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Abstract

An excess of extravascular lung water (EVLW) is known as pulmonary edema, and is
associated with dyspnea and poor exercise capacity, heart complications, heart failure, and can
be a predictor of poor health outcomes. Recent developments in magnetic resonance imaging
(MRI) sequencing and hardware capabilities have enabled free-breathing, 3D isotropic images of
the lungs. Previous studies have developed methods to overcome the inherent difficulties in lung
MRI, which include low SNR, high signal variations across the image space due to B1 field
inhomogeneity, artifacts caused by respiratory and cardiac motion, and a need to normalize
signal units within the lung parenchyma to units of lung water content. Through these methods,
lung water density (LWD) has been shown to be roughly ~25%-30% in healthy subjects, with a
well-documented gradient in LWD in the chest-to-back direction (otherwise known as the
“Slinky Effect”). Standard MRI protocol calls for a subject to assume a supine position, which
has substantial changes to the thoracic cavity; Changes in global LWD, regional LWD, and

global lung volumes over time after assuming supine positioning remain relatively unknown.

This thesis has two goals: 1. Refining and improving upon a previously established Free-
Breathing “Yarnball” ultrashort echo time (UTE) non-Cartesian k-space trajectory via
maximizing trajectory efficiency (balancing image quality and scan time) and introducing a nnU-
Net neural network approach to lung parenchyma and lung vasculature segmentation for
increased accuracy in relative LWD (rLWD) calculation and 2. Performing a long-time course
series (~25 minutes) of lung MRI scans using the above refined trajectory to establish the time-

course changes in global rLWD, regional rLWD, global water content and global lung volumes



that occur due to a physiological response triggered by a change in the direction of gravitational
forces acting upon the body when supine positioning is assumed. If possible, establishment of the

amount of time it takes for the noted “Slinky Effect” to form is a tertiary goal.

The UTE Yarnball k-space trajectory developed by Meadus et al (2021) was optimized
by adjusting the key variables of readout time, TR, voxel size, FOV, and number of averages
acquired with image quality, image quantification and total imaging time being taken into
consideration. It was determined that a sequence with: FOV =350 mm, TR = 2.72 ms, TE = 100
us, 1-degree flip angle, readout time = 1.3 ms, Voxel size = 3.5 mm in all directions, 10 averages

and 2738 k-space trajectories was most optimal.

At the respiratory phase of functional residual capacity (FRC), minimum lung volume
with normal tidal breathing, it was found that global rLWD increased significantly (31.8+5.5% to
34.8+6.8%, p=0.001), global lung volumes decreased significantly (2390+620mL to
2130+£630mL, p<0.001) and total lung water volume decreased slightly (730+125 mL to
706126 mL, p=0.028) over a 25-minute period after supine positioning was assumed. The
chest-to-back gradient (20.7+4.6% at the chest to 39.94+6.1% at the back) formed prior to first
acquisition (~3:54 minutes), and was significant at all time-points. Tidal volume (lung volume
change per respiratory cycle) also decreased significantly over time (474+89mL to 382+91 mL,

p=0.018) despite respiratory rate remaining constant.

UTE Yarnball MRI was refined to “optimally” balance image quality with total image

scan time, featuring an increase in number of averages used alongside a reduction in scan time



with no significant loss to image quality when compared to the preceding iteration. Global and
regional r(LWD and lung volumes were shown to change over long periods of time after supine
positioning, a phenomenon that should be considered in future lung MRI studies. In particular,
we have shown, for the first time, that the timing of data acquisition following supine positioning
will significantly affect the lung water density values, and thus should be taken into
consideration in clinical studies. Furthermore, any free-breathing MRI acquisitions should
consider these significant shifts in lung volumes and positions over time following supine
positioning (i.e. navigator type sequences would be confounded by the potential drift of lungs,
heart and all organs in abdomen over time). Finally, the formation of the chest-to-back gradient
was not captured, but can be inferred to occur in < 1 minute, and likely immediately with supine

positioning.
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Chapter 1: Introduction

1.1 Thesis Background and Motivation

Measurement of lung water content and lung water density (LWD) has seen increased
interest due to elevated LWD being shown to be predictive of health outcomes in pulmonary
edema and heart failure' . Recent advancements in magnetic resonance imaging (MRI)
sequencing and hardware capabilities have allowed for 3D isotropic imaging of the lungs,
capable of quantifying LWD>’. It has been well established using MRI that there is a distinct
chest-to-back gradient in LWD that forms sometime after a subject assumes supine positioning;
however, the exact time course of changes that occur within the lungs has yet to be studied®”’.
Given that a typical MRI study will take place over tens of minutes and requires the subject to
assume supine positioning, it is clinically important to establish how the healthy body will
dynamically change in response to changing directional forces of gravity when assuming supine

positioning.

It is known that the distribution of abdominal organs, lung volume, blood and free water in
the body will all depend on body positioning, due to the dependence on gravity® '!. As such, it is
a reasonable assumption that both whole-lung volume and water content within the lungs will
also be dependent upon body positioning, and will continuously adapt over time after assuming
supine positioning. The main purpose of this study will be to establish a time-line sequence of
events that occurs within the healthy lungs after supine positioning. The changes over time
within whole lung and regional (chest-to-back direction) lung volume, lung water content, and
LWD will be examined. Both functional residual capacity (FRC), the minimum lung volume,
and functional residual capacity + tidal volume (FRC+TV), the maximum lung volume, will be
considered with normal tidal breathing (free-breathing). The hypothesis entering this study is that
the known increase of 300-500 ml of blood!®!! to the thoracic cavity after supine positioning will

be the main driver behind a steady increase in LWD throughout the lung space over tens of

1



minutes. It is predicted that both FRC and FRC+TYV respiratory phases will behave similarly to
each other, with potential for tidal volume (TV) to dynamically adapt to the change in position as

well.

This study will use a previously described ultrashort echo-time (UTE) Yarn-Ball (YB)'? k-
space MRI sequence using monitoring of center of k-space as a respiratory navigator signal,
chest array coils with coil-combination, and novel signal referencing map to obtain fast and
quantitative whole-lung water density 3D-images in a free-breathing environment, as described
by Meadus et al (2021)°. The sequence will be repeated multiple times (18) over tens of minutes
in order to determine the dynamic changes over time in global and regional lung volume, lung
water volume, and LWD at FRC and FRC+TV. On a separate day, the same YB experiment will
be repeated with the addition of a total lung capacity breath-hold at the half-way time point to
evaluate a different physiologic stress related to lung volume changes. Finally, real-time 2D
gradient echo (GRE)'? imaging and a nitrogen washout test (gold standard test for lung

volumes)'* will be used to confirm YB findings of lung volumes at FRC.

A secondary goal of this study will be to further optimize this UTE YB sequence such total
scan times are reduced from its predecessor version, while improving visual quality and
maintaining accurate rLWD% calculation. Finally, a novel in-house machine learning approach
to the segmentation of the lungs will be applied to the reconstructed images in order to get a
higher degree of accuracy when segmenting the lung volumes and the small vasculature within

the lungs.

1.2: Characterization of the Lungs

1.2.1: Dynamics of Lung Anatomy

The main purpose of the lungs is to provide a sufficient supply of oxygen to the blood.
The systems and processes that enable this task is known as the respiratory system. Oxygenated

air is drawn into the body via contraction of the diaphragm and intercostal muscles creating a



negative pressure (relative to atmospheric pressure) and increased lung volume within the lung
space. The air enters through the trachea, down the bronchus, dividing into the left and right
bronchioles and finally into the alveoli. Pulmonary capillaries carrying deoxygenated blood wrap
around individual alveolus in order to receive oxygen from the fresh air and expel the carbon
dioxide that is naturally produced by the body'>. The process of gas exchange in the lungs occurs
due to simple diffusion, whereby gasses will permeate across the respiratory membrane from an
area of high pressure to an area of low pressure; oxygen is drawn out of the alveoli into the
capillaries, while carbon dioxide is drawn out of the capillaries into the alveoli, thereby
oxygenating the blood.'®. Gas exchange occurs across a very, very thin space that exists between
the thin portion of the capillary endothelial cells and overlaying alveolar epithelial cells. This
space is known as the air-blood barrier (ABB)?, and is typically less than ~0.2 um in thickness is

normal lungs'” (Fig. 1.1.A).
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Figure 1.1: Morphology of the air-blood barrier (ABB). (A) Thin portion of ABB showing the
close apposition between alveolar epithelium (EP) and capillary endothelium (EN). PV is
plasmalemmal vesicle. (B) Microscopy image showing the ABB and its thin and thick portions.
Where “ECM” is the extra cellular matrix, “cap” is the lung capillary, and “IC” is the
interstitial cell'’.

The process of lung expansion drawing oxygenated air into the lung space is known as
inhalation; conversely, lung contraction expelling CO»-rich air is known as expiration. At rest,
the completion of one inhale and one exhale is one breath in the passive breathing cycle. The
volume of the lungs at the end of passive exhalation is the Functional Residual Capacity (FRC),

and represents the point of the breathing cycle where the lung tissue elastic recoil and chest wall



outward expansion are balanced and equal; In a normal individual, this is roughly 3L'8. The
amount of air that a person passively inhales (and subsequently exhales) is known as Tidal
Volume (TV). TV for the average male is around 500 mL, while it is around 400 mL for the
average female'®. The volume within the lungs at the end of passive inhalation is the Functional
Residual Capacity + Tidal Volume (FRC + TV). Fig 1.2 depicts respiratory lung volume metrics,
highlighting volume differences that occur between normal tidal breathing (FRC to FRC+TV)
vs. maximal inhalation/exhalation and total lung capacity. The highly dynamic nature of the
human body means many things can affect the normal operating ranges of the respiratory cycle,

20 age?!, height?!, sex?!, weight??, lung disease®’, and body

including (but not limited to): exercise
position®*%, Ideally, the amount of air taken into the lungs (ventilation, or V) will match the

amount of deoxygenated blood flowing into the lungs (perfusion, or Q) in a 1:1 ratio in all lung
tissue; The body has an ability to vary V or Q in response to physical or environmental changes

to maintain this ratio (known as “V/Q Matching”).?®

Dynamic changes that occur within the
lungs after a change in body position, particularly from standing up to supine, are particularly
important in regards to magnetic resonance imaging (MRI), as a patient is typically in supine
positioning, with imaging starting immediately following the change in body position. These

dynamics will be a key focus of this study and discussed further.
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Figure 1.2'%: 4/l measurable respiratory lung volumes. FRC is the volume of gas present
at end-expiration during normal tidal breathing, Vt is the volume of air inhaled during normal
tidal breathing (tidal volume), and FRC+TV is the volume of gas present at end-inspiration
during normal tidal breathing. Maximal exhalation (ERV) is naturally a smaller volume than
FRC, while maximal inhalation (IC) is naturally a larger volume than FRC+TV.

IRV, IVC, RV, and TLC are important measurements in many respiratory studies, though not

relevant to this work.

1.2.2: Lung Water

The aforementioned ABB has two portions, a thin side (previously discussed as the site
of gas exchange) and a thick side. The thick side is the site of fluid and solute exchange and
consists of an interstitial space filled with extracellular matrix and lymphatics separating the
endothelial and epithelial cell layers of the capillary perimeter?. The thick side of the ABB has a
variety of functions that serve to keep the alveoli relatively dry and healthy, such as filtering out
particulates in the air breathed in, presenting immune responses to bacteria and viruses causing
infection, filtering out pharyngeal fluid that may have emanated from the stomach or the mouth,

and, most importantly, adapt its flow of fluid out of the interstitial space in response to regular



physiological changes or other lung injury?’. Trans-capillary and trans-epithelial fluid exchange

is governed by the Starling law'”:

Jy =Kf = [(P1—P2) — o(ml — m2)] (1.1)

Where Jy is the rate of fluid flow, Kf is the filtration coefficient, P, is the capillary hydraulic
pressure, P> is the hydraulic pressure of the interstitial space, ¢ is the protein reflection
coefficient, m; is the capillary oncotic pressure, and m; is the interstitial oncotic pressure. If there
is an increase in extravascular volume, the lymphatic system will engage and increase flow out
of the capillaries'”. For example, high intensity exercise shows excess lung water in healthy
individuals for hours post-exercise, with swelling of the lymphatics clearing the increase lung
water content®®. A visual depiction of the ABB (including the thick side) is seen in Fig. 1.1.B,

and a visual depiction of Starling’s law is seen in Fig. 1.3.
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Figure 1.3; Lung fluid compartments of the ABB and parameters governing fluid exchanges. P,
Pin, and Pliqa are capillary, interstitial, and alveolar liquid hydraulic pressure, respectively, .
and min are capillary and interstitial oncotic pressure, respectively, Gendo and cepi are protein
reflection coefficient of endothelium and epithelium, respectively; Pay is the alveolar pressure;
Kfendo and Kfepi are the endothelial and epithelial filtration coefficient, respectively. Lymphatic
drainage (J;) occurs from the thick portion of ABB where lymphatics are located'’.



1.2.3: Lung Disease

Excess water in the lungs is known as pulmonary edema (PE), and is typically the result
of either increased driving pressures for fluid filtration or weakening of the barriers that restrain
fluid and protein movements. Practically, PE is split into two different types; cardiogenic PE
(usually caused by an increase in capillary hydrostatic pressure?) and non-cardiogenic PE
(usually caused by injuries to the alveolar-capillary barrier?, also termed acute respiratory
distress syndrome (ARDS)?°). Both types of PE can cause shortness of breath and/or productive
coughing. Cardiogenic PE will differentiate itself from non-cardiogenic by presenting symptoms
such as arterial blockages (potentially causing heart-attacks) associated with chronic systolic or
diastolic heart failure, and mitral or aortic valve disease. Non-cardiogenic PE on the other hand
is associated with other clinical disorders, such as pneumonia or sepsis, and will present with
vomiting, aspiration of gastric contents, decreased levels of consciousness®’. Elevated lung water
content is a clinical indicator of heart failure’, ARDS***!, non-ARDS sepsis** and even COVID-
19 patients®®. Furthermore, lung water content can present differently in cardiogenic PE vs non-
cardiogenic PE, which, given their different diagnostic and therapeutic objectives, is an
important differentiation®*. Overall mortality rate of both forms of PE is high (12% in
cardiogenic® and 30% in non-cardiogenic®), making proper identification of PE vital to

treatment strategies.

When considering lung water content and PE, it is important to remember that normal
operating ranges of the lungs for an individual is highly variable, thus some individuals
inherently may have larger lung spaces and therefore higher lung water content than others. To
ensure the amount of lung water measured within an individual is accurate relative to the lung
size, Lung Water Density (LWD) can be derived, globally, by dividing the amount of total water
within the lung by the volume of the lung or regionally as detailed in this thesis. Elevated LWD
has been seen in patients with reduced exercise tolerance, which is a cardinal feature of heart
failure!, as well as predictive of patient outcomes in heart failure*. Indeed, there appears to be

great prognostic value into accurate quantification of LWD.



1.2.4 Measuring Lung Water Content

Currently, there are several non-invasive methods to identifying elevated lung water
content. A process known as auscultation involves using a stethoscope on the patient’s chest to
listen for abnormalities in the frequency, quality and amplitude of a breath. A discontinuous,
explosive and nonmusical lung sound is known as a “crackle”, which is often noted in patients
with PE and other pulmonary disorders®’. While a staple of the basic physical examination,
auscultation is a qualitative measurement only, and cannot definitively differentiate between

various pulmonary disorders.

One of the most common imaging modalities for diagnosing PE is a chest radiograph
(chest X-ray). Chest radiographs provide imaging features of the lungs that can not only help
diagnose PE, but also moderately helps distinguish between noncardiogenic PE and cardiogenic
PE. However, chest radiography can erroneously interpret hemorrhages or pus presenting as PE,
has substantial inter-observer variability in the interpretation of radiographs, and has no

quantitative way of measuring lung water content?>*,

Computed tomography (CT) is experiencing increased use in the diagnosis of pulmonary
disease. The higher-resolution three-dimensional images that CT provides has shown a greater
ability to detect and characterize pleural effusion (water accumulation between lungs and chest
wall), and can provide additional useful information affecting diagnosis or management of
pulmonary disease in up to 70% of cases that would otherwise be unavailable with chest
radiography*®. CT remains limited, particularly in the research setting, by the high-dosage of
ionizing radiation required to obtain CT images, and cannot provide accurate quantitative
measurements of lung water content without using secondary techniques®’. Recent advances in
CT techniques have introduced the feasibility of ultralow dose CT, reducing the radiation dose
by nearly 14 times (1.8 vs. 0.13) while maintaining high enough image quality for lung nodule

detection*’.

Lung ultrasonography (LUS) provides a semi-quantitative measurement of lung water by

summing what are known as “B-lines” in the resulting image, giving an approximation of lung



water content. LUS uses high-frequency sound waves to obtain it’s images and is a relatively
simple and portable machine, making it an appealing choice for immobile/bed-ridden patients
and for limiting radiation exposure*!. LUS has also shown high sensitivity to pulmonary
bruising, a known non-PE related cause of ARDS. The major drawbacks to LUS is the lesser
qualitative quality of the images (often appearing “speckled” in appearance), smaller field of
view, and high variability in quantitative results in the presence of increased air in the lungs

(emphysema, pneumothorax, etc.)*?

The standard in-vivo quantitative measurement of lung water content is known as
transpulmonary thermodilution (TPTD), and is capable of measuring lung water content (specific
to this method, the lung water in the extravascular space) as well as cardiac output and other lung
volumetric parameters. This method requires injection of a bolus of known temperature saline
through a central venous catheter (which is thermistor-tipped), and calculates various cardio-
pulmonary metrics via transit time of the bolus and time-course changes of circulating blood
temperatrue®*. TPTD has shown good correlation as a quantitative lung water measurement with
the accepted gold standard of gravimetric lung measurements post-mortem, and has been shown
to clinically establish the existence and nature of PE***. However, given the highly invasive

nature of the method, it is restricted to critically ill patients in the ICU and during operation.

Quantification of lung water content is becoming an area of increased interest in the field
of MRI due to advancements in sequencing and hardware capabilities. MRI inherently uses the
existence of hydrogen protons to obtain signal, thus it follows that water content within the lungs
could be directly calculated from an MRI image. This, combined with the lack of ionizing
radiation within an MRI, makes it an appealing choice for EVLW measurement. The barriers

related to using MRI for lung imaging will be discussed in later sections.

1.2.5: Gravitational Effects on the Lungs - Changes Over Time

A standard MRI scan requires the subject to lie down, most commonly on their backs
(supine) (Fig. 1.4). Furthermore, MRI scans often take tens of minutes to complete. Due to this,

important consideration must be placed into what potential changes may occur within the body
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and the organs of interest when the gravitational forces affecting the body change from head-to-

toe (standing forces) to chest-to-back (supine forces), and how these changes develop over time.

MRI Scanner Cutaway

Gradient
Coills

Magnet

Scanner

Figure 1.4: A cutaway of an MRI Scanner. The large magnets and coils required for a MRI scan
means the subject must be sent into the middle of the cylindrical MRI machine, typically in
supine positioning™®.

There is a well-established chest-to-back gradient in LWD that forms when taking supine
positioning. This phenomenon was first introduced by Hopkins et al (2007)’, who suggested that
the lungs behaves like the deformable spring toy known as a “Slinky ”, an association that was
coined “the Slinky Effect”. Much like how a “Slinky” distorts more heavily in the upper portion
of a vertically orientated “Slinky” due to increased weight caused by the coils in lower regions,
the lungs will experience greater density of lung tissues in its dependent (i.e. lower in the gravity
field) regions (in this orientation, this would be towards the back of the lungs). This gravitational
dependence is responsible for the characteristic chest-to-back gradient in LWD. MRI studies
performed after Hopkins et al (2007) have confirmed the existence of “the Slinky Effect >,
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however, to date, there has been no definitive research demonstrating exactly how long it takes
to establish this effect post-supine positioning, nor has it been concluded how long it takes for
the effect to reach steady-state. Seeman et al (2022)° concluded that the LWD gradient reverses
in direction shortly (~9 minutes) after a healthy subject assumes prone positioning, further
suggesting that the “Slinky Effect” is heavily dependent upon changing gravitational forces and
forms quickly. An example of a typical chest-to-back gradient of LWD in a healthy individual is
depicted in Fig 1.5.
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Figure 1.5: A depiction of the “Slinky Effect”. Spatial variation in LWD from 10 equal lung
volumes from chest to back for the left (red) and right (blue) lungs. All results shown using box
and whisker plots that indicate the median value and lower and upper quartiles for the box, and

lowest and highest values at the ends of the whiskers. Black circles are outliers”.

There are several other relevant phenomena that are known to occur in the body when
supine positioning is assumed that must be considered when discussing the context of changes in
lung water content/LWD over time. Firstly, it has been observed that the abdominal organs
(diaphragm, liver and kidney) redistribute themselves within the abdominal space in accordance
to the directional forces of gravity that the body is experiencing®’. There is potential for this
redistribution of the abdominal organs to “crowd” the lungs, causing them to compress and
decrease in total volume over time when the abdominal organs are not experiencing downwards
(towards the toe) forces of gravity. Secondly, pulmonary blood flow tends to redistribute towards
gravity-dependent regions of the lungs, as well as an increase in venous cross-sectional area in
gravity-dependent regions'®. This redistribution of blood could cause regional changes in

perfusion (and therefore V/Q matching) or increased water content measured over time. Thirdly,
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300-500 mL of blood is known to shift towards the thoracic cavity with supine positioning*®*,

which also has the potential of increasing total water content measured over time. Lastly,
extended supine positioning causes sizeable increases in free water measured in plasma volumes
(~440 mL expansion over 35 minutes)'!. It is yet to be studied how much of this free water
expansion occurs within the lung space, however, there is potential for free water measured

within the lung space to increase over time with supine positioning due to this phenomenon.

1.2.6: Obstacles to MR Imaging of the Lungs

MRI uses a combination of powerful magnetic fields and receiver coils to capture signal
from the spins of hydrogen protons within the body. When considering a gradient echo sequence
(described further in section 1.3.1 below) signal acquisition will be described by the transverse

signal (Mxy) decay equation described in equation 1.2:

TE
Mxy(TE) = Mxy(0) e 12" (1.2)

Available measurable transverse signal within a given tissue at a given echo time, Mxy(TE), is
thus dependent upon Mxy(0) (maximum available transverse magnetization, determined by pulse
sequence parameters of T1, TR and flip angle) and T2*. Tissue contrast arises from differences
in T1 and T2* times between tissues*®. For many applications of MRI, obtaining high contrast,
high signal images is a highly achievable task that is largely dependent upon basic manipulation
of the above sequence parameters. The unique composition of the lungs, however, introduce

some challenges to lung MRI that must be overcome in order to obtain quantifiable 3D images.

Firstly, the high-air content nature of the lungs results in much lower tissue density
compared to adjacent tissue (up to 10 times lower), resulting in MR signal to be proportionally
lower within the lungs than surrounding tissue using typical MRI practices. The low signal-to-
noise ratio (SNR) that is inherent within the lungs makes quantification of lung signals
challenging. Scan repetition and signal averaging can be employed, however, this can extend
image acquisition time greatly, potentially making it unfeasible for standard clinic routine.

Furthermore, one could increase the voxel size of the image in order to increase SNR, however,

12



this would make identifying small lesions or other lung pathologies difficult to spot*’ and leads
to partial volume errors with blood vessels.

Secondly, due to differences in magnetic susceptibility between air and tissue (difference
of ~ 8 ppm between the two), static local magnetic field gradients exist at lung-air interfaces. The
extremely high number of lung-air interfaces that exist within the lungs, particularly the alveoli,
creates a highly inhomogeneous local magnetic field gradient within the lungs. This field will
cause rapid dephasing of the transverse signal, leading to a very short apparent transverse
relaxation times (T2* = 0.5 ms at 3T) within the lungs and potential off-resonance artifacts.
Pulse sequences must be designed with extremely short echo times to compensate (TE < 100 ps),
a design challenge which requires custom pulse sequences and potentially high performance
gradient systems to achieve. Similarly, the T1 of lung parenchyma is relatively long (1,300 ms at
1.5 T), which requires appropriate pulse sequence parameters that avoids T1-weighting (e.g. low
flip angles)*.

Thirdly, consideration must be placed into correcting for respiratory motion. An average
adult breathes ~12 times per minute or once every ~5 seconds>’, with lung volume continuously
expanding and contracting over the course of the breath and accompanied rise/fall of the
diaphragm and chest. If MR signals are received in multiple different phases of the respiratory
cycle, the resulting images would be extremely blurry and inaccurate. Acquiring signal at breath-
holds (max inspiration or max expiration) is a straight-forward solution to this issue, however it
limits the flexibility on sequence parameters and performance, and it is often clinically useful to
acquire data during regular free-breathing conditions. For similar reasons as respiratory motion,
cardiac motion must be accounted for to obtain artifact-free images.

Fourthly, the lungs and the torso are comparatively much larger than many other
organs/areas of interest, which in turn requires a large field of view (FOV) to accurately capture
the entirety of the lungs in a 3D context (typically >300 mm + in all directions, see section
1.4.5). Careful consideration must be placed into k-space sampling in order to maintain a high
enough sampling rate that satisfies the Nyquist sampling criteria and wrap-around artifacts are
avoided®!. Furthermore, a spatial resolution that is high enough to give quality images capable of
lung parenchyma segmentation is required; given the inverse relationship between k-space FOV

and pixel width, the designed sequence must be capable of delivering adequate FOV and spatial
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resolution without extending into unsafe slew rates or exceed the capabilities of the gradient
hardware.

Lastly, despite MR signal originating from the hydrogen protons within the body, it is not
practical to directly quantify obtained signal into a known unit such as “water content” or “water
density” as the RF transmitter and receiver have non-constant local magnet fields, or “B1
inhomogeneity”. MR signal is thus expressed in arbitrary units (au), and historically there is no
direct conversion between MR signal and units of water. Therefore, in order to obtain a
quantification of lung water and consequentially LWD, a signal reference must be used in order
to quantify the signal in water-density units. Local Bl inhomogeneity (both transmitted, B1", and
received fields, B17) makes establishing an external signal reference difficult due varying local
magnetic fields causing biased signals outside of the body. This reference must be robust enough

to use from subject-to-subject.

1.3: Imaging Methodology

1.3.1: Lung MRI Pulse Sequences

Increased interest in MRI technology as a clinical tool has sparked major advancements in
MRI technologic capabilities and ingenuity within MRI sequence design, aiding the ability to
overcome the challenges to lung MRI described in section 1.2.6. Typical clinical scanners boast
gradient strengths up to 80mT/m, peak slew rates of 200 T/m/s, and field strengths of upto 7 T
are now relatively common>? (less commonly, 9.4 T or above™). Given that increased field strength
is proportional to an increase in signal, one would guess that using the maximum field strength
possible would aid in overcoming the relatively low MR signal that exists within the lungs;
However, increasing field strength has a byproduct of lengthening T1 relaxation times, shortening
T2 and T2* relaxation times, and increasing the inhomogeneity of the local magnetic fields>® (Fig.
1.6 A). As a result, the baseline increase in SNR caused by an increase in field strength cannot be
realized within lung MRI without sequence design that is able to overcome the more stringent

physical properties that come with increased field strength. In particular, the need for ultrashort
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echo times to address lower T2* values at 3T is vital. Strengths higher than 3 T are typically not
used for lung MRI (likely related to increased need for body B " coils and further reduction in T2*
times). Beyond the inherent low SNR within the lung space, the other major challenge that must
be overcome the local magnetic field inhomogeneity caused by large magnetic susceptibility
differences at the lung-air interfaces. With T2* being very short within the lungs (~1.4 ms at 1.5
T°* and as low as 0.5 ms at 3T*), most of the MR signal that would exist within the lungs has

been destroyed at TE times often used to measure other tissues (Fig. 1.6 B).

1 Lung Parenchyma Signal Decay Signal Decay, Various Tissues (3T)
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Figure 1.6: A) Percentage of MR signal available at a given TE (< 3 ms) in lung parenchyma at
1.5 T (blue) vs. 3T (red). Note that more than half the available signal has decayed by TE = 0.5
ms. B) Percentage of MR signal available at a given TE (< 50 ms) in myocardium (T2* = 20.9

ms>>, blue) vs. Muscles (T2* = 23.5 ms*®, red) vs. lung parenchyma (green). All values at 3T. TE

times acceptable for other tissue would result in null signal from the lungs.

One of the most common and versatile MRI pulse sequences is the spoiled gradient echo
(SPGR). The SPGR sequence is an extension of a standard gradient echo design, however, the
SPGR utilizes a semi-randomly varying phase angle (¢) in each subsequent excitation RF pulse
with the goal of eliminating the residual transverse magnetization left by previous pulses'>>’.

This is known as RF-spoiling (Fig. 1.7).
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Figure 1.7: Standard SPGR pulse sequence design. RF is the excitation radiofrequency
pulse with flip angle a and phase angle ¢. Gz, Gy, and Gx are the slice, phase and readout
gradients, respectively. Each subsequent RF pulse has a varied phase angle to eliminate
transverse magnetization between pulses.

The signal of an SPGR sequence, assuming longitudinal steady-state and perfect spoiling,

is determined by equation 1.3%%:

TR
. 1-e T1 —E*
S = k[H] sina - R € T2 (1.3)

Where S is the signal, k is a scaling factor, and [H] is the spin density. Employing ultra-short TE
(<100 ps) and lower flip angles (o ~ 1-2°) will minimize both T1 and T2* weighting, facilitating

proton density weighting and the ability to detect lung parenchyma signal*

. SPGR acquisitions
are fast (short TRs) and thus can inherently reduce both cardiac and respiratory motion
artifacts’®. However, the minimum echo-times achievable, on the order of 1 ms, are far too long
for quantification of lung water density without the use of additional techniques, particularly at

3T.
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Turbo spin echo (TSE) is another often used pulse sequence in lung MRI, due to the
elimination of the effects of the very short T2* in the lungs. Each 180° refocusing RF pulse in a
TSE sequence will act to re-phase all of the signal that would have otherwise been destroyed by
local magnetic fields caused by magnetic susceptibility differences at the lung-air interface. Thus
a spin echo sequence is restricted only by the T2 time (~30 ms at 1.5T*°) rather than the much
shorter T2* times. While TSE sequencing has been proven to be clinically useful in identifying

some lung pathology>*-®0

, it 1s highly susceptible to image blurring due to T2 decay causing
signal reductions in later echoes of the train*’. Spin-echo sequences are typically slower than
GRE, making acquisition times which are short enough to accommodate lung MRI difficult to
achieve. Furthermore, “ghosting” artifacts caused by respiratory and cardiac motion become
more of an issue®®. An advanced spin-echo technique known as Half-Fourier Acquisition Single-
shot Turbo Spin Echo (HASTE) can greatly reduce acquisition time compared to traditional TSE
and thus suffers less from respiratory and cardiac motion artifacts, however, it sacrifices signal-
to-noise and tissue contrast to do so®!. Furthermore, TSE/HASTE sequences are typically 2D

only, making this type of sequencing less desirable given the need for large FOV volumetric

images.

1.3.2: Non-Cartesian Sampling for UTE

Any sequence that can achieve an echo time of roughly less than 100 ps is referred to as
an ultra-short echo time (UTE) sequence, a design parameter that avoids the rapid decay of

transverse magnetization caused by magnetic susceptibility differences.

Non-Cartesian k-space sampling methods are able to achieve such short TE times to be
classified as a UTE sequence. 2D center-out radial trajectories use many radial “spokes” or radial
arms that all originate from the center of k-space, projecting outwards towards the edge of k-
space in a star-like shape (Fig. 1.8). No phase-encoding gradients are required, resulting in the

ability to acquire the center of k-space immediately after excitation and achieve UTE times. The
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center-out nature of radial trajectories results in oversampling of the center of k-space, which can
eliminate “ghosting” artifacts that arise from motion during image acquisition; artifacts created
by moving objects are evenly diffused across the whole image instead of localized to one phase-
encoded step or direction®?. The major disadvantage of radial k-space sampling lies within its
inefficiency; for the Nyquist criteria to be maintained (sampling rate at least twice the highest
frequency of the signal), the number of radial k-space arms that must be acquired must be greater
than with Cartesian sampling by a factor of n/2%. Furthermore, data obtained in a non-Cartesian
acquisition is not evenly sampled over k-space, and thus cannot have the Fast-Fourier transform
applied. A process known as “gridding” places the obtained data into useable Cartesian grid
coordinates (often with finite sampling kernel to obtain an estimation of the inverse Fourier
transform®*), which adds computational time to the reconstruction process, and introduces
potential reconstruction artifacts on the final image in the case of gradient and/or timing

imperfections®?.
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Figure 1.8%: Radial k-space sampling.

A similar 2D non-Cartesian k-space sampling method, spiral sampling, starts at the center

of k-space and winds outwards in concentric circles, forming a “bullseye” shape in k-space (Fig.
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1.9). This is achieved by applying sinusoidal phase and frequency gradients that slowly increase
in amplitude over time®®. The spiral nature of the sampling achieves greater k-space coverage in
fewer shots (potentially even single-shot) than either radial or Cartesian methods, making it UTE
compatible. However, it is potentially more affected by incorrect gradient timing and artifacts

arising from the gridding process than radial sampling due to the longer readouts®’.
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Figure 1.9%: Spiral k-space sampling.

3D isotropic images are possible using a three-dimensional version of radial sampling,
often referred to as “koosh-ball” sampling (Fig 1.10). This sampling technique behaves in the same
manner as 2D radial but simply projects in all 3 k-space dimensions, and still does not require
phase-encoding gradients (maintaining compatibility with UTE). The characteristic shape of
“koosh-ball” stems from circles of constant latitude, whose radius is dependent upon the
equidistance spacing of each radial arm at the edge of k-space (Ak = 1/ FOV, RES = 1/(2kmax),
RES = spatial resolution)®’. “Koosh-ball, however, is even more inefficient than 2D radial,
requiring m times the number of readouts compared to 3D Cartesian to maintain the Nyquist
theorom®’. If R represents the number of k-space points that are acquired on a single readout (R =
FOV/ (2 * RES)), then the minimum number of trajectories needed to achieve full 3D radial

sampling is:
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Ntraj = 4mR? (1.4)%8

A 3D radial sequence with FOV of 350 mm and spatial resolution of 3.5 mm (assuming all
directions, thus R = 50) would require 31,416 trajectories to achieve full Nyquist sampling, while

a 3D Cartesian sequence would only require 10,000 trajectories.

:"_r_.-'..III. | 11 7 |
i 'I-'I-"-'I,'l | ‘|_.I|.

Figure 1.10%": 3D radial k-space sampling (“Koosh-ball”’)

In another adaptation of k-space sampling, “3D-cones”, the radial spokes “twist” around
an axis, rather than projecting outwards directly in a straight line (Fig. 1.11 A). These twists
occur in the x-y plane forming a spiral interleaf on the surface of each “cone”; This increases the
readout time per trajectory, but also leads to fewer trajectories being required. Ultimately, 3D
cones can provide overall shorter scan times and more uniform sampling density than 3D radial.

The number of cones required to adequately sample k-space is determined by:
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Ncones = E * I;OTZ] +1 (1.6)%

The result of the combination of the k-space cones can be seen in Fig. 1.11 B. 3D cones is
extremely efficient, needing only 800 trajectories for full Nyquist sampling where traditional 3D
radial would require 31,416 excitations'?. However, the longer readout times reduces the high-
resolution features being imaged, and there is an increased risk of artifact due to higher

sensitivity to motion/flow artifacts and off-resonance blurring®.
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Figure 1.11%: (A) One twisting “cone” k-space trajectory and (B) Complete k-space coverage
using multiple cones.

In general, all UTE sequences are limited by safety concerns that arise with high slew
rates. In order to obtain these ultra-short echo times and efficient data acquisition rates, gradients
must be ramped up extremely quickly in order to properly capture the image data immediately
after excitation’’. Slew rate is defined by the ratio between peak gradient strength and time to
rise to peak, thus, the need for very rapidly changing gradients will cause high slew rates. High

slew rates have been shown to cause peripheral nerve stimulation’’.
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1.3.3: Yarnball

Stobbe and Beaulieu (2021)? introduced a novel approach to 3D k-space sampling
known as “Yarnball” that is a direct, more efficient alternative to both 3D radial and 3D cones
imaging. Akin to its name, the “Yarnball” technique winds through k-space in a similar manner
to winding a ball of yarn; starting from the center of k-space and following a straight radial path
for some distance, then winding around the z-axis with constantly changing angles. For a single
trajectory, r is defined as the relative distance from the center of k-space (r = 1 at kmax), Rr is the
distance from the center of k-space normalized by number of k-space steps, and Rt is the rate of
radial evolution of k-space steps per unit of time. The distance that the straight radial path from
the center of k-space is dictated by p, where p is a specific radial value along r. Every step in k-
space past this threshold distance results in the azimuthal (8, or x-y plane angle) sweeping from 0
to 7, and for every azimuthal angle step the polar angle (¢, or y-z plane angle) evolves 2n. These
angular relationships are defined in equations 1.6 and 1.7, and a pictorial representation of a

single-shot trajectory is seen in Fig. 1.12:
0 = mRT (1.6)
¢ = 2mRrO (1.7)

Where both 8 and ¢ are azimuthal and polar angular evolution, respectively.
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Figure 1.12'%: Example Single Yarnball Trajectory'?.

Full sampling of k-space is be achieved by introducing multi-shot or multiple trajectory
YB, where the number of YB trajectories required is dictated by the azimuthal evolution 6 and
matrix radius Rr. If each trajectory is uniformly radially distributed, then the winding of each
“rotating disk™ trajectory will cause spiral-interleaving between trajectories in both the azimuthal
and polar dimensions. Both the azimuthal and polar angle evolution rates can be reduced in
proportion to the number of discs, Ndiscs, and spokes per disc, Nspokes, via a relationship

described in equations 1.8 and 1.9:

: STRT
0= Ndiscs (1.8)
S2mRrH
" Nspokes (1.9)

Where S is the “spin parameter”, and dictates over-sampling or under-sampling. The radial
sampling density (number of samples within a thin spherical shell) can be uniformly distributed

across k-space if radial evolution is dictated by equation 1.10:

23



Rr =L (1.10)

To critically sample k-space to the radial fraction p, p2mR spokes/disc and prtR discs are needed,

yielding equation 1.11:
Ntraj = Ndiscs * Nspokes = p?2m?R? (1.11)

The most efficient and evenly sampled trajectories maintain a relationship of Nspokes =
2Ndiscs. Treating equations 1.8 — 1.10 as differential equations can yield solutions for Ndiscs
and Nspokes, which can subsequentially be used to solve for p in equation 1.11. In essence, the
goal is to maintain proper radial sampling to the threshold distance of p, and beyond this distance
wind the trajectory through k-space in such a manner that constant, critical sampling density is

maintained. An example of a fully realized YB implementation is shown in Fig. 1.13.
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Figure 1.13: Example Yarnball k-space sampling".

Reducing p can result in very large reductions in number of trajectories needed, as there
is more k-space sampling per trajectory (more loops). This increases the efficiency of the
sampling greatly, and can minimize scan duration. However, the reduction in p is limited by the
fact that increasing the number of loops will increase gradient slew rate, leading to hardware and
physiological (peripheral nerve stimulation) constraints. For similar reasons, increasing the FOV
or the spatial resolution of the image will also require more trajectories. While increasing readout
duration enables greater k-space sampling and thus a reduction in trajectory number, leaving

readout duration too long introduces issues with signal decay due to T2* effects and higher
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potential of off-resonance artifacts. In the context of lung imaging, attempting to leave readout
times too long will quickly introduce heavy smearing and ringing effects into the final image,
potentially interfering with accurate image quantification. YB having higher sampling density
and more efficient trajectories than traditional Cartesian sampling techniques enables larger

FOV’s at sufficient spatial resolutions.

1.3.4: Image Reconstruction and Processing

YB k-space sampling techniques inherently addresses 4 of the major challenges that must
be overcome to perform 3D lung MRI: 1. Reduction in T2* effects caused by magnetic
susceptibility differences at the lung-air interface (via use of UTE) 2. Efficient signal acquisition
to minimize scan times 3. Elimination of cardiac motion artifacts (via oversampling of the center
of k-space causing diffusion or smearing of motion artifacts across whole image) and 4.
Sufficient FOV to cover the entire torso and lungs (via high sampling density and trajectory
efficiency). Use of chest and back RF coils can aid the UTE YB sequence in obtaining an
adequate amount of signal to properly image the lungs. The remaining major obstacles to clear
include management of respiratory motion and associated motion artifacts that it causes,
resolving varying B1 receive and transmit inhomogeneity, generating a signal reference to relate
obtained signal within the lungs to total water content, and proper segmentation of the whole
lung and lung parenchyma from surrounding tissue to obtain accurate lung water density
quantification. All of the above listed obstacles will be tackled in the image

reconstruction/processing stage of the imaging pipeline.
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1.3.4.1: Respiratory Motion and Navigator Signal

Lung imaging must account for the complex three-dimensional motion of the boundaries
of the lungs (diaphragm and chest walls that drive the motion) and the heart and blood vessels
throughout the lungs. The most simplistic answer is to instruct the subject being scanned to hold
their breath (either at maximal inhalation volume or maximal expiration volume) for the duration
of the scan. UTE YB is capable of completing a full isotropic image in <10 seconds, a breath-
hold length most patients are capable of performing. However, breath-hold positions are highly
variable depending on the subjects selected lung volume at which they perform the hold and
some patients with lung disease (e.g. severe pulmonary edema with heart failure) may have
difficulty with any breath-hold. Respiratory navigator techniques exist to compensate for
respiratory motion during free-breathing, including the use of external respiratory monitoring
devices, navigator echoes such as “pencil beams”, or sub-second self-navigator scans detecting
diaphragm position to trigger sequencing®’. However, these require complex custom
modification of the MRI code and could interrupt the MRI signals steady-state, leading to

artifacts and reduce efficiency.

A useful property of the oversampling of the center of k-space is that it represents the
mean signal of the image (zero frequency component or DC signal). Larger lung volumes
following inspiration (FRC+TV) will push the highly proton-dense abdominal organs down and
out of the FOV, resulting in fewer total proton spins and thus lower total signal than end
expiration (FRC). As such, the center of k-space can be used to extract respiratory information in
the form of a retrospective (continuous data collection with subsequent “binning” of respiratory
phases) self-navigator. Plotting the navigator signal obtained from data of every trajectory (i.e.
every readout starts at the center of k-space) in the sequence and applying a band-pass frequency
filter, to remove high frequency information, gives a full-scan-time self-navigator signal that
serves as an estimation of respiratory motion’2. Using a Gaussian weighting approach, each
trajectory is “binned” into one of the user-specified number of respiratory phases (where 0% =
FRC, 50% = FRC+TV of a breathing cycle). Specifically, the weighting of each k-space
acquisition at a given respiratory phase is determined by its phase (i.e. 0 to 100% of a respiratory

cycle) relative to the targeted phase, with a Gaussian weighting (i.e. less weight as the phase is
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further from the target, according to a Gaussian function). Implementing the YB sequence in a
“golden ratio” fashion, such that each trajectory is not played out in a sequential manner but
rather in step sizes of S =~ Ntraj/¢g, (golden ratio, g =~ 1.618)"3, ensures uniform and
pseudo-random coverage of k-space across each respiratory phase. The free-breathing YB
trajectories implemented within this study used 20 respiratory phases to balance sufficient
respiratory sampling and avoiding respiratory motion blurring.

It is important to remember that the use of chest and back coils will mean that coils in
different positions will experience different variations in DC signals due to respiratory motion
(e.g. a coil directly on the chest will have larger DC variations than a coil on the shoulder). To
correct for this spatial variation between coils, principle component analysis (PCA) can be
performed to on the DC navigator signal across all coils. PCA is a data reduction method that
combines and amplifies the most correlated data across multiple information sets, while
simultaneously suppressing noise and outliers in the samples’®. The result is one single weighted
navigator signal that describes the real-time evolution of a subjects breathing patterns over the

length of a full scan.

Once DC signal combining and respiratory binning has been completed, a gridding
algorithm can be implemented (sampling-density compensation’” followed by Inverse Fourier
Transform®') on the raw data, giving the ability to reconstruct 3D isotropic images with 20
unique respiratory phases. Thus, one of the 4 remaining obstacles for lung MRI has been

addressed, the effects of respiratory motion.

1.3.4.2: Coil Combination via SUPER

The use of chest and back array coils with RF receive capabilities serves to greatly
increase the amount of acquired signal’®. Each coil can have an image reconstructed from the
acquired data; Within each unique image, the SNR in pixels very close to the coil will be much
higher than the SNR in pixels further away from the coils. At any given spatial location, all coils
used in data acquisition will contribute some information to that location; coils close to the
location will contribute high SNR images, while coils further away from that location will

contribute mostly noise. This concept of spatial variation in SNR caused by the coils is known as
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coil shading or a coil sensitivity map, and must be considered to create high-quality, uniform
images from multiple receive coils.

The sum-of-squares methodology can estimate coil spatial information, but introduces
SNR loss, signal bias, and does not suppress artifacts’”’®. The summation using profiles
estimated from ratios (SUPER) method extends the sum-of-squares methodology for coil spatial
information by making three assumptions: 1. A low-pass smoothing filter will reduce the noise to
near negligible levels 2. Underlying coil profiles are preserved through the smoothing process
and 3. Systemic errors (such as motion artifacts) are negligible. When compared to traditional
sum-of-squares methodology, the addition of the low pass filter was shown to reduce noise
fluctuations in the coil mapping estimations, reduction in signal biasing, and an overall reduction
in noise levels, particularly in areas of low SNR. Given the large FOV required in lung imaging,
accuracy in coil combining the medial pixels (low SNR lung parenchyma) is essential, and as

such, the SUPER approach is used in this study’’.

1.3.4.3: Normalization

Following SUPER coil combination, the images are still affected by B1 field
inhomogeneity, both excitation and reception, that will cause a non-uniform variation in signal
intensity throughout the subject (particularly in the large FOV required in lung imaging). Fig.
1.14 below shows a SUPER coil-combined reconstructed image, and highlights the need for
further image processing to achieve accurate lung water quantification. Furthermore, the units of

an MR image remain arbitrary (au), and the need for conversion into water density units persists.
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Figure 1.14: A) Example free-breathing Yarnball image, coil-combined using SUPER coil-
combination, respiratory resolved showing FRC, sagittal slice #91 of 217. There is a red-line
manually drawn through the lower section of the torso, with signal intensity (au) vs chest-to-
back distance plotted in B). The lower section of the torso at this sagittal slice should have a
mostly uniform signal intensity (i.e. if signal depended only on water content), yet there is a clear
signal drop in pixels further from the coil arrays. This highlights the need Bl field mapping.

A normalization process described by Meadus et al (2021)° aims to both adjust for the
inherent B1 transmit/receive inhomogeneity map as well as provide an estimation for
quantification of lung water. Two assumptions are made in the process: Firstly, all solid tissue
surrounding the lungs (liver, skeletal muscle, blood pools, and the myocardium in the heart) are
assumed to contain 70-80% water densities, based off of results from several prior studies” 8!,
Secondly, the main modulator of signal intensity variations over space is due to B1 field
inhomogeneity’. If both assumptions hold true, then the solid tissue surrounding the lungs can
be used as a subject-specific global signal reference.

A low spatial frequency map can be fitted to the reference tissue via application of a
MATLAB function authored by John D’Errico called “gridfit” (2016)% in a slice-wise manner
(i.e. in separate 2D chest-to-back slices). Application of the “gridfit” function in a 2D manner is

done to measure signal variations in the chest-to-back direction caused by the naturally occurring

LWD gradient>”’, and are sub sequentially combined into one smooth 3D surface. The smoothing
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process of this function acts to eliminate spatial variations in signal caused by B1 field
inhomogeneity. This reference surface, however, contains a large region of missing data caused
by the masking of the lungs (section 1.3.5 below), which results in undetermined solutions to the
linear algebra equations that the “gridfit” function calculates to generate the smooth surfaces.
This issue is resolved by interpolating the pixels within the lung mask via the Tikhonov
regularization method®’, with optimal surface smoothness (balance between over-smoothing the
interpolated data and error in the original data) being determined by the L-curve method®* (as
previously describes by Meadus et al.®), completing the 3D normalization map.

The signal of all tissues within the original reconstructed YB image can be divided by the
now completed normalization map; division serves to both remove the spatial variations in signal
caused by B1 field inhomogeneity and to normalize pixels within the lungs to the reference
tissues, yielding pixel intensities in units of rLWD (%) across the entire torso. An example
normalized image and its signal intensity profile is seen in Fig 1.15. Two of the remaining three

challenges to quantitative lung MRI have been eliminated.
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Figure 1.15: A) B/ field corrected, normalized 3D isotropic lung MRI (same subject as Fig.
1.13). The sagittal view provided here is approximately the same sagittal position as Figure 1.14
A) above, though it is cropped to center more closely on the torso. Normalized sagittal slice #39
of 142, at FRC. Image is now in rLWD% units, with the solid tissue outside the lungs expected to
~100%. (Note that the units are set to 10,000, which corresponds to 100%, which enabled 16-bit

representation to save memory). A red line is drawn through the lower torso with B) signal
intensity (rLWD%) plotted vs chest-to-back distance. Note that the variation in signal intensity in

the chest to back direction through the solid tissue outside the lungs is significantly more
uniform than is seen in Figure 1.14 B).

1.3.5: Image Segmentation (Including Vasculature)

Without reliable lung segmentation, proper calculation of the normalization map, lung
volumes and rLWD would be not be feasible. Furthermore, the datasets obtained in these 3D
isotropic images contain ~ 75-90 chest-to-back slices (depending on the size of the subject)
across 20 respiratory phases, which would mean at least 1,500 images per subject that require
segmentation. Performing this task by hand would take far too long and is impractical; as such,
the need for a quick and highly accurate automated approach to lung segmentation is required.

Meadus et al (2021)° proposed an semi-automatic “region growing” segmentation method that
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had high reproducibility, however, it required a small amount of user input causing some
variability in results, and had decreased performance at the smaller/more complex lung

vasculature.

To remove user input from the pipeline and increase vascular segmentation and overall
lung masking performance, a deep learning framework was developed in house at the University
of Alberta and applied to the YB UTE lung MRI pipeline. The deep learning framework that was
selected is known as “nnU-Net” or “U-Net like” architecture, and was selected due to its
robustness when it comes to biomedical imaging segmentation®. In short, the nnU-Net deep
learning algorithm follows the general U-Net framework, however, characteristics from the
provided datasets are pre-assessed in the form of a “data fingerprint” (image voxel size, typical
image shape and size, signal intensity distribution, etc.), and used to help infer the U-Net training
parameters (batch size, network topology, patch size, etc.)®*. Visually validated parenchyma
masks (which were generated using the previously mentioned semi-automatic region growing
algorithm) were manually selected and inputted as training sets into the semi-supervised nnU-
Net model. The masks were passed through a high pass filter for the purpose of increasing
vascular region brightness and enabling vascular thresholding to further refine the parenchyma
mask. Separately, a Chan-Vese active contour mask®® was implemented as a method of defining
a total lung volume mask; subtracting the refined parenchyma mask from the Chan-Vese mask
yields a lung vasculature mask. Finally, the semi-automatic region growing algorithm was
applied to the normalized reference tissue mask for the purposes of further refining the final
reference mask. The end result of this process is a 5S-compartment mask that contains the right
and left lung parenchyma mask, the right and left lung vasculature mask, and the reference tissue
mask. These 5-compartment masks trained the nnU-Net model to be capable of performing
automatic multicompetent segmentation of new cropped YB UTE images. A visualization of this

nnU-Net model framework is seen in Fig. 1.16.
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Figure 1.16: A) Masking as described by Meadus et al (2021)° and normalization as described
above. B) nnU-Net learning pipeline. Image courtesy of Christopher Keen, University of Alberta
Graduate Student.

With a robust segmentation method in hand, we have now cleared all of the major
obstacles to quantifiable, 3D isotropic free-breathing lung MRI. Further examples of the

resulting lung images and parenchyma masks are displayed throughout section 1.4 and section 2.

1.3.6 Estimation of SNR

Measuring SNR in the presence of coil-combining methods becomes more complicated
than without, as each coil contributes a different amount of noise to each pixel. The most

accurate method of measuring SNR in the presence of multi-coil imaging is to obtain a “pre-scan
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noise” image, which is an image acquisition without any RF gradients or excitation applied, and
apply the same image reconstruction and normalization pipeline described above. The scaled
noise image can be used to calculate SNR, as described as Kellman et al (2005)*®. Meadus et al
(2021) applied this methodology, and showed good SNR in UTE free-breathing YB (SNR = 10-
20)°.

In this study, a very similar UTE YB sequence to Meadus et al. is used, therefore it was
assumed that SNR would remain strong enough (>10) to properly image the lung parenchyma,
and the choice was made not to include a pre-scan noise image. While this study will use a very
similar UTE YB as Meadus et al, some optimizations of the sequence parameters will be
performed (section 1.4). As will be detailed, the optimal sequence had an increase in FOV, lower
spatial resolution and several signal averages , and thus it is assumed that the final version used

in this study maintains good SNR (> 10)*’.

1.4: Optimization of Yarnball

Meadus et al (2021)° demonstrated the ability of YB UTE MRI sequencing to obtain
good SNR, 3D images of the lungs in both a breath-hold and free-breathing scenario. This study
aims to improve upon the sequencing performed by Meadus et al (FOV of 300 mm in all
directions, 2.5 mm x 2.5 mm x 2.5 mm voxel size, 1.3 ms readout-time. TE =70 ps, TR = 3.54
ms, 7381 projections, 130 seconds scan time (5 averages))® with the goal of reducing scan time
and maintaining analyzable images (i.e. maintaining rLWD quantification). Readout time, voxel
size, TR, FOV, and number of averages were all changed in a step-wise manner of testing in new
YB sequences, with number of trajectories changing accordingly to maintain safe slew rate
operation. These sequences were tested on in-house volunteers, with qualitative and quantitative
measurements of the results being used to determine the most “optimized” version of the YB

sequence.
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1.4.1: Development of a Faster “Reference” Sequence

In order to achieve useful information regarding changes in rLWD% and lung volume
over time after supine positioning, reductions in scan time are needed. A sequence was designed
with similar parameters as Meadus et al’, however, the number of trajectories was reduced by
over half (7381 to 3362), allowing for shorter scan times and an increased number of averages
taken to ensure full respiratory sampling. Voxel size (3.0 mm in all directions), FOV (350 mm in
all directions) and readout length (1.5 ms) were altered. Each average took 9.68 s to fully sample
k-space, and 15 averages were used for a total of 145 seconds of scan time. The resulting
normalized images (Fig. 1.17) were of similar quality as Meadus et al, and similar values for
global rLWD% were calculated. Furthermore, a signal drop appeared in the left distal lung

region in both subjects (Fig. 1.18), an inaccuracy that will be explored in section 1.4.3.
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Figure 1.17: Example normalized UTE Yarnball lung MRI acquired in free-breathing
conditions. Slice #51 of 79 shown at FRC respiratory phase. FOV = 350 mm, VOX = 3.0 mm,
readout time = 1.5 ms, 15 averages, 9.68 s/average (145 s total scan time). Reference tissue =

70%-80% rLWD. Lung parenchyma contains roughly 20%-40% rLWD.

This lower trajectory, faster YB sequence will serve as the “reference point” scan when

further testing YB sequence variations.

1.4.2: Variation in Readout Time

Sampling efficiency of YB sequencing is increased with longer readout times'?. YB sequences
with readout durations of 2.0 ms, 2.5 ms and 3.0 ms were designed with the same FOV and scan

time, and changes in voxel size/number of trajectories to maintain safe operation (Table 1.1).
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Table 1.1: Variation in Readout Length (Free-Breathing)

REELOE VOX (all FOV (all TR | #Traj # Time/Ave
directions), | directions), | (ms) Averages (s)
(mm) (mm)
2.63 350 3.54 2888 15 10.24
2.38 350 4.04 2312 15 9.34
2.20 350 4.57 2048 15 9.36

Increasing readout duration to 2.0 ms and above created “rippling” artifacts that distorted

the overall quality of the lung image, likely caused by a combination of increased smearing and

off-resonance effects!? that can occur when readout time is increased.

Given the poor results from the first test, a second set of sequences were developed with

readout duration being varied from 1.0 ms — 2.0 ms, with 0.1 ms increments in each sequence

tested (Table 1.2). In order to achieve the quickest possible scan, the lowest number of

trajectories that allowed for safe slew rates was used, with minor adjustments made to TR to

keep relatively similar scan lengths. This trial was performed using breath-holds for faster

experimentation/computation time.
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Table 1.2: Variation in Readout Length, Second Trial (Breath-Hold)

REELOITE VOX (all FOV (all TR | # Traj Time/Ave (s)
directions), | directions), | (ms)
(mm) (mm)
3.0 350 2.36 5832 13.76
3.0 350 2.45 5202 12.74
3.0 350 2.56 4608 11.80
3.0 350 2.67 4050 10.81
3.0 350 2.77 3698 10.24
3.0 350 2.87 3362 9.65
3.0 350 2.96 3200 9.47
3.0 350 3.08 2888 8.90
3.0 350 3.17 2738 8.68
3.0 350 3.27 2592 8.48
3.0 350 3.36 2450 8.23

Artifacts caused by longer readout duration, as described above, continued to be present
at readout times of 1.7 ms and above. Overall image quality appeared to improve as readout
times decreased, with blood vessels becoming more clear and distinct from lung parenchyma at
the lowest readout times. However, at roughly 1.2 ms, it became exponentially more inefficient
to decrease the readout time (Ntraj increased by 1228 from 1.2 ms to 1.0 ms) compared to
longer readout times (Ntraj increased by only 688 from 1.5 ms to 1.3). There was not a
significant change in calculated global rTLWD% for all readout lengths of 1.5 ms and below. As a
result, a readout time of 1.3 ms was selected as the best balance between overall image quality

and efficiency.

The sequences with readout times of 1.0 ms, 1.3 ms, and 2.0 ms were tested at free-

breathing (15 averages) to confirm the above findings.
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1.4.3: Variation in TR

The new sequences experienced a signal drop along the anterior-distal region of the left
lung (Fig. 1.18). It was theorized that increasing TR may eliminate the existence of this signal
drop. As such, the 1.5 ms readout sequence from section 1.4.2 was repeated at breath-hold eight
additional times with various TR lengths (TR = 5.87 ms, 4.87 ms, 3.87 ms, 3.17 ms, 2.97 ms,
2.92 ms, 2.90 ms, 2.88 ms).Given the initial sequence required (TR = 2.87 ms), the above tests
correspond to a “TR delay” of 3 ms, 2 ms, 1 ms, 100 ps, 50 ps, 30 us and 10 ps, respectively.

39



Figure 1.18: Signal drop (red) along anterior-distal portion of the left lung. A region within the
area of signal drop (blue triangle) has a mean signal intensity of ~53% the mean signal intensity
in a similar region in the right lung (green triangle). Image is slice #30 of 86 taken at breath-
hold. See Table 1.2 for full trajectory information (readout = 1.5 ms).

It was determined that TR delay of 50 us and below were unsuccessful at eliminating the
area of signal drop, while all TR delays of 100 ps and above were successful. A possible source
for this signal drop could arise from eddy currents disrupting the local magnetic fields. The
rapidly switching gradients that are required to complete the 3D YB imaging could be the cause

of these eddy currents; applying a TR delay and giving the sequence more time for these
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unwanted eddy currents to dissipate would explain why a TR delay eliminates the signal drop.

All scans moving forward will contain a TR delay of 100 pus to compensate for the signal drop.

1.4.4: Variation in Voxel size

Variation in isotropic spatial resolution can have large implications on overall image
quality and potentially the robustness of the quantification of lung water. If minimum SNR
requirements are met within each voxel, a smaller voxel size will result in more fine, crisp
looking images. However, increasing spatial resolution inherently increases slew rate; a trade off
in increased number of trajectories is required with increased spatial resolution in order to keep
slew rates within safe operational range'?, sacrificing valuable scan time. Five different
sequences of different isotropic spatial resolutions (2.5 mm — 3.5 mm, 0.25 mm steps) were
designed and performed during free-breathing (Table 1.3). to examine the trade-off between

image quality and number of trajectories.

Table 1.3: Variation in Voxel Size (Free-Breathing)

Increased spatial resolution resulted in the best image quality, with decreased ringing

artifacts and sharp lung edges/small vasculature. However, increasing spatial resolution did not

result in a significant change in calculated global rLWD%, while requiring significantly more
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trajectories and thus longer scan times (2.5 mm scan took more than double the amount of time
as 3.5 mm per average). VOX = 3.5 mm maintains high enough image quality to accurately
calculate rTLWD%. A decrease in spatial resolution (larger voxel volume) will increase SNR, thus
maintaining good SNR status (> 10). Due to the above, the decreased spatial resolution of 3.5

mm (all directions) will be used in the final sequence.

1.4.5: Variation in Field of View

A reduction in FOV will reduce the minimum number of YB trajectories required to stay
within safe operating limits'? thus decreasing scan time. However, as discussed in section 1.2.6,
a sufficient amount of bodily tissue surrounding the lungs must be imaged in order to obtain an
accurate lung normalization map. Furthermore, sufficient enough FOV is required for a given
individual to ensure “wrap-around” aliasing is avoided (in non-Cartesian sequences, this can
often take the form of artifact bands that are diffused across the entire image) °°. To determine
optimal FOV, three sequences were designed at FOV = 300 mm, 350 mm and 400 mm in all
directions and tested at breath-hold (Table 1.4).

Table 1.4: Variation in FOV (Breath-hold)

Readout | VOX (all TR | #Traj Time/Ave (s)
Time directions), (ms)
(ms) (mm)
1.3 3.0 2.78 2888 8.03
1.3 3.0 2.78 4050 11.26
1.3 3.0 2.78 5202 14.46

FOV =300 mm was not sufficient in capturing enough of the tissue surrounding the
lungs, causing insufficient amount of reference tissue to be imaged and inaccurate calculations of
rLWD%.. Furthermore, questions of wrap-around aliasing are introduced into the scan. In one
extreme test, similar problems existed at FOV = 350 mm, however, are significantly less

exaggerated than FOV = 300 mm and are very minor issues. FOV =400 mm eliminates these

42



problems for the extreme case. Fig. 1.19 shows results at FOV =300 mm (A and C) vs. FOV =
350 mm (B and D) for a typical test case. There was no significant difference in calculated global
rLWD% between FOV 350 mm and 400 mm, while FOV 350 mm was ~3s/average faster than
400 mm. Larger FOV will increase the SNR; both FOV 350 mm and FOV 400 mm thus will
maintain good SNR (>10). It was decided that the fewer number of trajectories required for FOV
350 mm was more valuable than further increases in SNR, thus FOV of 350 mm (all directions)

was selected for the final sequence.
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Figure 1.19: SUPER images from variations in FOV in a volunteer. A) FOV = 300 mm, B) FOV
=350 mm (FOV = 400 mm not shown). The edge of the torso is missed at FOV = 300 mm, while
FOV = 350 mm shows the entire torso with crisp edges (Red/Green lines). Resulting normalized
images for FOV = 300 mm and FOV = 350 mm shown in C) and D), respectively. Normalization
map outside the lungs is somewhat more uniform in FOV = 350 mm, and the resulting lung
water density map is less noisy. Images taken at roughly the same slice, breath-hold. See Table
1.4 for full trajectory information.

1.4.6: Variation in Averages Taken

An appropriate number of averages must be acquired in order to ensure all of the

respiratory cycle is properly sampled (as described in section 1.3.4.1). Meadus et al’ used 5
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averages, however, they chose to separate into only 10 respiratory phases, which has a broader
respiratory phase window and thus fewer phases required to be sampled than the 20 phases
selected in this study. Fewer respiratory phases are more susceptible to blurring due different
diaphragm positions in different respiratory phases overlapping significantly, particularly
towards FRC+TV where the diaphragm is more rapidly moving. It was concluded that more
averages would thus be required in this study to obtain 20 clear respiratory images; to determine
how many averages this would require, the number of averages taken was varied from 9 - 23 (9,

12, 15, 19, 23) in the free-breathing variation of voxel size test at (Table 1.3).

9 averages caused very minor blurring at the diaphragm at the FRC+TV respiratory
phase. This was resolved at averages 12 and above. Applying the readout time = 1.3 ms, FOV =
350 mm, VOX = 3.5 mm trajectory (Table 1.3) in one final free-breathing test scan with only 10
averages also generated respiratory images that were free of blurring artifacts at the diaphragm
for FRC+TV (Fig. 1.20). Given that each average for this sequence takes 7.37 s to complete, it
was advantageous to reduce the total number of averages taken from 12 to 10, saving nearly 15

seconds/average. In regards to SNR, we would expect SNR to be proportional to

J # averages®?, thus we have maintained good SNR (>10).

Figure 1.20: Normalized images in scans with A) 9 averages, B) 12 averages and C) 10
averages. Slight blurring occurs in 9 averages at the diaphragm, whereas 12 and 10 averages
are free of blurring artifacts (black box). Images taken from three separate subjects are roughly
the same slice, FRC+TV respiratory phase. See Table 1.4 (VOX = 3.5 mmy) for full trajectory
information.
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The final, “most optimized” sequencing parameters were determined to be as follows:
readout time = 1.3 ms, VOX = 3.5 mm in all directions, FOV = 350 mm in all directions, TR =
2.72 mm, Ntraj = 2738, scan time/average = 7.4 s, 10 averages. These will be the sequence
parameters used in the study outlined in chapter 2. Table 1.5 below outlines the difference in
sequence parameters between Meadus et al (2021)°! and the below study. With an increase in
voxel volume, FOV, and an increased number of averages taken, we have ensured that good

SNR is maintained.

Table 1.5: Differences in Sequence Parameters

Sequence Meadus et al This Study

Parameter (2021)

Readout Time 1.3

(ms)

Resolution (mm) 2.5 3.5
FOV (mm) 300 350
# Averages ) 10
# Respiratory 10 20
Phases

Ntraj 7381 2738
TE (us) 70 100
TR (ms) 3.94 2.72
Total Scan Time 130 74

(s)
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Chapter 2: Dynamic Changes in Lung Water Density
and Volume Following Supine Body Positioning

The following chapter is an adapted version of a manuscript that has been accepted for

publication in Magnetic Resonance in Medicine as a technical note.

2.1: Introduction

Pulmonary edema, or fluid accumulation in the lungs, is a primary feature of heart failure
that is associated with clinical symptoms such as dyspnea and poor exercise capacity’>®. Elevated
lung water density measured with MRI has been associated with reduced exercise capacity in heart
failure! and also been shown to be predictive of clinical outcomes, even in the case of sub-clinical
pulmonary edema*. Time-efficient three-dimensional UTE imaging methods designed for imaging
of the lung parenchyma in combination with post-processing methods for signal normalization and
segmentation now enable calculation of water-density-weighted lung images with breath-hold or

short duration free-breathing acquisitions>®.

MRI studies of lung water typically take place with supine body positioning. The
distribution of abdominal organs and thus lung volume is dependent on body position due to the
effects of gravity®? as is the distribution of blood and free water in the body'®!!. There is shift of

404792 and well-documented

300-500 ml of blood to the thoracic cavity with supine positioning
differences in the chest to back gradient in lung water density for prone versus supine positioning,
using MRI®” and other modalities”***. However, the time-course of changes in regional lung water
density, lung volumes and total lung water content following patient positioning from upright to

supine remain unknown®%>,

The goals of the current study were to measure the changes in global and regional lung
water density (tLWD) as a function of time after supine body positioning and their relationship

with changes in lung volumes and total lung water content. We expect to determine the time
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needed to achieve steady-state lung water distributions following supine positioning and if regional

or total lung water content vary significantly over the duration of a typical MRI scan session.

2.2: Methods

2.2.1: Study Procedure and Subjects

Studies were completed in nine healthy volunteers (5 male, 4 female, 33.2+10.2 years (21-
53 years), 1.72+0.05 m, 69.8+12.4 kg, Table 1) A health questionnaire was used to confirm all
subjects have no known history of pulmonary or cardiovascular disease and with no current
medications. This study was approved by the University of Alberta Health Research Ethics Board
and written informed consent was given by all study participants. Serial three-dimensional water-
density images of the lungs were acquired following supine body positioning. A timer was started
with subject positioning on the scanner bed, followed by placement of the body array receiver coils
and insertion into the scanner. A localizer scan was performed immediately, after which the lung
water imaging acquisition was prescribed and started. The lung water acquisitions were repeated
a total of 18 times over ~25 minutes, with the time after supine positioning recorded at the onset
of each repeated scan. Three subjects repeated the procedure on a separate day with the addition
of a total lung capacity breath-hold (10 seconds) at the half way time point. A nitrogen washout
study for calculation of functional residual capacity (minimum lung volume during tidal breathing)
was performed in three subjects, following supine body positioning. Measurements were
completed upright and for 30 minutes following supine positioning at 5 minute intervals. For all
studies, volunteers were instructed to breath normally over the entire scan duration with no other
instructions. Additionally, a time-series of real-time images were acquired in a subset of three
subjects on a separate day to provide independent assessment of changes in lung volumes
following supine body positioning. Volunteers were instructed to breath normally over the entire

scan duration with no other instructions.
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2.2.2: Image Acquisition

All imaging data was acquired on a Siemens Prisma 3T scanner (Erlangen, Germany) using
spine and body arrays (36 total coils) for signal reception to provide full torso coverage. Three-
dimensional spin-density weighted lung images were acquired in a free-breathing acquisition using
an optimized YB k-space trajectory’. Acquisition parameters: 350 mm field of view in all
directions, TR = 2.72 ms, TE = 100 ps, 1.0-degree flip angle, readout time = 1.3 ms, voxel size =
3.5 mm x 3.5 mm x 3.5 mm (2Zmm interpolated reconstruction with zero padding), 2738
trajectories. Each full k-space acquisition was 7.4 seconds with 10 serial repetitions (averages)
performed during free-breathing for a total acquisition time of 74 seconds per time point. The k-
space trajectories were incremented in a golden-ratio manner to ensure that any subset of
trajectories used for respiratory-resolved reconstructions (described below) included an even and
pseudo-random distribution of trajectories throughout k-space. The use of short echo times (100
us) and low excitation flip angle (1 degree) ensured minimal T2* and T1-weighting for proton-
density weighting®. The complete 74 second scan is referred to as a single time step and was
repeated 18 times in each subject with a 2 second delay between sequential acquisitions. All raw
data was transferred off the scanner for processing with custom MATLAB software (The
MathWorks Inc. Natick, Massachusetts). The study procedure was repeated in three subjects, with
11 datasets acquired immediately following supine body positioning (15 minutes’ acquisition
time), followed by a total lung capacity inspiration breath-hold of 10 seconds, and the acquisition
of an addition 11 datasets following the breath-hold. On a separate day, real-time two-dimensional
gradient-echo images were acquired in a subset of 3 subjects. For this experiment, formal
calculation of normalization maps or r(LWD% was not performed, but rather calculations of FRC
lung volumes (using diaphragm positioning as a basic respiratory navigator) with an emphasis on
obtaining images as fast as possible (hence 2D imaging rather than 3D). Acquisition parameters:
500 mm field of view with a coronal slice orientation, 128 x 128 matrix, TR =2.3 ms, TE=1.4
ms, 6-degree flip angle, 10 mm slice thickness, 3 slices, 300 ms per image with a total acquisition
time of 24 minutes. For the GRE experiment, image acquisition used just the body coil for

excitation and reception and began within 10 seconds of supine positioning.
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2.2.3: Image Reconstruction and Image Processing

The image reconstruction and post-processing steps for each complete free-breathing
acquisition (each time step) have previously been reported’. Briefly, a respiratory navigator signal
was calculated using the center of k-space from each acquisition (every TR), which was used to
assign each acquired k-space arm a respiratory phase with values of from 0% to 100% of a
breathing cycle. Images at functional residual capacity (FRC, minimum free-breathing lung
volume) were reconstructed using one of the ten repeated k-space arms for which the respiratory
phase was closest to FRC (0% of breathing cycle), independently for each k-space arm. Similarly,
images were reconstructed at 50% of the breathing cycle to approximate FRC + tidal breathing
volume (FRC + TV, maximum free-breathing lung volume) using one of the ten repeated k-space
arms closest to the targeted 50% respiratory phase. Acquisitions included 10 repetitions of each k-
space arm to provide respiratory phases near FRC (0% respiratory phase) and FRC+TV (50%
respiratory phase) for each arm. All image data within each respiratory bin was then averaged into
one final image for each respiratory phase, for a total of 20 respiratory images per 74 s scan.
Following data selection for image reconstruction at FRC and FRC+TV, raw data was sampling-
density compensated’” to a beta = 2 Kaiser k-space filtering shape with zero padding to the final 2
mm pixel size in each dimension. Images were then constructed using standard gridding

methodology® and the coil elements combined with the SUPER approach”’.

Reconstructed images were normalized to units of relative lung water density (rLWD)
using a previously described and validated approach that corrects for signal intensity variations
over space from B; transmit and receive coil inhomogeneity’. Briefly, this method uses a best-fit
low spatial-frequency signal intensity correction map that is calculated using all solid tissues
surrounding the lungs, including the liver, heart, skeletal muscle, blood and spinal column.
Division by the correction map normalizes all reference tissues to unity and the lung parenchyma
to units of water density relative to the surrounding reference tissues. rfLWD is reported in units

of percentage, relative to the reference tissues.

The lung parenchyma was segmented using an in-house nnU-Net machine learning

algorithm.®>#” Five segmented regions included one for the reference tissue (all solid tissues
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outside the lungs), and separate masks for the lung parenchyma and vascular pool, with unique
identification of right and left lungs (Fig. 2.1B and C). Total lung volume was calculated as the
total number of lung pixels (parenchyma plus vascular) multiplied by the voxel volume. Water
volume in each region was calculated as the sum of rTLWD values in the masked region (percentage
values were divided by 100 to change units to a fraction) multiplied by the voxel volume,
separately for the parenchyma, vascular and total lung regions. All parameters (rLWD, lung
volume and lung water volume) were calculated at each of the 18 time points at FRC and FRC+TV
respiratory phases. Tidal volume was calculated as the difference between minimum and
maximum lung volume. The same image processing pipeline (FRC analysis only) was employed
for the additional 3 subjects with 11 time steps (15 minutes) after supine positioning and 11

additional time steps following the total lung capacity breath-hold.

Continuous variables were expressed as mean+tstandard deviation. Paired Students T-Tests
were used to analyze differences in average rLWD, lung volume and lung water volume over time
(1% scan vs 18" scan) and differences between all values at the two respiratory phases. P-values
< 0.05 were considered statistically significant. Repeatability of rLWD, lung volume and lung
water volume was calculated using images from time-step 17 and 18 in each subject, calculated as

intraclass correlation coefficients (ICC) and displayed using Bland and Altman plots.

For gold-standard calculation of FRC during normal tidal breathing, the non-MRI study of
the nitrogen wash-out technique was performed as per guidelines'*. Briefly, participants were
situated in front of two mouthpiece’s and instructed to breath at normal tidal volume. Importantly,
prior to initiating each maneuver, participant tidal breathing nitrogen concentration was confirmed
to be at baseline level (~78%) to ensure no “spill over” from repeat maneuvers. Once stability of
tidal breathing was reached, participants were instructed to inhale through the mouthpiece that is
outputting 100% oxygen and exhale through the outtake mouthpiece, while maintaining tidal
breathing and performing multiple breaths. The volume of nitrogen exhaled as well as the
concentration of nitrogen within each exhaled breath are measured, with FRC calculated as the
difference between nitrogen volume exhaled and nitrogen volume within the tissue, divided by the

difference in nitrogen concentrations within expelled air before the washout and at the last breath
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of the test. The test was terminated when the expired gas contained less than 1.5% nitrogen for

three consecutive breathes.
The lung cross-sectional areas from real-time gradient-echo images was measured over the

24-minute study duration, with extraction of minimum lung areas over 55 second intervals to

capture the FRC respiratory phase. Right and Left lung areas were summed for each slice.
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Figure 2.1: (4) Location of the 10 binned lung regions containing coronal slices in the chest-to-
back direction for regional analysis of the lung parenchyma with an equal number of slices in
each bin. (B) One sample coronal slice (position shown as yellow dashed line in (4)) and the

corresponding segmentation mask show the five segmented regions including the reference tissue
outside of the lungs, parenchyma in the right and left lungs and the vascular pool in the right

and left lungs. (C) Coronal slices from chest to back (every second slice) showing the five
segmented regions.
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2.2.4: Regional Lung Analysis

The predominant spatial variation in lung water content is in the chest-to-back

direction6-20-97

with uniform distributions expected in the head-to-foot and right-to-left
directions®. In order to calculate chest-to-back gradients and their trends over time, the 3D images
were grouped into 10 equally sized bins with coronal slice orientations (Fig. 2.1A). Each bin
contained the same number of coronal slices, with bin 1 representing the slices closest to the chest
and bin 10 closest to the back. The average rLWD was calculated from all lung pixels (parenchyma

plus vascular) within each bin of slices and also for just the parenchyma. The slices within each

bin were re-calculated for each time point to account for changes in total lung volume over time.

2.3: Results

The average time from the supine body positioning to the completion of the first imaging
time-point was 3:54+0:26 min, with an increment of 1:16 minutes between each subsequent time-
point for an average total study time of 25:24+0:25 min. All grouped results are reported using
the mean time for the first time point to define a common time-axis for all subjects. Representative
images at FRC (minimum lung volume) and FRC+TV (maximum lung volume) show typical
normalized images and segmented lung regions (Fig. 2.2). Sample FRC images for all subjects are

provided in Fig. 2.13 (end of chapter).
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Figure 2.2: Sample chest-to-back coronal slices from a free-breathing Yarnball acquisition. (A)
Normalized images reconstructed at FRC (functional residual capacity, minimum lung volume).
(B) Images from (A) including the lung segmentation. (C) Normalized images reconstructed at
FRC+TV (maximum lung volume = FRC + tidal volume). (D) Images from (C) including the
lung segmentation. 8 of 120 coronal slices are shown.
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2.3.1: Lung Water Density and Volume Changes at FRC

At FRC, there was a statistically significant increase in global rLWD (parenchyma plus
vascular) over time (31.8+£5.5% at t = 3:54 min vs 34.8+6.8% at t = 25:24 min, p=0.001), with an
increase in rLWD for all 9 subjects. There was a statistically significant decrease in total lung
volume over time (2.39+0.62 L at t = 3:54 min vs 2.13+£0.63 L at t = 25:24 min, p<0.001), with a
decrease in volume for all 9 subjects. There was a statistically significant decrease in total lung
water volume (730£125 mL at t = 3:54 min vs 706+126 mL at t = 25:24 min, p=0.028), with a
decrease in total lung water volume in 6 of the 9 subjects. Vascular water volumes did not change
significantly over time (112+28 mL at t =3:54 min vs 121+£27 mL at t=25:24, p=0.077). Starting
and final values for (LWD, lung volume, lung water volume and vascular water volume at the FRC
respiratory phase for all 9 subjects are shown in Table 2.1. rLWD values in the parenchyma region

(i.e. excluding the vascular region) are summarized in Table 2.2.

Table 2.1 Lung Volumes and Water Content at FRC (Functional Residual Capacity)

Lung Water Volume Vascular Water
rLWD (%) Lung Volume (L) (mlL) Volume (mL)
Subject | Start End Change | Start End Change | Start End Change | Start End Change
1 303 31.0 0.68 2.63 246 -0.17 794 761 -34 142 141 -1
279 297 1.71 351 331 -0.20 977 977 1 150 160 11

355 41.0 5.52 1.68 1.38 -0.31 588 554 -35 100 102 2
43.5 49.7 6.21 1.71  1.42 -0.29 736 693 -43 87 128 41
275 302 2.75 278 241 -0.36 759 724 -34 105 114 9
26.2  28.6 242 2.68 250 -0.19 697 709 12 92 98 6
35,5 37.1 1.58 1.87 1.65 -0.21 657 605 -52 115 115 1
29.7 324 2.72 1.90 1.80 -0.10 564 583 19 73 75 2
29.6  33.1 3.46 272 228 -0.44 801 751 -50 145 152 7

9

o 0 9 SN N AW N

Mean | 31.8 34.8* 3.01 239 213* -0.25 730  706* -24 112 121
STD 55 6.8 1.82 0.62 0.63 0.11 125 126 27 28 27 13

rLWD, Lung water density; *values are significantly different from the first time point (Start) to the last time point

(End), p<0.05.
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Table 2.2 Lung Volumes and Water Content at FRC (Functional Residual Capacity), Lung
Parenchyma Only

rLWD (%) Lung Volume (L) Lung Water Volume (mlL)
Subject Start End Change Start End Change Start End Change

1 27.5 28.0 0.50 2.38 2.22 -0.16 652 619 -33

2 25.7 27.2 1.47 3.22 3.01 -0.20 824 815 -9

3 324 37.5 5.01 1.51 1.22 -0.29 484 451 -33

4 41.4 46.0 4.6 1.58 1.25 -0.34 649 566 -84

5 25.5 27.8 2.34 2.57 2.21 -0.37 652 610 -41

6 243 26.5 2.25 2.50 2.31 -0.19 605 610 4

7 32.5 33.7 1.22 1.68 1.47 -0.21 541 490 -51

8 27.8 30.4 2.65 1.77 1.67 -0.10 490 506 16

9 26.8 29.6 2.80 2.46 2.03 -0.43 659 599 -60
Mean 29.3 31.9*% 2.54 2.19 1.93* -0.25 617 585* -32
STD 54 6.4 1.50 0.58 0.59 0.11 105 106 32

rLWD, Lung water density; *values are significantly different from the first time point (Start) to the last time point

(End), p<0.05.

Relative changes in average rLWD, lung volume and whole lung water volume for all time points,
relative to the first time point, show the time-course up to the 25-minute time point (Fig. 2.3, FRC
respiratory phase). The average rLWD, relative to first time point, had a logarithmic growth
pattern with a total increase of ~9% while total lung volume decreased by ~11% with a similar
pattern over time (Figs. 2.3A and B). Total water volume decreased by ~3% over the 25-minute
interval (Fig. 2.3C). rfLWD and lung volumes did not achieve steady-state values by the 25-minute
time point. All time-course data shows the average values for all participants with error bars for

the standard deviation of the mean of each subject.
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Figure 2.3: Fractional change over time for (A) whole lung average rLWD (B) total lung volume
and (C) total lung water volume at FRC (functional residual capacity, minimum lung volume),
following supine body positioning. All values are normalized to the first time point. Plots begin
at time = 3:54 minutes to account for subject set-up time and time to complete first scan.
Average values for all participants are shown with error bars for standard deviation of the
mean.

The average regional rLWD in all 10 chest-to-back bins show an increase in lung water
density over time with an expected chest-to-back gradient at the first time point 9baseline), with
~20% rLWD for the chest and ~40% rLWD at the back (Fig. 2.4A). Sample axial images are seen
in Fig. 2.5, giving a visual depiction of the characteristic chest-to-back gradient. The absolute
increase in t(LWD over time was uniform from chest to mid-lung (bins 1 to 6), all with an increase
of ~1.5%, with larger absolute increases of ~5% towards the back, increasing from 40% to 45%
by 25 minutes after supine positioning (Fig. 2.4B). Volume changes in the 10 chest-to-back bins
showed a similar pattern as rLWD, with larger changes towards the back (Fig. 2.6). Similar results

were found at the FRC+TV respiratory phase (not shown).
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Figure 2.4: (4) Absolute rLWD (average of all nine subjects) after supine body positioning in
the 10 binned regions from chest (bin 1) to back (bin 10), as shown in Fig 2.1. (B) The change in
absolute rLWD from the first time point in the 10 binned regions. All results are for images
reconstructed at functional residual capacity.

58



| Visu‘alizatiqn of the Ches_t-to-Bapk Grqdient, FRC |

] (] ] 30 I L] [0} il §
Slice # (Coronal Direction)

Figure 2.5: (A) Sample normalized image with axial view (axial slice 65 of 143, taken at FRC).
(B) Same subject, same time point, sagittal view (sagittal slice 55 of 159, taken at FRC). (C)
Calculated rLWD% of subject in (A) and (B) in each coronal slice (71 slices within the lung

parenchyma mask).
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Figure 2.6: The change in absolute lung volume from the first time point in the 10 binned
regions. All results are for images reconstructed at functional residual capacity.

The reduction in lung volumes over time following supine body positioning was confirmed
using the real-time gradient-echo images. Representative images early (1 minute) and late post-
positioning (20 minutes) illustrate the reduction in lung volume (Fig. 2.7A). The relative change
in lung area over the 24 minutes following supine positioning show an average volume decrease

of ~10% across the three subjects with similar results for all three slices (Fig. 2.7B).
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Figure 2.7:(A) Sample real-time gradient echo images at FRC at 1 minute and 20 minutes
following supine body positioning illustrate the reduction in lung area over time. The same red
outline of the lungs is shown at both time points. (B) The average relative lung areas from the
three subjects are shown as a function of time after supine body positioning for three coronal
slices. The average of the FRC areas over a 55 second interval are used to represent FRC at each

time point.
2.3.2: Lung Water Density and Volume Changes at FRC + TV

At FRC+TV, there was a statistically significant increase in average rLWD over time
(26.6+£3.2% at t = 3:54 min vs 28.9+2.8% at t = 25:24 min, p = 0.005), with an increase in average

rLWD over time in 7 of 8 subjects (one of the 9 subjects had image artifacts at the FRC+TV

respiratory phase, and thus was excluded from FRC+TV calculations). There was a statistically
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significant decrease in total lung volume over time (2.94+0.63 L at t = 3:54 min vs 2.61 £0.64 L
att=25:24 min, p<0.001), with a decrease for all subjects. Total lung water volume did not change
significantly over time (767+122 mL at t = 3:54 min vs 736137 mL at t = 25:24, p = 0.088).
Vascular water volumes did not change significantly over time (10730 mL at t = 3:54 vs 113429
mL at t = 25:24 min, p = 0.216). Starting and final values for rLWD, lung volume, lung water
volume and vascular water volume at the FRC+TV respiratory phase are shown in Table 2.3.

rLWD values in the parenchyma region are summarized in Table 2.4.

Table 2.3 Lung Volumes and Water Content at FRC+TV (Functional Residual Capacity + Tidal

Volume)
Lung Water Volume Vascular Water
rLWD (%) Lung Volume (L) (mlL) Volume (mL)
Subject | Start End Change | Start End Change | Start End Change | Start End Change
1 258 277 1.86 322 287 -0.34 828 793 -35 137 131 -6
2 253  27.0 1.68 395 374 -0.21 996 1006 10 135 147 11
3 323 349 2.60 2.06 1.63 -0.43 659 564 -94 79 98 19
5 23.8 283 4.44 330 276 -0.54 782 775 -7 105 91 -14
6 244 256 1.26 3.02 287 -0.15 730 730 0 88 100 12
7 312 30.6 -0.55 240 2.15 -0.24 741 653 -88 84 113 29
8 252 294 4.19 234 2.07 -0.28 588 605 17 74 72 -3
9 249 2738 2.93 327 276 -0.51 811 765 -46 151 155 4
Mean | 26.6 28.9%  2.30 294 2.61*% -0.34 767 736 -30 107 113 7
STD 3.2 2.8 1.62 0.63 0.64 0.14 122 137 43 30 29 14

rLWD, Lung water density; *values are significantly different from the first time point (Start) to the last time point

(End), p<0.05.
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Table 2.4 Lung Volumes and Water Content at FRC+TV (Functional Residual Capacity + Tidal

Volume), Lung Parenchyma Only

rLWD (%) Lung Volume (L) Lung Water Volume (mlL)
Subject Start End Change Start End Change Start End Change
1 23.5 25.2 1.75 2.95 2.63 -0.32 689 660 -28
2 23.5 25.0 1.46 3.67 3.45 -0.22 858 859 1
3 303 31.9 1.57 1.92 1.47 -0.45 577 465 -112
5 22.0 26.5 4.48 3.08 2.59 -0.50 675 683 8
6 22.7 23.7 1.01 2.84 2.66 -0.17 641 628 -12
7 29.3 27.8 -1.49 2.25 1.95 -0.30 655 538 -117
8 23.4 27.6 4.19 2.20 1.93 -0.26 513 532 19
9 223 24.7 241 2.97 2.48 -0.50 660 609 -52
Mean 24.6 26.6* 1.90 2.73 2.4%* -0.34 658 622 -37
STD 3.3 2.6 1.90 0.57 0.60 0.13 99 120 53

rLWD, Lung water density; *values are significantly different from the first time point (Start) to the last time point

(End), p<0.05.

Changes in average rLWD, lung volume and whole lung water volume for all time points,

relative to the first time point, show the time-course up to the 25-minute time point for the

FRCHTYV respiratory phase (Fig. 2.8). The normalized average rLWD had a logarithmic growth

pattern with a total increase of ~10% while total lung volume decreased by ~12% with a similar

pattern over time (Figs. 2.8A and B). Total water volume decreased by ~3% over the 25-minute

interval (Fig. 2.8C). Over 95% of the change in rLWD and lung volumes was completed by 18 of

the 25-minute time course.
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Figure 2.8: Fractional change over time for (A) whole lung average rLWD (B) total lung

volume and (C) total lung water volume at FRC+TV (maximum lung volume = FRC + tidal
volume). All values are normalized to the first time point. Plots begin at time = 3:54 minutes to

account for subject set-up time and time to complete first scan. Average values for all

Lung volumes were significantly larger, and rLWD density values were significantly lower
at FRC+TV as compared to FRC for all time points following supine positioning (p<0.001 for all).
The lung water volume was significantly higher at the FRC+TV respiratory phase (p<0.01), by

~4%, at all time-points following supine positioning (Table 1 and 2).

Tidal volume, or the change in lung volume over a respiratory cycle, decreased
significantly over time after supine positioning (474+89 mL at t = 3:54 vs 382491 mL at t = 25:24,
p = 0.018) as shown in Fig. 2.9. There were no significant changes in breathing rate over time,

with average values of 13.3 & 3.3 breaths per minute over the full study duration and less than 1

breath per minute change over time.
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Figure 2.9: (4) Lung volumes at FRC (functional residual capacity, minimum volume over the
respiratory cycle) and FRC+TV (functional residual capacity plus tidal volume, maximum
volume over the respiratory cycle) for the 25 minutes following supine body positioning. Average
values from all subjects are shown. (B) Tidal volumes (mean + standard deviation) for the 25
minutes following supine body positioning. Average values for all participants are shown with
error bars for standard deviation of the mean.

Bland and Altman plots display the percentage difference in rTLWD, lung volume and
lung water volumes between time-steps 17 and 18 for all subjects, and FRC and FRC+TV
respiratory phases (Fig. 2.10). ICC>0.99 for comparisons.
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Figure 2.10: Bland and Altman plots show the percentage difference in rLWD, lung volume and
lung water volumes between the repeated scans at time-point 17 and time-point 18 at FRC
(functional residual capacity) and FRC+TV (FRC + tidal volume) respiratory phases. [CC>(0.99
for all cases.

In additional studies, changes in fLWD, lung volume and total water volume following a
total lung capacity inspiration breath-hold followed the same pattern as was observed following
supine body positioning (Fig. 2.11). In particular, ~10% increase in rLWD was observed over 15

minutes after the breath-hold with a corresponding decrease in lung volume over the same interval.
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Figure 2.11: Fractional change over time for A) whole lung average rLWD B) total lung
volume and C) total lung water volume at FRC, following supine body positioning and sub-
sequentially following a total lung capacity (end-inspiration) breath-hold (sub-group of 3
participants). All values are normalized to the first time point with a total of 11 time-points over
15 minutes after supine positioning and after the breath-hold maneuver. Average values for all
participants are shown with error bars for standard deviation of the mean.

Nitrogen washout studies further confirmed the MRI-derived changes in lung volume

following supine body position with similar time-course and magnitude of volume changes (Fig.

2.12). Lung volumes decreased 27+6% from upright to the first supine time point (not shown in

Fig. 2.12) with an additional ~12% over time from the onset of supine positioning.

67



)
= "
D AN @ Nitrogen Washout
®) L A T M
2 KT+ * MRI
®© 595! Tk T |
: 0.95 “‘ .
o -
j =da
; 09 B el |
) Tk
-
© ——
e I !
- 4
< 0.85 ' | A |
0 3) 10 15 20 25 30

Time After Supine Positioning (minutes)

Figure 2.12: Relative changes in lung volume at FRC measured with the nitrogen
washout (red) method in three participants as a function of time following supine body
positioning. There was an immediate 27 + 6% drop in lung volumes from upright to supine
positioning (not shown). The nitrogen washout method showed good agreement in changes in
lung volume over time with the findings of UTE YB.

2.4: Discussion

An efficient Yarnball k-space trajectory enabled relatively short scan times of 74 seconds
per time point, with free-breathing acquisitions and 3D image reconstructions at minimum and
maximum lung volumes with tidal breathing. The current study illustrated a dynamic increase in
global lung water density (rLWD) following supine body positioning that approached but did not
reach steady-state after 25 minutes, with a 9-10% relative increase in water density following a
logarithmic pattern over time. The increased water density was primarily the result of an
underlying decrease in total lung volume over time, during restful tidal breathing, and thus an

increase in parenchyma tissue density but not a net movement of water into the lungs. In particular,
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despite the increased rLWD, the global water volume was shown to decrease slightly over the 25-
minute window following supine positioning. The expected increase in total thoracic blood volume

with supine positioning!®!!46:47.92

was not observed within the lungs, or may have occurred prior
to the first imaging time-point at ~4 minutes after the change in body position. Breathing rates did
not vary but tidal volumes dropped significantly over time following supine body positioning. The
temporal evolution of each parameter (rLWD, lung volume, lung water volume, vascular water
volume) was similar at minimum lung volume (FRC) and maximum lung volume (FRC+TV) with

tidal breathing.

The decrease in lung volume following supine body positioning was validated using a
nitrogen washout study, confirming the time course and magnitude of the volume changes at FRC
(~12% change over 30 minutes). These slow changes followed the large drop in lung volume of
~27% from upright to the first supine data point, which was expected?***1%_ The decrease in lung
volume following supine body positioning was further validated using a separate real-time imaging
approach which illustrated a similar time course and magnitude of changes (10% reduction).
Additional serial MRI experiments following a large inspiratory breath-hold at total lung capacity
also confirmed the relatively slow dynamic reduction in lung volume and the associate increase in
rLWD following large changes in lung volume (in this case, an end-inspiration breath-hold),

suggesting relaxation of the respiratory muscles as a potential mechanism.

The reduction in lung volumes and tidal volumes from sitting to supine body position, in

d24, 100

steady state conditions, are expecte . While the majority of lung volume reduction likely

takes place immediately when laying down, with the change in body position relative to

gravity”s%

, the current study shows that volumes continue to drop for tens of minutes following
supine positioning, with direct effects on lung water density. In contrast, the majority of the gravity
effects on the chest-to-back water density is completed prior to our earliest time point at ~4
minutes. In particular, all time-points following supine body positioning showed a similar
characteristic chest-to-back gradient in water density (Fig. 2.4A), or the so-called slinky effect
whereby the dependent lung regions (lowest in relation to gravity) are relatively compressed’.
Regional analyses showed that the absolute change in rLWD over time was larger at the back as

compared to chest and mid-lung positions, which is most likely due to the higher water content at
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the back as opposed to a shift of water to the back. Future studies will require higher temporal
resolution and earlier starting points following supine positioning to capture the dynamics of the
direct effects of gravity on lung water density. A majority of the time required before the first time
point was acquired was spent setting the chest coil into place on the subject’s chest and properly
localizing the scanner so that the whole torso is within the full FOV. Future studies could explore
methods to reduce the delay to the initial time point such as acquiring a localization scan on a
subject and sequentially removing them from the scanner, returning them to upright steady-state,
and having them return to approximately the same location on the scanner bed, thus eliminating

the time required to localize the subject.

A recent study of rLWD imaging study at 0.55T showed no significant changes in water
density over time with changes between supine and prone body positioning, with 4 image volumes
acquired over 10 minutes (2.5 minutes per image set), starting 6 minutes after positioning.®
However, the timing from the upright to supine positioning was not directly reported and thus the
larger volume changes that occur at the earlier time points following this particular positional

change may not have been captured.

A small reduction in total lung water volume following supine positioning was measured
in the current study but lung volume and inflation were shown to be the predominant physical
factors with potential to strongly affect rLWD values following patient positioning. Longer and
thus necessarily free-breathing studies, with some form of respiratory navigator, are commonly
used for lung imaging in order to achieve the targeted spatial resolutions and sufficient signal to
noise ratios, and thus image reconstruction at FRC is routine. The use of free-breathing
acquisitions and reconstruction at FRC minimizes the dependence of lung volumes, and thus water
density, on patient compliance. However, the observed reduction of FRC by ~10% over 25
minutes, with a corresponding increase in rLWD, indicates that the timing of the lung water density
measurements should be considered, ideally with scans taking place later in the MRI exam if
possible, or at the same time following positioning on the patient table. An end-inspiration breath-
hold was shown to have a similar effect on lung volumes with a relatively long recovery of FRC
volumes with tidal breathing following a single breath-hold again highlighting the variability of

lung volumes even during resting breathing.
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At the final study time-point, the FRC+TV volumes were ~18% larger than FRC (2.61 L
versus 2.13 L), with a correspondingly lower rLWD of 28.9% at FRC+TV versus 34.8% at FRC
(i.e. a 17% reduction in tfLWD). These findings agree with the expected linear relationship
between lung volume and water density!’!, and highlight the extreme sensitivity of rLWD to the
highly variable physiologic parameter of lung inflation. Breath-hold duration measurement of
rLWD is also possible’, but may be prone to larger variations in volume and thus larger variations
in r(LWD due to the subject-controlled breath-hold positioning and thus lung volume. Image
registration has been shown to enable calculation of the Jacobian which can be used to correct the
changes in rLWD with changes in lung inflation®. This approach has potential to detect changes in

rLWD independent of lung inflation in an individual.

Limitations

The current study has several limitations. First, the use of all of the solid tissues
surrounding the lungs as a signal reference will be prone to systematic errors, in particular, in cases
of fluid accumulation in the reference tissues (e.g. heart failure, kidney failure) or fat accumulation,
which would lead to underestimation of (LWD. rLWD and water volumes reported in the current
study are calculated relative to the reference tissues (which are themselves 70-80% water
content”? 81:192) 5o overestimate the true densities and volumes. There are partial volume errors
for the lung tissue regions with no discrimination of vascular and extravascular pools with only
the largest blood vessels being visible. All measured values within the lungs (rLWD, volumes and
water volumes) will depend on the machine learning masks used to identify parenchyma and
vascular spaces, and could thus be a source of systematic errors. Corrections for coil shading
effects (normalization) have not been validated in the chest to back direction and may be prone
systematic errors in calculated of the chest to back rLWD gradient. The maximum lung volume
over the respiratory cycle, FRC+TV, was approximated to occur at a respiratory phase of 50%
which may underestimate the true maximum value if the peak volumes occur at an earlier or later
phase. Finally, the study design included imaging to 25 minutes following supine body positioning

which unfortunately was not sufficient to achieve steady state in lung volumes or rLWD.
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2.5 Conclusions

Lung water density increases significantly over tens of minutes following supine body
positioning (~9% relative increase) as a consequence of corresponding reductions in lung volume.
The total volume of lung water is slightly reduced (~3% change). A rLWD% chest-to-back
gradient was established before the first time point (<4 minutes), and became more pronounced
over time after assuming supine positioning. Valuation of global and regional rLWD should take
lung volumes and time after supine positioning into consideration in order to avoid significant bias

of water density.
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Chapter 3: Discussion

3.1: Future Direction of Dynamic Lung Water Density

With new MRI ideas and technologies giving rise to high-quality and quantifiable lung
images, the ability to delve into the specific relationships and dynamics between LWD and
known health metrics grows. As discussed in the introduction, elevated levels of LWD is closely
related to pulmonary edema and poor health outcomes in heart failure patients> . These
previously observed relationships, however, did not take into consideration any time-course
changes in global or regional LWD after supine positioning, and the correlations are largely
measured in end-expiration (breath-hold) procedures. It is currently unknown if there is a
relationship between health outcomes and irregular patterns in the dynamic changes in LWD
during free-breathing experiments. For instance: Could delayed or eliminated formation of the
characteristic chest-to-back LWD gradient be indicative of cardiogenic PE vs. non-cardiogenic
PE? If instead a significant reduction in global LWD was seen in a patient, could there a be a
correlation to a clinical significant diagnosis (e.g. Pneumothorax'%%). Is there a ceiling to the
expected increase in LWD over time before a clinically significant correlation can be made (e.g.
Pneumonia'® or Asthma'%®)? Do patients suffering from long term respiratory problems such as
ARDS have different patterns in dynamic changes in LWD and lung volumes? All of the above
questions remain unstudied to date, but can be addressed knowing the expected dynamic patterns

for a healthy person that are outlined in this study.

A major indicator of heart failure is a reduced exercise tolerance, and has been associated
with increased LWD at rest!. A recent study performed by Seeman et al. (2023)!% is the first
lung MRI study to bring light to potential differences in dynamic responses of LWD over time
during and after vigorous exercise between healthy subjects and heart failure patients. It was
shown that heart failure patients have a slower than expected lung water accumulation rate

during exercise, and a slower lung water clearance rate post-exercise during rest, suggesting that

73



monitoring time-course changes of lung water accumulation/clearance (and the subsequent
changes in LWD that this would bring) during quantifiable lung MRI could be useful as a
clinical parameter in characterization of potential heart failure patients. This study notes that the
potential clinical findings serve only as a proof-of-concept due to low sample size of heart failure
patients (n=2) and issues regarding image blurring and artifact-heavy ECG signals caused by
excessive motion during exercise!%. Further exploration into this topic as a clinical tool is clearly
warranted, with a potential for the naturally occurring rise in LWD over time at rest noted in this
study being referenced when examining the degree to which LWD accumulates over time during

exercise.

3.2: Limitations

The major limitation within this study is the dependence upon the assumption that the
reference tissue (skeletal muscle, liver, blood, myocardium) will always maintain at 70-80% lung
water density. Thus our reported relative lung water density values (rLWD) are not absolute and
the true water density is unknown. These evaluations of reference tissue density often do not
delve into potential differences in density when disease such as pulmonary edema or heart failure
is present. It is possible that in the presence of these diseases, an increase in water density in the
reference tissues might be seen, causing systemic errors in the calculation of LWD. It is also
noted here that the normalization process used does not directly measure B1 transmit/sensitivity
field inhomogeneity, but rather estimates a minimum error normalization map that serves as an
approximation for this field inhomogeneity. Though it would add time to complete each
complete scan, future studies could prove more accurate results should they employ methods that
could potentially provide a more accurate representation of “true” water density (such as
performing fat imaging to generate a water density reference map) or B1 field mapping (such as

double angle HASTE imaging, as is used in quantitative cardiovascular MRI).

74



As previously mentioned, SNR is not directly measured in this study, but acquired
images are assumed as good SNR (> 10) due to the similarity in imaging procedure and resulting
rLWD% calculations as Meadus et al (2021)°. Theoretically, the optimization process should
have resulted in an increase in SNR when compared to the sequence used by Meadus et al,
however, this cannot be stated with full certainty. Further attempts to optimize a YB sequence
for lung MRI should consider adding a pre-scan image for the purposes of measuring noise and

SNR.

The characteristic chest-to-back gradient was already established by the time the first YB
scan was completed (~4 minutes). It cannot be stated for certainty then how long it takes for the
gradient to appear. The subsequent validation GRE test would likely would have been fast
enough to capture the formation of the gradient at 300 ms/image, however, the image quality and
2D nature of the images does not allow for regional rLWD% calculations to be done with any
level of accuracy. The dramatic decrease in initial volumes immediately seen in the GRE testing
would suggest that the formation of the gradient also occurs quite rapidly, likely in the range of a

few seconds after supine positioning is assumed, however, this cannot be confirmed at this time.

The steady-state evolution of LWD and lung volume after supine positioning was not
reached in this study. The increase in LWD and the decrease in lung volumes both appeared to
be slowing greatly; time step 17-18 showed significantly smaller changes than time step 1-2 in
both parameters, suggesting that by 25 minutes the lungs were approaching steady-state. Further
studies that measure LWD and lung volumes for longer periods of time (likely 45 minutes — 1
hour) would be required to definitively say how long it typically takes a healthy individual to

reach steady state after supine positioning is assumed.

3.3: Conclusions

An optimized version of a UTE YB MRI with machine learning lung segmentation
showed excellent ability to provide 3D isotropic, respiratory resolved images in a free-breathing

environment with accurate evaluation of lung volumes, lung water content and rLWD% both
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globally and regionally. It was found that after supine positioning has occurred, global lung
water volume and tidal volume decreased significantly, global lung water content remains
constant, and r[LWD% increases significantly over time. Larger decreases in lung volume and
increases in rLWD% occur towards the back of the lungs than towards the chest. There is not an
overall influx of water content into the lungs over time, and vascular blood volume remains
relatively constant. The formation of the chest to back gradient in water density happen soon
after supine positioning occurs (seconds), with additional global and regional changes evolving

over tens of minutes, making the water density in the lungs a dynamic and complex feature.

As LWD becomes studied more closely as a clinical tool, important consideration needs
to be placed into the timing of acquired images. Attempting to compare lung images acquired
immediately after supine positioning vs. images acquired tens of minutes after supine positioning

will introduce significant error into the results.
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