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Abstract 

Cystic fibrosis (CF) is a hereditary disease that can severely hinder lung function and cause 

death at a young age. Sensitive diagnostic tools are necessary to treat CF early. Hyperpolarized 

xenon-129 magnetic resonance imaging (HP 129Xe MRI) provides a novel technique to assess 

regional changes in lung function by measuring signal loss through a multiple breath gas wash-out 

maneuver.  

 This thesis explores how multiple breath wash-out (MBW) imaging is confounded by T1 

signal decay. A model of T1 as a function of wash-out breath was developed and investigated in a 

cohort of healthy mechanically-ventilated rats. By incorporating this model into analysis, 

measurements of ventilation were corrected by up to 19.3% relative to a published method that 

utilized a simplified approximation of T1. Significant improvements in the accuracy of MBW 

imaging were observed, particularly at long time-scales and at reduced lung function. Applying 

this model to MBW imaging is therefore an important step towards clinical translation of the 

technique.  
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Chapter 1  
 

1 Motivation and Background 

1.1 Overview 

Cystic fibrosis (CF) is a hereditary disease with no known cure that can lead to death at a 

young age. Several organs are affected by CF, including the liver, the pancreas, and the lungs. 

Through a combination of airway obstruction, infection, and inflammation, CF hinders ventilation 

in a heterogeneous manner. The current standard-of-care for CF patients involves monitoring lung 

disease with pulmonary function tests (PFTs) such as spirometry, which have limited sensitivity 

to early lung disease development which are often focal in nature and not captured by a global 

measure mostly affected by changes in the large airways. Since early detection is crucial to CF 

treatment, this has motivated the development of safe functional imaging techniques that can 

regionally measure ventilation heterogeneity. Among these techniques, multiple breath wash-out 

(MBW) magnetic resonance imaging (MRI) using hyperpolarized (HP) 129Xe stands out for its 

ability to probe poorly-ventilated regions, its high spatial resolution, and its lack of ionization 

radiation. 

Non-wash-out sources of signal loss confound the estimation of ventilation in MBW 

imaging. A major confounding source is T1 signal decay. To date, MBW imaging studies have 

estimated T1 as constant, despite the fact that it changes as a function of wash-out breath number 

due to its dependence on the concentration of oxygen within the lungs. This is expected to limit 

the sensitivity of MBW imaging by over-estimating ventilation. 

Motivated by the pressing need to develop a safe and sensitive regional functional imaging 

technique for CF patients, this thesis investigates the effect of T1 signal decay on MBW imaging. 

A model for T1 as a function of breath number is presented and investigated in a theoretical model 

and experimentally in a rat model. A regional measurement of lung function known as fractional 

ventilation (r) is acquired using this model and compared to measurements made with a simplified 

estimation of T1 utilized in previously published work. This study has been submitted as a 

manuscript to Magnetic Resonance in Medicine. 
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1.2 Cystic Fibrosis: Prevalence, Pathophysiology and Treatment 

In 2015, four of the top 10 leading causes of death worldwide were pulmonary diseases 

(1). Nationally, diseases and infections of the lung also have a high burden: Between 2005 and 

2008, respiratory diseases and infections were the seventh and eleventh costliest diagnostic 

categories, respectively (2). While lung diseases are often associated with environmental causes 

such as smoking and air pollution, the source may also be genetic. One of the most severe 

hereditary diseases to affect the lungs is CF. 

CF is a hereditary disorder that causes dysfunction in several organ systems and often leads 

to death at a young age. Predominantly found in Caucasian populations, it is caused by a collection 

of mutations to the CF transmembrane conductance regulator (CFTR) gene (3). The CFTR gene 

encodes the CFTR protein, a chloride ion (Cl-) channel which is found within epithelial cells in 

organs such as the lungs and pancreas. Failure of the chloride ion channel function can prevent Cl- 

from passing through the channel along its electrochemical gradient.  Since the CFTR protein plays 

several roles in the regulation of transmembrane transport, including the regulation of other 

channels, vesicular transport, and osmosis, its dysregulation leads to several deleterious effects in 

the body (4,5). In the lungs, where CFTR expression is found in the apical membrane of epithelial 

cells along the airways, CF patients experience dehydration of the extracellular mucus layer due 

to excess reabsorption of water (4). Mucus, produced by submucosal glands and goblet cells, traps 

particulates such as dust from traversing deep into the lungs and obstructing the small-diameter 

minor airways (6). Without sufficient water, the mucus layer dries up and cannot be easily cleared 

from the airways by small hair-like structures known as cilia (6). The accumulation of dried mucus 

causes airway obstruction, inflammation - which in turn can lead to fibrosis or tissue scarring - and 

makes the patient much more susceptible to bacterial infection (Fig. 1.1). The precise mechanism 

by which CF leads to drying of the mucus layer is still debated (4,5). 
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Figure 1.1: The major symptoms of CF. Each have been shown to promote the others, leading to overall deteriorating 

health. The hierarchy of the symptoms, including which have a greater promoter effect on the others and which tend 

to appear first is not widely agreed upon (4). 

There is no known cure for CF, but major strides in treatment and symptom management have 

helped to improve survival and quality of life for CF patients. Drugs such as Ivacaftor, a potentiator 

that helps keep the CFTR channel open for Cl- transport, have been developed to target CF caused 

by specific mutations (7). With regards to symptom management, physical therapies such as 

directed coughing and chest percussion – which may be performed by trained professionals or non-

professional caregivers – have been demonstrated to be effective (8). Diet has also played a major 

role in CF care: A high-fat diet counteracts the reduced nutrient absorption experienced by patients 

(9). Such developments have contributed to an increase in the median age of survival (the age at 

which 50% of a population remains alive) of Canadian CF patients from 29.1 to 50.9 years from 

1988 to 2013 (Fig. 1.2) (3). 
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Figure 1.2: Median age of survival of Canadian CF patients. Median age of survival is defined as the estimated age at 

which half of a given population has died. Survival was calculated over a 5-year window. The years along the x-axis 

indicate the final years of windows. Adapted from (3). 

 Early diagnosis of CF is crucial since it allows for disease management to begin at a 

younger age when patients are the most vulnerable to their symptoms (10). Pulmonary function 

tests (PFTs) are commonly used to assess changes in lung function. Such tests are commonplace 

in respiratory clinics and their correlation to disease has been extensively studied (11,12). 

However, they are also effort-dependent, which makes them difficult to perform in patients less 

than 6 years of age. Furthermore, since they are global measures of lung function, their sensitivity 

to disease is limited (10,13). To discuss PFTs and their role in CF management in further detail, 

an overview of lung function and anatomy is required. 

1.3 Lung Anatomy and Function 

A more comprehensive treatment of pulmonary physiology can be found in John West’s 

Pulmonary Physiology and Pathophysiology: An Integrated, Case-Based Approach (11). The 

following section is adapted from this text. 

The respiratory system consists of the organs that allow gases to enter and exit the body by 

the process of respiration. Air enters through the oral and nasal cavities where it is humidified and 

filtered by small hairs in the nasal cavity which help to impede large foreign particles such as dust 
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from being inhaled. It then continues to move through the pharynx and larynx and into the major 

airways. The first major airway, the trachea, is the widest and is surrounded by rings of cartilage. 

The trachea divides into two bronchi, directing gas into both lungs. The bronchi then branch into 

the shorter and narrower bronchioles, which themselves continue to divide and decrease in size for 

several generations (Fig. 1.3). The first 16 generations are known as the conducting zone, while 

the final 7 are known as the respiratory zone. In the respiratory zone, small sacs called alveoli bud 

from the terminal airways. It is here that oxygen (O2) and carbon dioxide (CO2) are exchanged 

between the airspace and the pulmonary capillaries. Alveoli are conducive to gas exchange via 

diffusion because they are only one cell thick and have less than 1 µm of space separating them 

and the surrounding capillaries. Due to the highly-branched structure of the airways, the total 

surface area of the alveoli is estimated to be between 50 and 100 m2. The large surface area benefits 

gas exchange. 

The main function of the lungs is to transport O2 and CO2 into and out of the bloodstream 

via respiration. Respiration works by creating a pressure difference between the atmosphere and 

the thoracic cavity. Inspiration occurs due to an increase in lung volume due to contraction of the 

diaphragm (a muscle that sits beneath the lungs) and the intercostal muscles (muscles attached to 

the ribcage). According to Boyle’s Law, which states that volume and pressure are inversely 

proportional for a constant temperature and quantity of gas, this increase in volume causes a 

decrease in pressure. This creates a high to low pressure gradient between the atmosphere and the 

lungs, drawing air inwards. Exhalation then occurs passively, meaning that muscle contraction is 

not required unless forced exhalation is desired. 
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Figure 1.3: Schematic of the human airways. Airway generations are numbered along the left. Generations 0 to 16 are 

known as the conducting zone. The first airway in the conducting zone is known as the trachea, and it is followed by 

increasingly narrower airways. The conducting zone transports gas to the respiratory zone, which consists of 

generations 17 to 23. Gas diffuses to and from the bloodstream at the alveoli, which bud from the terminal airways in 

the respiratory zone. Adapted from (11). 
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1.4 Assessing Lung Function 

1.4.1 Pulmonary Function Tests 

Lung function is commonly assessed through the performance of PFTs. One widely used 

PFT is spirometry, in which the patient performs specific breathing maneuvers by blowing into a 

device known as a spirometer to measure gas volume and flow (14). Commonly defined volumes 

such as tidal volume, inspiratory reserve volume, and expiratory reserve volume may thus be 

measured. Other PFTs are required to probe the lungs’ residual volume, the volume of gas which 

cannot be expelled by forced exhalation. Plethysmography, in which the patient is placed inside 

an airtight structure and lung volume is probed via a change in pressure and volume in accordance 

with Boyle’s Law, may be used for this purpose (15). Figure 1.4 illustrates the various lung 

volumes that are measured with PFTs in respiratory clinics. In order to ensure consistent and 

comparable intra-centre and inter-centre measurements, the methodologies behind PFTs have been 

standardized (12).  

 

Figure 1.4: Schematic of lung volumes. Residual volume is the volume of gas within the lungs that cannot be expelled 

via forced exhalation. Total lung capacity is the sum of residual volume, expiratory reserve volume, tidal volume, and 

inspiratory reserve volume. Vital capacity is the total lung capacity minus residual volume. Volumes that include the 

residual volume (e.g. functional residual capacity) may be measured by plethysmography, whereas other volumes can 

be measured using spirometry. Adapted from (11). 
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One of the most commonly examined measurements of lung function for CF patients is the 

forced expiratory volume in one second (FEV1) (i.e., the volume of air exhaled with maximum 

effort after maximum inhalation in one second (14)). FEV1 is often reported as a percentage of 

FEV1,pred, which is the predicted value based on demographic factors such as age, sex, and race 

(12,16). If the patient’s FEV1 is greater than or equal to 90% of FEV1,pred, then they are considered 

to have normal lung function. FEV1 can also be reported as a ratio to forced vital capacity (FVC), 

i.e., FEV1/FVC. By normalizing to FVC (the total volume exhaled with maximum effort at 

maximum inhalation), this takes into account variations between patients’ lung volumes. When 

airways are obstructed or narrowed, FEV1 decreases more than FVC, leading to a reduced 

FEV1/FVC. When there is airway restriction, such as when fibrosis leads to reduced compliance, 

FVC decreases more rapidly, leading to a normal or even elevated FEV1/FVC (17).  

FEV1 is a quantity that is routinely measured in most PFT labs and is widely used to 

monitor changes in lung function with age or worsening symptoms. FEV1 has traditionally been 

used to assess changes in lung function in CF patients (18); however, there are disadvantages to 

this. FEV1 is an effort-dependent measurement, which hinders reproducibility and makes it 

difficult to assess in infants. This is noteworthy given the desire to detect and manage CF as early 

as possible in a patient (13). Furthermore, because of improved treatment, an increasing number 

of pediatric CF patients have a normal or near-normal FEV1 (19,20). As such, FEV1 has become a 

less sensitive measurement of disease manifestation. This has spurred the development of more 

sensitive measurements of lung function such as the lung clearance index (LCI). 

1.4.2 Lung Clearance Index 

LCI is a measure of lung function obtained from a PFT known as multiple breath wash-out 

(MBW) (21). It is attracting growing attention from physicians and pulmonary health researchers 

as a better metric than FEV1 to monitor early changes in function in CF patients (20–22). The test 

involves measuring the concentration of a tracer gas exhaled by the patient over a series of tidal 

breaths through an airtight face mask. The test is finished when the concentration of the tracer gas 

in the expired air falls below a given fraction of its original concentration (20,22). Tracer gas 

concentration as a function of breath number is converted into a unitless measure of “lung volume 

turnovers”, defined by: 
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𝐿𝐶𝐼 =
𝐶𝐸𝑉

𝐹𝑅𝐶
[1.4.1] 

; where CEV is the cumulative expired volume (corrected for dead space volume within the 

instrumentation) and functional residual capacity (FRC) is defined by: 

𝐹𝑅𝐶 =
𝑉net tracer

𝑐𝑖 − 𝑐f

[1.4.2] 

; where Vnet tracer is the net volume of expired tracer gas, ci is the initial concentration of the tracer 

gas and cf is its final concentration (concentrations are measured at end-exhalation of each breath). 

cf is pre-determined to be equal to f∙ci, where f is a fraction typically equal to 1/40 (22). FRC can 

also be measured by plethysmography. Originally, sulfur hexafluoride (SF6) was the most 

commonly used tracer gas for LCI measurements. Patients would inhale a gas mixture containing 

SF6, He, O2 and N2 and exhale the mixture into a mouthpiece, washing it out of their lungs with 

room air. The concentration of SF6 in the expired air is measured using a mass spectrometer 

(13,20,23).  

Over time, N2 became increasingly popular as the tracer gas for measurement of LCI (21). 

MBW with N2 is performed by having the subject breathe into a mouthpiece, exchanging air from 

their lungs with room air (Fig. 1.5). At a certain time-point, the gas in the MBW device is switched 

to 100% O2, and N2 in the subject’s lungs is subsequently washed out during tidal breathing. N2 

concentration is indirectly measured by measuring the O2 and CO2 concentrations with dedicated 

sensors and by utilizing the known gas composition of air and Dalton’s law of partial pressures 

(24). Because N2 is endogenous, gas wash-out from poorly ventilated lung regions can be more 

thoroughly assessed. MBW with N2 requires an airtight seal around the mouthpiece to prevent N2 

in surrounding room air from contaminating the device readings. Furthermore, the excretion of N2 

from the body into the lungs’ airspace can affect measurements (20,25). LCI measurements 

acquired from MBW using N2 are on average higher than LCI measurements acquired from MBW 

using SF6, and that this bias becomes greater in CF patients. This is due to the difference in 

molecular weights and the endogenous versus exogenous nature of the two gases (20). 
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Figure 1.5: Preschooler performing an MBW test to measure LCI using N2. The test was performed at The Hospital 

for Sick Children, Toronto, Canada. 

 Compared to FEV1, there are several reasons why LCI may be a preferable measure of lung 

function in CF patients. Because LCI is measured through a quiet (i.e., relaxed) tidal breathing 

maneuver as opposed to a forced exhalation, the effort made by a patient at different tests is 

expected to be reproducible. LCI measurements are therefore typically more consistent than FEV1, 

making it an easier measurement to acquire from young children (24,26). LCI may also be more 

sensitive to changes in function due to obstruction in small airways diseases such as CF (27).  This 

is supported by longitudinal studies of the correlation between LCI and scores of computed 

tomography (CT) scans of the lungs, in which the CT score is a measure of disease-induced 

structural lung damage (22,28). Drawbacks of LCI include the risk of results being confounded by 

N2 leaking into the face mask and the lack of spatial specificity. An elevated LCI may suggest 

increased inflammation, proliferation of airway obstructions, development of fibrosis or other 

changes in symptoms, but it does not indicate where symptoms are manifesting. This issue is 

shared with other PFTs that also lack spatial specificity. Methods that can identify regional changes 

in lung function may provide a greater understanding of how changes in measurements such as 

LCI correlate to lung disease progression. They may also be more sensitive to disease than PFTs. 

This type of regional information is acquired from imaging methods. 
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1.5 Imaging of Regional Lung Function 

1.5.1 Scintigraphy, Computed Tomography & Positron Emission 
Tomography 

Various modalities may be used to perform pulmonary imaging. This section provides a 

brief overview of some common tomographic techniques before focusing on the modality used in 

this thesis, HP gas MRI. While not discussed here, other imaging modalities that do not rely on 

ionizing radiation, such as optical coherence tomography, electrical impedance tomography, and 

ultrasound, have also been used for structural and functional lung imaging (29–31). Electrical 

impedance tomography and ultrasound can provide real-time bedside imaging - unlike MRI - but 

have lower spatial resolution than MRI (30,31). Optical coherence tomography can provide 

micron-level resolution of the major airways, but has low tissue penetration depth and requires 

sedation to insert the endoscope into the patient (29). 

Pulmonary structural imaging is performed to detect anatomical changes (e.g. 

bronchiectasis and collapsed airways, chronic obstructive pulmonary disease (COPD)) and 

physical obstructions (e.g. accumulation of mucus in airways and edema) due to disease. Clinicians 

use these images to assess the severity of these defects and quantify them according to a scoring 

system (32). Most commonly, plain film x-ray is used in clinical assessments of patients. X-ray 

photons are transmitted towards the body and experience attenuation by interacting with tissue via 

phenomena such as Compton scattering and the photoelectric effect. X-rays transmitted through 

the other side of the body are then captured on a film, and the brightness of imaged structures is a 

function of attenuation. Plain film x-ray acquires 2D projection images and therefore has poor 

spatial resolution. To acquire 3D images of the lungs, computed tomography (CT) may be used. 

CT differs from plain film x-ray by directing x-ray photons towards the body in a 360o sweep, 

which are then detected by an array of detectors. A set of 1D projections is acquired in this manner. 

By applying the projection-slice theorem, which states that the Fourier transform of a 1D 

projection through an object is equal to a slice of the 2D Fourier transform of that object along the 

same angle, the projections can be used to reconstruct an image of the underlying anatomy (33). 

The typical spatial resolution of conventional CT is on the order of 10-3 m. This is insufficient to 

capture the smallest airways, which have diameters on the order of 10-4 m (11). Utilizing smaller 

detectors and a narrower beam, recent high-resolution CT methods developed by Kakinuma et al. 



 

12 

 

attained a resolution of 1.2 x 10-4 m, though the images were noisier than those obtained by a 

conventional CT approach (34).  

Alternative methods may image a radiodense tracer gas filling the lungs instead of the lung 

tissue. When a patient inhales a tracer gas, its spatial distribution within the lungs can be observed 

by the differences in attenuation between the exogenous tracer gas and tissue. This method is useful 

for locating ventilation defects by identifying regions that lack tracer gas. Xenon gas may be used 

in conjunction with dual-energy CT systems, which can distinguish materials based on x-ray 

attenuation and atomic number, to image ventilation in this manner (35).  

While the foregoing methods are based on the transmission of x-ray photons, other methods 

are based on the emission of photons from internally introduced radionuclides. When performed 

with a fixed detector that acquires 2D projection images, this is known as scintigraphy. With 

scintigraphy, the patient inhales radioisotopes such as 81mKr and 127Xe. Nuclear decay of the 

isotope causes the emission of gamma ray photons, which are captured by the fixed detector 

(36,37). If a 3D image is desired, then single-photon emission computed tomography (SPECT) 

would be used instead of scintigraphy. This modality relies on gamma decay of radionuclides like 

scintigraphy, but the gamma detectors rotate around the body being imaged, providing a set of 

projections for tomographic reconstruction (38). Scintigraphy and SPECT can also be used to 

image lung tissue perfusion. Following intravenous injection of the radionuclide, gamma ray 

detection as a function of blood flow can be analyzed (36,39). The absence of signal in a region 

can suggest the presence of a blockage in a pulmonary artery, otherwise known as a pulmonary 

embolism. Another radionuclide-based imaging modality known as positron emission tomography 

(PET) provides greater sensitivity than SPECT, but at the cost of being a significantly more 

expensive modality. PET differs from SPECT in that the generated gamma photons arise through 

positron-electron annihilation, where the positrons arising from beta decay of the radionuclide 

combine with local electrons and annihilate one another. The pair of gamma photons produced 

from the annihilation event are emitted at an angle of 180o away from each other, forming a line 

of response that is detected by a circular array of gamma detectors. These detection events are used 

to image the distribution of the radionuclide in the body (40,41). 

A drawback shared by the mentioned imaging modalities is that they rely on the emission 

of high-energy photons that can interact with DNA and introduce de novo mutations into cells, 
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which are then propagated through cell proliferation. These mutations accumulate and can have 

serious consequences such as, most notably, causing cancer. According to a 2009 report by the 

National Council on Radiation Protection and Measurements (42), the American population 

receives on average 6 mSv of radiation per person per year, half of which is due to medical 

procedures. Within a population, there is a 2-8% increase in fatalities caused by cancer per Sv of 

radiation dose experienced per year (43). Because of the health risks associated with ionizing 

radiation, radiologists aim to follow the ALARA principle while imaging (“As Low as Reasonably 

Achievable”) which promotes the minimization of radiation dose administered (42). Radiation risk 

is elevated in young children because they undergo more rapid cell proliferation than fully grown 

adults and because radiation damage accumulates (44,45). Groups such as CF patients, who require 

constant treatment and disease monitoring throughout childhood, are especially vulnerable to 

radiation-induced cell damage. Furthermore, the lungs are particularly radiosensitive compared to 

other organs such as muscles and the liver (46). Imaging methods that do not rely on ionizing 

radiation are therefore sought after for pulmonary imaging of CF patients. This makes MRI an 

appealing modality for this aim. 

1.5.2 Magnetic Resonance Imaging 

1.5.2.1 Overview 

A more comprehensive treatment of MRI physics can be found in Dwight Nishimura’s 

Principles of Magnetic Resonance Imaging (47) and Mark Haacke, Robert Brown, Michael 

Thompson and Ramesh Venkatesan’s Magnetic Resonance Imaging: Physical Principles and 

Sequence Design (48). The following section is adapted from these texts. 

The Source of Signal: A Quantum Mechanical Description 

MRI utilizes strong magnetic fields and radiofrequency (RF) fields to align, resonate, and encode 

precessing nuclear spins. Spin is an intrinsic property of subatomic particles that is parametrized 

by the spin quantum number, which defines the allowed discrete values of a particle’s intrinsic 

angular momentum. For example, the total spin quantum number of a 129Xe nucleus can only be 

+1/2 or -1/2. In the presence of an external magnetic field B0 oriented along the ẑ direction, 

intrinsic angular momentum along ẑ can therefore be equal to +
1

2
ℏ or −

1

2
ℏ, where ℏ is Planck 
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constant divided by 2 (
h

2π
= 1.054 × 10−34 J ∙ s). Spin also discretizes the magnetic dipole 

moment of particles, which is given by: 

𝝁 = 𝛾𝑺 [1.5.1] 

; where  is the gyromagnetic ratio of a particle (i.e., the ratio of the magnetic moment to the 

angular momentum) and S is the spin vector. Table 1.1 provides the gyromagnetic ratio for 

commonly imaged nuclei in MRI. Given the abundance of water in the human body, conventional 

MRI measures the precession of hydrogen nuclei (1H). 

Nucleus 
Gyromagnetic ratio 

(MHz∙rad∙T-1) 

Absolute sensitivity 

relative to 1H 

Natural 

abundance (49) 

1H 267.51 1.00 99.9 

3He -203.79 0.76 0.000137 

13C 67.26 0.25 1.07 

19F 251.66 0.9 100 

129Xe -74.00 0.28 26.44 

Table 1.1: Gyromagnetic ratio of several nuclei (47). 

The sign of the spin quantum number states whether a nucleus is in a spin-up state (for 

spin-1/2 nuclei such as 1H and 129Xe, mS = +1/2, where mS is the magnetic spin quantum number) 

or in a spin-down state (mS = -1/2). In the presence of an external magnetic field B0, the spin states 

separate according to their energies. This is known as Zeeman splitting (Figure 1.6). These states 

can also be referred to as parallel and anti-parallel, as the spins are either aligned along or against 

the direction of an external magnetic field B0. Assuming that B = B0𝒛̂ and incorporating Eq. 1.5.1, 

the potential energy E of each energy sublevel is given by: 

𝐸 = −𝝁 ∙ 𝑩 

= −𝛾𝑆𝑧𝐵0. [1.5.2] 

For a spin-1/2 nucleus, Sz = ℏ/2. The energy difference Δ𝐸 between the two sublevels generated 

by Zeeman splitting is given by: 

Δ𝐸 = 𝛾ℏ𝐵0. [1.5.3] 
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Figure 1.6: Zeeman splitting. In the absence of an external magnetic field, the spin-1/2 nuclei populate the same energy 

level regardless of spin state. When an external field B = B0𝒛̂ is applied, the spins separate according to their spin 

states. The energy difference between the sublevels is a function of B0 (Eq.1.5.3). 

The ratio of the nuclei in spin-down state to spin-up state is a function of the energy 

separating the states and the temperature of the environment: 

𝑛−

𝑛+
= 𝑒−

𝛥𝐸
𝑘𝑇 [1.5.4] 

 

; where k is the Boltzmann constant (k = 1.38 × 10-23 J/K). Polarization is defined as: 

𝑃 =
𝑛+ − 𝑛−

𝑛+ + 𝑛−
. [1.5.5] 

From Eqs. 1.5.4 and 1.5.5, it can be shown that when temperature approaches 0 K, n-/n+ approaches 

zero; therefore, n+ >> n- and P approaches one. Conversely, at high temperatures, P approaches 

zero. 

Signal Measurement: A Classical Mechanical Description  

While knowledge of intrinsic spin is rooted in quantum mechanics, a classical mechanical 

perspective is helpful to understand the fundamentals of MRI. The bulk magnetization of an 

ensemble of nuclei is given by: 

𝑴 = 𝛴𝝁. [1.5.6] 

E 

mS = -1/2 

mS = +1/2 

𝚫E 

B = 0 

B = B0𝒛̂ 
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In MRI, the aim is to detect and spatially resolve M. In the absence of B0, the nuclear magnetic 

moments align independently of one another in random orientations. This leads to a net M of 

approximately zero. If a strong, homogeneous B0 is present in the environment of the spins, they 

will align with the field. The magnitude of M is dependent on n-/n+. If the spin populations are 

equal, then M equals zero. A disparity between n-
 and n+ causes M to be non-zero, creating a 

measurable signal. If an amplified polarization is sought (and thus greater signal), 

hyperpolarization methods can be applied to increase n-/n+ well beyond thermal equilibrium. § 

1.6.3 discusses one such method known as spin exchange optical pumping. 

 In the presence of B0, the magnetic dipole moment experiences a torque given by the cross 

product of the moment with the magnetic field, and since torque is equal to the rate of change in 

angular momentum: 

𝑑𝑺

𝑑𝑡
= 𝝁 × 𝑩 [1.5.7] 

; where B represents the total magnetic field. Multiplying both sides by  and summating over 𝝁: 

𝑑𝑴

𝑑𝑡
= 𝑴 × 𝛾𝑩. [1.5.8]

  

If B = B𝒛̂  in Eq. 1.5.8, M precesses at the frequency: 

𝜔 = 𝛾𝐵. [1.5.9] 

This is known as the Larmor frequency. To measure M, it must be nutated from the 𝒛̂ direction 

into the transverse (i.e., x-y) plane by the application of a second field consisting of an oscillating 

RF magnetic field B1(t). To effect the nutation, B1(t) oscillates at the Larmor frequency that is “in 

resonance” with the nuclear spins. The extent to which M is transferred from the longitudinal 

direction into the transverse plane by the transmit RF pulse is given by the flip angle α: 

𝛼 = ∫ 𝜔1(𝑠)𝑑𝑠
𝑡

0
[1.5.10]

; where 𝜔1(𝑡) = 𝛾𝐵1(𝑡). 
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The precessing M is measured by an RF receiver coil in the transverse plane. By Faraday’s 

Law, the time rate of change of magnetic flux measured by the receiver coil generates an 

electromotive force (emf):  

𝜀 = −
𝜕𝛷𝐵

𝜕𝑡
. [1.5.11] 

The measured (or “received”) emf is called the free induction decay (FID) and the 

collection of measured FIDs forms the signal. The decay of the magnetization occurs due to several 

mechanisms. The two most common mechanisms of decay are spin-lattice (i.e., longitudinal) 

relaxation, denoted by the time constant T1, and spin-spin (i.e., transverse) relaxation, denoted by 

the time constant T2. Incorporating these relaxation mechanisms into Eq. 1.5.8, the precession of 

M in a magnetic field B is given by the Bloch equation, derived by Felix Bloch in 1946: 

𝑑𝑴

𝑑𝑡
= 𝑴 × 𝛾𝑩 −

𝑀𝑥𝒙̂ + 𝑀𝑦𝒚̂

𝑇2
−

𝑀𝑧 − 𝑀0

𝑇1
𝒛̂. [1.5.12] 

Signal Relaxation Mechanisms 

Following the transmit B1(t) pulse, T1 relaxation causes M to re-establish along the 

longitudinal direction due to interactions between the nuclear spins and magnetic dipoles in the 

environment of the spins (i.e., lattice): 

𝑑𝑀𝑧

𝑑𝑡
= −

𝑀𝑧 − 𝑀0

𝑇1
. [1.5.13] 

The solution to Eq. 1.5.13 is: 

𝑀𝑧(𝑡) = 𝑀𝑧(0) ∙ 𝑒
−

𝑡
𝑇1 + 𝑀0 ∙ (1 − 𝑒

−
𝑡

𝑇1) [1.5.14] 

; t is the time immediately following the application of B1(t) and M0 is the bulk magnetization at 

thermal equilibrium. If a saturation pulse is used (i.e., α = 90o), then Mz(0) = 0. T1 relaxation returns 

Mz to thermal equilibrium. When a hyperpolarization method is used to establish a highly 

nonequilibrium P in a spin ensemble prior to imaging, T1 relaxation effectively defines the 

“lifetime” of the hyperpolarized state. Magnetic field fluctuations near the Larmor frequency 
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induce the transition of spins between the spin-up and spin-down populations and thus lead to an 

increased rate of T1 relaxation (i.e., lower T1). 

Spin-spin relaxation is the dephasing of the transverse magnetization (Mxy = 𝑀𝑥 + 𝑀𝑦) 

caused by dipole interactions between neighbouring precessing spins: 

𝑑𝑀𝑥𝑦

𝑑𝑡
= −

𝑀𝑥𝑦

𝑇2
; [1.5.15] 

𝑀𝑥𝑦(𝑡) = 𝑀𝑥𝑦(0) ∙ 𝑒
−

𝑡
𝑇2 . [1.5.16] 

T2 relaxation is influenced by slow fluctuating changes in the longitudinal direction of the 

magnetic field, dephasing the spin ensemble and diminishing the magnitude of Mxy. T2 is typically 

short in environments abundant in relatively static macromolecules (e.g. tissue) which have dipoles 

that fluctuate slower than freely moving smaller molecules (e.g. water). In practice, observed T2 is 

shorter than predicted T2 due to static magnetic field inhomogeneities that also cause signal decay. 

This is known as T2* relaxation (T2*  T2). 

Locating Signal by Gradient Field Spin Encoding 

After being tipped into the transverse plane, the bulk magnetization must be spatially and 

temporally encoded to perform MRI; otherwise, all that can be measured is intensity of the total 

signal. This is done using frequency- and phase-encoding gradients. By changing the field linearly 

in space, the nuclear spins can be encoded in such a way that their location can be mapped to, for 

instance, a Cartesian grid. When a frequency-encoding gradient is applied, the Larmor frequency 

of spins along a given direction becomes spatially-dependent in a linear manner: 

𝜔(𝑥) = 𝜔0 + 𝛾𝐺𝑥𝑥 [1.5.17] 

; where ω0 is the Larmor frequency (rad/s), Gx is the magnetic gradient in T/m, and x is the distance 

along the 𝒙̂ direction. A phase-encoding gradient operates in a similar manner as a frequency-

encoding gradient, but is turned on for a pre-determined time to induce spin dephasing along the 

direction of the gradient. The phases of spins when a phase-encoding gradient is applied along the 

y direction is given by: 
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𝜙(𝑦) = 𝜔(𝑦)𝑡𝑦 = (𝜔0 + 𝛾𝐺𝑦𝑦)𝑡𝑦. [1.5.18] 

Gradients can also be used along the longitudinal direction to select a certain slice of spins to 

excite. If the slice thickness is given by z, then the corresponding bandwidth defines the range of 

spins excited: 

𝛥𝜔 = 𝜔0 + 𝛾𝐺𝑧𝛥𝑧. [1.5.19] 

In a time-varying gradient field 𝑩(𝒓, 𝑡) = [𝐵0 + 𝑮(𝑡) ∙ 𝒓]𝒛̂ where 𝒓 = 𝒙̂ + 𝒚̂ + 𝒛̂, the solution to 

the Bloch equation (Eq. 1.5.12) is: 

𝑀(𝒓, 𝑡) = 𝑀𝑜(𝒓) ∙ 𝑒
−

𝑡
𝑇2(𝒓) ∙ 𝑒−𝑖𝜔𝑜𝑡 ∙ exp (−𝑖𝛾 ∫ 𝑮(𝜏) ∙ 𝒓𝑑𝜏

𝑡

0

) [1.5.20] 

; where Mo(r) represents the initial condition and 𝜔0 = 𝛾𝐵0 is the Larmor frequency of the spins 

precessing in a magnetic field B0. 

Defining Signal 

The measured signal as a function of time, s(t), is the summation of all precessing spins in 

an imaged volume. Ignoring T2 relaxation, and demodulating the signal by exp(iω0t), the equation 

for the s(t) is given by: 

𝑠(𝑡) = ∬ 𝑀(𝑥, 𝑦, 𝑧)𝑒−𝑖2𝜋[𝑘𝑥(𝑡)𝑥+𝑘𝑦(𝑡)𝑦+𝑘𝑧(𝑡)𝑧]𝑑𝑥𝑑𝑦𝑑𝑧 [1.5.21] 

; where M(x,y,z) is the magnetization profile and ki(t) is defined as: 

𝑘𝑖(𝑡) =
𝛾

2𝜋
∫ 𝐺𝑖(𝜏)𝑑𝜏

𝑡

0

. [1.5.22] 

Equation 1.5.21 is identical to the 2D Fourier Transform of M(x,y,z). Therefore: 

𝑠(𝑡) = ℱ[𝑚(𝑥, 𝑦)] = ℳ(𝑘𝑥(𝑡), 𝑘𝑦(𝑡), 𝑘𝑧(𝑡)) [1.5.23] 

Equation 1.5.23 shows that the measured signal gives us the magnetization profile in terms of 

spatial frequency. The coordinates of spatial frequency are denoted by kx, ky, and kz and lie in what 

is known as k-space. Therefore, to recover an image, an inverse Fourier transform must be applied. 



 

20 

 

Pulse Sequence Example: Gradient-Recalled Echo 

Figure 1.7 shows a timing diagram for a commonly used RF pulse sequence, the gradient-

recalled echo (GRE) sequence. The dotted lines under the phase-encoding gradient (Gpe) denote a 

step-wise change in gradient amplitude with each successive RF pulse excitation, and with each 

pulse a new line of k-space becomes encoded by the frequency-encoding gradient (Gfe). This 

samples a Cartesian grid in k-space. The negative Gfe and slice-select gradient (Gss) lobes are 

applied to offset spin dephasing caused by the positive Gfe and Gss gradients. By applying a 

negative gradient of identical magnitude and half the duration of the positive lobe, gradient 

dephasing of the spins is reversed. This creates a signal peak halfway through the application of 

the positive Gfe lobe. The time between signal generation and the peak of this refocused signal, or 

“echo”, is called the echo time (TE). 

 

 

 

 

 

 

 

Figure 1.7: Gradient-recalled echo (GRE) pulse sequence. Gss is the slice-select gradient, Gpe is the phase-encoding 

gradient, and Gfe is the frequency-encoding gradient. T2* is the relaxation rate constant due to spin-spin interactions 

and local magnetic field inhomogeneities. TE is the echo time and is defined as the time between the administration 

of an RF pulse and the peak of its signal echo. TR is the repetition time and is defined as the time between two RF 

pulses. The dotted lines under Gpe indicate a step-wise change in gradient amplitude with each successive RF pulse 

excitation. A GRE sequence was used in the study presented in Chapter 2. It used RF pulses with rectangular profiles 

in k-space and no slice selection. 

RF 

Gss 

Gfe 

Signal 

Gpe 

T2
* 

TE 
TR 

Time 



 

21 

 

1.5.2.2 1H MRI of the Lungs 

As previously mentioned, conventional MRI is tuned to the resonance of 1H. This is due to 

its abundance in the human body, which is largely composed of organic molecules and water. 

Unfortunately, the lungs pose a significant problem for 1H MRI because unlike other organs, the 

1H signal is very low since the majority of lung volume is taken up by air (50). Furthermore, the 

airways are difficult to image due to their decreasing diameter and thickness in subsequent 

generations (§ 1.5.1). The thickness of structures at the alveolar level is on the order of microns; 

for instance, the thickness of the alveolar septum in healthy adult lung tissue is roughly 10 µm 

(51). This exceeds the limits of resolution demonstrated with ultra-fast 1H imaging protocols which 

are on the order of 0.1 mm (52,53).  

Another major challenge associated with 1H imaging of the lungs is the extremely short 

T2* of lung parenchyma (approximately 1.5 ms when imaged at 1.5 T and a voxel resolution of 

1.6 mm x 3.2 mm x 10 mm) (54). This is largely due to the magnetic susceptibility difference of 

roughly 10 ppm between the tissue and the air within the lungs (47). Susceptibility, a measure of 

the magnetization of a substance when situated in an external magnetic field, is on the order of 1 

– 10 ppm for most biological tissues (47). To probe the parenchyma, ultra-short echo time (UTE) 

MRI may be performed. UTE utilizes a sub-millisecond TE in order to probe tissues with short T2
* 

(55). To shorten the TE, k-space data can be acquired using non-Cartesian phase-encoding 

trajectories such as spirals (Figure 1.8). Roach et al. showed that for the detection of physical 

abnormalities in early CF, UTE MRI strongly correlates with CT (56). To register the acquired 

images, a navigator echo was used to correct for organ motion due to respiration. This involved 

measuring the periodic change in signal intensity as a function of time at the interface of the lungs 

and the liver to record changes in lung volume. 
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Figure 1.8: Coronal lung image of a healthy adult volunteer using a UTE sequence using a stack-of-spirals acquisition 

(57) (left) and a GRE sequence (right). The UTE image (TE = 50  10-3 ms) was acquired during free breathing, 

correcting for motion using a navigator echo. The GRE image (TE = 1.77 ms) was acquired during a 10 second breath-

hold. 

1H MRI imaging methods can also be used to image pulmonary function. Oxygen-

enhanced MRI takes advantage of the dependence of T1 in the lungs on the concentration of O2 

(discussed further in § 1.7.2.1) to observe specific ventilation (SV). SV is defined as the ratio of 

the change in gas volume in one breath divided by the volume of gas at the end of expiration (58). 

Obstructions or tissue damage can cause local functional changes in the lungs, such as a diminished 

rate of gas wash-in or wash-out. Other functional imaging techniques using 1H MRI include 

Fourier decomposition MRI, which temporally decomposes the measured signal according to the 

respiratory rate and the cardiac rate (59). These and other 1H-based methods for pulmonary 

functional imaging face certain challenges. Notably, SNR is limited by contributions to 

background signal from nearby tissues. If instead a non-endogenous atomic species was imaged, 

the background signal problem would be eliminated. This motivates the development of 

hyperpolarized gas MRI. 
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1.6 Hyperpolarized Gas MRI 

1.6.1 Overview 

The lungs can be indirectly imaged by tuning MR coils to the resonant frequency of a 

gaseous contrast agent within the air spaces of the lung. Regional lung function information can 

then be obtained by observing the distribution of signal from the contrast agent. For example, a 

lack of signal within a region would suggest the presence of an airway obstruction. Two nuclei 

that are commonly used for this method are 3He and 129Xe (50,60).   

At thermal equilibrium, a very large ensemble of spin-1/2 nuclei is necessary to generate 

sufficient signal since n- ≈ n+ and therefore ||M|| is very small. For example, applying Eqs. 1.5.3 

and 1.5.4 and assuming a temperature T = 298K and magnetic field B0 = 3.0 T (a typical clinical 

field strength), n-/n+ for 1H, 3He and 129Xe are 0.99979690, 1.0001547, and 1.0000561, 

respectively. This is acceptable for 1H imaging given the abundance of the nuclei in the body. 

Exogenous contrast agents such as 3He and 129Xe gas must go through a signal-boosting process 

known as hyperpolarization before being introduced into the subject. Hyperpolarization is the 

induction of a non-equilibrium state between spin populations, amplifying the disparity between 

them. This process can increase the signal by a factor of 105
 (50). Over time, the hyperpolarized 

(HP) gas returns to thermal equilibrium (P ~ 0) due to T1 relaxation effects. For this reason, the 

signal available from HP nuclei is non-renewable, and T1 can therefore be considered as the 

“lifetime” of the HP gas (further discussion is saved for § 1.6.2.1). This contrasts with 1H MRI, 

which is performed at thermal equilibrium and therefore does not encounter this issue. 

A range of anatomical and functional information can be obtained about the lungs using 

HP gas MRI. Loss of function in static ventilation, or the absence of gas in lung regions upon a 

single inhalation, can be measured as the ventilation defect percent (VDP). VDP is defined as the 

ratio of unventilated lung volume, as measured by the HP gas signal, to the total lung volume 

(61,62). Figure 1.9 compares the HP 129Xe MRI scans of a healthy 14-year-old male and a 17-year-

old male with CF. Ventilation defects in the CF patient are regions with an absence of 129Xe signal, 

shown in blue. Comparing the two ventilation images, it is apparent that the CF patient has a higher 

VDP than the healthy subject (13% and 1%, respectively).  
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Figure 1.9: Ventilation images using HP 129Xe (blue) overlaid on 1H anatomical images of a healthy 14-year-old male 

(VDP = 1%) (left) and a 17-year-old male with CF (VDP = 13%) (right). The white arrow indicates a ventilation 

defect. Images were acquired at The Hospital for Sick Children, Toronto, Canada. 

1.6.2 Xenon-129 

To understand why 129Xe is a good candidate for HP gas MRI of the lungs as well as how 

it interacts with the patient, a brief overview of its properties is necessary. Xenon, which comes 

from the Greek xenos meaning foreign or strange (63), is a noble gas atom and therefore has low 

chemical reactivity due to its full electron valence shell. It is a colourless and odourless gas that 

comprises 5 ppm of air (64). The 129Xe isotope accounts for approximately 26% of its naturally 

abundant isotopes (65). In medicine, xenon gas can be used as an anesthetic agent, binding to N-

methyl-D-aspartate receptors found on neurons to induce anesthetic effects (66). The amount of 

anesthetic agent required to induce anesthesia in 50% of patients is known as the minimum alveolar 

concentration (MAC). MAC is expressed as a percentage by pressure of end-expiratory gas at 1 

atmosphere. The MAC of xenon is 71%, which is significantly higher than the concentration used 

for MRI (~10% of total lung capacity). Compared to other gaseous general anesthetics, this is 

smaller than nitrous oxide but considerably larger than isoflurane and its derivatives  (64,67,68).  

Xenon is lipophilic and capable of dissolving in tissue (69). It is also soluble in blood, and 

the ratio of the concentration of xenon in blood to its concentration in gas in dynamic equilibrium, 

otherwise known as the Ostwald solubility coefficient, is approximately 0.12 (70).  
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When 129Xe diffuses into an environment such as the lung parenchyma, it experiences a shift in its 

resonance frequency known as a chemical shift: 

𝜎 [ppm] =
𝜔𝑠ℎ𝑖𝑓𝑡 − 𝜔𝑟𝑒𝑓

𝜔𝑟𝑒𝑓
×106 [1.6.1] 

; where ωshift is the Larmor frequency of 129Xe shifted by local changes in the magnetic field due 

to the chemical environment and ωref is the reference frequency. If 129Xe gas signal from the 

airspace is used as the reference peak in spectroscopy, then the resonant frequency of 129Xe in 

tissue and plasma is shifted by 197 ppm and the resonant frequency of 129Xe bound to erythrocytes 

in the blood is shifted by 217 ppm (71). Because of this chemical shift, it is possible to probe and 

distinguish blood, tissue, and airspace compartments. An application of this capability is assessing 

tissue/gas barrier thickening at the alveoli due to inflammation caused by radiation-induced lung 

injury (72). 

129Xe and 3He are the two most commonly studied gases for HP gas MRI, but recently 

129Xe has become the favoured gas for this application. Table 1.2 compares key characteristics of 

both gases. 3He provides greater signal than 129Xe for the same number density due to a larger 

gyromagnetic ratio. It has been suggested that 3He also more completely probes lung volume than 

129Xe due to its smaller size and gas viscosity (73); conversely, due to its larger size, 129Xe may be 

more sensitive to defects. A major disadvantage of 3He is that it is much more scarce and therefore 

more expensive than 129Xe, making it less likely to be widely adopted as a clinical tool (74). 3He 

is also unable to probe non-airspace regions as it has an Ostwald solubility coefficient 20 times 

smaller than 129Xe (75).  This thesis focuses on 129Xe. 

 3He (76) 129Xe (77) 

Molecular weight (g/mol) 3.016 128.905 

D (m2/s) – dilute gas in 

air 
0.86 0.14 

𝜸

𝟐𝝅
 (MHz/T) -32.4 -11.8 

Natural abundance (%) 0.0001 26 

Table 1.2: Characteristics of 3He and 129Xe. In the lungs, diffusivity is normally parametrized as the apparent diffusion 

coefficient since diffusion is restricted by the geometry of the airways and alveoli.  
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1.6.3 Spin Exchange Optical Pumping 

Due to the low density of gases compared to tissues, the polarization of 129Xe must be 

amplified to have sufficient signal for imaging. The technique used to hyperpolarize 129Xe in this 

thesis is known as spin exchange optical pumping (SEOP). In a glass cell, an alkali-metal vapor 

such as rubidium (Rb) is subjected to a static magnetic field created by a pair of Helmholtz coils. 

This magnetic field causes the ground state (5s) valence electrons of Rb to separate into two sub-

levels based on their intrinsic spin (ms = -1/2 and ms = +1/2). This is known as the Zeeman effect 

(78). Using a laser emitting circularly polarized light, the ms = -1/2 nuclei are excited to the mJ = 

+1/2 sublevel of the next highest energy subshell (5p). The laser is tuned to the wavelength 

required to match the energy difference between 5s and 5p. For Rb, this wavelength is 794.7nm 

(79). The excited electrons of the Rb nuclei then spontaneously return to the 5s subshell, populating 

the ms = +½ sublevel and establishing greater electronic polarization. In returning to the ground 

state, fluorescent light is emitted to balance the change in energy between levels. This emitted 

energy can redistribute the ground state electrons between the two sublevels, effectively destroying 

the polarization. To limit this, an inert quenching gas such as N2 is present in the cell to absorb the 

fluorescent energy. Polarization is also lost due to collisions between Rb molecules and Rb 

molecules and the cell wall. This causes electrons in the 5p subshell to distribute between the two 

spin sublevels. The polarization of Rb as a function of position along the long axis of the cell is 

given by (80): 

𝑃𝑅𝑏(𝑧) =
𝛾𝑜𝑝(𝑧)

𝛾𝑜𝑝(𝑧) + 𝛾𝑠𝑑
 [1.6.2] 

; where γop(z) is the optical pumping rate per atom of Rb and γsd is the spin destruction rate of Rb. 

The laser source is located at z = 0. The spin destruction rate is given by (79): 

𝛾𝑠𝑑 = Σ𝑖𝜅𝑖𝑛𝑖 + 𝛾𝑠𝑒 + 𝛾𝑡𝑟𝑎𝑝 [1.6.3] 

; where 𝜅i is the binary collision coefficient of the i-th molecular species, ni is the number density 

of the i-th species, γse is the spin-exchange rate (the rate at which the spin state of the Rb atom is 

transferred to an atom of the target gas to be hyperpolarized), and γtrap is the rate of spin destruction 

due to fluorescence from excited electrons (this form of spin destruction is known as radiation 

trapping) (79). The optical pumping rate is given by (81): 
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𝛾𝑜𝑝 = ∫ Φ𝑜𝑝(𝜆)𝜎𝑜𝑝(𝜆)𝑑𝜆 [1.6.4] 

; where Φ𝑜𝑝(𝜆) is the photon flux as a function of wavelength and 𝜎𝑜𝑝(𝜆) is the Rb optical cross-

section as a function of wavelength. Maximizing the optical pumping rate maximizes the 

polarization. Utilizing a high-power narrow-band laser achieves this by increasing the photon flux 

rate; however, this is potentially a costly solution, as more powerful lasers tend to be more 

expensive. A cheaper method is to increase the absorption spectrum of Rb to capture a broader 

range of wavelengths generated by the laser, thus making the optical pumping process more 

efficient. This can be achieved via pressure broadening through the introduction of 4He gas into 

the cell. The increase in the linewidth of the Rb absorption profile is proportional to the density of 

4He in the gas mixture and is a function of temperature (82). 

 The polarized Rb transfers its angular momentum to other particles via binary collisions 

and the formation of van der Waals molecules, which are short-lived molecules held together by 

weak intermolecular forces between dipoles (83). Spin exchange via van der Waals molecule 

formation is the dominant interaction through which Rb and 129Xe transfer spins. Random 

molecular collisions after spin exchange can hinder the build-up of 129Xe polarization, therefore a 

low pressure within the pump cell is desirable (84). One must consider the trade-off with Rb 

absorption spectrum broadening when deciding the gas pressure within the cell.  

Once a sufficient volume of 129Xe has been hyperpolarized and collected, it must be used 

in a timely manner because the polarization spontaneously decreases to thermal equilibrium due 

to T1 relaxation effects. These relaxation mechanisms may be intrinsic, such as the creation of Xe2 

dimers (85), or extrinsic, such as diffusion through the magnetic field of an MRI system (86). A 

dominant source of 129Xe T1 relaxation is interactions with O2, which is why it is important that 

bags used for 129Xe collection are vacuum-sealed and not contaminated by O2. This is discussed 

further in § 1.7.2.1. To preserve the polarization of HP 129Xe between its collection and its usage, 

it can be frozen by surrounding it with a bath of liquid N2 (the freezing point of Xe is higher than 

N2 and He). Surrounded by liquid N2 at a temperature of 77 K, solid state naturally-abundant xenon 

has a T1 of approximately 2.5 hours (87). 
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Figure 1.10: Polarizer for 129Xe SEOP (Polarean, Durham, NC, USA) used at The Hospital for Sick Children, Toronto, 

Canada. (a) Helmholtz coils to induce Zeeman splitting of the Rb atoms. (b) Rubidium cell. (c) 794.7 nm wavelength 

circularly-polarized laser. (d) Collection cell (enclosed: cold finger for the accumulation of HP 129Xe). 

1.7 Multiple Breath Wash-Out Imaging 

1.7.1 Overview 

With HP 129Xe MRI, lung ventilation can be directly imaged and lung function can be 

regionally assessed. However, a single snapshot of ventilation provides limited information. 

Measurements based on the absence of HP 129Xe signal, such as VDP, can suggest where total 

airway obstructions or collapses may have occurred. However, these measurements are signal 

strength-dependent, and signal strength is affected by factors independent of ventilation such as 

gas polarization, RF coil and choice of RF pulse sequence. A series of “static” ventilation images 

showing signal evolution due to lung function may therefore be more informative since function 

would be dependent on relative signal changes rather than absolute signal. The per-breath rate of 

signal evolution may then be quantified to compare loss of function between regions, where 

function is defined by the rate of tracer gas wash-in or wash-out. Multiple breath imaging using 

HP gas MRI was first demonstrated by Deninger et al. in 2002 (88). First performed on 

mechanically ventilated guinea pigs using HP  3He, the technique consisted of multiple cycles (M) 

of a constant number of air breaths followed by a variable number of 3He pre-breaths (m), where 

m increases by one each cycle. At the final 3He breath per cycle, a static ventilation image was 

acquired upon breath-hold. M static ventilation images were thus acquired, with each subsequent 

(a) 

(d) 

(b) (c) 
(a) 
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image containing a greater volume of 3He dependent on the tidal volume (TV). A signal equation 

was fit on a per-voxel basis to the series of images to acquire a map of lung function. Lung function 

in this study was defined as fractional ventilation (r) (89,90). r is a unitless parameter ranging from 

zero to one, where zero indicates no gas turnover and one indicates full replacement of old tracer 

gas with new gas. It is defined as the volume of fresh tracer gas (Vfresh) to the volume of total tracer 

gas at peak inspiration (Vtotal = Vfresh + Vresidual) per breath per unit volume: 

𝑟 =
𝑉𝑓𝑟𝑒𝑠ℎ

𝑉𝑓𝑟𝑒𝑠ℎ + 𝑉𝑟𝑒𝑠𝑖𝑑𝑢𝑎𝑙
. [1.7.1] 

This method for multiple breath wash-in imaging has several drawbacks. Firstly, it requires 

a large volume of HP gas due to its multi-cycle scheme. This was addressed by the development 

of a wash-in imaging scheme in which images were acquired after each inhalation of 3He and RF 

pulse flip angle was gradually increased to preserve signal (91). Secondly, the accumulated gas 

experiences unequal depolarization during wash-in due to gas exchange with the dead space of the 

ventilator and unequal exposure to the O2-rich environment of the lungs (discussed further in § 

1.7.2.1). This was addressed by incorporating modifications to theory that accounted for ventilator 

dead space volume (92). 

Despite these improvements, there are further limitations to multiple breath wash-in 

imaging. It does not capture abnormal retention of gas in the lungs due to obstruction or reduced 

function, otherwise known as gas trapping. While it is present in all lungs, it is enhanced in CF 

patients due to symptoms such as airway infection and mucous plugging (5). Wash-in imaging 

also causes a decrease in blood oxygenation due to the repeated inhalation of an anoxic gas, which 

may be harmful. A normoxic gas mixture may be used, but this increases the rate of T1 relaxation, 

thereby depleting available signal (§ 1.7.2.1)  (93).  Multiple breath wash-out (MBW) imaging, 

first demonstrated in humans by Horn et al. in 2014, is a viable alternative to wash-in imaging. In 

MBW imaging, the subject inhales the total provided volume of tracer gas and the distribution of 

gas is imaged during a breath-hold at peak inspiration. The subject then exhales and inhales, 

exchanging the gas in their lungs with room air. Another image is acquired during a breath-hold 

at peak inspiration, and the process is repeated for several air wash-out breaths of equal tidal 

volume (Fig. 1.11) (94). This generates a series of ventilation images that describes gas wash-out 

as a function of breath number. As with the Deninger model, an equation for signal evolution is fit 
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to the data on a per-voxel basis to extract a regional measurement of fractional ventilation. Whereas 

the wash-in model is dependent on r, wash-out is dependent on its complement, 1 – r. Advantages 

of wash-out over wash-in imaging include: (i) the elimination of device dead space with which gas 

is exchanged between images, (ii) the absence of an anoxic multiple breath wash-in phase, and 

(iii) the ability to observe gas trapping. 

 

Figure 1.11: Schematic of HP 129Xe MBW ventilation and imaging. Black lines indicate 129Xe breaths and blue lines 

indicate air breaths. Arrows indicate the beginning of image acquisition. τ indicates inter-image delay, defined as the 

time between the end of a breath-hold and the beginning of the subsequent image acquisition. FRC represents 

functional residual capacity and TV represents tidal volume. 

1.7.2 Confounding Sources of Signal Loss in MBW Imaging 

In MBW imaging, several sources of signal loss independent of gas wash-out must be 

properly accounted for. As briefly discussed in § 1.5.2.1, hyperpolarization of 129Xe is not 

recoverable once excited by the RF pulse, B1(t). When the bulk magnetization M returns to the 

longitudinal direction due to T1 relaxation, the polarization of the spin ensemble will return to 

thermal equilibrium (P ~ 0). RF pulse history (i.e., the number of pulses applied and their 

respective flip angles) must therefore be accurately known to properly account for signal loss due 

to RF depolarization. This requires measurement of the RF pulse flip angle as well as the mapping 

of B1 inhomogeneity across the FOV. If accurate mapping cannot be performed, then 

inhomogeneity must be small (< 3%) in order to avoid significant error propagation when fitting 

the model to the signal data for extraction of r (95). To calibrate flip angle, one may use a series 
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of identical pulses to deplete the signal in a sample of HP 129Xe and fit the data with an appropriate 

signal equation to extract flip angle (96). To make optimal use of the non-renewable signal, a low 

flip angle is used so that signal is deposited approximately uniformly throughout k-space. If the 

flip angle is too large, then the signal may be completely depleted before the imaging sequence 

has performed all the phase-encoding steps, leading to image blurring. Lines in k-space may be 

acquired in a pattern that maximizes signal in the centre of k-space while minimizing signal at the 

extremities. This ensures that high-contrast low spatial frequency information, such as coarse 

features, are captured at the cost of high spatial frequency information such as fine details and edge 

definition. One such pattern is a centric phase-encoding trajectory, which captures ky = 0 first then 

alternately captures the next negative and positive lines of k-space, finishing by capturing the 

extremities of k-space. When a constant flip angle (CFA) approach is used, the optimal angle for 

a centric phase-encoding trajectory is given by: 

𝛼 = tan−1 (
1

√𝑁 − 1
) [1.7.2] 

; where N is the total number of phase-encoding steps (96). More advanced imaging methods may 

use a variable flip angle (VFA) approach, which utilizes an optimal trajectory of flip angles that 

increases from its lowest value to 90o over the course of traversing k-space (91). This ensures that 

signal is distributed equally throughout k-space. The disadvantage of this is that the signal per line 

of k-space will be lower than the maximum signal acquired by a CFA approach using the optimal 

flip angle.  A more recent study has investigated a hybrid CFA-VFA approach, which optimizes 

the trade-off between maximizing signal per RF pulse with equally distributing signal throughout 

k-space (97).  

Another source of signal loss unrelated to HP 129Xe wash-out is uptake of HP 129Xe into 

the bloodstream and tissues. When 129Xe is not in a gaseous environment but instead dissolved in 

blood or tissue, its resonant frequency experiences a chemical shift as given by Eq. 1.6.1. When 

129Xe dissolves in tissue, plasma, or blood, its shifted resonant frequency is typically beyond the 

bandwidths used for gas phase imaging and is thus not detected. Therefore dynamic exchange with 

dissolved 129Xe causes some signal loss from the gas phase (98). The amount of 129Xe transfer 

between the gas and dissolved phase can be measured using imaging techniques that either 

measure the dissolved signal directly (99) or indirectly (100). It has been shown that when 
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saturated, the dissolved 129Xe signal from the parenchyma is only approximately 2% that of the 

gas signal (100). Because this is a reasonably small amount of signal loss compared to wash-out 

via tidal breathing, 129Xe uptake is generally ignored in wash-out and wash-in imaging studies 

(74,101) and will be likewise ignored in the study presented in this thesis. 

1.7.2.1 T1 Relaxation of Hyperpolarized 129Xe 

 The major confounding source of signal loss – and the focus of this thesis – is T1 relaxation. 

As described in § 1.4.2.1, T1 relaxation is due to spin-exchange interactions between the HP 129Xe 

nuclei and the magnetic dipoles within its environment. The dominant source of T1 relaxation of 

129Xe gas in the lungs is spin-exchange interactions with molecular O2, which is paramagnetic due 

to unpaired electrons found within its molecular bonding orbitals. 129Xe and O2 induce mutual spin 

flips and over time, the polarization of 129Xe returns to thermal equilibrium and hyperpolarization 

is lost (102). O2-induced T1 relaxation in vitro is approximately given by: 

𝑇1 =
𝜁

𝑝𝑂2

[1.7.3] 

; where ζ is the oxygen enhancement factor and pO2 is the partial pressure of O2 (84). O2-induced 

T1 relaxation is also dependent on temperature and Larmor frequency, but the effect of these factors 

on T1 is small relative to pO2. Note that this relationship was established in vitro and as such may 

not accurately account for all T1 relaxation mechanisms in the context of HP gas MRI of the lungs, 

where additional mechanisms such as interactions between 129Xe and the tissue and diffusion 

through magnetic field gradients may need to be considered (86). To measure T1 in the lungs, one 

approach is to acquire a pair of HP 129Xe lung images during a breath-hold and fit the signal 

equation (96) to the data, provided that flip angle is accurately known. T1 of 129Xe in the lung is 

expected to be roughly 20 s (84). MBW imaging in humans may take roughly 30 s to perform or 

longer if higher resolution images or longer inter-image delay times are used (101). For T1 ~ 20 s 

and t ~ 30 s, 𝑒
−

𝑡

𝑇1  0.22; therefore, an estimated 78% loss of the originally available signal over 

the duration of MBW imaging is expected due to T1 signal decay. 

The Horn et al. method of MBW imaging (§ 1.7.1) involves a calibration phase during an 

extended breath-hold immediately before wash-out. By acquiring two images during that initial 

breath-hold, RF depolarization and T1 relaxation are measured simultaneously. In making these 



 

33 

 

measurements, the Horn work makes two assumptions: (i) 129Xe uptake is a negligible source of 

signal loss and can reasonably be ignored, and (ii) T1 is constant throughout wash-out. The former 

is justified in § 1.7.2. The latter is at odds with what is expected due to the changing gas 

composition within the lungs during wash-out. As 129Xe is being replaced by room air, the alveolar 

partial pressure of O2 (pAO2) of the lungs will increase. Due to the strong dependence of T1 on 

pAO2 (Eq. 1.7.3), T1 is expected to decrease as a function of wash-out breath. That is, T1 relaxation 

becomes an increasingly significant source of signal loss as wash-out progresses. Unfortunately, 

explicitly measuring T1 as a function of wash-out breath (T1(n)) during MBW imaging would 

require longer breath-holds (roughly 10 s each (94)), which may not be feasible for CF patients. It 

would also cause a greater loss in signal due to additional RF depolarization and additional T1 

relaxation. 

1.7.3 Hypothesis 

While multiple breath imaging using HP gas MRI is a technique with a 14-year research 

history (88), the use of 129Xe as the tracer gas is fairly new and the development of wash-out 

techniques has largely occurred within the last few years (93,94) (only one paper has been 

published to date that explores MBW imaging using HP 129Xe MRI (101)). Given its short and 

recent history, the effect of T1(n) on MBW imaging using HP 129Xe has yet to be explored. This 

thesis investigates the hypothesis that failing to account for how T1 changes over the course of 

MBW imaging leads to an over-estimation of fractional ventilation. This over-estimation of 

fractional ventilation may be accounted for using a MBW imaging model of T1(n).  An 

experimental study in healthy mechanically-ventilated rats is conducted to investigate this bias. 

The effects of timescale and tidal volume on the measurement of r using a constant T1 model and 

a model of T1(n) are explored.  

The contents of chapter 2 were originally presented in a manuscript entitled “Effect of T1 

Relaxation on Ventilation Mapping Using Hyperpolarized 129Xe Multiple Breath Wash-out 

Imaging” submitted to the journal Magnetic Resonance in Medicine. The co-authors of this paper 

are Felipe Morgado, Marcus J. Couch, Elaine Stirrat, and Giles Santyr. Marcus J. Couch assisted 

with experiment design found under the subheading “MRI” as well as MRI system operation and 

pulse sequence development. Elaine Stirrat assisted with experiment design found under the 

subheading “Animal Preparation” as well as rat intubation, anesthetization and disposal. Dr. Giles 
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Santyr assisted with experiment design, data analysis and interpretation. Felipe Morgado led the 

experimental design, data acquisition, data analysis and interpretation. The manuscript, figures, 

and tables were prepared by Felipe Morgado. All co-authors assisted with the editing of the 

manuscript. 

Chapter 3 discusses the presented work in further detail, including the limitations of this 

study and necessary considerations for clinical translation. Recommendations for next steps are 

given. 
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Chapter 2  
 

2 Effect of T1 Evolution on Ventilation Mapping using   
Hyperpolarized 129Xe Multiple Breath Wash-out Imaging 

2.1 Introduction 

Hyperpolarized (HP) gas MRI has been demonstrated as a safe and effective approach for 

regional measurement of lung function in humans and animals, providing novel insight into the 

spatial heterogeneity of ventilation in obstructive diseases, such as asthma and cystic fibrosis 

(50,103). HP gas MRI typically acquires a single multi-slice data set following a single breath-

hold of HP gas, providing a static “snap shot” of the spatial distribution of the gas at one point in 

time. However, this approach is sensitive to the total HP gas signal, which can vary depending on 

instrumental parameters such as polarization level, RF coil, etc.  Furthermore, this only measures 

lung ventilation within a single breath and thus does not capture phenomena such as late-filling 

defects and air trapping and associated rate constants. This has in part inspired the development of 

multiple breath HP gas MRI techniques, which utilize the signal intensity changes as a function of 

breath number to regionally assess air trapping (104) as well as quantify gas wash-out and wash-

in rates (93,94). 

As discussed in § 1.7.1,  multiple breath HP gas MRI was first developed in 2002 by 

Deninger et al. (88). In this study, fractional ventilation, r (Eq. 1.7.1), was mapped during multiple-

breath wash-in of HP 3He gas in guinea pigs. Since the Deninger et al. study, significant 

improvements in the speed and efficiency of the technique have been demonstrated in rodents 

(91,105). Clinical wash-out imaging approaches have also since been developed to measure r, in 

which the subject exhales the HP gas over a series of wash-out breaths after an initial HP gas 

inhalation (94). Advantages of multiple breath wash-out (MBW) imaging compared to wash-in 

techniques include: (i) no exchange of fresh HP gas with previously exhaled gas within instrument 

dead space (92),  and (ii) a greater sensitivity to gas trapping (104). Mapping of r by MBW imaging 

in humans was originally studied by Horn et al. using HP 3He (94) and has more recently been 

performed using HP 129Xe (101). Advantages of using 129Xe instead of 3He include a relatively 

high natural abundance and lower cost (50,74).  
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To account for sources of signal loss unrelated to gas wash-out in HP gas MRI, correction 

for the effect of RF-induced depolarization and T1 relaxation on MBW signal decay is necessary. 

While RF-induced depolarization can be corrected for by suitable flip-angle mapping, the rate of 

T1 relaxation is proportional to the partial pressure of O2 within the lungs (pAO2) and depends on 

physiology (102). As HP gas is washed out of the lungs during MBW imaging, it is replaced with 

air, thereby increasing the pAO2 with each breath and consequently decreasing T1. Explicitly 

mapping T1 after each wash-out breath would quickly deplete the limited signal available and 

require longer breath-holds, which may be difficult for a patient to perform. In the work of Horn 

et al., the combined effect of both flip angle and T1 was corrected for with a calibration phase and 

was assumed to be constant throughout the MBW manoeuver (94,101). However, assuming T1 

remains a constant value measured at the outset of MBW is expected to underestimate 129Xe 

concentration in later breaths due to increasing pAO2, leading to an over-estimation of r. O2-

induced T1 relaxation in HP gas MRI has been thoroughly investigated for 3He ventilation imaging 

(95,106,107). However, few studies have investigated this for HP 129Xe (108,109), and the 

dependence of HP 129Xe T1 on wash-out breath number, T1(n), has yet to be investigated. 

 The purpose of this work was to model and experimentally validate the effect of T1(n) on 

estimation of r in healthy mechanically-ventilated rats using HP 129Xe MBW imaging. The 

dependence of T1 on breath number was modelled based on previously published work (106) and 

verified experimentally by explicitly measuring T1(n) for 0 ≤ 𝑛 ≤ 2 in a subset of the rat cohort. 

The effect of T1(n) on the r measurement bias was investigated for different inter-breath times and 

tidal volumes. The application of this approach in the clinical setting and the implications of this 

bias on the mapping of fractional ventilation in disease are discussed. 

2.2 Methods 

2.2.1 Theory 

pAO2-induced T1 as a function of breath number was determined using the equations: 

𝑇1(𝑛) =
𝜁

𝑝𝐴𝑂2(𝑛)
; [2.1] 
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𝑝𝐴𝑂2(𝑛) = (1 − 𝑟) ∙ 𝑝𝐴𝑂2(𝑛 − 1) + 𝑟 ∙ (𝑝𝐼𝑂2 − 𝑅 ∙ Δ). [2.2] 

Equation 2.1 is based on in vitro O2-induced 129Xe T1 relaxation measurements by Jameson et al. 

(84,102). Equation 2.2 is adapted from Eq. 17 from Möller et al. (106) and Eq. 3 from Hamedani 

et al. (93). In Eq. 2.1, ζ is the oxygen-enhancement factor (102). ζ = 2.68 bar∙s for 129Xe imaged at 

3.0 T and 295 K (84,92,102). In Eq. 2.2, pIO2 is the inspiratory partial pressure of O2, R is the 

apparent O2 uptake rate constant and Δ is the time between the start of two consecutive image 

acquisitions in MBW imaging (i.e., image acquisition time plus time between breath-holds). This 

study assumes that O2-induced T1 relaxation is the dominant source of HP gas T1 relaxation in the 

lungs and thus ignores other T1 relaxation mechanisms, such as surface interactions and gradient 

field effects (86).  

T1(n) was applied to the signal equation for a gradient-recalled echo imaging sequence 

(GRE) with centric-ordered phase encoding and a constant flip angle (94,110): 

𝑆(𝑛) = S0 ∙ sin 𝛼 ∙ [cos𝑁𝑦𝛼∙ 𝑒
−(

𝑁𝑦∙𝑇𝑅+𝜏

𝑇1(𝑛)
)

∙ (1 − 𝑟)]

𝑛

, [2.3] 

where α is the flip angle, Ny is the number of phase-encoding steps, and τ is the inter-image delay 

time (i.e., the time between the end of one breath-hold and the beginning of the subsequent image 

acquisition). The (1 – r) factor accounts for gas wash-out by ventilation. Signal loss due to 129Xe 

uptake into the lung parenchyma and bloodstream was ignored since it is considered to be 

negligible relative to signal loss due to gas wash-out (100,111). Eq. 2.3 also assumes that T2* is 

constant for all n. T2* contributions from pAO2, which increases with n, are much smaller than T2* 

contributions due to the large magnetic susceptibility difference between the lung tissue and the 

gas space (112). In a previous study of 129Xe T2* in the gas phase measured in rats imaged at 3.0 

T, mean T2* was 8 ms (113). 

Eqs. 2.1 – 2.3 were used to determine r. To determine the signal bias incurred by assuming 

a constant T1 (94) compared to explicitly including T1(n), Eq. 2.3 was modified by fixing T1(n) to 

equal T1(0) for all n and by replacing r with the free parameter r’. Therefore r´ represented the 

biased estimate of r incurred by assuming a constant T1 during MBW. The amount by which r´ 

overestimated r was expressed as the percent relative bias: 
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Δ𝑟 (%) =
𝑟′ − 𝑟

𝑟
× 100% [2.4] 

2.2.2 Experiment 

2.2.2.1 Animal Preparation and Ventilation 

All procedures followed an animal use protocol approved by The Hospital for Sick 

Children’s Animal Care Committee and were consistent with guidelines provided by the Canadian 

Council on Animal Care. Eight healthy Sprague-Dawley rats (mass = 446 g ± 24 g) (Charles River 

Laboratories, Saint-Constant, Canada) were prepared as previously described (91).  Briefly, the 

rats were anesthetized by intravenous administration of a 10:1 mixture of propofol and ketamine 

at a rate of ~45–60 mg/kg/h and a tracheotomy was performed. The rats were mechanically-

ventilated in the supine position using a custom MRI- and HP gas-compatible ventilator (GEHC, 

Malmö, Sweden) (91) (Figs. 2.1 and 2.2). When ventilating with medical grade air between scans, 

the respiratory rate of the rats was 60 breaths per minute and provided at a tidal volume (TV) of 8 

mL/kg (Vdose). TV was calibrated for a peak inspiratory pressure of approximately 12 cm H2O. 

There exists a small dead space volume between the rat and the expiratory valve, potentially 

allowing for some re-breathing of previously exhaled gas. This dead space volume was assumed 

to be negligible relative to the rats’ tidal volumes. Furthermore, the absence of a positive end-

expiratory pressure meant that exhalation occurred in an uncontrolled and rapid fashion. While 

this did not accurately reflect natural respiration, it assisted with clearing the dead space volume 

during each exhalation. 
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Figure 2.1: Mechanically-ventilated Sprague-Dawley rat. The rat was anesthetized with a 10:1 mixture of propofol 

and ketamine at a rate of ~45–60 mg/kg/h. Medical grade air and HP 129Xe was supplied through a catheter inserted 

via a tracheotomy (a). Gas supply was controlled using pneumatic valves controlled by customized software 

(LabVIEW®, National Instruments, Austin, TX) (b) (91). 

 

Figure 2.2: Diagram of the custom MRI- and HP-gas compatible rat ventilator (GEHC, Malmö, Sweden). Blue lines 

indicate medical grade air and purple lines indicate HP 129Xe. The tidal volume of the rat was calibrated for a peak 

inspiratory pressure (PIP) of approximately 12 cm H2O. 

For T1 mapping, the rats were first given five breaths of 100% HP 129Xe at a rate of 30 

breaths per minute at TV = Vdose followed by an 11 s breath-hold at peak inspiration (Fig. 2.3). For 

MBW imaging, the rats were also given five breaths of 100% HP 129Xe at a rate of 30 breaths per 

minute at TV = Vdose. This was followed by the wash-out phase which consisted of four sets of 

(a) 

(b) 
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breath-holds and air wash-out breaths. Images were acquired during breath-holds at peak 

inspiration. To measure the effect of duration and lung function on the measurement of r and r’, τ 

and TV during wash-out were manipulated. The following combinations of τ and TV were 

examined, where TV refers to the tidal volume of the wash-out breaths: τ = 2 s, TV = Vdose; τ = 4 s, 

TV = Vdose; τ = 6 s, TV = Vdose; τ = 4 s, TV = Vdose – 1 mL; and τ = 4 s, TV = Vdose + 1 mL. The delay 

defined by τ was provided by extending the breath-holds during wash-out. This range of τ was 

chosen to investigate T1 signal loss for increasingly longer MBW imaging schemes, mimicking 

the additional time required to acquire higher-resolution images (e.g. 3D compared to 2D 

imaging). TV was changed by ± 1 mL because this is roughly equivalent to a ± 10% change in lung 

volume at peak inspiration. Lung volume, defined here to be the sum of functional residual 

capacity and tidal volume, is roughly 10 mL for rats of similar weight to the ones in this study 

(74). This % change reflects the variation in TV expected in human MBW imaging for which TV 

regulation is effort-dependent (94). 

At the end of the experiment, the animals were euthanized using sodium pentobarbital (150 

mg/kg) (Euthanyl Forte, Bimeda-MTC, Cambridge, Canada). 

 

 

 

 

 

 

Figure 2.3: Schematic of T1 mapping ventilation and imaging. Black lines indicate 129Xe breaths and blue lines indicate 

air breaths. Arrows indicate the beginning of image acquisition. τ indicates inter-image delay, defined as the time 

between the end of an image acquisition and the beginning of the subsequent image acquisition. FRC represents 

functional residual capacity and TV represents tidal volume. 
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2.2.2.2 MRI 

MRI was performed at 3.0 T (Siemens MAGNETOM Prisma, Siemens AG, Munich 

Germany) using a transmit-receive birdcage coil with an inner diameter of 15 cm tuned to 34.09 

MHz (Morris Instruments, Ottawa, Canada). To hyperpolarize 129Xe gas, spin-exchange optical 

pumping was performed using a continuous-flow polarizer (Polarean 9800, Polarean Inc., Durham, 

NC). Enriched  xenon gas (85% 129Xe) was supplied to the polarizer in a gas mixture containing 

N2 and He (114). 129Xe was polarized to approximately 15% polarization at a rate of 15 mL/min 

and collected in 300 mL batches in Tedlar® bags (Chromatographic Specialties Inc., Brockville, 

Canada). 

 Single-slice coronal projection images were acquired using a 2D GRE sequence with 

centric-ordered phase encoding (α = 4o, TR = 13.0 ms, TE = 3.33 ms, FOV = 7 cm x 7 cm, BW = 

100 Hz/Px, Nx = 40, Ny = 64 and 62.5% partial echo acquisition). The FOV was centred on the rat 

thorax. Flip angle was calibrated prior to imaging each rat by acquiring signals from the lungs after 

three pre-breaths of 129Xe with no phase-encoding. A whole-lung measurement of flip angle was 

used as it has been previously shown that a rigid transmit/receive bird-cage coil of the same size 

as the one used in this study provides sufficiently homogeneous B1 to provide reliable T1 estimates 

(95).  For T1 mapping, three images separated by 3 s intervals were acquired during breath-hold 

prior to wash-out (i.e., n = 0). In a subset of the rats (rats 1, 3, 4, and 5), T1 mapping was also 

performed at n = 1 and n = 2 to validate the T1(n) trajectory predicted by Eqs. 2.1 and 2.2. For 

MBW imaging, one image per breath-hold was acquired for a total of four images at four separate 

breath-holds. 

Coronal projection images were acquired to increase the SNR of the images; however, this 

meant that voxels in the r maps reflected average ventilation along the anterior-to-posterior (A/P) 

direction. It is known that a ventilation gradient is present in this direction when the subject is 

supine (11,115). To validate the presence of this gradient, additional MBW imaging was 

performed with axial projection images in rat 7 (τ = 4 s, TV = Vdose). The slopes of 10 profiles 

along the A/P direction of the axial r map were measured and averaged. The averaged 

measurement was compared to previously published measurements from a similar HP 129Xe 

imaging study in rats (74). 
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2.2.2.3 Data Analysis 

MBW imaging and T1 mapping were repeated twice to improve SNR by signal averaging. 

Averaging was performed prior to fitting Eq. 2.3 to the data. Image reconstruction was performed 

in Matlab® vR2013a (The Mathworks, Natick, MA), along with all image manipulation and model 

fitting for T1(n), R, r and r’. Raw k-space data were filtered using a Hamming window before zero-

filling to a 64x64 matrix and performing an inverse Fourier transform. The images were corrected 

for background signal using 𝑆′ = √𝑆2 − 𝜎2, where S is the signal and 𝜎 = 𝐵̅√2/𝜋,  where 𝐵̅ is 

mean background signal in a region of interest away from the lungs (116,117).  SNR of the wash-

out images was calculated by dividing mean signal in a region of interest in the right lung by the 

standard deviation of the signal in a region of interest in the image background away from the 

lungs. The images were segmented using a semi-automated seeded region-growing method. Major 

airways were masked to avoid conducting lung regions and the diaphragm region was masked due 

to its lower signal density in these coronal projections.  

Baseline T1 maps (T1(0)) and R maps were acquired by per-voxel least-squares fitting a 

single breath version of Eq. 2.3 (r = 0) to the images acquired during the extended T1 mapping 

breath-hold. Eq. 2.1 was modified to account for O2 uptake; i.e., T1(0) = 𝜁/(𝑝𝐴𝑂2(0) − 𝑅 ∙ Δ). 

By mapping R during T1 mapping as opposed to during MBW, R was de-coupled from r during 

the fit. For simplicity, R was assumed to be constant during wash-out. To determine whether T1(n) 

as modelled by Eqs. 2.1 and 2.2 agreed with the explicit measurements of T1(n) at n = 0, 1, and 2 

in rats 1, 3, 4, and 5, mean measured T1(n) and mean predicted T1(n) were plotted. The slopes of 

the two trajectories, generated by linear regression, were tested for statistically significant 

difference using a two-tailed paired t-test. Linear regression and all statistical testing were 

performed in GraphPad® Prism 5 (GraphPad Software, Inc., La Jolla, CA). 

Two sets of r maps were acquired by per-voxel least-squares fitting of Eqs. 2.1 – 2.3 to the MBW 

image signals. In the first case, T1 was fixed to T1(0) to generate r´ maps. In the second case, T1 

evolved as a function of wash-out breath according to Eqs. 2 and 3. Δr was calculated using Eq. 

2.4 and the mean values of r and r’.  To validate the measurements of r, r was also measured in a 

region of interest in the major airways, where its value was expected to be close to 1 due to near-

complete gas wash-out in one breath. Bland-Altman plots of Δr as a function of mean r were 

generated from the data to determine mean Δr for each set of imaging and ventilation parameters. 
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Linear regression was performed on each plot and the slope was tested for a statistically significant 

difference from zero to analyze how bias changed as a function of r. Repeated measures one-way 

ANOVA tests followed by post-hoc pair-wise comparisons using Tukey’s test were performed to 

determine whether changing τ or TV led to significantly different Δr. In addition to comparing the 

means of r and r’ maps, changes in distribution (i.e., standard deviation and skewness) between 

the histograms derived from the maps were also tested for significant difference using a two-tailed 

paired t-test. The significance level for all tests was 0.05. 

2.3 Results 

Figure 2.4 shows the predicted T1(n) and the measured mean T1(n) in the subset of the rat 

cohort (n = 4). The model predicted T1(n) to within 1 standard deviation for all n when averaged 

over the four rats. Performing linear regression on the measured T1(n) and predicted T1(n) 

trajectories gave slopes that were not significantly different (-5.8 sbreath-1 and -7.0 sbreath-1, 

respectively; P = 0.2556). Table 2.1 summarizes the T1(n) measurements for these four rats. For 

comparison, the time-course of the wash-out experiments ranged from approximately 9 s for τ = 2 

s to approximately 21 s for τ = 6 s. Applying Eq. 2.1, T1(0) = 35 s is equivalent to a pAO2 of 57 

mm Hg. The mean T1(2) of the rat subset was equal to 23 s and is equivalent to a pAO2 of 87 mm 

Hg (pAO2 in lungs filled with 100% air is approximately 100 mm Hg). 

 

Figure 2.4: Measured mean T1(n) (symbols) compared to T1(n) predicted with Eqs. 2.1 and 2.2 (dotted line), averaged 

over the sub-set of rats 1, 3, 4, and 5 (mean ± SD). Linear regression of the measured T1(n) and predicted T1(n) 

trajectories produced slopes that were not significantly different (-5.8 sbreath-1 and -7.0 sbreath-1, respectively; P = 

0.2556). 



 

44 

 

  

 

 

 

 

 

Table 2.1: T1 values (mean ± SD) for 0 ≤ n ≤ 2 measured in the sub-set of rats 1, 3, 4, and 5. 

Table 2.2 summarizes the findings for each rat, where mean and standard deviation of each 

r map, r’ map, T1(0) map, and R map are provided. Grand mean R (R = 7.7 ± 2.0 mm Hg/s) was 

in good agreement with previously published values from a 3He ventilation imaging study in rats 

(107). All the means of r maps were lower than the means of the respective r’ maps, as expected.  

Figure 2.5 shows a representative set of wash-out images from rat 1 imaged at τ = 2 s and TV = 

Vdose prior to segmentation and background removal. An SNR decrease of 85% was observed from 

n = 0 to n = 2. Figure 2.6 shows representative T1(0), R, r, and r’ maps with the respective 

histograms, again from rat 1 imaged at τ = 2 s and TV = Vdose. The r’ histogram demonstrated a 

non-linear positive bias relative to the r histogram. 

 

 

 

 

 

 

 

Rat  no. T
1
(0) [s] T

1
(1) [s] T

1
(2) [s] 

1 30 ± 3 20 ± 3 21 ± 3 

3 35 ± 3 23 ± 3 24 ± 4 

4 45 ± 6 28 ± 5 28 ± 5 

5 29 ± 4 17 ± 3 18 ± 3 

Grand 
mean 

35 ± 7 22 ± 4 23 ± 4 
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Table 2.2: Summary of r’ and r (mean ± SD), T1(0) (mean ± SD), and R (mean ± SD) for all rats. 

 

 

 

 

 

 

 

 

 

 

    τ = 2 s, TV = Vdose τ = 4 s, TV = Vdose τ = 6 s, TV = Vdose τ = 4 s, TV = 
Vdose - 1 mL 

τ = 4 s, TV = 
Vdose + 1 mL 

Rat 
no. 

Mass 
[g] 

T1(0) 

[s] 
R 

[mm 
Hg/s] 

r’ r r’ r r’ r r’ r r’ r 

1 450 30 ± 3 6.4 ± 
1.9 

0.35 ± 
0.04 

0.31 ± 
0.04 

0.36 ± 
0.04 

0.31 ± 
0.04 

0.40 ± 
0.05 

0.34 ± 
0.05 

0.36 ± 
0.04 

0.30 ± 
0.04 

0.39 ± 
0.04 

0.34 ± 
0.04 

2 450 65 ± 14 12.5 ± 
1.2 

0.40 ± 
0.03 

0.34 ± 
0.03 

0.44 ± 
0.03 

0.38 ± 
0.03 

0.49 ± 
0.03 

0.44 ± 
0.03 

0.39 ± 
0.04 

0.33 ± 
0.04 

0.44 ± 
0.03 

0.38 ± 
0.03 

3 410 35 ± 3 8.3 ± 
1.6 

0.36 ± 
0.04 

0.32 ± 
0.04 

0.38 ± 
0.03 

0.32 ± 
0.03 

0.40 ± 
0.03 

0.34 ± 
0.03 

0.33 ± 
0.03 

0.28 ± 
0.03 

0.38 ± 
0.03 

0.33 ± 
0.03 

4 410 45 ± 6 10.2 ± 
1.5 

0.30 ± 
0.03 

0.25 ± 
0.03 

0.34 ± 
0.04 

0.28 ± 
0.03 

0.38 ± 
0.04 

0.32 ± 
0.04 

0.30 ± 
0.04 

0.24 ± 
0.03 

0.34 ± 
0.03 

0.28 ± 
0.03 

5 450 29 ± 4 5.8 ± 
2.5 

0.39 ± 
0.04 

0.35 ± 
0.04 

0.42 ± 
0.04 

0.36 ± 
0.04 

0.43 ± 
0.04 

0.37 ± 
0.05 

0.38 ± 
0.04 

0.32 ± 
0.04 

0.44 ± 
0.04 

0.38 ± 
0.04 

6 475 26 ± 4 4.9 ± 
2.9 

0.34 ± 
0.04 

0.31 ± 
0.04 

0.36 ± 
0.05 

0.31 ± 
0.04 

0.37 ± 
0.06 

0.31 ± 
0.06 

0.33 ± 
0.05 

0.28 ± 
0.05 

0.38 ± 
0.05 

0.33 ± 
0.05 

7 470 33 ± 5 7.6 ± 
2.5 

0.34 ± 
0.04 

0.30 ± 
0.04 

0.37 ± 
0.04 

0.31 ± 
0.04 

0.39 ± 
0.05 

0.34 ± 
0.05 

0.35 ± 
0.04 

0.29 ± 
0.04 

0.36 ± 
0.05 

0.31 ± 
0.05 

8 450 46 ± 8 10.4 ± 
1.8 

0.27 ± 
0.04 

0.22 ± 
0.04 

0.29 ± 
0.04 

0.24 ± 
0.04 

0.32 ± 
0.05 

0.27 ± 
0.05 

0.28 ± 
0.04 

0.23 ± 
0.03 

0.31 ± 
0.06 

0.25 ± 
0.06 

Grand 
mean 

446 ± 
24 

35 ± 7 7.7 ± 
2.0 

0.34 ± 
0.04 

0.30 ± 
0.04 

0.37 ± 
0.04 

0.31 ± 
0.04 

0.40 ± 
0.05 

0.34 ± 
0.05 

0.34 ± 
0.04 

0.28 ± 
0.04 

0.38 ± 
0.04 

0.33 ± 
0.04 
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Figure 2.5: Representative 129Xe wash-out trajectory acquired from rat 1 at τ = 2 s and TV = Vdose. Images shown and 

calculated SNR are prior to segmentation and background removal. 

 

Figure 2.6: Representative (a) R map, (b) T1(0) map, (c) r map and (d) r’ map and the respective histograms (below) 

acquired from rat 1 at τ = 2 s and TV = Vdose. 

Figure 2.7 shows Δr as a function of mean r at the same wash-out TV (Fig. 2.7a) and the 

same duration (Fig. 2.7b), and Table 2.3 lists Δr for all combinations of τ and TV. Mean Δr as 

shown in Figs. 2.7a and 2.7b were 16.1% and 18.1%, respectively. The over-estimation of r 

incurred by fixing T1 to T1(0) was the highest at reduced TV (Δr = 19.3%). In all cases, the slope 

of the best-fit line obtained by linear regression deviated significantly from zero and was negative. 

Therefore, the bias was the largest at lower r. 
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Figure 2.7: Bland-Altman plots of Δr as a function of mean r at (a) TV = Vdose and (b) τ = 4 s. Solid horizontal lines 

indicate mean Δr ((a) 16.1% and (b) 18.1%), dotted lines indicate upper and lower limits of 95% confidence interval 

((a) [15.0%, 17.3%] and (b) [17.0%, 19.2%]), and diagonal solid lines indicate lines of best-fit ((a) slope = -38.6 

and (b) slope = -53.2). The slopes of the best-fit lines are significantly non-zero ((a) P = 0.0004 and (b) P < 10-4). 
 

Δr (%) 

[95% CI] 

Slope 

 

P-value       
(H0: slope = 0) 

τ = 2 s, TV = Vdose 14.7 
 [12.5, 16.9] 

-49.4 0.0187* 

τ = 4 s, TV = Vdose 17.9 
[15.7, 20.0] 

-51.6 0.0029** 

τ = 6 s, TV = Vdose 15.8 
[14.0, 17.7] 

-42.3 0.0003*** 

τ = 4 s, TV = Vdose - 1 mL 19.3 
[17.2, 21.3] 

-60.4 0.0044** 

τ = 4 s, TV = Vdose + 1 mL 17.2 
[15.1, 19.3] 

-51.7 0.0018** 

Table 2.3: Δr at all τ and TV and slopes of regression lines for Δr as a function of r. *P < 0.05. **P < 0.01. ***P < 

0.001.   

Figures 2.8a and 2.8b show Δr as a function of TV and τ, respectively. A significant 

difference between the means was observed for both independent variables (F(2,7) = 6.69, P = 

0.0091 for τ, and F(2,7) =  48.97, P < 10-4 for TV). Post-hoc Tukey’s multiple comparison test 

identified significant differences between all pairs of TV values (TV = Vdose – 1 mL and TV = Vdose, 

P < 0.001; TV = Vdose – 1 mL and TV = Vdose + 1 mL, P < 0.001; TV = Vdose and TV = Vdose + 1 mL, 

P < 0.05) and between τ = 2 s and τ = 4 s (P < 0.01). 
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Figure 2.8: Δr as a function of (a) TV and (b) τ. Left plots show individual trajectories for each rat and right plots 

show cohort mean and standard deviation. Means were significantly different for each case ((a) F(2,7) =  48.97, P < 

10-4 and (b) F(2,7) = 6.69, P = 0.0091). Post-hoc Tukey’s multiple comparison test identified significant differences 

between all pairs of TV values and between τ = 2 s and τ = 4 s. *P < 0.05. **P < 0.01. ***P < 0.001.   

Figure 2.9 compares the standard deviations and the skewness of the r and r’ histogram 

distributions. The whiskers denote the minimum and maximum values. The r’ maps demonstrated 

a more left-tailed distribution and thus a more negative skewness. A significant change in skewness 

was observed at TV = Vdose (τ = 2 s, P < 0.05; τ = 4 s, P < 0.05; τ = 6 s, P < 0.01) and at TV = Vdose 

+ 1 mL (P < 0.05). A significant change in standard deviation was observed at TV = Vdose for τ = 2 

s and τ = 6 s (P < 0.05, each). Table 2.4 summarizes the average standard deviation and skewness 

measurements. 
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Figure 2.9: Summary of (a) standard deviation and (b) skewness of r’ and r distributions measured for all rats at 

each combination of τ and TV. Whiskers indicate the range of values. *P < 0.05. **P < 0.01. 

 
 

Standard Deviation Skewness 
 

r’ r P-value 

(H0: r’ = r) 

r’ r P-value 

(H0: r’ = r) 

τ = 2 s, TV = Vdose 0.038 ± 0.005 0.036 ± 0.004 0.0173* -0.32 ± 0.36 -0.23 ± 0.30 0.0279* 

τ = 4 s, TV = Vdose 0.038 ± 0.004 0.037 ± 0.006 0.1540 -0.43 ± 0.38 -0.31 ± 0.30 0.0168* 

τ = 6 s, TV = Vdose 0.044 ± 0.012 0.046 ± 0.012 0.0298* -0.49 ± 0.50 -0.29 ± 0.41 0.0067** 

τ = 4 s, TV = Vdose - 1 
mL 

0.039 ± 0.005 0.038 ± 0.005 0.0513 0.25 ± 0.26 0.34 ± 0.22 0.0536 

τ = 4 s, TV = Vdose + 1 
mL 

0.043 ± 0.013 0.041 ± 0.011 0.1631 -0.79 ± 0.66 -0.67 ± 0.57 0.0258* 

Table 2.4: Summary of cohort-wide mean standard deviation and skewness of histograms of r’ and r (mean ± SD).   

*P < 0.05. **P < 0.01. 
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Validation of Eqs. 2.1 – 2.3 by measuring r in the major airways led to values of r > 0.8, 

as expected due to the near-complete gas turnover that occurs in the proximal respiratory tract. 

Validation of the presence of an A/P ventilation gradient led to an average gradient of -0.0408  

0.0257 cm-1 (data not shown). 

2.4 Discussion 

This work demonstrates the importance of considering T1 evolution when measuring 

fractional ventilation (r) with HP 129Xe MBW imaging.  Oxygen-induced T1 relaxation of HP 129Xe 

gas in the lung introduces signal decay dependent on MBW breath number, T1(n). By not 

accounting for T1(n), an over-estimation of r of up to 19.3% was measured in the mechanically-

ventilated rats. This bias (r) is dependent on MBW, resulting in a skewing of the distribution of 

r values measured by assuming a fixed T1 toward lower r values compared to that measured by 

explicitly including a theoretical model of T1(n) incorporating Eqs. 2.1 and 2.2. Most notably, this 

bias may obscure diseased lung regions by over-estimating r in under-ventilated regions. 

Incorporating a model of T1(n) may therefore improve the sensitivity of MBW imaging to lung 

disease. 

The model of T1(n), as given by Eqs. 2.1 and 2.2, was validated in four rats by explicitly 

measuring T1(n) for 0  n  2. Figure 2.4 demonstrates that the model of T1(n) closely predicts 

measured T1(n) for n ≥ 1 given T1(0) in mechanically-ventilated rats. Therefore, this model may 

be used to avoid having to explicitly measure T1(n) for all n, significantly reducing the time and 

volume of 129Xe required for MBW imaging. This conclusion could be further strengthened in 

future by measuring T1(n) in more rats as this would improve the power of the statistical test 

performed on the mean difference of slopes.  

Mean r measured at each combination of τ and TV ranged between 14.7% and 19.3%, 

indicating an over-estimating bias introduced by fixing T1 at T1(0) for all n (Table 2.3). The size 

of the relative bias is inversely dependent on lung ventilation, and this is supported by two 

observations. Firstly, the negative slopes of the regression lines showed that r is greater at lower 

r.  Secondly, the largest observed biases occurred at reduced TV, whereas the smallest biases on 

average occurred at increased TV (Fig. 2.7a). The observed bias limits the sensitivity of MBW 
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imaging to detecting reduced regional ventilation due to disease. This is a crucial limitation if 

MBW imaging is to be applied as a tool for early detection of lung disease progression. 

While the means of the r measurements made at  = 2 s, 4 s, and 6 s at TV = Vdose were 

deemed to be significantly different, post-hoc pairwise analysis only identified a significant 

increase in r from  = 2 s to  = 4 s (P < 0.01). Nevertheless, this suggests that bias is increased 

when MBW imaging has a greater duration.  should therefore be minimized while still 

maintaining a comfortable breathing rate. The decrease in r from   = 4 s to  = 6 s, while not 

significant, may be due to O2 uptake occurring over a longer time. O2 uptake causes a decrease in 

pAO2, which counter-acts the increase in pAO2 that occurs during 129Xe wash-out. MBW 

simulations were performed to predict r as a function of  for given r, T1(0), and R (grand mean 

values for T1(0) and R and the mean of grand mean r measured at  = 2 s, 4 s, and 6 s at TV = Vdose 

were used (Table 2.2)). Similar to what was measured, r was predicted to decrease beyond  = 

5.2 s. This inflection point is dependent on R, and in healthy adults, mean R is considerably lower 

than in rats. Rizi et al. measured a mean R of 1.55 mm Hg/s in healthy participants using HP 3He 

MRI (93). Incorporating this value into the MBW simulation showed r monotonically increasing 

until  = 29 s (r = 88.1%) - well beyond the time required for clinical MBW imaging (94). 

Therefore, increasing bias as a function of time is expected to pose a significant issue in clinical 

imaging if T1(n) is not accounted for in the analysis. 

When TV was changed by  1 mL, a change in r and r’ of roughly 0.1 was expected given 

an estimated lung volume of 10 mL in the rats (74). Although r and r’ increased and decreased 

accordingly with the change in TV, the change was smaller than expected, which is evident when 

comparing the grand mean values in Table 2.2. As previously mentioned, this may be due to the 

presence of an A/P ventilation gradient (11,115) combined with the acquisition of whole-lung 

coronal projections. The measured A/P ventilation gradient of -0.0408  0.0257 cm-1 closely 

matches the A/P gradients measured by Couch et al. in similarly ventilated rats (74). Projection 

imaging was used in this study, but future work should extend these techniques to 3D imaging 

(101) to minimize any partial-volume effects due to underlying ventilation gradients. Despite the 

smaller than expected change in r when TV was manipulated, the results still showed that r is 

inversely dependent on lung ventilation. 
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The difference between r and r’ histogram distribution measurements (Fig. 2.9 and Table 

2.4) suggests that the relationship between r and lung function is not linear. This is important 

because measurements such as standard deviation and skewness may be sensitive markers of 

ventilation heterogeneity in disease. For example, r distributions of diseased lungs may have larger 

standard deviations and more left-tailed skews than healthy lungs. A statistically significant change 

in standard deviation was observed at TV = Vdose and  = 2 s and 6 s (+5.6% and -4.3%, 

respectively). With regards to skewness, r’ maps were observed to all have more left-tailed skews 

than r maps. Skewness, a measure of histogram asymmetry, may be a useful marker for observing 

lung regions that experience acute losses of function, leading to greatly reduced r values. Future 

studies of animal models of lung disease, such as an ovalbumin-induced model of asthma, will be 

important in future to investigate how ventilation heterogeneity changes with disease (118). 

This study is limited by not having an accurate non-imaging measure of ventilation with 

which to compare. While incorporation of the model of T1(n) corrects for bias introduced by fixing 

T1, a comparison of r and r’ to a physiological measure of r would help with measuring the 

improvement in accuracy gained by incorporating T1(n). For example, in Horn et al., whole-lung 

r is defined as 𝑇𝑉/(𝑇𝑉 + 𝐹𝑅𝐶), where FRC is the functional residual capacity (94). This would 

provide a degree of validation for r measured by imaging, albeit a limited one due to the loss of 

information on ventilation heterogeneity. In future, plethysmography should be performed to 

measure the lung volumes of the imaged rats. 

Overall, this work demonstrates the importance of considering T1 evolution when 

measuring fractional ventilation (r) with HP 129Xe MBW imaging.  O2-induced T1 relaxation of 

HP 129Xe gas in the lungs introduces signal decay dependent on MBW breath number, T1(n). By 

not accounting for T1(n), an over-estimation of r of up to 19.3% in mechanically-ventilated rats 

was introduced, in good agreement with theoretical predictions. Bias in r (Δr) introduced by 

assuming a fixed T1 (r’) resulted in a non-linear positive shift of the distribution of r values. Most 

notably, this bias may obscure diseased lung regions by over-estimating r in under-ventilated 

regions. Incorporating a model of T1(n) may therefore improve the sensitivity of MBW imaging 

to lung disease. Before widely implementing this diagnostic tool however, greater consideration 

must be given for further improvements to the accuracy of MBW imaging and the challenges 

presented by clinical translation.  
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Chapter 3  

 

3 Thesis Discussion and Future Directions 

3.1 Technical Considerations 

3.1.1 Confounding Sources of Signal Loss 

Several non-wash-out sources of signal loss influence the accuracy of HP 129Xe MBW 

imaging in assessing ventilation heterogeneity. As discussed in § 1.7.2, the major sources are RF 

depolarization, gas uptake and non-O2-induced T1 relaxation. 

3.1.1.1 RF Depolarization 

RF depolarization may be accounted for if accurate knowledge of the flip angle is known. 

This study incorporated a CFA approach which, while simple to implement and determine the 

optimal angle, causes unequal signal distribution through k-space. Centric-ordered phase encoding 

was employed to reduce image blurring due to the use of constant flip angles. A VFA approach, 

on the other hand, equally distributes signal by increasing flip angle to 90o over the RF pulse 

history. Santyr et al. developed a method known as Flip Angle Variation for Offset of RF and 

Relaxation (FAVOR) to calibrate and implement VFA for a multiple-breath and multiple-

acquisition imaging scheme. Briefly, the VFA trajectory was calibrated by increasing the 

transmitter gain over the RF pulse history so that the uniform response was measured over the 

entire trajectory. In their study, Santyr et al. showed that for HP 3He multiple-breath wash-in 

imaging in rats, the r map distributions had higher means and larger standard deviations when a 

VFA approach was used compared to a CFA approach (91). 

In the study presented in this thesis, a whole-lung measurement of flip angle was used, as 

it has been previously shown that a rigid transmit/receive bird-cage coil of the same size as the one 

used in this study provides sufficiently homogeneous B1 to provide reliable T1 estimates (95). In 

human HP gas MRI, flexible transmit/receive RF vest coils are commonly used. This may require 

flip angle mapping prior to MBW imaging due to B1 inhomogeneity over the lung FOV (to 

successfully implement FAVOR, approximately < 3% B1 inhomogeneity is necessary (95)). Flip 

angle mapping requires the patient to inhale a volume of HP 129Xe identical to the volume to be 
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inhaled for MBW imaging. During the peak-inspiration breath-hold, two images are taken in rapid 

succession to minimize T1 signal loss and 129Xe uptake signal loss. The signal equation is fit to the 

two images on a per-voxel basis to extract a flip angle map. If the gas polarization is sufficiently 

high, this may be combined with T1 mapping and MBW imaging. Essentially, during the initial 

breath-hold, two images in rapid succession (I1 and I2) would be acquired followed by a third 

image (I3) several seconds later. I1 and I2 would be used to fit for flip angle, and I2 and I3 would 

be used to fit for T1(0). After this breath-hold, the subject performs MBW and I3 is used as the 

baseline image for MBW imaging (n = 0). This improves upon a previously published calibration 

method for MBW imaging that uses two images to account for the combined effect of T1- and RF-

induced signal loss (94). Accelerated imaging techniques that utilize k-space under-sampling such 

as parallel imaging (119) and compressed sensing (120) may be applied. This would help to 

minimize the duration of the calibration phase breath-hold. Additionally, a rigid coil with a fixed 

geometry may be used instead of a vest coil so that B1 inhomogeneity would be more consistent 

between subjects. Flip angle mapping may still be required due to the different RF coil loading 

(47) of each patient. 

3.1.1.2 Gas Uptake 

 The assumption that 129Xe uptake is a negligibly small confounder is based on single-breath 

studies and the fact that parenchymal 129Xe signal is only up to roughly 2% of airspace signal 

(100,111). However, 129Xe in the lung airspace continually dissolves into the tissue and is removed 

by the bloodstream after the tissue is saturated. Because of the longer timescale of MBW imaging 

compared to most single-breath imaging techniques, the assumption of minimal uptake may not 

be valid. On the other hand, the 129Xe uptake rate is expected to decrease as the gas is being washed 

out due to Henry’s Law of dynamic equilibrium (121). A study of 129Xe uptake during MBW is 

recommended. In a proposed study, the volume of xenon gas in a gas mixture would be measured 

upon exhalation during MBW as a function of wash-out breath. The volume of xenon within the 

collected exhaled gas may be measured with a mass spectrometry method, similar to how the 

volume of SF6 is measured during MBW with SF6 (20,23). This would provide a global estimation 

of 129Xe uptake as a function of wash-out breath, which is acceptable for diseases such as CF that 

have a limited effect on gas uptake heterogeneity, with the exception of very severe cases 

(122,123). For diseases that may heterogeneously affect gas uptake such as radiation induced lung 

injury, this may not be appropriate. For these cases, incorporation of imaging techniques that 
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utilize a model of xenon exchange, also known as MOXE, into MBW imaging may be necessary 

(51).  

 Similarly, further investigation into O2 uptake during an MBW manoeuver is 

recommended. Although the measured values of R were in agreement with literature (107), the 

measurement was potentially confounded by neglecting 129Xe uptake. Additionally, it was 

assumed that R remained constant throughout MBW, and this may not be the case given that pAO2 

changes as a function of wash-out breath. In clinical imaging, fluctuating lung inflation levels may 

also affect R. 

3.1.1.3 Non-O2-induced T1 Relaxation 

 To further improve T1(n) modeling and estimation of r, non-O2-induced sources of T1 

relaxation should be incorporated. The rate of T1 relaxation of 129Xe in the lungs is the sum of 

individual rates due to different mechanisms. Diffusion through gradient magnetic fields and 

surface interactions are potentially the two greatest sources of T1 relaxation following spin-

exchange interactions with O2. Therefore, T1 relaxation may be more fully characterized as: 

𝑅1 = 𝑅1𝑂2
+ 𝑅1grad

+ 𝑅1surface
[3.1] 

R1 is the rate of T1 relaxation (i.e., 1/T1). 𝑅1grad
 can be evaluated if the MR imaging system field 

strength, the field gradient magnitude along the directions orthogonal to the bore, and the diffusion 

coefficient of 129Xe are known (86). Since a patient would be lying within the bore and along the 

main axis of the system’s field, 𝑅1grad
 is presumably negligible. If the gas reservoir from which 

the patient is inhaling is situated within the MR suite and outside the bore, then there may be 

noticeable gradient effects influencing T1. It is recommended that the field gradients of the MRI 

system used for HP 129Xe imaging are mapped. 𝑅1surface
 is not analytically defined and is therefore 

much more difficult to predict. A study of T1 that incorporates Eq. 3.1 is recommended in order to 

model 𝑅1surface
. Precisely known mixtures of HP 129Xe, O2, and N2 would be delivered to a rat or 

another appropriate model organism, and T1 measurements would be performed at various partial 

pressures and inflation levels. 𝑅1surface
 as a function of peak inspiratory pressure and 129Xe partial 

pressure may then be modelled. T1 due to surface interactions may need to be re-evaluated in 

models of lung disease due to physiological changes such as dried mucus in CF. 
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 If the above confounding sources of signal loss are properly accounted for, then this would 

benefit T1(n) modelling and, consequently, oxygenation mapping (Eq. 1.7.3). Since the alveolar 

partial pressure of O2 (pAO2) is dependent on the ventilation-perfusion ratio and lung structure 

(124), which can be greatly affected by disease, pAO2 mapping may be a useful tool for diagnosis 

and disease management. 

3.1.2 Non-Hyperpolarized Alternative to HP 129Xe 

While this thesis investigated MBW imaging with HP 129Xe, some consideration should be 

given to other viable tracer gases. § 1.6.2 compared the properties of 129Xe to 3He, another 

commonly used gas for HP gas MRI. While 3He has an approximately three-fold larger 

gyromagnetic ratio than 129Xe and can therefore generate greater signal at the same gas density, it 

is scarce, costly, and incapable of probing non-airspace regions. Inert gases containing fluorine-

19 (19F) have also been investigated as a viable alternative for ventilation mapping. Unlike 129Xe 

and 3He, 19F can generate sufficient signal for imaging without hyperpolarization which makes the 

gas less costly and less difficult to prepare. 19F has a high natural abundance and a large 

gyromagnetic ratio, comparable to 1H (Table 1.1) (50,125). In addition, multiple image 

acquisitions may be performed in a single breath-hold because the T1 of 19F is extremely short (T1 

~ 10 ms) (126). This improves SNR by a factor of √𝑁𝐴, where NA is the number of acquisitions 

(47). 19F MBW imaging has been studied in rat models of inflammation and fibrosis, and reported 

r values were comparable to measurements made by Xe-CT and HP gas MRI. In this study, the 

imaging was performed using a mixture of SF6 and O2 with a pO2 similar to air (125). Unlike HP 

gas MRI, O2-induced T1 relaxation is not a major confounder when estimating ventilation. The 

low cost of 19F MRI and the ability to administer the gas as a mixture with O2 makes it an attractive 

alternative to imaging with 129Xe. However, HP 129Xe MRI is still more advantageous in certain 

regards. Hyperpolarization provides an amplification of signal on the order of 105 (50), which 

benefits spatial resolution. 129Xe can also probe the lung parenchyma and surrounding blood, 

unlike fluorinated gases typically used in 19F MRI (e.g., C3F8 and SF6). Finally, HP 129Xe MRI 

may have an easier path to clinical approval since the fluorinated gases typically used for imaging 

are also greenhouses gases (127,128). 
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3.2 Application to Cystic Fibrosis Treatment 

3.2.1 Animal Models of CF 

While HP 129Xe MBW imaging can be applied to observe any disease that affects 

ventilation heterogeneity such as asthma and COPD, the clinical motivation of this thesis is CF. 

Currently, there exists little research on HP 129Xe MRI as a diagnostic tool for CF (56,129), and 

only two studies have published r maps from a CF patient acquired via MBW imaging, albeit using 

3He (94,130). To better understand how HP 129Xe MBW imaging may identify changes in 

ventilation in CF, MBW imaging in animal models of CF should be performed. These animals 

may be genetically modified to reflect the change in ion transport in the airway epithelium caused 

by CF (e.g. induced over-expression of the epithelial sodium channel) (131). Alternatively, a 

researcher may opt to induce common symptoms of CF in animals, such as airway inflammation 

(132).  

3.2.2 Correlation to PFTs 

If HP gas MBW imaging eventually attains widespread clinical adoption, it will be as a 

complementary diagnostic tool to PFTs and other less expensive and more widely available 

diagnostic tools. In § 1.4.2, LCI was introduced as a measurement of ventilation that is more 

sensitive to CF than commonly used measurements such as FEV1. Some studies have investigated 

the correlation between LCI and VDP (62,129). The relationship between LCI and r is arguably 

more meaningful given that they are both measured by MBW. Currently, only two published 

studies have investigated this correlation, with one using 3He and the other using 129Xe (130,133). 

Standard deviation of r has been shown to significantly correlate with LCI in healthy, asthmatic, 

and CF patients, suggesting that a greater LCI indicates greater ventilation heterogeneity (130). 

Neither of these studies accounted for T1 changing as a function of wash-out breath number (T1(n)) 

and instead fixed T1 at the pre-wash-out value (T1(0)). In future, the correlation between LCI and 

r should be re-evaluated using the model of T1(n) presented in this thesis. Evaluating r by instead 

using a fixed T1 leads to an over-estimation of gas wash-out. Additionally, differences in LCI 

measured from an upright position to LCI measured from a supine position should be considered 

when correlating to r since MBW imaging is performed in a supine position (134). For example, 

a person breathing in a supine position tends to experience a reduction in ventilated lung volume 

due to the collapsing of alveoli. In other words, the person experiences reduced alveolar 
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recruitment (11). Compartmental analyses of LCI may also be insightful. This would involve 

correlating r and its distribution to LCI from different lung regions (e.g., regions experiencing 

“slow” versus “fast” ventilation) (135). 

3.3 Clinical Translation 

3.3.1 Scaling from Rat to Human Imaging 

There are several factors that influence the effect of incorporating a model of T1(n) in 

human HP 129Xe MBW imaging. Firstly, the HP 129Xe dosing will be different. In the study 

presented in this thesis, rats were given five pre-breaths to saturate the lungs with HP 129Xe. 

Because of the anesthetic properties of 129Xe and the fact that the 129Xe breath is anoxic, humans 

are only dosed to a fraction of their total lung capacity, typically up to one-sixth (136,137). 

pAO2(n), and consequently T1(n), is therefore not expected to change as much in humans than in 

rats. However, clinical imaging requires longer image acquisition times to attain sufficient 

resolution for the larger FOV. This increases the time during which T1 signal loss is experienced. 

To reduce acquisition times, accelerated imaging techniques such as parallel imaging (119) and 

compressed sensing (120) may be applied. Considering the differences in timescale and HP 129Xe 

dosing, a simulation of clinical MBW imaging using the model presented in this study and timing 

parameters from a recent study of MBW imaging in healthy human subjects (101) was performed 

to predict Δr. Δr ranged from 24% to 2% for 0.1 ≤ r ≤ 0.9 (data not shown). This compares to a 

worst-case error of <25% and an error of <15% at mean r (r = 0.37) reported previously (94). 

Further studies into the effect of incorporating a model of T1(n) in human HP 129Xe MBW imaging 

are recommended.  

Human MBW imaging also requires sufficiently long inter-image delay times (i.e., τ) in 

between the peak-inhalation breath-holds to maintain comfortable and consistent tidal breathing 

for patients. While the tidal volumes of the rats in this study were controlled by mechanical 

ventilation, consistency in humans is dependent on effort. In the Horn et al. study of HP 3He MBW 

imaging in humans, if the tidal volume deviated by greater than 15% from the average tidal 

volume, then the image acquired at that breath was rejected. This meant that the model of wash-

out was fit to fewer data points and more error was introduced into the estimation of r (94). Patients 

with poor lung function due to disease may have difficulty maintaining a regular tidal volume, 

particularly if the breath-holds are long. Tidal volume regulation could be assisted by incorporating 
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a self-gating tool. For instance, ventilator bellows attached to a monitor would allow patients to 

track and regulate their tidal breathing. Alternatively, if the patients were to exhale into an MR-

compatible pneumotachograph (94), end-expiratory volume can be recorded and the difference 

from mean tidal volume could be used as a correction factor for r. Deviations in end-inspiratory 

volume could be corrected by comparing lung volumes in the acquired images. This may be 

especially useful for MBW imaging of very young CF patients that are incapable of following a 

coached breathing pattern. It is recommended that future studies investigate tidal volume deviation 

in MBW imaging and methods to improve breath consistency. 

3.3.2 Clinical Adoption 

Widespread clinical adoption will require the dissemination of technology necessary for 

HP 129Xe MRI as well as regulatory approval. Until 2011, it has been difficult to purchase a 

polarizer for HP gas MRI due to lack of interest to develop the field within the companies that 

owned broad patents on gas hyperpolarization technologies. This has changed thanks to the recent 

sale of loaned polarization systems and the licensing of these patents by companies dedicated to 

HP gas imaging (Polarean Inc, Research Triangle Park, NC, and Xemed LLC, Durham, NH) (108). 

This will hopefully result in more medical research institutions establishing laboratories dedicated 

to HP gas MRI research. With regards to regulatory approval, agencies such as Health Canada and 

the Food and Drug Administration in the United States must be shown that HP gas MRI is a 

clinically viable diagnostic tool that leads to clear and specific improvements in therapy. This 

requires extensive clinical MBW imaging research, which is greatly facilitated by multi-centre 

collaborative efforts that can study larger patient populations than any one centre can alone. 

Initiatives such as the 129Xe MRI Clinical Trials Consortium help to further this mission by 

facilitating collaboration between various laboratories that actively research HP 129Xe MRI (138). 

 

 

 

 

 



 

60 

 

3.4 Conclusion 

Early diagnosis and detection of ventilation heterogeneity is crucial to the treatment of 

CF because it encourages early intervention. HP 129Xe MBW imaging shows great potential as 

an improvement upon the standard-of-care for CF patients by acting as a safe and sensitive tool 

for detecting regional changes in lung function. This thesis explored how O2-induced T1 

relaxation effects, when not properly accounted for, may limit the accuracy of the imaging 

technique. A model of T1 as a function of wash-out breath was developed and investigated in 

healthy mechanically-ventilated rats. This model corrected for an over-estimating bias in 

fractional ventilation of up to 19.3% introduced by assuming T1 to be constant. By making this 

assumption, as has been done in previously published studies on HP gas MBW imaging, lung 

disease may be obscured by the over-estimation of fractional ventilation. Therefore, 

incorporation of the presented T1 model improves the accuracy of MBW imaging as a tool to 

regionally measure lung function. In future, further work on measuring confounding sources of 

signal loss will continue to improve the technique’s accuracy. Issues relating to clinical 

translation, such as corrections for tidal volume deviations during imaging, will also need to be 

further investigated. Ongoing collaborative research of HP 129Xe MBW imaging will address 

these aims and greatly benefit the development, promotion, and dissemination of this imaging 

technique. 
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Appendix 

Animal Care Committee Approval 

June 23, 2016 

Dear Dr. Giles Santyr, 

RE:  SECOND YEAR RENEWAL APPROVAL 

The second year renewal for the following animal use protocol received approval at the last 

meeting of the Animal Care Committee: 

“Micromechanical imaging of a rat model of ventilator-induced lung injury” 

#35906 (Rat) 

Third Year Renewal Due: June 15, 2017 

 Request Extension:  Originally a one year protocol, would now like the full 3 years, as 

much progress has been made. The number of rats requested for the next two years has 

been outlined in the renewal. 

If there are any changes in the information provided to the committee for this protocol, it is 

essential that these updates be communicated in writing to the Animal Care Committee 

Coordinator.   

If you require any further information or assistance with this protocol, please feel free to contact 

me. 

Sincerely, 

 

Michelle den Hollander, M.Sc. 

Animal Care Committee Coordinator 

Peter Gilgan Centre for Research and Learning 

Lab Animal Services, Hospital for Sick Children 

Room 04.9717, Phone 416.813.5741 

michelle.denhollander@sickkids.ca 

 

 

 


