give the relationship among φBS, the B1 field for an RF pulse of amplitude B1(t)
and frequency ωRF(t).

[Eq. 2.1]
[Eq. 2.2]

KBS is the Bloch-Siegert shift constant of the RF pulse, and B1,peak is the maximum
amplitude of the off-resonance RF pulse.
Viewing these phase-based calibration methods in light of the formalism presented by
Sacolick et al [61] reveals that the sidelobe behavior of the off-resonance portion of the
calibration pulse is critical for maintaining accuracy in the presence of off-resonance
signals, especially when the prepulse part of the calibration pulse sequence has a low flip
angle as may be dictated by peak B1 limitations, which occur in practice due to the
relatively low output power for the typical broadband RF transmitter available on
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commercial MR scanners, or may be required so that the calibration consumes only a
small fraction of the available magnetization, which is desirable for HPG applications.

a

b

Figure 3.1. a.) Path of the magnetization in the transverse plane for a 20°x, 20°y,
20°-x, 20°-y composite RF pulse b.) Theoretical (lines) and experimental (+) phase
differences versus flip angle for 10.5-cycle (4 ms) and 20.5-cycle (8 ms) RF pulses.
Both diagrams reproduced from [57].

By combining the previous work [57, 58, 59, 60] and Bloch-Siegert shift theory [61],
we demonstrate for Specific Aim 1 that a low-flip-angle, phase-based method can be
obtained which is robust to B0 inhomogeneity effects even for relatively low peak B1
values, and thus would be practical for hyperpolarized-gas studies. Since the proposed
method consumes only a small amount (< 5%) of the hyperpolarized magnetization and is
relatively fast (< 100 ms), it can be integrated into the beginning of any imaging pulse
sequence without substantial effect on the image quality, and easily repeated as needed
without requiring additional hyperpolarized gas.
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3.1.2 Relationship between Phase-based Calibration/B1 Mapping
Methods and Bloch-Siegert Shift Theory
Although

not

recognized

in

the

original

formulations,

the

phase-based

hyperpolarized-gas transmitter-calibration methods, as described in detail in Section 3.1.1,
are actually based on the Bloch-Siegert (BS) shift associated with off-resonance RF
pulses [61].

Recalling the hard-pulse approximation concept used in Shinnar-Le Roux

(SLR) RF-pulse design [92], methods for B1 mapping or transmitter calibration using
composite RF pulses with constantly increasing phase, as described for example in refs.
[57-60], are based on the BS shift because an RF pulse with constant off-resonance
frequency has a constantly increasing (or decreasing) RF-pulse phase and, from a discrete
perspective, can be expressed as a series of hard pulses with varying amplitude and phase
values (that is, as a composite RF pulse).
Consider the example shown in Figure 3.2, which includes three types of RF pulses:
(1) four cycles of a 4-part composite RF pulse (normalized amplitude 1, phase 0°, 90°,
180°, 270°) applied in 2 ms; (2) four cycles of an 8-part composite RF pulse (normalized
amplitude 1, phase 0°, 45°, 90°, 135°, 180°, 225°, 270°, 315°) applied in 2 ms; and (3) a
2-ms hard RF pulse applied at an off-resonance frequency of 2 kHz. Figure 3.2a plots
the corresponding frequency excitation profiles, while Figure 3.2b shows the phase shift
versus peak B1 values for these three types of RF pulses. (For the composite RF pulses,
the phase shift is calculated from the transverse magnetization obtained after applying the
anti-clockwise and clockwise forms of the pulses, while for the off-resonance hard RF
pulse the phase shift is calculated from the transverse magnetization obtained after
applying the pulses at positive and negative off-resonance frequencies.)

Both figures
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show the trend that as higher time resolution (that is, more phase steps per cycle) is used
for the composite RF pulse, the behavior of the composite RF pulse approaches that of
the off-resonance hard pulse. In particular, the phase shift per unit B1 increases and
approaches the theoretical value predicted by Bloch-Siegert shift theory (Eq. 2.1, 2.2; red
line in Figure 3.2b), which indicates that the composite RF pulse methods are actually
using the Bloch-Siegert shift, but at lower temporal resolutions.

a

b

Figure 3.2. Relationship between composite RF pulses and an off-resonance hard
RF pulse for the phase-based calibration/B1 mapping method. (a) Frequency
excitation profiles and (b) phase-shift versus peak B1 value for 4-part and 8-part
composite RF pulses and a hard RF pulse applied 2 kHz off-resonance.

3.1.3 Influence of B0 and B1 Field Inhomogeneity
The original implementations of the phase-based transmitter calibration method,
based on composite hard RF pulses, are relatively more sensitive to B0 inhomogeneity
than B1 inhomogeneity [60].

To obtain a clearer view of their performance, we
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designed and implemented simulation tests for two phase-based methods using composite
RF pulses (Method 1, phase-based method using composite RF pulses rotating in a
circular trajectory; Method 2, phase-based method applying composite RF pulses in a
circular trajectory after a pre-excitation RF pulse, as proposed by [59]) and for the
amplitude-based calibration method [54] used in our hyperpolarized-gas studies
(designated Method 3). The flip angle estimated by each method was calculated for two
cases: (1) assuming a normal distribution of flip angles (to simulate B1 inhomogeneity),
and (2) assuming the flip angle is uniform but there is a normal distribution of
off-resonance frequencies (to simulate B0 inhomogeneity). The normal distributions were
truncated at twice the full width at half maximum (FWHM) value. For B1 inhomogeneity
evaluations, the mean flip angle (FA_mean) for the distribution was varied between 10°
and 40° per cycle for Methods 1 and 2, and between 5° and 30° for Method 3. (These
values were chosen based on reasonable operating conditions for human imaging.)
FWHM values for the flip-angle distributions (FA_fwhm) of 10%, 50% and 100% of
FA_mean were considered. For B0 inhomogeneity evaluations, FWHM values for the
frequency distributions (FR_fwhm) of 1, 3 and 5 ppm were considered. Figure 3.3,
reproduced from [60], shows the simulation results. In the presence of B1 inhomogeneity,
the behavior of the two phase-based methods is better than that for the amplitude-based
method since the former methods yield approximately constant error regardless of the
mean flip angle, and the error is relatively small unless the B1 inhomogeneity is quite
large. In contrast, the amplitude-based method is largely immune to B0 inhomogeneity,
while both phase-based methods show a high sensitivity to B0 inhomogeneity,
particularly at low flip angles. This is important for hyperpolarized-gas studies, because
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most of these studies operate in this range because of the non-equilibrium nature of
hyperpolarized magnetization. So we need a better off-resonance pulse which is robust to
B0 inhomogeneity effects even when working with low flip angles.
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Figure 3.3. a.) Performance of three calibration methods in the presence of B1
inhomogeneity for FA_fwhm=50% of the mean flip angle. b.) Performance of three
calibration methods in the presence of B0 homogeneity for FR_fwhm = 5 ppm.

3.2 Methods
3.2.1 Sequence Design
The sidelobe response of the off-resonance pulse directly determines robustness of
the phase-based method to B0 inhomogeneity effects (Figure 3.2a shows sidelobes of
hard RF pulses), especially when a low-flip-angle excitation RF pulse is used and the
calibration pulse sequence is operated at relatively low B1. The Fermi pulse used in [53,
61] as the off-resonance pulse already has a comparatively low sidelobe. But for our
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purposes, because we want to use minimal magnetization to yield relatively accurate
calibration results, we cannot collect a spin echo signal, and so a Fermi pulse is not robust
enough (shown in Figure 3.5). We thus designed a 10-ms SLR RF-pulse which has very
“clean” sidelobe performance (that is, very low sidelobes) using the open-source
MATPULSE tool (version 5.1) [93] (designed at flip angle 90°, time-bandwidth product
0.8 kHz, passband ripple 200%, rejection band ripple 1.e-6). The sensitivity (applied
flip angle versus resulting phase difference) corresponding to the 10-ms SLR RF pulse is
shown in Figure 3.4.

Figure 3.4. Sensitivity of the proposed phase-based calibration method using an SLR
RF pulse [94]: applied flip angle versus resulting phase difference.

To evaluate theoretically the performance of this SLR pulse in an inhomogeneous B0
field, a simulated normal distribution of off-resonance frequencies with a frequency
resolution of 32 Hz, truncated at twice the full width at half maximum (FWHM) value of
30

320 Hz (6.6 ppm for 3He at 1.5T) was used, while B1 was assumed to be homogeneous.
The performance of the phase-based method using the 10-ms SLR pulse and a Fermi RF
pulse, which has been proposed in the literature for Bloch-Siegert B1 mapping [61], was
simulated at peak B1 values ranging from 1 to 10 µT, with a step size of 0.1 µT. Predicted
B1 values from the two methods were compared with the corresponding input B1 values to
calculate the fractional error. Excitation RF pulses were set to 5° for a peak B1 of 10 µT
with a duration of 0.4 ms, which would be suitable for the transmitter-calibration procedure
to be integrated with other pulse sequences. To provide a fair comparison, we chose pulse
durations and off-resonance frequencies that yield the same sensitivity (the same KBS).
These values were: SLR RF pulse with duration of 10 ms applied at 1.5 kHz off resonance,
and Fermi pulse with duration of 10 ms applied at 3.5 kHz off resonance. The
performances of phase-based calibration methods using the SLR pulse and the Fermi
pulse in the presence of B0 inhomogeneity are shown in Figure 3.5.
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a.) Performance of SLR and Fermi off-resonance RF pulses for

normally distributed B0 inhomogeneity. b.) Signal intensity variation near resonance
that results from applying SLR or Fermi off-resonance RF pulses.
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Both methods show a tendency of better performance towards higher peak B1 values,
which is due to the larger signal obtained from the excitation and the larger phase shift
with increasing B1.

This trend is more obvious for the Fermi off-resonance RF pulse

than for the SLR pulse, especially when the peak B1 is below 3 µT. This difference
would become larger (smaller) if the flip angle of the excitation RF pulse were decreased
(increased), and is caused by on- or near-resonance magnetization unintentionally excited
by the off-resonance RF pulse; the degree of this excitation is related to the rejection
band ripple of the pulse. In the lower peak B1 region, since the signal amplitude and
phase shift are both relatively smaller, the phase of the integrated signal is more easily
affected by magnetization excited by the rejection band of the off-resonance RF pulse.
This effect also becomes larger at lower peak B1 because more magnetization is left along
the longitudinal axis.

The effect of the unintended excitation from the off-resonance RF

pulse can be seen in Figure 3.5b, which shows the signal intensity calculated at
frequencies from -320 to 320 Hz (-6.6 to 6.6 ppm for 3He at 1.5T) after applying the
excitation RF pulse with a flip angle of 5° followed by either the SLR or Fermi
off-resonance RF pulse applied with a peak B1 of 10 µT, at both positive and negative
frequencies. Greater signal oscillation is seen for the Fermi RF pulse, and the difference
in the response for a positive versus negative off-resonance frequency degrades the result
when integrated over signals from different off-resonance frequencies. The signal
intensity performance for the SLR RF pulse is much better, although the SLR pulse has a
somewhat larger phase variation for this case (result not shown). This poorer
performance of the SLR RF pulse in phase variation leads to a larger error at high peak
B1 values compared with the Fermi RF pulse. For example, at 10 µT, the relative error
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from the method using the SLR pulse is 2.3%, while that for the Fermi RF pulse is -1.2%.
Nonetheless, this is not a significant issue for hyperpolarized-gas applications, which
normally operate at peak B1 values well below 10 µT.
Based on this SLR pulse, we implemented a gradient-echo-based pulse sequence for
the phase-based transmitter calibration as illustrated by the pulse-sequence diagram
shown in Figure 3.6. Two repetitions (only one of them shown in Figure 3.6) are
included in the measurement, and each starts with a 0.4-ms non-slice-selective excitation
RF pulse, followed by a 10-ms off-resonance SLR RF pulse (as discussed above) applied
at +1.5 kHz relative to the 3He resonance frequency for the first repetition and at -1.5kHz
for the second, with KBS = 50 radians/gauss2 for each off-resonance RF pulse. The
phase shift to flip angle (B1) calibration for the off-resonance SLR RF pulse is calculated
by a numerical Bloch equation simulation (see Figure 3.4). A gradient echo is obtained
using a standard frequency-encoding gradient applied along the head-foot direction (from
apex to base of the lung). Bipolar, sinusoidal spoiler gradients are applied at the end of
each repetition to eliminate remaining transverse magnetization through gas diffusion. (A
sinusoidal waveform is used to decrease eddy currents, which could result in an
unintended phase shift between the two repetitions.) The TR is less than 30 ms, which
should essentially eliminate any effects of motion between the two repetitions. For
typical operating conditions, the peak B1 of the SLR off-resonance RF pulse is between 2
and 6 µT.
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Figure 3.6. Sequence timing diagram for the phase-based calibration method. The
SLR RF pulse is applied at ±1.5kHz with a duration of 10ms; only one acquisition is
shown in the diagram.

As noted above, the signal is spatially resolved in the head-foot direction using a
frequency-encoding gradient. Typical parameters include a receiver bandwidth of 390
Hz/pixel with 128-point resolution over a 300-mm field of view, so the signal from each
point (following iFFT) corresponds to an axial slab of the lung with a thickness of 2.3
mm.

3.2.2 Calculation of Transmitter Voltage
Under current experimental conditions, we use a relatively low dose for calibration.
In some measurements the measured SNR is not very high. Further, since the pulse
sequence is based on gradient echo (GRE, as opposed to spin-echo, SE) signals, static
field inhomogeneity may result in phase dispersion over the 2.3-mm thick axial slab that
corresponds to each data point.

For data points associated with significant B0
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inhomogeneity within the axial slab, wherein the signal intensity decreases due to phase
cancellation, we found that phase values would be corrupted by several degrees or even
tens of degrees depending on the seriousness of the cancellation (the SNR issue will be
further discussed in Section 3.3). To help mitigate this problem, noise and peak-signal
thresholds are applied based on the signal magnitudes; the phase values from the
resulting “valid” positions are weighted by the corresponding signal magnitudes and then
averaged to yield the flip angle (B1). The processing of the calibration data is split into
the following four steps, as Figure 3.7 shows:
1.) Determine the lung regions with sufficient SNR. The current calibration
procedure used in human studies at our institution is still run separately from the imaging
pulse sequences (details are described in Section 3.6). Some studies, especially those
using 3He, use a very small dose of gas for calibration. This leads to signals with low
SNR (as low as 2-5 for the phase-based calibration). Eq. 3.1 shows the relationship
between the standard deviation of the phase value of the signal (in degrees) and the SNR
of the magnitude signal. For example, when the SNR of the magnitude signal is 5, the
standard deviation of the measured phase, σ phase , is 11o, which is sufficiently large to
affect the accuracy of the phase-based calibration method because normally the phase
difference measured is in the range from 10o to 40o.

σ phase

1800
=
π ( SNRmag )

[Eq. 3.1]

To ensure reasonable accuracy of the phase-based calibration method, two thresholds
are applied, and only the regions with signal intensities larger than both of the thresholds
are used for subsequent calculations: a.) noise threshold, which is set at 10 times the

35

standard deviation of the noise and is important for cases which have relatively low SNR;
and b.) signal threshold, which is set at 1/8 of the peak signal and is useful for high SNR
acquisitions. The specific threshold values were determined heuristically based on typical
data from human studies.
2) Calculate the phase difference, after phase unwrapping, induced by the
off-resonance RF pulses applied at positive and negative frequencies.
3) Calculate the mean phase difference using the magnitude of the corresponding
signal as a weighting factor.
4) Determine the actual mean flip angle (or mean B1 value) for the region of interest.
This value is obtained from the sensitivity curve for the phase-based method, as shown in
Figure 3.4, through interpolation or curve fitting. Given the actual mean flip angle, the
transmitter calibration voltage is calculated using Eq. 3.2:

Vcal =

FAnor
*Vapp ,
FAact

[Eq. 3.2]

where Vcal denotes the calculated transmitter calibration voltage, FAnor represents the
nominal flip angle applied by the phase-based calibration sequence, FAact corresponds
to the actual mean flip angle determined in this step, and Vapp represents the actual
transmitter voltage applied for the phase-based calibration pulse sequence.
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Figure 3.7. Data analysis schematic for the phase-based transmitter calibration
method.

Four steps are followed to calculate the transmitter calibration voltage.

3.2.3 Verification using B1 Mapping in Phantom Test
Accurate calibration of the transmitter is crucial to guarantee satisfactory image
quality. In this regard, an important step is to verify the calibration accuracy in the
presence of both B0 and B1 inhomogeneity. Because it is very challenging to obtain
three-dimensional B0 and B1 maps in conjunction with the calibration results in humans,
we designed a phantom test to indirectly verify the performance of the calibration
procedure. Two plastic 2-L water bottles, each containing doped water (1.25g NiSO4
and 5g NaCl per L), were placed side-by-side on the scanner table with the long axis of
the bottles parallel to the direction of the static magnetic field (i.e., the z axis). This
configuration mimics that of the human lung when a subject lays supine on the scanner
table. Spatially-registered B0 and B1 maps were acquired together with phase-based
calibration data (measurement parameters provided below).

For comparison to the

calibration data, the B1 map was integrated over axial slices to calculate the average flip
angle corresponding to each point along the frequency-encoding (z) direction. To help
separate the effects of B0 & B1 inhomogeneity, versions of the phase-based calibration
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based on gradient echoes and spin echoes were tested

[53, 61].

In addition, the

measured B0 and B1 data was incorporated into a theoretical model (based on the Bloch
equations) of the calibration procedure to permit comparison of the theoretically
predicted performance in the presence of B1 inhomogeneity to the experimental
measurements.
An interleaved 3D gradient-echo pulse sequence was used for both the B0 and B1
acquisitions. Pulse sequence parameters included: B0 map: TE1/TE2 2.0/2.8 ms; flip
angle 90°; B1 map: TE 2.0 ms, flip angle 1/flip angle 2 40°/80°. Common parameters
included: TR 2000 ms; spatial resolution 6.2 x 6.2 x 6.2 mm3; and matrix 64 x 32 x 128.
The data were acquired on a 1.5T MR scanner (Magnetom Avanto, Siemens Medical
Solutions, Malvern, PA).

3.2.4 Comparison with Amplitude-based Method in Human
Studies
For hyperpolarized-gas imaging studies at our institution, we have routinely used a
signal-amplitude based iterative method for transmitter calibration [54] (Method 3
mentioned in Section 3.1.3).

As noted in Section 2.4, this method is used at the

beginning of each imaging session, separate from the image acquisitions, and requires a
dedicated inhalation of hyperpolarized gas. The method operates as follows (see also
Section 2.4 and Figure 2.3). Starting with a transmitter setting that yields a flip angle
known to be less than 12°, a series (“block”) of 32 excitation RF pulses are applied (TR
9.1 ms), each using the same transmitter setting. The magnitude of the MR signal is
sampled following each RF pulse, and spoiler gradients are applied before application of
the next RF pulse. A relatively short TR is chosen to avoid unnecessary contamination of
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the flip-angle measurement by T1 relaxation. After each block of 32 RF pulses, the
transmitter setting is doubled, and another block of 32 RF pulses is applied. This
procedure is repeated until the transmitter setting reaches a pre-set transmitter voltage
limit. The actual flip angle is then calculated by fitting a mono-exponential decay to the
data from the “optimal” block, which is the block with the highest signal from its first
excitation.
To obtain a fair evaluation of our proposed phase-based transmitter calibration
method using an SLR RF pulse, we implemented a pulse sequence that combines our
phased-based method proposed in Sections 3.2.1 and 3.2.2 with the amplitude-based
method as described above and in [54]. Thus, one calibration dose of hyperpolarized gas
yields both phase-based and amplitude-based results. Figure 3.8 shows the flow chart
for this pulse sequence. The phase-based method is executed first because it consumes
only a small fraction of the magnetization.

The combined pulse sequence was used to

obtain transmitter calibration data for 3He and

129

Xe imaging studies performed at our

institution in healthy subjects and in subjects with lung disease. Comparison data from
more than 100 studies has been obtained.

3.2.5 Measuring the Magnetization Consumption of Phase-based
Calibration Method
One of the advantages of the phase-based calibration method is that much less
magnetization (less than 5% of the initial magnetization) is required compared to the
amplitude-based method (almost complete depletion of the initial magnetization). To
obtain a direct measurement of the SNR reduction associated with the phase-based
calibration sequence, we designed an experiment based on a ventilation-imaging pulse
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sequence: 1.) ventilation imaging only; 2.) phase-based calibration sequence followed by
ventilation imaging in one breath hold. A balanced steady-state free-precession
(“TrueFISP”) pulse sequence was used as the ventilation-imaging sequence.

Frequency
calibration

Phase-based
transmitter
calibration

Amplitude-based
transmitter
calibration

Figure 3.8. Flow chart of the pulse sequence used for calibration at our
institution, combining both amplitude-based and phase-based calibration
methods.

3.3 Results
3.3.1 Verification using B1 Mapping in Phantom Test
Our preliminary theoretical analysis (Section 3.1.3) indicated robustness of the
phase-based calibration method using an optimized SLR RF pulse even for relatively
severe B0 and B1 inhomogeneity, and especially for B0 inhomogeneity. Thus, we expect
that the phase behavior of the (gradient-echo-based) calibration method throughout the
phantom will be consistent with the performance predicted theoretically based on the B0
and B1 maps, and also consistent with the spin-echo version of the phase-based method
proposed by [53], which serves as a secondary reference.

In the phantom tests, the neck

and bottom regions of the bottles generally showed the most B0 inhomogeneity. In
regions with a severely inhomogeneous B0 field, large phase variations might exist within
the slice corresponding to a given point along the frequency-encoding direction. This
would induce significant signal cancellation, which would affect the final phase value by
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only a small amount if sufficient SNR remains, and also affect the final calibration results
if amplitude weighting is used to integrate over a region of interest (ROI).
The phantom test results are shown in Figure 3.9. B0 and B1 maps were acquired at
the same position and with the same voxel dimension along the frequency-encoding
direction as the calibration pulse sequences. As illustrated by the B1 map at the top of the
right column in Figure 3.9, there was B1 variation from the middle to the edge of each
bottle in all three directions, ranging from -20% to -5% of the nominal 40° flip angle.
At the bottom of the water phantoms, there was a B0 field variation in the range from -6
to -1 ppm caused by the susceptibility interface; in the central area, the magnetic field
was relatively homogeneous, ranging from -1 to 1 ppm. In some regions of the neck of
the bottle, the B0 field was between +2 and +4 ppm, as indicated by the B0 map of one of
the slices shown at the bottom of the right column in Figure 3.9. The first (left) column of
Figure 3.9 shows theoretically predicted profiles of the signal amplitude and phase along
the z axis (direction of the static magnetic field), which were derived considering the
measured B1 values for each voxel. Each data point in the profile represents integration
over a slice perpendicular to the frequency-encoding direction.

Corresponding

experimental amplitude and phase profiles from the spin-echo and gradient-echo versions
of the calibration pulse sequence are shown in second and third columns of Figure 3.9,
respectively. Compared with the amplitude and phase behavior predicted theoretically
based on B1 measurements, the spin-echo based calibration method yielded a more
accurate measurement, especially in regions of large B0 inhomogeneity, such as the top
and bottom of the bottles. In these regions, the gradient-echo based method suffered
from signal cancellation, indicated by the smaller signal amplitude values measured in
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these regions, as shown in the third column of Figure 3.9. In these regions, the phase
values for the gradient-echo version were also affected by several degrees (lower part of
third column of Figure 3.9), but these values were nonetheless still reasonably close to
the theoretical values. The results in Figure 3.9 also show that phase errors exist in the
presence of substantial signal cancellation, so using amplitude values as a threshold to
judge the validity of phase-difference values is a useful standard in producing accurate
calibration results from the gradient-echo based transmitter-calibration method.

Figure 3.9. Signal amplitude and phase profiles (unit: degrees) along the long axis
of the bottles from the theoretical calculations (left column, predicted based on the
B1 mapping results), and the spin-echo (SE [53], second column) and gradient-echo
(GRE, third column) versions of the phase-based transmitter calibration method.
B1 (upper, unit: degrees) and B0 (lower, unit: ppm) maps corresponding to a slice
through the center of the bottles are shown in the right column.
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3.3.2 Comparison with Amplitude-based Method in Human
Studies
For ease of comparison, amplitude-based measurement results are converted to the
equivalent phase difference, which the phase-based method would measure for the
flip-angle predicted by the amplitude-based measurement, using the following procedure:
1.) The 32-pulse block is chosen which has the highest signal magnitude while yielding
calibration results that are no more than 10% different from those for the block
immediately before it. (In its standard form, the amplitude-based method picks the “best”
block as that with the highest signal magnitude [Figure 2.3], but we found this leads to a
5-15% error in the final estimation in the presence of relatively large B1 inhomogeneity.)
At each readout position for this block, the actual flip angle is calculated based on fitting
the signal decay curve consisting of 32 points from the 32 readouts following the
repeated RF excitations. 2.) The measured flip angles are used to predict the phase
difference that the phase-based method would measure for the corresponding readout
position. 3.) Results from both methods are compared at the “valid” positions for the
phase-based method, as determined using the criteria illustrated in Section 3.2.2.
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Figure 3.10. Phase-based calibration results and amplitude-based calibration
results (converted to equivalent phase differences) obtained in one acquisition from
a healthy subject.

Figure 3.10 shows the comparison of the signal-intensity profile and equivalent phase
differences for the amplitude-based calibration method to the corresponding values for
the phase-based calibration method for a healthy subject who participated in a

129

Xe

lung-imaging study. The readout direction, shown left to right in the plots, corresponds to
the head-to-foot direction in the subject.

We see from Figure 3.10 that the

signal-intensity profile measured by the phase-based method is very similar to the one
measured by the amplitude-based method, except at the base of the lung (readout indices
larger than 150). The phase behavior measured by the phase-based method is also fairly
close to the predicted results from the amplitude-based method, except at the base of the
lung. This is reasonable because, in healthy subjects, the ventilation of the lung is
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homogeneous and so the B0 field is relatively uniform, except at the base of the lung in
the vicinity of the diaphragm interface. For example, Figure 3.11 shows measured B1
mapping results in a healthy subject’s lung, reproduced from [57]. The phase difference
(Figure 3.11c) is relatively homogeneous except at the base of the lung (arrows in Figure
3.11a, b).

Figure 3.11. Coronal 3He lung images acquired in a healthy subject
using the α, α/3 phase-based B1 mapping method proposed in [57].

For diseased subjects with marked ventilation defects, the signal-intensity profile
measured by the phase-based method often appears much noisier than that for the
amplitude-based method. Even so, the phase values measured with the phase-based
method (after thresholding) generally remain very similar to the predicted values from the
amplitude-based method, as shown for a subject with asthma presented in Figure 3.12.
Nonetheless, the signal-intensity behavior for the phase-based method affects the
associated weighting factors.
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Figure 3.12. Phase-based calibration results and amplitude-based calibration
results (converted to equivalent phase differences) obtained in an asthmatic
subject.

The hybrid phase-based/amplitude-based transmitter-calibration pulse sequence was
used to compare the two methods in 81 3He and 73 129Xe human studies. The correlation
coefficient between results from the two methods was 0.99 for 3He studies and 0.98 for
129

Xe studies (Figure 3.13). The maximum difference between results from the two

methods was less than 10%.
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Figure 3.13. Calibration results shown as transmitter voltage measured by the
phase-based

method

versus

transmitter

voltage

measured
3

by

amplitude-based method from all healthy and diseased subjects in He and

the
129

Xe

studies.

3.3.3 Magnetization Consumption of Phase-based Calibration
Three comparison studies were done to measure the SNR degradation caused by
applying the phase-based calibration method before imaging acquisitions. Results are
shown in Table 3.1. In general, the SNR values measured from the acquisitions which
included the phase-based calibration method were very close to the ones without the
calibration. All of the calculated SNR ratios were more than 90%. Theoretically, using a
10° flip angle for the excitation RF pulse of the calibration should consume less than 3%
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of the total magnetization, while using a 5° flip angle should consume less than 1%.
However, in practice, there are other factors which may affect the accuracy of the
estimated magnetization consumption. In particular, the net magnetization in the 3He
dose administered to the subject is directly proportional to the resulting image SNR.
Errors in estimation of the net magnetization will therefore affect our estimate of the
magnetization consumed by the phase-based calibration.
Table 3.1. SNR comparison from image acquisitions without (SNR 1) and with
(SNR 2) the phase-based calibration.

Test 1 (FA=10o)

Test 2 (FA=5o)

Test 3 (FA=5o)

SNR 1/ Dose (mmol)

62.0 / 7.7

87.7 / 8.0

93.9 / 7.7

SNR 2/ Dose (mmol)

59.3 / 7.8

84.4 / 7.9

87.3 / 7.7

SNR Ratio

94%

97%

92%

3.4 Discussion and Conclusion
Compared with the amplitude-based calibration method [54], the phase difference from
which B1 is estimated using the phase-based method does not rely on the flip angle of the
excitation pulse, but depends on the peak B1, pulse duration and off-resonance frequency
of the off-resonant RF pulse, based on the Bloch-Siegert Shift [Eq. 2.1]. Thus the
phase-based calibration method can produce valid B1 mapping/calibration results as long
as the excited signal is above the noise level. In contrast, the amplitude-based method
measures the signal amplitude decaying following the excitation pulses. A few excitation
RF pulses with relatively large flip angle or larger number of excitation RF pulses with
small flip angle can both yield accurate results, although both of these configurations
theoretically consume more magnetization than the phase-based method.
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Robustness against B0 field inhomogeneity is crucial for the phase-based calibration
method [60].

Inhomogeneous B0 field affects the performance of the phase-based

calibration method in two respects. First, the off-resonance RF pulse produces unwanted
excitation of magnetization from the longitudinal axis; spins located in different B0 fields
experience different B1 fields from the off-resonance RF pulse, which gives rise to
fluctuation of the magnetization excited by the excitation RF pulse, as Figure 3.5 shows.
The phase of the signal accumulated from spins located in a wide range of B0 fields will be
affected by this fluctuation. Second, the phase shifts of spins after experiencing the
off-resonance pulses are also subject to the B0 field where the spins are located, as
indicated by Eq. 2.1. Theoretical simulation shows the designed SLR pulse, because of its
cleaner (lower) side bands, yields less error in Gaussian distributed inhomogeneous B0 field,
compared with the Fermi pulse, when working in low peak B1 situations. (In higher peak B1
situations, due to the slightly larger error induced by SLR pulse to the phase shifts, the
method using the SLR pulse shows slightly larger error than the one using Fermi pulse.).
Because of the non-equilibrium nature of the hyperpolarized gas signal, the calibration
sequence collects a gradient echo signal. A relatively long echo time (about 10ms) is used
for the phase-based method because the duration of the off-resonance pulse is proportional
to the phase shift obtained based on the Bloch-Siegert shift [Eq. 2.1]. However, on the
other hand, this relatively long echo time increases the chance for phase dispersion within
the slabs perpendicular to the read-out direction when the B0 distribution is inhomogeneous,
and causes a drop of signal intensities in those regions due to signal cancellation within
slabs, such as at the neck and base of the bottles shown in Figure 3.9, and the base of the
lung shown in Figure 3.10.
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Transmitter calibration provides an average B1 or flip angle over a volume of interest.
In the healthy human lung, except for the B0 field variation at the air tissue interface near
the diaphragm, most of the regions have a relatively homogeneous B0 field distribution, as
Figure 3.11 shows. In diseased subjects, this situation becomes complicated. Nonetheless,
with a relatively robust phase behavior, the phase-based calibration method shows
consistent results with the amplitude-based method among a large number of human tests.
We postulate this was because, even though there was B0 inhomogeneity within the
ventilated region of the human lung, in general most of the regions were still homogeneous
or had relatively smooth variations instead of abrupt changes. The influence of the
magnetization cancellation in very inhomogeneous B0 fields was limited in that it did not
substantially affect the global calibration value obtained from averaging over the selected
ROI.
In

conclusion,

we

implemented

a

phase-based

calibration

method

for

hyperpolarized-gas studies, which has duration of less than 100 ms and consumes less than
approximately 5% of the initial magnetization, thus permitting integration into the
beginning of any imaging pulse sequence. In theoretical simulations, the phase-based
method using the designed SLR pulse showed robust performance against B0
inhomogeneity effects, yielding less than 5% relative error in the operating range of peak
B1 for HPG calibration procedures (1 µT to 10 µT). Through B1 and B0 mapping, phantom
tests provided a comprehensive assessment of the phase-based method. Compared with the
amplitude-based method [54] and the phase-based method using a spin-echo sequence [53],
the phase-based method maintained relatively accurate phase behavior, yet induced
magnetization cancellation in regions with inhomogeneous B0 field due to its relatively
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long echo time. This may affect the final calibration result, which is determined by the
averaged phase values weighted by signal amplitudes over the ROI. So far, in over 100
human studies, the phase-based method showed fairly high consistency with the
amplitude-based method we routinely use for calibration. The correlation coefficient
between the results measured by these two methods was above 0.98, and none of the
differences between these two methods exceeded 10% of the result from the
amplitude-based method. Further evaluation of the accuracy of this method can be done by
acquiring 3D B1 mapping simultaneously with the phase-based calibration method.
Similarly, the impact of B0 inhomogeneity effects on the accuracy of the phase-based
method can be measured through simulation based on spatially registered 3D B0 mapping
results acquired simultaneously.
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Chapter 4
Acceleration of Combined 3He and 1H
Acquisitions using CS Technique
4.1 Introduction
4.1.1 Compressed Sensing Technique
Compressed-sensing (CS) theory reveals that signals or images having a sparse
representation in some domain can be reconstructed from randomly undersampled
k-space data provided that an appropriate nonlinear reconstruction strategy is used [73].

Figure 4.1 shows a simple example of how the CS technique works: a sparse signal can
be sampled below the Nyquist limit if the sampling pattern is appropriately designed to
induce sufficiently small incoherent noise. The signal is recovered using an iterative
reconstruction that detects signals by thresholding, and removes already detected signals
and associated incoherent noise generated due to the random undersampling, allowing
detection of additional signals. This is repeated until the residual is sufficiently small.
The CS technique, which enables acceleration of the acquisition via the
undersampling, seeks converged solutions in the sparsifying domain by minimizing the
L1 norm [73], as Eq. 4.1 shows, where m is the image data (or k-space data)
corresponding to the object, Fs denotes the Fourier Transform, and ψ corresponds to
the sparsifying transform chosen for the application. This transform can be total variation,
wavelet transform, differences between time frames, etc., or any combination of them.
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The boundary condition shown in this equation controls the fidelity of the reconstruction
compared to the measured data. An L2 norm is shown here, while in practice in some
situations, an L1 norm can be used, depending on signal types and optimization
requirements.

minimize

ψm 1

s.t. Fs m − y

2

<ε

[Eq. 4.1]

Randomness is very important for the CS technique, because sampling below the
Nyquist limit causes signals to interfere. If the interference becomes larger than the signal
itself and cannot be removed, signal will be lost. The Transform Point Spread Function
(TPSF; the conventional point spread function can be viewed as the TPSF when no
sparsifying transform is used) is commonly used to investigate the interference generated
by the undersampling pattern in the sparsifying domain. The TPSF represents the
contribution of a unit-intensity pixel located at position i to a pixel located at position j,
and can be calculated using Equation 4.2 [73]. In practical situations, the TPSF of the
contribution of a pixel at the origin to the whole image domain is calculated, and the sizes
of the sidelobes are measured to assess the performance of an undersampling pattern.

TPSF (i; j ) = e*jψ Fs* Fsψ ei

[Eq. 4.2]

Application of the CS method in hyperpolarized-gas imaging can help reduce the
acquisition time by requiring fewer RF pulses, while maintaining or even increasing the
basic signal-to-noise ratio (SNR) by permitting higher flip angles, because of the
non-equilibrium nature of hyperpolarized-gas magnetization. This can be achieved
without the need for a multi-channel RF coil, as required for parallel-imaging techniques.
The CS method applied to hyperpolarized-gas imaging has been validated by simulation
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results and undersampled acquisitions with an acceleration factor of 2 [74], and extended
to an acceleration factor of 3 for 2D imaging using prior knowledge of 1H lung images
acquired on the same subject [75], while still maintaining relatively good image quality.

Figure 4.1. Basic example illustrating the compressed-sensing technique. a.) A
sparse signal with two strong components and one weak component. b.) k space of
the signal and two different sampling schemes: equally-spaced samples and
randomly-spaced samples c.) Aliasing in the recovered signal after Inverse Fourier
Transform for 8-fold undersampling with equally-spaced samples; the signal cannot
be recovered. d.) Incoherent noise seen in the signals after Inverse Fourier
Transform for 8-fold randomly undersampled data. e-f.) The two strong
components are detected using a threshold while the weak component is buried in
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the noise. g.) Signal corresponding to the two strong components and the noise
(interference) they generate for the random undersampling pattern. h.) After
subtracting (g) from (e), the weaker signal is also recovered after lowering the
threshold. This figure is reproduced from [73] with permission.

4.1.2 Potential of Accelerating the Combined 3He and 1H
Acquisitions
Using a Cartesian trajectory, 3D imaging applications are inherently favored for the
CS technique, because, for 3D, two phase-encoding directions allow more freedom to
generate a random undersampling pattern which yields less incoherent noise. Figure 4.2
shows an example of 2D and 3D undersampling patterns (adapted from [74] with
permission). Simulation results [74] show that undersampling in 3D acquisitions has
great potential for acceleration. So, it is highly desirable and applicable to apply the CS
technique to combined 3He and 1H acquisitions to address the long breath-hold durations
imposed by current methods; this is the thrust of Specific Aim 2. By evaluating the
undersampling pattern using fully-sampled datasets acquired in healthy and diseased
subjects, we will be able to generate an optimal undersampling pattern for lung imaging
(for both hyperpolarized gas and proton images), and shorten the total acquisition time to
less than 10s, which is easily tolerable for most subjects. The undersampled,
CS-reconstructed image sets are compared with their fully-sampled counterparts to
evaluate the reconstruction fidelity.
The efficiency and potential of compressed sensing relies highly on the sparsity of the
images of interest in the sparsifying domain, which means the images must have a sparse
representation (relatively few significant non-zero values) in a known transform domain.
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Although some MR acquisition types yield sparse data in the image domain (for example,
MR angiograms), most MR images are not especially sparse in the image domain.
However, they do typically exhibit transform sparsity because the images have a sparse
representation in terms of some transforms such as a wavelet transform [73].

Figure 4.2. Examples showing 2D and 3D undersampling patterns: a.) 2D CS
undersampling pattern with acceleration factor of 2. White lines denote sampled
k-space lines. b.) 3D CS undersampling pattern with acceleration factor of 3,
showing the sampled k-space lines (white points) in the two phase-encoding
directions. Images reproduced from [74] with permission.

The sparsity of 3He ventilation images was evaluated by testing a variety of lifted
wavelet transforms on data acquired from healthy subjects and subjects with lung disease
(asthma or cystic fibrosis [CF]). The lifted Cohen-Daubechies-Feauveau 9/7 (CDF 9/7)
wavelet [95] was chosen because the 3He ventilation images generally demonstrated a
high degree of sparsity in this domain.
3

Specifically, our calculations indicate that most

He images reconstructed with as few as 10% of the principal CDF 9/7 wavelet
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coefficients yield a mean absolute percentage error (MAPE, discussed in Section 4.2.4)
of less than 10% compared to the original image, as shown in Figure 4.3. This suggests
that lung 3He images are sparse in this wavelet domain, although not that sparse because
of the smaller image size compared with high resolution 1H image sets (for our study,
image sizes are restricted to ~100 in both phase-encoding directions, with a spatial

Figure 4.3. Sparsity
of a representative
3

He ventilation image

in the CDF 9/7
domain.

resolution of 3.9 mm), since based on CS theory [73], an N-dimensional vector that is
k-sparse can be completely recovered using on the order of k*logN measurements [96].
Thus, without use of a multi-channel RF coil, an acceleration factor of 3 to 4 is suggested
as the maximum we should use to achieve satisfactory reconstruction fidelity.

4.2 Methods
4.2.1 Undersampling Pattern
Compressed sensing relies on incoherent interference of aliasing in the sparse
transform domain.

The transform point spread function (TPSF) of the undersampling

pattern (as described above) and the signal behavior of specific datasets together
determine the characteristics of aliasing interference.

To determine an optimal

sampling-density scheme for our application, we chose previously acquired 3He image
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data to perform retrospective simulation tests. The 3He image data used for these
simulation tests were acquired in a healthy subject (female, age 25) using a rigid chest
3

He RF coil (Rapid Biomedical, Rimpar Germany) and TR/TE 1.78/0.75 ms, in a subject

with CF (male, age 23) using a flexible chest 3He RF coil (Clinical MR Solutions,
Brookfield, WI) and TR/TE 1.78/0.75 ms, and in a subject with asthma (female, age 21)
using the rigid chest 3He RF coil and TR/TE 1.86/0.79 ms.

A 3D balanced steady-state

free-precession (TrueFISP) pulse sequence was used with common parameters including
a matrix of 128 x 80 x 60, spatial resolution of 3.9 x 3.9 x 3.9 mm3, receiver bandwidth
per pixel of 1085 Hz, and flip angle of 9°. All measurements were performed on a 1.5-T
commercial MR scanner (Magnetom Avanto, Siemens Medical Solutions, Malvern, PA).
Simulation followed three steps: 1) generate 9 Poisson disc sampling-matrix “pools”
with uniform sampling density from 10% to 90%, with an increment of 10%; 2) generate
two sampling-density schemes (polynomial weighting [73] and exponential weighting
[97]) with different density distributions, and for each power density function draw
sampling points from the same matrix position out of the sampling-matrix pool with the
nearest density to obtain the undersampling pattern (i.e., variable-density Poisson disc
sampling); and 3) undersample representative datasets by applying these sampling
matrices and then compare the corresponding reconstructed images with fully-sampled
images.

Figure 4.4 shows how the reconstruction performance for polynomial

weighting varied with the change of weighting factors for datasets from a healthy subject
and from subjects with asthma or CF.

For the polynomial weighting scheme, the

minimum mean absolute percentage error and maximum structural similarity index both
occurred for a power of 2.

The optimal sampling scheme for exponential weighting [97]
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(results not shown in Figure 4.4) showed a density distribution similar to the polynomial
weighting scheme at a power of 2, and so the polynomial weighting scheme at a power of
2 was selected for our work.

Figure 4.5 shows an example of the power density

function and sampling scheme we selected for the 3He data.

Based on an analogous

analysis for proton images, exponential weighting with a factor of 1.5 was selected
because this yielded better reconstruction performance for all datasets tested.

Figure 4.4. Mean absolute
percentage error (MAPE) and
structural similarity index (SSIM)
as a function of the power for the
polynomial weighting density
function for 3He lung image sets
from healthy and diseased subjects
(simulation). See Section 4.2.4 for
a description of the MAPE and
SSIM metrics.

4.2.2 Experimental Setup and Imaging Protocols
For experiments in this project, 3He gas was polarized by collisional spin exchange
with an optically-pumped rubidium vapor using a custom-built system. All experiments
were performed under a Physician’s IND for imaging with hyperpolarized 3He using a
protocol approved by our institutional review board. Informed consent was obtained in
all cases.
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Helium and proton studies were performed using a 1.5-T whole-body scanner
(Magnetom Avanto, Siemens Medical Solutions) equipped with the multi-nuclear option
and a chest 3He RF coil (Rapid Biomedical). This RF coil included circuits for signal
blocking at the proton resonance frequency to permit proton MRI to be performed with

Figure 4.5. Example of the power density function and undersampling
pattern used for 3He acquisitions.

the 3He coil in place. The subject was positioned supine on the scanner table with the
3

He RF coil around their chest.

Breath-hold scout images were obtained using

conventional proton MRI for positioning of the 3He acquisitions. Next, the subject
inhaled a gas mixture containing approximately 50 ml of hyperpolarized 3He and a
breath-hold acquisition was performed for calibration of the scanner center frequency and
transmitter voltage.

For the combined 3He/1H acquisitions, the subject inhaled 3He gas

and held their breath for approximately 10-20s. The 3He acquisition was performed first,
follow by a short pause (less than 0.5 s, due to switching the coil), and the 1H acquisition
was then executed.
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In total, 9 healthy subjects and 3 diseased subjects participated in 13 studies for this
compressed-sensing study (Table 4.1), which can be divided into 4 groups based on
specific purposes and imaging protocols:
1.)

3

He imaging only: Two healthy subjects were scanned with 3He acquisitions

only to test the undersampling pattern and compressed-sensing reconstruction
algorithms. Sequence protocols were the same as those for the 3He sequence
in group 2.
2.)

Comparison in different breath-holds: Three healthy subjects and one subject
with CF were scanned with combined 3He/1H acquisitions. One healthy
subject was scanned with full sampling (x1) and undersampling with an
acceleration factor (R) of 2 (x2). The other two healthy subjects and the CF
subject were scanned with x1 and x3 sampling; fully-sampled and
undersampled data were acquired in different breath-holds. A 3D balanced
steady-state free-precession (TrueFISP) pulse sequence [71] was used for
both 3He and 1H. Parameter settings included: 3He: TR/TE 1.86/0.79 ms,
matrix 128x88x52; and 1H: TR/TE 1.79/0.74 ms, matrix 128x110x64.
Common parameters for both scans included: flip angle 9°, spatial resolution
3.9x3.9x3.9 mm3, bandwidth/pixel 1085 Hz.

Total acquisition time was

reduced to 4.3 s for 3He and 6.6 s for 1H at a random-undersampling
acceleration factor of 2, and to 2.8 s for 3He and 4.1 s for 1H at an
acceleration factor of 3, compared with 6.7 s for 3He and 9.7 s for 1H for the
fully-sampled scans. (To keep the total acquisition time below 20 s, the
fully-sampled scans used elliptical sampling of the phase-encoding steps [i.e.,
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the “corners” of k space were not sampled].

The accelerated scans did not

use elliptical sampling.)
3.)

Comparison in one breath-hold: Fully sampled and undersampled acquisitions
were incorporated into one breath-hold to directly compare the image sets
without encountering a position change between scans due to different
breath-hold positions. Because the duration of combined 3He/1H acquisitions
is too long for the subject to hold their breath for fully-sampled and
undersampled acquisitions for both nuclei, 1H and 3He acquisitions were
tested separately with x1 and x3 acquisitions for a given nucleus incorporated
into one breath-hold. One healthy subject was tested with a 1H acquisition
using x1 and x3 acceleration factors, and 3 healthy subjects were tested with a
3

He acquisition using x1 and x3 acceleration factors. Protocols used were the

same as those for group 2.
4.)

Comparison of ventilation defects in different breath-holds for diseased
subjects: We used advanced registration and segmentation methods to
quantitatively compare the ventilation defects found in fully-sampled and
CS-reconstructed undersampled images acquired from diseased subjects. Two
asthmatics were scanned with the combined acquisition using x1 and x3
acceleration factors obtained in different breath-holds. For these studies, a
GRE pulse sequence was used for the 1H acquisitions, and three protocols
were implemented to better accommodate subjects with different lung sizes.
Parameter settings included: 3He: TrueFISP pulse sequence, flip angle 9°,
TR/TE 1.86/0.79 ms, matrix 128x72x44 (small), 128x80x52 (medium) or
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128x88x60 (large), bandwidth/pixel 1085 Hz; and 1H: GRE pulse sequence,
flip angle 10°, TR/TE 1.80/0.78 ms, matrix 128x100x56 (small), 128x110x64
(medium) or 128x120x72 (large). Spatial resolution was 3.9x3.9x3.9 mm3 for
all acquisitions.

Total acquisition time was 5.4 s for small subjects, 7.0 s for

medium subjects and 8.5 s for large subjects at an acceleration factor of 3,
compared with 9.8 s for small subjects, 12.8 s for medium subjects and 15.7 s
for large subjects with full sampling after applying elliptical scanning and the
partial Fourier technique.
Table 4.1. Subject and acquisition information for compressed-sensing studies.

Group

Sub.

1

H

2

3

2

H

1

H

3

4

Number

Acquisition
He, x1/x2/x3

Breath-hold

1

H Seq.

Protocol

Different

TrueFISP

Fixed size

Combined x1/x2

Different

TrueFISP

Fixed size

2

Combined x1/x3

Different

TrueFISP

Fixed size

CF

1

Combined x1/x3

Different

TrueFISP

Fixed size

H

1

1

H, x1/x3

Same

TrueFISP

Fixed size

H

3

3

He, x1/x3

Same

N/A

Fixed size

A

2

Combined x1/x3

Different

GRE

3 options

H = healthy, A = asthma.

4.2.3 Image Reconstruction
Undersampled images were reconstructed using the SparseMRI Toolbox by M.
Lustig [73]. Reconstructions were achieved by seeking minimal solutions of the L1 norm
of the wavelet transform and the total variance (TV) norm, while restricted by the data
consistency terms, as Eq. 4.3 shows. m denotes the reconstructed complex images, Fs
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denotes the undersampling Fourier transform, y represents the measured k-space data,

Ψ is the CDF 9/7 wavelet transform we chose for HPG imaging, TV is the total
variance norm, and λ1 and λ2 control the weighting of the different sparsifying
transforms and are also related to the expected noise levels of acquired data. λ1 and λ2
are determined by the specific data types. In our work, optimized values λ1 of 0.001 and

λ2 of 0.003 were used based on simulation results from acquired data.
Fs m − y 2 + λ1 Ψm 1 + λ2TV (m)

[Eq.4.3]

Reconstruction of the CS acquisitions was implemented in MATLAB (MathWorks,
Natick, MA). The calculation times for reconstruction were approximately 20 minutes for
3

He datasets and 30 minutes for 1H datasets using a desktop PC (Optiplex GX745, Intel

Core 2 CPU 6400, 2.13 GHz, 2 GB RAM, Dell Inc, Round Rock, TX).

4.2.4 Evaluation of CS Reconstruction Fidelity
Two metrics were used for direct comparison of fully-sampled and CS reconstructed
undersampled images, and apply for all simulation tests (applying undersampled pattern
to fully-sampled datasets and comparing the reconstructed images with fully-sampled
images), and for studies from group 2 and group 3:
1). Mean absolute percentage error (MAPE): This is obtained by taking the ratio of
the amplitude of difference images to the amplitude of the fully-sampled images, and
then averaging the resulting values over a region of interest (typically, the ventilated lung
region as determined by applying a noise threshold to the fully-sampled images).
2). Structural similarity index metrics (SSIM) [99]: SSIM ranges from -1 to 1, with
the maximal value of 1 obtained only for the case of two identical sets of data. Similarity
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index maps were calculated from the fully-sampled and compressed-sensing images, and
a mean index was calculated by averaging the indices from the ventilated region of the
lung.
Direct quantitative comparison between fully-sampled and undersampled acquisitions
for 3He ventilation images, even acquired in the same breath-hold, may still be affected
by factors, such as diaphragm movement and the non-equilibrium nature of
hyperpolarized magnetization, which are not related to the compressed-sensing technique
[100]. Considering that the major application of 3He ventilation imaging is to distinguish
normally-ventilated areas from those with poor ventilation (ventilation “defects”), an
automated segmentation method [101] was proposed recently for quantifying ventilation
defects in 3He images using 3He/1H multivariate templates to register and segment the
3

He images [102]. Using this approach, in the studies of group 4, we sought to compare

and quantify the ventilation defects found in fully-sampled and CS-reconstructed
undersampled 3He image sets acquired in the same subjects but during different
breath-holds.
Registration and segmentation followed four steps: 1) Image sets were N4 bias
corrected to eliminate signal intensity variation due to B1 inhomogeneity effects. 2)
Whole-lung masks were generated for the fully-sampled and CS 1H image sets based on
registration with an 1H image-labeled template generated from eight subjects’ 1H chest
images. 3) The CS 1H image was registered to the fully-sampled 1H image to provide the
mapping of the undersampled 3He ventilation image to its counterpart acquired in the
fully-sampled acquisition. 4) Lung regions were segmented into 4 classifications based on
signal intensities, with two of them (Label 1, 2, combined as Class 1) representing the
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poorly-ventilated regions and the other two (Label 3, 4, combined as Class 2) representing
the normally-ventilated regions. Label overlays between the two segmented and labeled
maps were measured using the Dice metric after combining the poorly-ventilated labels and
the normally-ventilated labels. Registration and segmentation scripts are available in the
Advanced Normalization Tools (ANTs) package [103].

4.3 Results
4.3.1 Undersampled 3He Acquisitions
Contiguous coronal sections of the lung of a healthy subject from study group 1 are
shown in Figure 4.6 for fully-sampled and accelerated (R = 2; R = 3) 3D 3He acquisitions.
No major differences between the fully-sampled and accelerated images sets were
observed.

For example, the small pulmonary nodule (an incidental finding in this

healthy subject) was clearly seen in all three image sets (arrows). The acquisition time
for the undersampled datasets was reduced to 4.3 s (R = 2) and 2.8 s (R = 3) from 6.7 s
for the fully-sampled acquisition.
A simulation-based evaluation (using the fully-sampled dataset) of reconstruction
fidelity for 3He data from this subject for acceleration factors of 2 and 3 was investigated
(Figure 4.7). The MAPE and SSIM values over the lung region calculated by
retrospectively undersampling the fully-sampled data were 5.1% and 0.94, respectively,
for R = 2, and 6.6% and 0.91, respectively, for R = 3. Although quite minor in both
cases, differences for R = 3 are clearly larger than those for R = 2; these differences
indicate that some fine detail was not preserved in the CS reconstruction. The increase
seen in the difference images is consistent with lower similarity indices observed in some
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regions of the lung for the R = 3 case compared to the R = 2 case. Nonetheless, we felt
that the performance of the R = 3 case was sufficient to warrant further evaluation of
three-fold acceleration.

Figure 4.6. 3He ventilation images acquired with full sampling and undersampling
with factors of 2 (R=2) and 3 (R=3) from a healthy subject in study group 1.

4.3.2 Comparison of Fully-sampled and Undersampled Image
Sets Acquired in Different Breath-holds
All subjects in study group 2 underwent combined 3He and 1H scans with full
sampling and under-sampling acquired in different breath-holds. Figure 4.8 (reproduced
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from [98]) shows images reconstructed in three planes from one of the healthy subjects.
Although there is slightly elevated incoherent noise behavior in the CS-reconstructed
images, especially apparent in the transverse view, the CS images generally match the
fully-sampled images well. Since the fully-sampled images and CS images were acquired
in different breath-holds, there was a position shift between the two acquisitions, which
can be identified by comparing four contiguous slices selected from the two datasets, as
Figure 4.8b shows.

Figure 4.7. Evaluation of reconstruction fidelity by simulation based on
fully-sampled 3He datasets acquired in one of the healthy subjects in study group 1.
Difference images and structural similarity maps for fully-sampled versus x2
acceleration, and fully-sampled versus x3 acceleration, are shown on the right.
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a

b

Figure 4.8. a.) Fully-sampled images versus compressed-sensing images with R=3,
acquired from one of the healthy subjects in study group 2, shown in 3 orthogonal
planes. b.) Contiguous coronal images.
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a

b

Figure 4.9. a.) Fully-sampled images versus compressed-sensing images with R=3,
acquired from the cystic fibrosis subject in study group 2, shown in 3 orthogonal
planes.

b.) Contiguous coronal images.

Yellow arrows indicate some of the

ventilation defects.

Images reconstructed in three planes from a CF subject in group 2 are displayed in
Figure 4.9, with corresponding contiguous coronal images shown in the lower row.
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Similar ventilation defects can be identified in both the fully-sampled acquisition and the
undersampled acquisition as indicated by yellow arrows in the 3He images. But, because of
patient movement and ventilation variation between breath-holds (which, in our experience,
is more prominent in diseased subjects), the undersampled and fully-sampled image sets
are clearly not identical, and thus direct quantitative comparison on an image-by-image
basis is challenging. We describe results for quantitative comparison of ventilation defects
between fully-sampled and undersampled acquisitions in Section 4.3.4.
Simulations analogous to those discussed in Section 4.3.1 were performed based on the
fully-sampled datasets acquired for the three healthy subjects in study group 2. All
MAPE values were below 10% and all SSIM values were above 0.9, as shown in Table
4.2.

Table 4.2. Simulation of reconstruction fidelity (x1 versus x3 acceleration) on
fully-sampled 3He/1H datasets acquired in the three healthy subjects in class 2.
3

1

He images

Healthy 1

Healthy 2

Healthy 3

MAPE

6%

7%

7%

SSIM

0.93

0.92

0.94

MAPE

9%

8%

8%

SSIM

0.93

0.93

0.94

H images

4.3.3 Comparison of Fully-sampled and Undersampled Image
Sets Acquired in the Same Breath-hold
To provide a more direct verification of reconstruction fidelity, beyond the indirect
evaluation discussed above, we acquired fully-sampled and undersampled acquisitions in
the same breath-hold for subjects in group 3. 3He and 1H acquisitions were performed in
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separate scans because combining them would require too long of a breath-hold time
(24-30 s). One healthy subject was scanned using the 1H pulse sequence with full
sampling and undersampling (R=3) in a single breath hold; the undersampled data were
acquired first. Similarly, three healthy subjects were scanned using the 3He pulse
sequence with full sampling and undersampling (R=3) in a single breath hold. For the
first two subjects, the undersampled data were acquired first, the same as for 1H, while
for the third subject, an additional fully-sampled data set was acquired at the end
(acquisition order: fully sampled, undersampled [R=3], fully sampled; flip angle 7.9° for
optimal SNR).
Results from the 1H comparison are presented in Figure 4.10 (reproduced from [100]),
with the upper row showing representative images for full sampling and the middle row
showing corresponding images reconstructed from undersampled data. In general, a high
level of similarity was found between the two image sets, as indicated by a MAPE of 9.6%
and mean SSIM index of 0.90 over all signal-containing regions in the 3D coronal slices.
These values are very similar to those calculated by applying the same undersampling
pattern to fully-sampled data and then comparing the resulting CS-reconstructed images to
the original fully-sampled images (Table 4.2 and bottom row of Figure 4.7), even
considering the difference brought by heart movement during the acquisitions, which is
fairly prominent in the similarity index maps in Figure 4.10.
In contrast, the similarity values for the 3He acquisitions were not as good as those for
the

1

H acquisitions: the MAPE and SSIM values calculated by comparing the

fully-sampled (acquired first for the third subject) and undersampled image sets were 17%
and 0.72, and 16% and 0.74, respectively, for the first two subjects (flip angle 9°), and 13%
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and 0.77, respectively, for the third subject (flip angle 7.9°). The relatively worse indices
obtained for 3He appear to arise from at least 2 factors unrelated to the actual performance
of the undersampled acquisition with CS reconstruction: 1) diaphragm movement between
acquisitions, which can be clearly seen in the difference images in the 3rd row of Figure
4.11 (scaled to the maximum of each image), where a relatively large signal difference is
present at the lung-diaphragm interface; and 2) the non-equilibrium nature of

Figure 4.10. Comparison of representative images from fully-sampled (top row) and
x3 undersampled 1H acquisitions obtained in one breath-hold.
hyperpolarized-gas magnetization and B1 inhomogeneity of the RF coil. Since
undersampled and fully-sampled datasets are acquired sequentially, the signal intensity
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decreases roughly 15-20% for the second 3He acquisition based on the flip angle used,
while noise remains constant from acquisition to acquisition. Also, B1 inhomogeneity
gradually modifies the relative signal-intensity distribution within ventilated regions of the
lung. These factors may explain the relatively low SSIM indices appearing in most of the
uniformly-ventilated regions of the lung (4th row of Figure 4.11), while in regions
containing vessels or edges, the similarity indices were much higher.
CS-reconstruction of data from the fully-sampled image set acquired in one healthy
subject in group 3 (simulation performed for one central coronal slice) offers further insight
on these issues, as shown in Table 4.3 and Figure 4.12. After applying the undersampling
pattern with R=3 (R3a* in Figure 4.12), the CS-reconstructed image yielded a MAPE of
8.4% compared with the fully-sampled image, while the SSIM index was 0.88. After
adjusting the signal intensity at each pixel of the reconstructed undersampled image
(because of the signal decay caused by the train of RF pulses) based on a B1 map acquired
simultaneously with the image data (R3b* in Figure 4.12), the MAPE increased somewhat
to 8.5%, while the SSIM index was essentially unchanged. Then, adding noise at a level
consistent with the consumption of magnetization during the actual acquisition (R3c* in
Figure 4.12), the MAPE increased to 11%, while the SSIM index decreased to 0.81; these
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Figure 4.11. Comparison of representative images from fully-sampled (top row) and
x3 undersampled (second row) 3He acquisitions obtained in one breath-hold.
Diaphragm movement was easily detected from the difference images (third row)
even though the two image sets were acquired in the same breath-hold.
values are close to the best indices from the real comparison. This suggests that both B1
inhomogeneity and SNR loss (due to consumption of the hyperpolarized magnetization)
affect the comparison, with SNR being the larger factor. The effect of these factors is also
supported by comparison of the two fully-sampled data sets acquired in this subject, which
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yielded a MAPE of 23% and a SSIM value of 0.68; both of these values are worse than
those for the fully-sampled versus undersampled 3He data.

Table 4.3. Simulation of reconstruction fidelity (central slice from one healthy
subject) compared with actual acquisition.
Fully-sampled Undersampled Undersampled
Undersampled with Actual
(R1) vs.
from
with intensity
intensity and noise undersampled
R1 (R3a*)
adjustment
adjustment (R3c*) acquisition (R3)
(R3b*)
MAPE
8.4%
8.5%
11%
16%
SSIM
0.88
0.88
0.81
0.74
*indicates simulation based on fully-sampled datasets for comparison with actual
undersampled acquisition.

Figure 4.12. Upper row shows reconstructed images from fully-sampled data obtained
by undersampling R1 by a factor of 3 (R3a*); by, in addition, adjusting the signal
intensity for the signal decay predicted for the excitation RF pulses based on B1
mapping results (R3b*); and by, in addition, increasing the noise level to be consistent
with signal decay (R3c*).

R3 is the acquired undersampled image. Lower row shows

the similarity index maps calculated between the various undersampled images and the
fully-sampled image.
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4.3.4 Comparison of the Ventilation Defects using
1

H-Image-masked Segmentation

To date, we have imaged two asthmatics (subjects S1 and S2) in study group 4 and
compared the fully-sampled and undersampled image sets acquired in different
breath-holds

using

the

1

H-masked

segmentation method described in Section
4.2.4.

Table 4.4 Label overlap between the
fully-sampled and undersampled (R=3)

Means of the Dice metric of the acquisitions.

overlaid labels are reported in Table 4.4,
showing good agreement between the two
segmentations.

The

mean

Dice

values

calculated from Class 2, which corresponds
to the normally-ventilated areas, are high -both larger than 0.9. The mean Dice values obtained from Class 1, representing
poorly-ventilated regions, are lower. Reviewing the underlying ventilation images, this
appears to be at least partly due to actual variations of the ventilation defects between
breath holds (e.g., yellow arrows in Figures 4.13 and 4.14) rather than artifacts from the CS
reconstruction. Figure 4.13 shows an example of 3-planes of both the fully-sampled and CS
ventilation images, and the respective labeled segmentation maps from subject S2. The
ventilation defects identified by segmentation are very close but not completely identical.
Some defects appeared worse in CS images (yellow arrows, Figure 4.13) while others
appeared worse in fully-sampled images (yellow arrows, Figure 4.14).
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Figure 4.13. Fully-sampled (X1) versus CS (X3; R=3) acquisitions. Coronal, sagittal
and axial 3He ventilation images are shown with the corresponding segmentation
maps.

4.4 Discussion and Conclusion
By undersampling k-space followed by compressed-sensing reconstruction, we were
able to acquire spatially registered 3He and 1H images with 3.9-mm isotropic resolution in
a breath-hold of less than 7 s. The undersampling pattern used in this work was generated
based on simulation results on fully-sampled datasets from previous human scans.
Consistency between the fully-sampled and CS image sets was first verified by visual
comparison, as well as indirectly by using undersampling and reconstruction of
fully-sampled image sets [98]. Direct, quantitative comparison of fully-sampled and CS
images was implemented separately for 3He and 1H acquisitions by incorporating the
fully-sampled and undersampled 3He or 1H scans into a single breath-hold. Undersampled,
CS-reconstructed 1H images showed relatively high similarity to fully-sampled images.
Somewhat lower similarity indices were found for direct comparison of fully-sampled and
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CS 3He image sets, most of which appeared to be caused by factors unrelated to the CS

Figure 4.14. Coronal fully-sampled
(X1) versus CS (X3; R=3) 3He
ventilation images and corresponding
segmentation maps.

technique, such as diaphragm movement and
the non-equilibrium nature of hyperpolarized
magnetization [100]. So, we turned to image
registration and segmentation methods to
directly compare the ventilation defects found
in fully-sampled and undersampled image sets
acquired in different breath-holds. While
relatively high similarities were found between
the segmentation results, differences were
observed and, at least in part, appear to be due
to real variation of ventilation defects between

breath holds rather than artifacts related to the CS acquisition. Future work will be focused
on diseased subjects; by combining the fully-sampled and undersampled acquisitions into a
single breath-hold, we may be able to use the registration and segmentation algorithms
demonstrated above to compare the ventilation defects. Without the variation between
breath-holds, a relatively fair comparison can be made.
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Chapter 5
Regional Mapping of Gas Uptake by Red
Blood Cells and Tissue using Hyperpolarized
129

Xe

5.1 Introduction
5.1.1 Separation of the Dissolved-phase Components
As introduced above in Figure 2.5, the primary peaks in an MR spectrum of 129Xe in the
healthy human lung correspond to

129

Xe in the lung airspaces (0 ppm, by definition),

dissolved in lung parenchyma and blood plasma (~198 ppm), and bound to hemoglobin
in RBCs (~218 ppm) [81].

Early research in rats using a Dixon-based technique [82]

demonstrated the substantial potential value of discriminating the individual contributions
from parenchyma/plasma and RBCs for understanding the physiological consequences of
pulmonary disease. Studies in rabbits from our group [91], using the method described
in [81], showed a periodic variation in dissolved-phase signal intensity with echo time,
consistent with T2* decay superimposed on a signal variation from the evolution of the
phase difference between the parenchyma/plasma and RBC transverse magnetizations, as
shown in Figure 5.1 (reproduced from [91]): the dissolved-phase signal dropped rapidly
up to a TE of around 4.5 ms, and then leveled off or increased slightly. The modulation
period of about 9 ms (111 Hz) agrees well with the 106 Hz frequency separation of the
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primary dissolved-phase resonances in rabbit lung at 1.5 T. Also shown in Figure 5.1 is
that, by manipulating the sequence parameters (repetition time and flip angle [FA]), the
weighting of the image can be substantially changed from highlighting the contribution of
dissolved

129

Xe near the gas-exchange sites to focusing more on the downstream blood

pool. These studies support the possibility of acquiring dissolved-phase images at
different echo times and separating the two compartments -- lung parenchyma/plasma
(these two components are referred to using the single term “tissue” for the remainder of
this dissertation) and RBCs -- using a Dixon-based algorithm.

If gas-phase ventilation

images can be acquired simultaneously to permit normalization of the dissolved-phase
signals, regional quantitative mapping of gas uptake by tissue and RBCs will be feasible
and will provide valuable information for assessing lung function and disease.

This is

the goal of Specific Aim 3.

5.1.2 Water-fat Separation - Hierarchical IDEAL Method
For proton MRI, the frequency separation between water and fat is roughly 3.5 ppm,
corresponding to 220 Hz at 1.5 T.

While the separation between RBCs and tissue is

between 18 and 20 ppm, the corresponding frequency difference is roughly 320Hz to
350Hz at 1.5 T, which is similar to the fat-water difference due to the low gyromagnetic
ratio of

129

Xe. The T2* of

129

Xe in RBCs ranges from 1.7 to 2.2 ms, while the T2* of

129

Xe in tissue ranges from 1.9 to 2.3 ms, for the study protocols we used in this work

(lung inflation level, TR and flip angle for exciting dissolve-phase signals; see T2* values
in Tables 5.2 and 5.3).
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Figure 5.1. Representative images of simultaneous dissolved-phase (right side of
image) and gas-phase (left side of image) acquisitions obtained using the pulse
sequence from [81]. Dissolved-phase images acquired at increasing echo times show
a periodic variation in signal intensity. a.) Dissolved-phase signals are weighted
by

129

Xe near the gas-exchange sites (FA 80o, TR 50ms).

signals are weighted by

b.) Dissolved-phase

129

Xe in the downstream blood pool (FA 40o, TR 400ms).

Images reproduced from [91].
As described below, our acquisition can provide a reference B0 field map from the
gas-phase data. However, in practice, the dissolved-phase signal can arise from regions
with no gas-phase signal due to exchange and blood transport. Based on this situation, we
have focused our efforts so far on the Hierarchical IDEAL method [110, 111, 112] to
perform separation of the RBC and tissue components. The Hierarchical IDEAL method
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for achieving spectral separation of the components, which was developed for fat-water
separation, makes use of the properties of the Fourier Transform of three (or more) points
of image data, acquired at equally-spaced echo times [113], to seek optimal field
estimation (B0 and R2*), starting from the full field of view and moving to smaller
regions. The basic idea of Hierarchical IDEAL is suitable for xenon dissolved-phase
imaging under current experimental conditions because the acquired images suffer from
relatively low SNR, especially the last echo images. Hierarchical IDEAL methods
estimate the field (B0 and R2*) at a gross level, and then use the gross estimation as an
initial guess and seek local solutions around this initial guess. This process definitely
helps reducing the estimation error due to noise compared with other water-fat separation
algorithms [114, 115].

5.2 Methods
5.2.1 Human Subjects
All human experiments were performed under a physician’s Investigational New
Drug (IND) application for MR imaging with hyperpolarized
approved by our Institutional Review Board.

129

Xe using a protocol

Written informed consent was obtained

from each subject after the nature of the procedure had been fully explained.
The study group for imaging was composed of 5 healthy, nonsmoking subjects, 3
current or past smokers including 1 clinically-healthy subject who had smoked for 15 years
and 2 with smoking-related COPD (GOLD Stage III), and 2 subjects with asthma (Table
5.1). Spirometry was performed immediately before and after the imaging session using a
hand-held device (Koko; PDS Ferraris, Louisville, CO). Per IND requirements, 12-lead

83

electrocardiography (HP Pagewriter XLi; Hewlett Packard Co., Palo Alto, CA) was
performed in subjects 40 years or older immediately before and after MR imaging.
Female subjects received a urine pregnancy test prior to imaging and were excluded from
participation if pregnant. Before the subject was placed in the RF coil for MR imaging, a
test dose of xenon (not hyperpolarized) was administered. The subject was excluded from
participation if the test dose was not well tolerated. Throughout the imaging session the
subject’s heart rate and oxygen saturation level were monitored (3150 MRI Patient Monitor;
Invivo Research Inc., Orlando, FL), and the subject was assessed for central nervous
system (CNS) side effects of the inhaled xenon.

All studies were supervised by a

physician.

Table 5.1. Subject demographics and baseline spirometry results.
FEV1/FVCc

F

FEV1
%predb
119

21

F

105

0.86

H3

21

F

108

0.90

H4

21

F

91

0.81

H5

54

M

128

0.75

S1

40

M

86

0.69

S2

55

F

39

0.57

S3

58

M

46

0.42

A1

53

M

95

0.56

A2

16

M

100

0.73

Subjecta

Age

Sex

H1

18

H2

0.87

a

H, S and A denote healthy, smoker and asthmatic subjects, respectively.
Percent-predicted value for forced expiratory volume in 1 second (FEV1).
c
Ratio of FEV1 to forced vital capacity (FVC).
b

84

5.2.2 Experimental Setup
129

Xe polarization
Enriched xenon gas (87%

129

Xe) was polarized by collisional spin exchange with an

optically-pumped rubidium vapor using a prototype commercial system (XeBox-E10;
Xemed, LLC, Durham, NH), based on the flowing approach for hyperpolarized-gas
production, that provided gas polarization of approximately 40%. Immediately before
MR imaging, the desired volume of hyperpolarized 129Xe gas was dispensed into a Tedlar
bag (Jensen Inert Products, Coral Springs, FL) and connected to one arm of a plastic Y
connector. A second Tedlar bag containing medical-grade nitrogen was connected to the
other arm of the Y connector. Starting from residual lung volume (maximum expiration),
the subject inhaled the contents of the two bags and was then instructed to suspend
respiration for the duration of data collection. For the dissolved-phase image acquisitions,
the total gas volume was approximately one-third of the subject’s FVC as determined by
spirometry.

MR Measurement
MR acquisitions were performed using a 1.5T commercial whole-body MR scanner
(Avanto; Siemens Medical Solutions, Malvern PA) equipped with the multinuclear
imaging option. Two 129Xe RF coils were used for the experiments, including a flexible,
circularly-polarized, vest-shaped chest RF coil (Clinical MR Solutions, Brookfield, WI)
and a rigid, custom-built, linearly-polarized chest RF coil. Both RF coils were blocked
at the proton resonance frequency to permit proton MRI to be performed with the

129

Xe
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RF coil in place.

The subject was positioned supine on the scanner table with the 129Xe

RF coil around their chest.

Breath-hold scout images were obtained using conventional

proton MRI for positioning of the

129

Xe acquisitions.

Next, the subject inhaled a gas

mixture containing approximately 200 ml of hyperpolarized

129

Xe and a breath-hold

acquisition was performed for calibration of the scanner center frequency and transmitter
voltage (as discussed in Chapter 3). For the 3D dissolved-phase image acquisition, the
subject inhaled a gas mixture containing approximately 1 L of hyperpolarized

129

Xe. In

one of the healthy subjects, one smoker and one asthmatic (subjects H3, S2 and A1 in
Table 5.1), the 3D dissolved-phase image acquisition was repeated, on the same day for
the healthy and smoker subjects, and on different days for the asthmatic.
In a subset of the subjects (two healthy, all smokers, one asthmatic), coronal

129

Xe

diffusion-weighting images covering the lung volume were also acquired for calculation
of apparent diffusion coefficient (ADC) values using the following pulse-sequence
parameters:

TR/TE 13.8/9.4 ms, flip angle 8.5°, voxel volume 6 x 6 x 25 mm3, b values

0 and 10 s/cm2.

Pulmonary Function Tests
In addition to spirometry, a subset of the diseased subjects received full pulmonary
function tests to measure their lung volume, diffusion capacity, airway resistance and
arterial blood gases as part of their participation in an independent lung-imaging study.
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5.2.3 Sequence Design
RF Pulse Design
Since the gas-phase magnetization in the lung following inhalation of hyperpolarized
129

Xe is roughly 100 times larger than the dissolved-phase magnetization, it is critical for

the RF pulse used to excite dissolved-phase signals to provide extremely low excitation at
the gas-phase frequency to achieve separate excitation of dissolved-phase and gas-phase
signals. Using the SLR algorithm for RF pulse design, we designed an optimized RF
pulse for this application (reject-band ripple, 0.001%; duration, 1.3 ms).

A water

phantom (phantom SNR, 140) was used to experimentally verify performance of this RF
pulse.

Figure 5.2 shows the frequency response of this pulse and the phantom test

results using the RF pulse as an excitation pulse with duration of 1.3 ms. We see that,
when applied at a selected frequency, the RF pulse yields no visible excitation at 3660 Hz
away from this frequency (3660 Hz is the gas-, dissolved-phase frequency difference at
1.5 T). This result indicates that, when applied at the dissolved-phase resonance
frequency, the RF pulse should yield negligible excitation of gas-phase 129Xe in the lung.

Figure 5.2. A.) RF-pulse frequency response from -4000 to 4000 Hz. B.) Images of
a water phantom obtained by applying the RF pulse (flip angle [FA] 30o) at the
resonance frequency (Δf = 0 Hz) and 3660 Hz away from the resonance frequency.
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Multi-echo 3D Radial Sequence
Successful implementation of a Dixon-based (or an optimized version such as IDEAL)
method [104-107] for accelerated spectroscopic imaging of the tissue and RBC fractions
requires that there are a small number (for example, two) of distinct resonances, fairly
close in frequency, and that the phase differences among the corresponding signals
evolve linearly with time.

As discussed in Section 5.1.1, our preliminary results from

rabbits [91], as well as results in rats from Driehuys et al [82], indicate that a
Dixon-based method provides the data necessary to separately depict the tissue and RBC
components, and thus we chose this approach for our current work.

Specifically, we

implemented a pulse sequence based on radial k-space sampling that, to permit separation
of the two dissolved-phase frequency components using an IDEAL-type method
[106,107], collects three echoes for dissolved-phase

129

Xe following each excitation RF

pulse applied at a frequency midway between those for the tissue and RBC resonances
(+3660 Hz from the gas phase at 1.5T), and, to permit calculation of a B0 map for
reference, collects two echoes for gas-phase
applied at the gas-phase frequency.

129

Xe following each excitation RF pulse

Figure 5.3 shows the pulse-sequence timing

diagram for one repetition of the combined gas-phase, dissolved-phase multi-echo 3D
radial acquisition.
Three-dimensional radial imaging was used because the very short T2* values of
dissolved-phase

129

Xe require short echo times to obtain adequate signal-to-noise ratios.

A radial-out (half-echo) acquisition was used for the first echo of both the
dissolved-phase and gas-phase portions of the pulse sequence to provide the shortest TE
possible. The TR and flip-angle values can be adjusted to modify the contributions (i.e.,
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relative amount and physical location) from the dissolved-phase compartments, yielding
a total acquisition time of less than 10 sec or greater. In this work, however, fixed TR
and flip-angle values were used to permit comparison among subjects.
pulse-sequence parameters included:

The

TR 19 ms, TE1/TE2/TE3 0.74/2.36/3.98 ms for

the dissolved phase and TE1/TE2 0.74/2.36 ms for the gas phase, flip angle 23° for the
dissolved phase and 0.4° for the gas phase, and acquisition time 11 sec. Our current
implementation provides 3D image sets covering the whole lung with a voxel volume of
7.6 x 7.6 x 17 mm3, with the largest voxel dimension in the anterior-posterior direction.
Undersampling was used to accelerate the acquisition.

The corresponding acceleration

factors were 2.8 for the half echoes and 1.4 for the full (symmetric) echoes.

The

golden-angle method was used for arranging the undersampling scheme among radial
cones [108]. To provide whole-lung data for comparison with the image-based results,
the pulse sequence also included collection of a free-induction decay (FID) for
dissolved-phase 129Xe at the end of the acquisition.

The whole-lung values for the RBC

fraction of the total dissolved-phase signal should closely match corresponding quantities
calculated from the mean of values derived from 3D image sets.

This data also permits

estimation of the frequency difference between resonances and the average T2* values.
The FID was acquired using the same excitation RF pulse as the imaging portion of the
pulse sequence. The data-acquisition period was 54 ms, starting 0.74 ms from the
center of the RF pulse.
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Figure. 5.3. Timing diagram for acquiring dissolved-phase and gas-phase

129

Xe

images. During each TR, three echoes (a half-echo and two symmetric echoes) of
dissolved-phase data are collected for calculation of tissue and RBC images,
followed by two echoes of gas-phase data for calculation of ventilation images and a
field map.

Protocol Optimization
Because of the very short T2* of dissolved-phase 129Xe (about 2ms [90]), the choices
for echo times are limited. But, choices for the TR and flip angle for the dissolved-phase
signals are comparatively flexible. A simulation designed for optimization of the imaging
SNR versus TR and FA was performed in MATLAB (Mathworks Inc., Natick, MA,
USA), assuming T1 of the gas phase is 20 s, T1 of the dissolved phase is 6 s, the mean
transit time of the exchange process between the gas phase and dissolved phase is 25 ms
[117], the volume fraction of dissolved-phase to gas-phase xenon is 2%, FA for the gas
phase is 0.4o, and the number of RF excitations is 520 (based on the imaging protocol).
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The result of this simulation is shown in Figure 5.4. The maximum SNR occurs when
the FA of the dissolved-phase excitation equals 24o and TR is 10 ms. However, the
minimal TR of the 3D radial pulse sequence proposed above is 17 ms. For the studies in
this dissertation, we used TR 19 ms and FA 23o for the dissolved-phase signals. The
predicted SNR of this setting is shown by the black arrow in Figure 5.4. In future
studies we plan to investigate whether the SNR can be improved by adjustment of the TR
and FA values.

Figure 5.4. Predicted SNR for 3D dissolved-phase imaging versus flip angle (FA)
and repetition time (TR). Arrow indicates the protocol we used in all human studies.
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5.2.4 Image Reconstruction
The undersampled 3D radial image data were reconstructed using the quadratic
penalized weighted-least-squares (QPWLS) via preconditioned conjugate gradients (PCG)
algorithm [109]. To suppress image blurring secondary to depletion of the
non-equilibrium hyperpolarized-gas magnetization during the acquisition, signal decay
was compensated by normalizing the signal intensities for each echo time by the
corresponding echo data recorded midway through the acquisition.

5.2.5 Separation of Tissue and RBC Components using the
Hierarchical IDEAL Method
As discussed in Section 5.1.2, the multi-resolution approach of Hierarchical IDEAL,
starting from the full image, subdivided into multiple overlapping regions, is particularly
suitable for our study because, for current experimental conditions, the third echo of the
dissolved-phase signals normally has a relatively low SNR of 7-10.

Estimation of field

and R2* (1/T2*), moving from a larger image scale to a smaller scale, helps to reduce the
estimation error. Also, in diseased subjects, regions with ventilation defects will lack
gas-phase signal, but could still have dissolved-phase signal; acquiring B0 maps in these
regions using the gas-phase signals is thus inherently difficult.
We modified the Hierarchical IDEAL method to adapt it to our application. The
reference B0 maps acquired from the gas-phase images are used as an initial field map
guess for the Hierarchical IDEAL method to separate the components, which helps to
reduce the residual errors of estimation. For all subjects, the final B0 field map output by
the Hierarchical IDEAL algorithm was, in ventilated regions of the lung, within 10 Hz of

92

the input field map calculated from the two gas-phase echoes, which indicated that the B0
and average T2* estimations were relatively accurate.

Figure 5.5. Theoretical prediction of the effect of a difference between the T2* for
RBCs and that for tissue on the accuracy of tissue/RBC separation using the
Hierarchical IDEAL algorithm. The predicted percentage error is shown as a
function of the true (input value for the calculation) RBC fraction and the
difference in T2* values, assuming a typical T2* value of 2.2 ms for tissue. For
typical in-vivo values for T2* differences and RBC fractions we measured so far,
the expected error is approximately 3% or less.
Because the T2* of dissolved-phase

129

Xe is particularly short (~2ms, [90]), and is

comparable to the echo times, a difference between the T2* values of

129

Xe dissolved in

tissue and RBCs may induce errors in the estimated amounts of these two components.
To obtain an estimate of the impact of T2* variation among components on the accuracy of
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the predicted component fractions, we performed a theoretical calculation using the
Hierarchical IDEAL algorithm to determine the difference between input and estimated
RBC fractions as a function of the T2* value for RBCs, assuming a typical T2* value of 2.2
ms for tissue. The theoretical calculations indicated that a difference between the T2* for
RBCs and that for tissue should yield only minor errors in the predicted amounts of
RBCs and tissue comprising the total dissolved-phase signal as determined using the
Hierarchical IDEAL algorithm.

Figure 5.5 shows the theoretically predicted percentage

error in the fraction of RBCs as a function of the difference between the RBC and tissue
T2* values. Over the range of differences expected in vivo (see T2* values in Tables 5.2
and 5.3), the maximum absolute error is approximately 5% and occurs when the RBC and
tissue fractions are both about 0.5. For an RBC fraction of 0.3 or less, as typically
found with our measurements in vivo, the absolute error is approximately 3% or less.
This results also suggests that variations in T2* values across the lung, and within the
range considered, should generate relatively small errors in the estimated amounts of
RBCs and tissue comprising the total dissolved-phase signal.

5.2.6 Ratio Maps and Statistical Analysis
Coronal images depicting the distribution of 129Xe dissolved in tissues and RBCs were
calculated for each subject from the three dissolved-phase echoes using the Hierarchical
IDEAL method [110-112], programmed in MATLAB. To eliminate background regions
from subsequent analysis, a mask was created from the first echo of the dissolved-phase
images using a signal-intensity-based threshold, and applied to the corresponding tissue
and RBC images.
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Because absolute dissolved-phase signal intensities have no physical meaning, four
ratios were calculated for comparison among subjects; the ratios included total
dissolved-phase signal (estimated for an echo time of zero) to gas, tissue-to-gas,
RBC-to-gas, and RBC-to-tissue. For the RBC-to-tissue ratio, an additional mask, created
from the tissue images using a signal-intensity-based threshold, was used to suppress
isolated regions that exhibited high RBC signals but essentially no tissue signal, such as the
heart. For comparison to gas, tissue and RBC images, coronal tissue-to-gas, RBC-to-gas
and RBC-to-tissue ratio maps are presented on scales of 0.0 to 1.0, 0.0 to 0.5, and 0.0 to 0.7,
respectively. For one subject with asthma who exhibited elevated RBC-to-tissue ratios,
corresponding maps are presented on a scale of 0.0 to 1.0.
At each coronal slice position, mean values for the four ratios described above were
calculated from the corresponding values within the ventilated region of the lung. To
permit comparison of the slice-by-slice ratios among subjects with different lung sizes in
the anterior-to-posterior direction, the values were plotted on a normalized scale, where 0
corresponds to the most anterior slice and 1 corresponds to the most posterior slice.
Results from repeated acquisitions in three subjects were compared by calculating the
difference between ratio values on a slice-by-slice basis and then averaging the absolute
values of these differences, and also by calculating the difference between corresponding
whole-lung values.
The mean and standard deviation of the four ratios were also calculated for the lung as
a whole.

Similarly, whole-lung mean values for the RBC fraction of the total

dissolved-phase signal were calculated for comparison to corresponding values derived
from FID data.
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The whole-lung mean values for the ratios of total dissolved-phase signal to gas,
tissue-to-gas, RBC-to-gas, and RBC-to-tissue from healthy subjects were compared to
those from smokers and asthmatics using a two-tailed unpaired t-test. The RBC fractions
derived from FID data were compared to those calculated from image data using a
two-tailed paired t-test. A p-value of 0.05 or less was considered to be statistically
significant.

5.2.7 FID Processing
As mentioned above, a free induction decay of the dissolved-phase signals was
collected immediately following the imaging data for every 3D dissolved-phase/gas-phase
acquisition. By analyzing the FIDs, certain properties of the

129

Xe dissolved in human

lungs could be characterized at the global (whole-lung) level, including the fraction and T2*
values for the RBC and tissue (parenchyma/plasma) components for healthy and diseased
subjects. This offered a global reference for analysis of the separated components by the
Hierarchical IDEAL method, and also provided valuable information for optimizing the
imaging protocols.
To explore the dependence of

129

Xe dissolved-phase signals on the degree of lung

inflation, we also analyzed FIDs collected as part of Chemical Shift Saturation Recovery
(CSSR) [116] experiments which were performed on 3 healthy subjects. These FIDs were
acquired 100 ms after saturation of the dissolved-phase using flip angle 40-50°, readout
duration 31 ms, and start time 0.7 ms. Excitation RF pulses were applied 3660 Hz above
the gas-phase resonance frequency. FIDs were collected at three lung-inflation levels for
each subject: (a) residual volume (RV), (b) after inhaling a gas volume of 1/2 forced vital
capacity (FVC) from RV, and (c) total lung capacity (TLC). Because the excitation RF

96

pulse used in CSSR studies (Gaussian) generated a substantial signal from the gas phase,
we filtered out the gas-phase signal in three steps: 1.) Filter out the dissolved-phase
signals using a low-pass filter; 2.) Fit the real and imaginary parts of the gas-phase
signals to a mono-exponential decay; and 3.) Subtract the fitted gas-phase signals
composed of real and imaginary parts (fitted separately) from the original FIDs.
The complex FIDs were fitted to a bi-exponential decay model using 1stOPT (7D Soft
High Tech. Inc., Beijing China). Parameters in the fit included R2* (1/T2*) values,
chemical shifts (resonance frequencies), fractions for the tissue and RBC components, and
an initial phase difference between the components, as Eq. 5.1 shows.

s (t ) = p *[ f r * e

− j ( wr *t +θ ) − R 2*r *t

*

+ (1 − f r ) * e − j ( wt *t +θ +α ) − R 2t *t ]

[Eq. 5.1]

Parameters:
s(t) :

FID signal collected;

p: theoretical signal intensity at echo time zero;

fr

:

wr: chemical shift of RBC component in rad/s;

θ

RBC fraction;

: common phase term;

wt: chemical shift of tissue component in rad/s;

α

:

phase difference between RBC and tissue components;

t

: time;

R2*r

: R2* value of RBC component; and

R2*t

: R2* value of tissue component.
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5.3 Results
5.3.1 Healthy Subjects
Multi-echo Dissolved-Phase Images

Figure 5.6. Dissolved-phase images at three echo times and gas-phase images
acquired from healthy subject H3 using the 3D radial pulse sequence.

As described in Section 5.2.3, the 3D radial pulse sequence collects 3 echoes of
dissolved-phase data and 2 echoes of gas-phase data. Figure 5.6 shows an example from
healthy subject H3, presenting the images corresponding to the three echoes of
dissolved-phase data and the second echo of gas-phase data from top row to bottom,
reconstructed using the quadratic penalized weighted-least-squares (QPWLS) via
preconditioned conjugate gradients (PCG) algorithm [109]. All of the gas-phase and
dissolved-phase images show relatively uniform distribution of signals over the lung
region, which is expected in healthy subjects. (The obvious left versus right signal
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difference seen toward the posterior of the lung was caused by B1 inhomogeneity in the
flexible chest RF coil.) Each echo of the dissolved-phase images is windowed based on
its own maximum and minimum signal-intensity values.

Figure 5.7. a.) Coronal gas, tissue and RBC images acquired from healthy subject
H3. b.) Calculated tissue-to-gas, RBC-to-gas and RBC-to-tissue ratio maps.

Separation of the RBC and Tissue Components
As we discussed in Section 5.2.5, by using the Hierarchical IDEAL method with B0
maps acquired from gas-phase images as an initial guess for the field map, we were able to
separate the tissue and RBC components of 129Xe dissolved in tissue and RBCs. Four of the
healthy subjects (H1-H4) demonstrated generally uniform distributions of gas-phase signal
intensities throughout the lung volume, and uniform dissolved-phase signal intensities
within each coronal image slice, as demonstrated by the example shown in Figure 5.7a
from healthy subject H3. Healthy subject H5, who is much older than the other healthy
subjects, was found to have several ventilation defects in the gas-phase images. All healthy
subjects showed increased dissolved-phase signal intensities toward the posterior of the
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lung as also observed in previous studies [81, 89], consistent with the well-known
gravity-dependent gradient in lung tissue density from anterior to posterior in the supine
position. Regional maps were calculated on a pixel-by-pixel basis after thresholding to
eliminate noise (Section 5.2.6). Analogous to the dissolved-phase signal intensities
themselves, the tissue-to-gas and RBC-to-gas ratio maps clearly showed the
anterior-to-posterior gradient. However, the RBC-to-tissue ratio was more uniform from
anterior to posterior, and was slightly higher in the mid-coronal slices for the subject shown
in Figure 5.7b.

Figure 5.8. Representative coronal gas, tissue and RBC images from healthy
subject H2. The RBC signal from the left ventricle of the heart (right) was
clearly seen in this subject.
Portions of large vessels and/or part of or even the whole shape of heart chambers
could be seen in the RBC images of some subjects, such as in the central slice in Figure
5.7a and also in Figure 5.8.

We postulate the variation in appearance of these structures

among subjects might be associated with a variation of heart rate among subjects.
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Mean Ratios in Coronal Slices

Figure 5.9. Calculated slice-by-slice ratios for all healthy subjects. Plots show the
mean values for (a) total dissolved-phase to gas, (b) tissue-to-gas, (c) RBC-to-gas,
and (d) RBC-to-tissue ratios for each coronal slice as a function of position along the
anterior-posterior (A-P) direction. A value of 0 for A-P position corresponds to the
most anterior slice and 1 corresponds to the most posterior slice. Subject H3 was
imaged twice on the same day; H3* represents the repeated imaging. The values for
this subject are plotted using dashed lines. The values of all ratios for H5 were
generally lower than those from the other healthy subjects.

The four ratios that were calculated for each coronal slice are plotted in Figure 5.9 for
the five healthy subjects, and the means and standard deviations of the ratios for the
whole lung are plotted in Figure 5.16 (all subjects). The total dissolved-phase to gas,
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tissue-to-gas, and RBC-to-gas plots show the general trend of increasing values from
anterior to posterior, as discussed above, while the RBC-to-tissue ratio is generally flatter
from anterior to posterior, but varies among subjects. The slice-by-slice and whole lung
values for all ratios (except RBC-to-tissue ratios for subject H2) were similar among
healthy subjects H1 through H4, while the values for subject H5 (the oldest subject) were
generally lower.

Comparison with ADC
Diffusion-weighted imaging was performed in healthy subjects H4 and H5, who had
whole-lung ADC values of 0.033 ± 0.013 and 0.045 ± 0.009 cm2/s (mean ± standard
deviation), respectively, which were comparable to those for healthy subjects of similar
age in the study of Kaushik et al [118], although our maximum b value (10 s/cm2) was
lower than that of Kaushik et al (12 or 18.76 s/cm2).

5.3.2 Diseased Subjects Compared with Healthy Subjects
Multi-echo Dissolved-Phase Images
Smokers
The three smokers showed moderate to severe ventilation defects in

129

Xe gas-phase

images. Subject S1, a clinically-healthy subject who had smoked for 15 years, showed just
some minor defects in ventilation images and dissolved-phase images, most of which were
located in the upper part of the lung (close to the apex), while the two subjects with
smoking-related COPD (S2 and S3, GOLD Stage III) showed severe defects in the
ventilation images. For subjects S2 and S3, the total dissolved-phase signals were much
lower than those of the healthy subjects, which led to relatively low SNR in the multi-echo
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dissolved-phase images. Also, their dissolved-phase images were very non-uniform. Figure
5.10 shows the three-echo dissolved-phase and second-echo gas-phase images acquired
from the first acquisition in subject S2.

(Because the SNR for the third-echo of

dissolved-phase images acquired in subject S3 was relatively low, which adversely affects
separation of the two components, only the total dissolved-phase results are shown for this
subject.)

Asthmatics

Figure 5.10. Dissolved-phase images at three echo times and gas-phase images
acquired from COPD subject S2 using the 3D radial pulse sequence.
The two asthmatics included in this study were quite different in age (A1, 53 years;
A2, 16 years). The older subject A1 showed relatively more ventilation defects, which
varied between the two acquisitions (studies denoted by A1 and A1*, acquired on
different days), while the younger subject A2 had just several minor defects or lower
signal-intensity regions in both ventilation and dissolved-phase images. Figure 5.11
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shows the three-echo dissolved-phase and second-echo gas-phase images acquired from
subject A1.

Figure 5.11. Dissolved-phase images at three echo times and gas-phase images
acquired from asthmatic subject A1 using the 3D radial pulse sequence.

Separation of the RBC and Tissue Components
Smokers
Similar to the total dissolved-phase images, separated RBC and tissue images from
subject S1 were relatively homogeneous with some minor defects, while the ones from
subject S2 (Figure 5.12) show numerous defects, and much more mismatching between
tissue and RBC images. Furthermore, compared with the healthy subjects such as shown
in Figure 5.7, the ratio values for subject S2 were much lower, and the ratio maps at each
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coronal position were more inhomogeneous and devoid of the anterior-to-posterior
gradient.

Figure 5.12. (a) Coronal gas, tissue and RBC images covering the whole lung, and (b)
corresponding tissue-to-gas, RBC-to-gas and RBC-to-tissue ratio maps from subject
S2 with COPD GOLD stage III. This subject showed many ventilation defects,
inhomogeneous tissue and RBC images, and inhomogeneous ratio maps. The
anterior-posterior gradient seen in healthy subjects was also absent.

Asthmatics
Gas, tissue and RBC images, as well as corresponding tissue-to-gas, RBC-to-gas and
RBC-to-tissue ratio maps from the two asthmatics are shown in Figures 5.13 (A1) and
5.14 (A2). Both asthmatics exhibited ventilation defects, as expected.

The ratio maps

illustrate how both asthmatics differ from a healthy subject (Figure 5.7), but interestingly
also how the two asthmatics differ substantially from one another, as discussed above.
For example, while subject A2 showed relatively uniform tissue-to-gas ratios, subject A1
had elevated values in both apices in conjunction with reduced RBC-to-gas ratios (Figure
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5.13b).

Subject A2 had some very high values for the RBC-to-tissue ratio (Figure 5.14b)

in regions near ventilation defects in the gas-phase images.

Mean Ratios in Coronal Slices
Smokers
The values for the total dissolved-phase to gas, tissue-to-gas, and RBC-to-gas ratios
for the smokers were generally lower than those for healthy subjects as seen in Figure
5.15 (slice-by-slice values for all diseased subjects compared to median values for
healthy subjects). While, compared to COPD, the clinically-healthy smoker (S1) had
higher values for the total dissolved-phase to gas, RBC-to-gas, and RBC-to-tissue ratios.
The tissue-to-gas ratios were similar for subjects S1 and S2.

Subject S1 showed

anterior-to-posterior gradients, similar to those for the healthy subjects, in total
dissolved-phase

to

gas,

tissue-to-gas,

and

RBC-to-gas

ratios,

while

the

anterior-to-posterior variations for COPD subject S2 were much less. However, subject
S1 also showed an anterior-to-posterior gradient in the RBC-to-tissue ratio, as well as
values higher than median values for healthy subjects. In contrast, subject S2 did not
show a substantial anterior-to-posterior gradient in the RBC-to-tissue ratio, and the values
were well below the median values for healthy subjects.
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a

b

Figure 5.13. (a) Coronal gas, tissue and RBC images covering the whole lung, and
(b) corresponding tissue-to-gas, RBC-to-gas and RBC-to-tissue ratio maps from
subject A1 with asthma. This subject showed many ventilation defects,
inhomogeneous tissue and RBC images, and inhomogeneous ratio maps.
Asthmatics
Except for RBC-to-gas ratios (Figure 5.15c), the results from the two asthmatics were
markedly different; subject A1 showed higher values for total dissolved-phase to gas and
tissue-to-gas ratios (Figure 5.15a, b), but much lower values for RBC-to-tissue ratios
(Figure 5.15d).

The ratio values for both asthmatics were lower than those for healthy

subjects (Figure 5.15), with the exception of the RBC-to-tissue ratios for subject A2,
which were higher than those for all other subjects in our study (Figure 5.15d).

Statistical Analysis
The means and standard deviations of the ratios for the whole lung are plotted in
Figure 5.16 (all subjects). The whole-lung mean values for the ratios of total
dissolved-phase signal to gas, tissue-to-gas and RBC-to-gas for the healthy subjects were
significantly larger than those for the disease group (smokers and asthmatics, p < 0.01 for
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all ratios). The RBC-to-tissue ratio for the healthy subjects was not significantly larger
than that for the disease group. When comparing the whole-lung values between healthy
subjects and smokers or asthmatics, it is important to note that a substantial fraction of
the standard deviation for healthy subjects is attributable to the physiological
anterior-to-posterior gradient, whereas for many of the diseased subjects a substantial
fraction of the standard deviation is attributable to the effects of the disease process.

Comparison with ADC
Smokers
The whole-lung ADC values for subjects S1, S2, and S3 were 0.043 ± 0.012, 0.056 ±
0.009, and 0.075 ± 0.014 cm2/s, respectively.

The elevated ADC values for COPD

subjects S2 and S3 are consistent with emphysema [118]. Subject S3, who had difficulty
inhaling the total volume of gas, had a higher mean ADC in the lung parenchyma than any
of those found in emphysema by Kaushik et al [118]. This high value suggests substantial
tissue destruction, which is consistent with the very low dissolved-phase signal intensities
for this subject (Figure 5.16a).

Asthmatics
The whole-lung ADC value for subject A1 was 0.049 ± 0.014 cm2/s, which is toward
the high end of normal values for the subject’s age [118]. ADC data was not acquired in
subject A2.

Characterization of Dissolved-phase 129Xe by FID Analysis
Both the real and imaginary parts of all complex FIDs were fitted well. The average R2
value for the fits was 0.994. Therefore, as would be expected, the corresponding spectra
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based on the fitted parameters were also very close to the original spectra. The quality of
the fitting results is illustrated Figure 5.17, showing examples from healthy subject H3,
COPD subject S2, and asthmatic subject A2.
Table 5.2 lists the fitted parameters obtained from the FIDs collected at the end of the
3D radial acquisitions. The resonance frequencies for both components were relatively
consistent. RBC fractions found in most healthy subjects were higher than those for most
diseased subjects (p=0.045), except subject S1, a long time smoker but clinically healthy,
had an RBC fraction in the range of healthy values. Subject A2, a young asthmatic, had an
RBC fraction higher than those for all of the healthy subjects. However, none of the healthy
subjects in this study were as young as subject A2. Among the healthy subjects, T2* values
of the RBC and tissue components were found to be consistent at 1.8-1.9 ms and 2.2-2.3
ms, respectively. Relative to healthy subjects, diseased subjects had slightly higher T2*
values for the RBC component (p=0.024), and slightly lower T2* values for the tissue
component (p=0.013).

Table 5.2. RBC fractions, and resonance frequencies (relative to +3660 Hz from the
gas-phase resonance) and T2* values for the RBC and tissue components, obtained
from fitting the dissolved-phase FIDs. RBC fractions calculated from image data are
presented in the last row (value not calculated for subject S3 due to low SNR).
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As mentioned in Section 5.2.7, to investigate the effects of lung inflation level on RBC
fraction, and RBC and tissue T2* values, FIDs collected as part of CSSR acquisitions at
three lung inflation levels were also analyzed. Results are shown in Table 5.3. As the lung
volume increased from RV to TLC, the RBC fraction decreased by approximately 30%.
The T2* of the RBC component was relatively insensitive to lung inflation level, but the
T2* of the tissue component decreased with increasing lung inflation.
RBC fractions from FID data were consistent with those from imaging data. The mean
absolute difference between the two groups of data is 2.3%.

Table 5.3. RBC fraction and T2* values corresponding to the three lung-inflation
levels (RV, RV + 1/2 FVC and TLC) from CSSR acquisitions.

5.4 Discussion and Conclusion
We have demonstrated a 3D radial trajectory pulse sequence that acquires multi-echo
129

Xe dissolved-phase and gas-phase images covering the whole human lung during a

short breath-hold of 11 sec.

By using the Hierarchical IDEAL method, originally

developed to separate water and fat in proton MRI, we decomposed the multi-echo
dissolved-phase signals into two components:

129

Xe dissolved in RBCs and

129

Xe

dissolved in tissue (lung parenchyma and blood plasma). Conventional chemical shift
imaging provides an alternative approach for obtaining this information from the lung
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[85], and Reis et al [119] recently presented results for 3D chemical shift imaging of
129

Xe in humans.

Nonetheless, full phase-encoding of the

129

Xe signals is inefficient

compared to the approach demonstrated here; the implementation shown by Reis et al [119]
required a breath-hold duration of more than 20 s while providing voxel volumes roughly 8
times larger than those presented in our work.
The pulse-sequence parameters were chosen to yield high SNR despite the low
dissolved-phase signal strength and its short T2* values. Besides the effect of T1 and T2*
relaxation, the precise signal composition for any flip angle, TR combination depends on a
variety of factors including the alveolar surface-to-volume ratio, alveolar wall thickness,
xenon solubility, hematocrit, pulmonary perfusion, and tissue composition (which may be
altered in diseased subjects, e.g., by inflammation or fibrotic deposits), as well as any other
factors that affect the diffusional processes by which the 129Xe atoms exchange between the
various compartments. In general, the contribution from any given dissolved-phase 129Xe
component decreases in proportion to the number of excitation RF pulses it has
experienced and the associated flip angles for the pulses. Thus, because a low flip angle
was used for our experiments, the resulting dissolved-phase signals reflect contributions
originating from

129

Xe atoms at various distances from the exchange sites.

If the flip

angle is sufficiently small and the TR sufficiently long for a given perfusion rate, it is
feasible in humans to image

129

Xe in the RBC compartment as far downstream as the left

ventricle of the heart (Figure 5.8). Due to the higher heart rate and the shorter distances
that need to be traversed, the ascending aorta can be depicted in small animals such as
rabbits [91].
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a

b

Figure 5.14. (a) Coronal gas, tissue and RBC images at two slice positions, and (b)
corresponding tissue-to-gas, RBC-to-gas and RBC-to-tissue ratio maps from
subject A2 with asthma. The RBC/Tissue ratios in this subject were higher than
those for all other subjects, and so are presented on a scale of 0 to 1.0 (versus 0 to
0.7 for others).
The total dissolved-phase to gas ratio reflects

129

Xe gas-uptake efficiency by the lung

parenchyma within a timeframe dictated by the selected pulse-sequence parameters. The
tissue-to-gas ratio is primarily indicative of the entire alveolar wall volume, but does not
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Figure 5.15. Calculated slice-by-slice ratios for smokers and asthmatics. Plots show
the mean values for (a) total dissolved-phase to gas, (b) tissue-to-gas, (c)
RBC-to-gas, and (d) RBC-to-tissue ratios for each coronal slice as a function of
position along the anterior-posterior (A-P) direction. Smokers are plotted in red
and asthmatics are plotted in blue. For comparison, the solid black line shows the
median of ratio values for healthy subjects, shown in Figure 5.9. S2* and A1*
denote the repeat imaging for these two subjects (S2* obtained on the same day as
S2, A1* obtained on a different day than A1).
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Figure 5.16. Whole-lung ratio values for all subjects. Means (plotting symbols) and
standard deviations (vertical bars) are shown for (a) total dissolved-phase to gas, (b)
tissue-to-gas, (c) RBC-to-gas, and (d) RBC-to-tissue ratios. Healthy subjects,
asthmatics and smokers are shown in black, blue and red respectively. Because the
dissolved-phase signal intensities for subject S3 were very low, preventing accurate
separation of the tissue and RBC components, only the total dissolved-phase to gas
ratio is shown.

reveal whether a deviation from its normal value is due to a change in alveolar size
(number of walls per unit volume), a change in alveolar wall thickness, or a combination of
both. The RBC-to-gas ratio quantifies

129

Xe transport from the alveolar airspaces to the

bloodstream, similar to the diffusion capacity of the lung for carbon monoxide (DLCO)
global lung-function test. Finally, the RBC-to-tissue ratio might reveal disease-related
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shifts in the relative compartment sizes. For example, a decrease in this ratio in a subject
with normal hematocrit could suggest thickening of the alveolar walls.

Figure 5.17. Fitted FIDs and corresponding spectra from healthy subject H3, COPD
subject S2 and asthmatic subject A2. Blue shows acquired data, red shows FID and
spectra calculated based on fitting results.

As expected, in healthy subjects, we found that the ventilation, tissue and RBC images,
as well as their associated ratios discussed above, were uniform within coronal slices of the
lung. We also observed an anterior-posterior gradient in the ratio maps and ratio plots that
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reflects the well-documented tissue compression in dependent areas of the lung. On the
other hand, the 3D image sets acquired from subjects with obstructive lung disease (COPD
and asthma) revealed inhomogeneous distributions in the images as well as in the ratio
maps, and slice-by-slice and whole-lung ratio values which differed from those for healthy
subjects. However, one potential issue of this exploratory study was that the majority of
the healthy subjects were much younger than the COPD subjects.
The two COPD GOLD Stage III subjects had low total dissolved-phase to gas ratios,
which is consistent with the high ADC values found with diffusion-weighted imaging,
indicating an increase of the average distance between alveolar walls due to tissue
destruction. The RBC-to-tissue ratio was also low in one of these subjects, which might
indicate thickening of the alveolar walls secondary to inflammation, which would reduce
the amount of

129

Xe diffusing to the RBCs while increasing the volume of the tissue

compartment. This indication of wall thickening in COPD is consistent with that found
by Dregely et al [83, 120] using the multiple-exchange-time xenon polarization transfer
contrast technique. Alternatively, decreased pulmonary capillary perfusion could also
cause a low RBC-to-tissue ratio, and patients with COPD are known to have pulmonary
vascular pruning apparent on pulmonary angiography. Interestingly, the clinically-healthy
smoker exhibited a lower than normal tissue-to-gas ratio, while the RBC-to-gas ratio was
similar to those for healthy subjects and the RBC-to-tissue ratio was somewhat elevated.
This could indicate generally normal alveolar wall thickness, but some of the alveolar walls
are destroyed due to the onset of emphysematous tissue destruction.
The two asthmatics showed markedly different patterns. The changes in subject A1, a
53-year-old male who exhibited numerous ventilation defects, were qualitatively similar to
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those in COPD subject S2, suggesting increased alveolar wall thickness in conjunction with
hyperexpansion or mild emphysema-like tissue destruction in this asthmatic.

In the

16-year old asthmatic A2, we found a very high RBC-to tissue ratio, which, overall, was
even higher than those in healthy subjects. However, the total dissolved-phase to gas and
tissue-to-gas ratios were very low, possibly due to hyperexpansion. A frequent finding in
asthmatics is an elevated residual volume, which, if present in our asthmatic subjects, could
result in decreased tissue-to-gas ratios.

Perhaps the young asthmatic (A2) had an

increased cardiac output to compensate for his lung disease, resulting in the high
RBC-to-tissue ratio.
In three subjects we tested the repeatability of the acquisition method introduced in this
study.

The results for repeated acquisitions were reasonably consistent: percent

differences between repeated acquisitions for the four ratios, averaged over 3 subjects (H3,
A1 and S2) were approximately 10% or less. The biggest difference was seen on subject
A1, who was imaged on different days and was found to have distinct differences in
ventilation images. Clearly the lung inflation level may affect certain characteristics of the
exchange sites. As shown in Table 5.3, the RBC fraction and tissue T2* were found to
depend on the level of lung inflation. The RBC fraction decreased with increasing lung
volume suggesting that gas exchange is reduced at high lung volumes. The RBC fraction
was significantly lower in the diseased subjects than in healthy subjects, as presented in
Table 5.2. Both asthma and smoking-related lung disease are known to increase RV of
the lung, that is, the lung volume at maximum expiration. An increase in RV would mean
that lung volume at imaging of the diseased subjects was effectively larger than for healthy
subjects, and could partially explain the decreased RBC fraction found in diseased subjects.
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But the RBC fraction in diseased subjects was much lower than in healthy subjects at
maximum inspiration (TLC), suggesting that factors other than just lung inflation level may
cause impaired gas exchange.
We are currently investigating approaches for measuring the level of lung inflation
using proton image sets acquired during the same breath hold period, and assessing
whether the various ratio values can be corrected or normalized based on the level of lung
inflation.
In conclusion, we have demonstrated an imaging method that permits regional mapping
of the tissue and RBC fractions of

129

Xe dissolved in the human lung, as well as

quantitative comparison of tissue- and RBC-based ratios among subjects. The 11-sec
breath-hold acquisition was well tolerated by both healthy volunteers and subjects with
obstructive lung disease. Our preliminary results, although obtained from a small number
of subjects in this exploratory study, suggest marked differences in the spatial distributions
and overall amounts of

129

Xe dissolved in tissue and RBCs among healthy subjects,

smokers (including those with COPD), and asthmatics. Additional studies, including
more subjects and appropriate age matching, are clearly warranted to fully assess the
potential of this technique.
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Chapter 6
Conclusions and Future Work
6.1 Conclusion
In the work presented in this dissertation, we first demonstrated development of a
phase-based method for transmitter calibration utilizing Shinnar-Le Roux (SLR) RF
pulses, optimized for the off-resonance and peak B1 constraints of hyperpolarized-gas
lung imaging [94]. Accuracy of this method was evaluated through: (1) theoretical
simulation using the Bloch-Siegert equation; (2) phantom tests using 3-dimensional B1
and B0 mapping, and comparison with the amplitude-based calibration method routinely
used for HPG imaging [54] and the phase-based calibration method based on a spin-echo
pulse sequence [53]; and (3) comparison with the amplitude-based calibration method in
a large number of human studies. Results showed that this phase-based method has a
dependency on the homogeneity of the B0 field, but it remains reasonably accurate even
for very inhomogeneous B0 distributions, as found in the lungs of severely diseased
subjects or near the diaphragm. Because of its very small magnetization consumption
(less than 5%) and short acquisition time (less 100ms), it can be integrated with any
imaging pulse sequence for hyperpolarized-gas studies, and offers an automatic and
relatively accurate adjustment of the transmitter voltage. It is thus functionally equivalent
to the calibration procedures for proton studies integrated into the software of commercial
MR scanners.
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To address the need for accelerating combined 3D 3He/1H imaging acquisitions in
human studies, we incorporated the concept of compressed sensing [73]. We designed an
undersampling pattern based on simulation using previously acquired human-lung images,
and reconstructed undersampled images by seeking converged solutions in the wavelet
domain. The reconstruction fidelity of the reconstructed images was verified through: (1)
simulation based on fully-sampled datasets; (2) direct quantitative comparison of
fully-sampled and undersampled image sets acquired in the same breath-hold; and (3)
direct quantitative comparison of ventilation defects found in fully-sampled and
undersampled image sets, acquired in different breath-holds, through image registration
and segmentation [102]. High similarities were found between the fully-sampled and CS
reconstructed undersampled images. Observed differences were caused primarily by
factors unrelated to the CS technique, including diaphragm movement between
breath-holds, the non-equilibrium nature of hyperpolarized-gas magnetization, and
variation in ventilation defects between breath-holds. The total image-acquisition time
was reduced to less than 10 seconds, which is suitable for even severely diseased
subjects.
This dissertation also proposed a 3D radial pulse sequence for a multi-echo

129

Xe

dissolved-phase and gas-phase image acquisition. Using optimized imaging protocols, we
were able to acquire three echoes of xenon dissolved-phase images, and gas-phase
images with matching resolution, in a breath-hold duration of about 10 seconds, and
thereby realized regional mapping of the tissue and RBC fractions of 129Xe dissolved in the
human lung through separation of RBC and tissue components using the Hierarchical
IDEAL method [112]. Four ratio maps were calculated for quantitative assessment of
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lung function: total dissolved-phase to gas, tissue-to-gas, RBC-to-gas, and RBC-to-tissue.
In preliminary human studies, healthy subjects showed generally uniform distribution of
signals in all images and ratio maps within coronal slices, and were found to have the
well-known anterior-to-posterior gradient due to gravity in all images and ratio maps
except the RBC-to-tissue maps. In contrast, diseased subjects show moderate to severe
inhomogeneity in images and ratio maps, depending on disease type and severity. The
ratios for diseased subjects (COPD and asthmatics) were very different than those for
healthy subjects. The mean ratios over slices and whole-lung mean ratios of total
dissolved-phase to gas, tissue-to-gas and RBC-to-gas from all diseased subjects were below
the median values for healthy subjects.

6.2 Future Work
6.2.1 Phase-based Calibration
The results from the phase-based calibration method were found to be consistent with
those from the amplitude-based method in more than one hundred human studies we did
in the past 2-3 years. We need to continue the verification of the phase-based calibration
method through more studies. For instance, we can use the phase-based B1 mapping
method proposed by Santoro et al [59], but replace the hard pulse [59] with the SLR
pulse we designed. By choosing the appropriate protocol, we will be able to determine
the theoretical prediction for calibration using the B1 mapping results from a human, as
we already did in the phantom test (Section 3.3.1). Also, 3D B0 mapping in diseased
subjects will be helpful to analyze the accuracy or potential pitfalls of the phase-based
calibration method. When the accuracy of the phase-based method is further verified,
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we can probably modify the current pulse sequence to make it change the transmitter
voltage automatically based on calibration results calculated by the online ICE
(reconstruction) program. Then, the following imaging pulse sequence could be executed
with the adjusted transmitter voltage, eliminating the need for a separate bag of
hyperpolarized gas for calibration.

6.2.2 Accelerated Combined 3He/1H Acquisitions using the
Compressed Sensing Technique
In the near future, we plan to collect more data from diseased subjects and continue to
use the segmentation method [102] to quantitatively compare the ventilation defects
between the fully-sampled and undersampled image sets. Also, online image
reconstruction (ICE) programs are needed for the undersampled acquisitions before the
undersampled protocol can replace the fully-sampled protocols currently used.

6.2.3 Regional Mapping of Gas Uptake by Red Blood Cells and
Tissue using 129Xe
This project was just started recently. In the near future, we plan to image more
diseased subjects and age-matched healthy subjects, and quantitatively analyze the results.
For evaluation purposes, some of these subjects will undergo CT scans to investigate the
tissue structure in their lungs. Also, imaging of lung perfusion and measurement of ADC
maps would be helpful to understand the different phenotypes and progression of disease.
In the long term, there is much potential to improve the current imaging strategies
and to explore new imaging strategies, such as using parallel imaging to improve the
SNR (e.g., by allowing access to a wider range of repetition times) or enhance the image
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resolution. Also, the sampling trajectory or undersampling pattern can be optimized to
yield better image quality. On the basis of improved SNR, different protocols [91] could
be tested to explore more valuable information on lung function.

6.3

Collaborations and Contributions

This dissertation includes many efforts from inside and outside Dr. John Mugler’s lab,
and it would not have been possible to finish it without their work, help and suggestions.
I want to express my thanks to all of them and apologize for those missed.
The initial idea of phase-based calibration/B1 mapping method is inherited from Dr.
John Mugler. The reconstruction of undersampled 3He and 1H datasets are reconstructed
using the SparseMRI toolbox provided by Dr. Micheal Lustig. Dr. John Mugler proposed
the original idea of separating the excitation of dissolved-phase and gas-phase xenon
signals, and provided a series of possible solutions for optimizing the SNR of signals. Dr.
Kai Ruppert provided plenty of reference data to help investigate the signal behavior of
dissolved-phase xenon. The original radial sequence was composed by Dr. Wilson Miller.
The original Hierarchical IDEAL separation codes are developed by Dr. Jeffrey Tsao and
Yun Jiang. The 3D radial data is reconstructed using IRT toolbox published by Dr.
Jeffrey A. Fessler.
The three projects were mainly done by the author, while certainly all the work in this
dissertation is attributed to the guidance of Dr. John Mugler.
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Appendix - Publications and Conference
Abstracts
A.1 Journal Publications
[1] Qing K, Ruppert K, Jiang Y, Mata JF, Miller GW, Shim MY, Wang C, Ruset IC,
Hersman WF, Altes TA, Mugler JP III. Regional mapping of gas uptake by blood and
tissue in human lung using hyperpolarized Xenon-129 MRI. J Magn Reson Imaging 2013.
(Accepted pending revision.)
[2] Qing K, Miller GW, Altes TA, Mata JF, de Lange EE, Tobias WA, Cates GD Jr., Ruset
IC, Hersman FW, Brookeman JR, Mugler JP III.

Optimization and validation of

phased-based transmitter calibration for hyperpolarized-gas MRI of the human lung. (Draft
completed.)
[3] Qing K, Altes TA, Tustison NJ, Mata JF, Miller GW, de Lange EE, Tobias WA, Cates
GD Jr., Brookeman JR, Mugler JP III. Combined spatially-registered proton and
hyperpolarized 3He 3D image sets of the human lung acquired in less than 10 seconds
using compressed sensing. (Draft completed.)
[4] Wang C, Altes TA, Mugler JP III, de Lange EE, Mata JF, Qing K, Hersman FW,
Ruset IC, Verbanck S. Experimental measurements and computer simulation of
long-time-scale hyperpolarized 3He and
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Xe diffusion in human lungs. Magn Reson

Med 2012. (Submitted.)
[5] Qing K, Bai J.

Portable ECG Monitor based on ARM. Beijing Biomedical

Engineering. 2008 Feb; 27(1): 72-74.
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A.2 Conference Publications
[1] Qing K, Altes TA, Tustison NJ, Mata JF, Miller GW, de Lange EE, Tobias WA,
Cates GD Jr., Brookeman JR, Mugler JP III. Quantitative Assessment of
Compressed-Sensing Reconstruction Fidelity for 3D He-3 and H-1 Acquisitions in One
Breath-hold. Proceedings of the International Society for Magnetic Resonance in
Medicine 4003; 2012. Twentieth Meeting, Melbourne, Australia.
[2] Qing K, Miller GW, Altes TA, Mata JF, de Lange EE, Tobias WA, Cates GD Jr.,
Ruset IC, Hersman FW, Brookeman JR, Mugler JP III.

Improved Phase-Based

Transmitter Calibration for Hyperpolarized-Gas MRI using Shinnar-Le Roux RF Pulses.
Proceedings of the International Society for Magnetic Resonance in Medicine 912; 2011.
Nineteenth Meeting, Montreal, Canada.
[3] Qing K, Altes TA, Tustison NJ, Mata JF, Miller GW, de Lange EE, Tobias WA,
Cates GD Jr., Brookeman JR, Mugler JP III. Acquisition of Spatially-registered Helium-3
and Proton 3D Image Sets of the Lung in less than 10 seconds using Compressed Sensing.
Proceedings of the International Society for Magnetic Resonance in Medicine 1349; 2011.
Nineteenth Meeting, Montreal, Canada. (Oral)
[4] Qing K, Miller GW, Mugler JP III. Performance of Three Transmitter Calibration
Methods for Hyperpolarized Gas MRI in the Presence of B0 and B1 Inhomogeneity.
Proceedings of the International Society for Magnetic Resonance in Medicine 2574; 2010.
Eighteenth Meeting, Stockholm, Sweden.
[5] Qing K, Pan L, Fetics B, Wacker FK, Valdeig S, Philip, M, Roth A, Nevo Erez,
Kraitchman DL, van der Kouwe AJ, Lorenz CH.

A Multi-slice Interactive Real-time

Sequence Integrated with the EndoScout Tracking System for Interventional MR
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Guidance. Proceedings of the International Society for Magnetic Resonance in Medicine
4429; 2010. Eighteenth Meeting, Stockholm, Sweden.
[6] Mugler JP III, Mooney KE, Altes TA, Mata JF, Qing K, de Lange EE, Tobias WA,
Brookeman JR, Cates GD Jr., Miller GW. High-quality ventilation imaging of the human
lung using 100 ml of helium-3. Proceedings of the International Society for Magnetic
Resonance in Medicine 1357; 2012. Twentieth Meeting, Melbourne, Australia.
[7] Ruppert K, Altes TA, Ruset IC, Miller GW, Mata JF, Qing K, Tsentalovich I,
Hersman FW, Mugler JP III. Detection of a long-T2 dissolved-phase Xe129 component
in the human chest. Proceedings of the International Society for Magnetic Resonance in
Medicine 1349; 2012. Twentieth Meeting, Melbourne, Australia.
[8] Mugler JP III, Altes TA, Ruset IC, Miller GW, Mata JF, Qing K, Tsentalovich I,
Hersman FW, Ruppert K. Image-based measurement of T2* for dissolved-phase Xe129
in the human lung. Proceedings of the International Society for Magnetic Resonance in
Medicine 1347; 2012. Twentieth Meeting, Melbourne, Australia.
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