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A Quantitative Manganese-Enhanced MRI Method for In Vivo Assessment of

L-type Calcium Channel Activity in Heart

Abstract

by
WEN LI

Ca®* cycling between the cellular and subcellular compartments plays an important
role in regulating cardiac contraction. Disturbance in Ca®* handling occurs in heart failure
and is closely related to abnormal contractile performance. The influx of extracellular Ca*
through L-type calcium channel is the trigger and a key player in the Ca** cycling process.
However, there are limited ways to measure it in vivo. Recently, manganese (Mn®")-
enhanced MRI (MEMRI) has been proposed as a promising probe to assess Ca?* uptake
because Mn** also enters the cell through the Ca®* channels. However, quantitative analysis
and substantial validation are still lacking, which has limited the application of MEMRI as an
in vivo method for quantitative delineation of the Ca?* influx rate.

In the current thesis project, a quantitative MEMRI method was developed and
validated using small animal models. The sensitivity to subtle alterations in Ca** influx rate
was demonstrated in a qualitative MEMRI study using a genetically manipulated mouse
model that manifested slightly altered L-type Ca** channel activity. To provide quantitative
estimation of Mn?* dynamics, fast T, mapping techniques were developed based on the direct
linear relationship between Mn?* concentration and proton R;. An ECG-triggered saturation

recovery Look-Locker (SRLL) method and a model-based compressed sensing method was
11



developed and validated, respectively. When these two methods were combined, rapid T;
mapping (< 80s) of both myocardium and blood were achieved at high spatial resolution
(234x469 um®). Subsequently, a kinetic model was developed to determine Ca?* influx rate
from the quantitative MEMRI measurements. The robustness and accuracy of estimated
Ca®" influx rate was validated using perfusion MEMRI datasets with L-type Ca’* channel
activity well controlled by buffer ingredients.

In conclusion, the accomplishment of this project provides a robust MEMRI method
for in vivo quantification of L-type Ca®* channel activity in small animals. It can improve the
diagnosis and treatment evaluation of diseases that involve abnormal Ca?* influx rate, e.g.,
hypertension. The fast T; mapping methods developed in the current study can also be
readily applied to other dynamic contrast enhanced MRI studies to provide quantitative

estimation of contrast agent accumulation.

12



Chapter 1 Introduction

1.1  Excitation-Contraction Coupling and Calcium (Ca?") Cycling

Cardiac contraction plays a critical role in our life by pumping blood throughout the
body. The mechanical contraction is mediated by a series of electrical stimulus, a
physiological process often referred to as excitation-contraction (EC) coupling (1). Calcium
ion (Ca?*) cycling between various cellular and subcellular compartments is central to EC
coupling (Fig. 1.1). Specifically, cardiac cycle is initiated by a flux of Ca?* from
extracellular space into cell through the voltage gated L-type Ca?* channel. This Ca?* entry
stimulates a larger Ca** release from the sarcoplasmic reticulum through the ryanodine
receptor, a process often referred to as Ca**-induced Ca®* release. The resulting increase in
cytosolic Ca?* leads to the binding of Ca’* to tropnin C that induces cross-bridge cycling and
muscle contraction. After the contraction, cytosolic Ca** is quickly cleared out to allow
diastolic relaxation. The cellular uptake and removal of Ca®* must be balanced to maintain
Ca** homeostasis. Disturbance in Ca®* handling may lead to altered cytosolic Ca®*
concentration, which are often related to the pathological performance of the heart (2, 3).

Currently, in vivo evaluation of Ca’* cycling remains a challenge mainly because of
the following reasons (4). First, the amount of Ca’* which enters and leaves the cell is
extremely small when compared to the amount of extracellular Ca?* available. Second, the
Ca®* fluxes only occur for a very short amount of time. Currently, whole cell patch clamp
technique allows in vitro assessment of Ca’" fluxes in isolated cells (5). However, an

established method for in vivo measurement is still lacking.
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Figurel.1 Ca2+ cycling in myocyte. From Bers, Nature 2002;415:198

Manganese-Enhanced MRI

Manganese ion (Mn?*), a potent MRI contrast agent, has been suggested as a

promising surrogate to evaluate Ca®* cycling in vivo (4-7). Up to date, most manganese-
enhanced MRI (MEMRI) studies focused on the evaluation of Ca®* influx through the voltage
gated L-type Ca®* channels because the influx rate of Mn®" has a linear relationship to that of
Ca®" when low Mn?* dose was injected (4, 8). Recently, MEMRI was also employed to
study Ca®* efflux through the sodium (Na')/Ca®* exchanger (7). However, complete
elucidation of the Mn?* efflux mechanism remains lacking, which limits the use of MEMRI

for reliable estimation of Ca®* efflux. Therefore, in the current project, we focused on the
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development and validation of an in vivo MEMRI method to quantitatively delineate the

influx rate of Ca®* through the L-type Ca®* channel.

1.2.1  Mn*' — A Potent MRI Contrast Agent

As the first MRI contrast agent, Mn®* was discovered by Paul Lauterbur in the 1970s
(9). It is paramagnetic, with positive susceptibility and unpaired electron. The unpaired
electron generates a strong local magnetic dipole moment that is normally three orders of
magnitude larger than that of protons (10). This greatly increases the energy release rate
(longitudinal relaxation time constant, T;) of the surrounding excited water protons (11).
The strong local field also increases the variations of the accumulated phases of surrounding
water protons, which leads to reduced transverse relaxation time constant, To.

In the early days, Mn*" was used to study macromolecular structure with NMR via its
binding to nucleic acids or proteins (12, 13). It was also used to quantify water exchange rate
through the cell membrane (14). However, the toxicity of Mn®" hindered its early
development to in vivo studies, especially as T, contrast agent since it requires a high dose of
Mn?*. Recently, Mn®" regains research interests as a T contrast agent. The advancement in
MRI technology now allows the detection of Mn?* induced signal enhancements at a small
dose that does not cause any noticeable side effects (15, 16).

Currently, MEMRI is primarily applied for the following uses. The first use is to
trace specific neuronal connections in the brain (17-20). The second use is to enhance the
contrast of brain images for better view of the structures (21, 22). The third use is to monitor
Ca”* channel activities since Mn®* enters and leaves cell through the same channels as Ca*
4, 7).
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1.2.2 MEMRI - In Vivo Probe of Ca®" Influx Rate

The ability of MEMRI in probing Ca** channel activity stems from the analogue
behavior of Mn** to Ca®* in physiological system. Specifically, Mn*" has very similar
physical and chemical characteristics as Ca**. The radius of Mn?* (67 pm) is close to that of
Ca”** (100 pm) (23). The most stable forms of manganese and calcium are both divalent.
Therefore, Mn?* enters excitable cells via the same voltage gated L-type Ca** channels as
Ca®* (24). Once inside the cell, Mn®" has a high affinity to the Ca** and Mg** binding sites
on proteins and nucleic acids (25). Thus, the intracellular retention time of Mn*" can be
hours under in vivo condition (4). As such, the accumulation rate of intracellular Mn** can
be measured to indirectly evaluate the activity of L-type Ca?* channels (6, 26-29).

An important assumption of the above approach is that the influx rate of Mn®" is
linearly related to the activity of L-type Ca** channels. With a low injection dose of Mn?*,
such assumption is satisfied in most current MEMRI studies. The extracellular concentration
of Mn2+ (~ 30uM) (8, 30, 31) is significantly smaller than that of Ca®* (~ mM) (32).
Therefore, the disturbance from Mn?* influx to L-type Ca** channel activity can be neglected.

Recently, MEMRI is increasingly used in research to study Ca’* channel activities.
Its safety and efficacy was thoroughly evaluated in both ex vivo and in vivo studies using rats
(33), guinea pigs (34), mice (6) and human (8, 35). Apparent signal changes were observed
with the use of Mn?* doses that did not cause any neurological disorders or cardiac
depressions. In addition, MEMRI exhibited a high sensitivity to Ca®* influx alterations
induced by inotropic states (36), ischemia (26) and myocardial infarction (37). However,
these observations only provided qualitative estimations of the Ca*" influx rate because the

track of Mn** dynamics was based on T;-weighted signal intensities. The Ti-weighted signal
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intensities are inevitably affected by other sources that are hard to predict, i.e.,
inhomogeneous By/B; field and T, distribution. Therefore, only qualitative estimation of the
Mn?* distributions can be achieved (38). Alternatively, a direct measurement of Ty, the
intrinsic tissue characteristic, would provide quantitative MEMRI analysis that is
independent of hardware imperfections and operation variations (38). However, T; mapping

normally takes a long imaging time, which limits its application in MEMRI studies.

1.3 Kinetic Modeling of Ca** Cycling using Quantitative MEMRI Measur ement

In dynamic contrast enhanced MRI (DCE-MRI) studies, kinetic models are frequently
used to quantify the transfer rates of contrast agent between different cellular compartments.
These models use mass-balance equations to describe the complex physiological processes
that contrast agent undergoes. By fitting the model to experimentally acquired data of
contrast agent dynamics, quantitative estimation of physiological parameters can be achieved
such as blood vessel permeability, blood vessel volume fractions, and extracellular volume
fractions (38, 39). The common assumption for such analysis is that the defined
compartments in which contrast agent stays do not experience any characteristics change on
the time scale of the DCE-MRI experiment. An additional assumption is that homogeneous
distribution of the contrast agent within each compartment happens immediately after the
contrast agent entering the compartment.

In DCE-MRI studies that employ gadolinium (Gd) as the contrast agent, the
compartment model that contains intravascular and extracellular spaces is widely used (40-
42). In MEMRI studies, a two-compartment model is needed since Mn®* can also cross the

cell membrane. The additional intracellular compartment increases the number of unknown
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parameters and presents higher requirement on the accuracy of the experimental data. To
date, only one MEMRI study has used such kinetic model to quantify the Ca®* influx rate in
human heart (8). However, the huge discrepancy between model fitted parameters and their
corresponding physiological conditions degrades the reliability of the model. The
inconsistency may originate from both unrealistic assumptions in the model and inaccurate
estimation of the Mn®* dynamics. Therefore, a two-compartment model with realistic

constraints needs to be developed and validated for the estimation of Ca?* influx rate.

1.4  Objectivesand Significances

To sum up the above analysis, the following problems limit the establishment of a
robust MEMRI method for quantitative assessment of cardiac Ca®" influx rate. First, an
accurate data acquisition technique is lacking. Ti-weighted signal intensity can only provide
qualitative estimation of Mn?" concentration due to the lack of a direct relationship between
signal enhancement and Mn?* concentration. Second, a realistic two-compartment model is
yet to be developed and validated. To address these challenges, the following specific aims

were proposed to fulfill the current project.

1. Validate the sensitivity of MEMRI to subtle alterations in Ca* influx at baseline state

In vivo MEMRI characterization was performed on a-dystrobrevin knockout (adbn™)
mice and their wild-type (WT) littermates. MRI-observed changes in signal enhancement
(T1-weighted images) was correlated with the changes in Ca?* influx previously measured by

in vitro patch clamp experiment. The positive results would broaden the application scope of
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MEMRI method and magnify the significance of the following efforts to make the MEMRI

method quantitative. Details are described in chapter 2.

2. Establish a rapid T, mapping method to track Mn?* dynamics in blood and
myocardium

Since Mn®" concentration is linearly related to changes in relaxation rate (R;), a fast
T: (1/R1) mapping technique was developed to track Mn?* dynamics. The linear coefficient,
also referred to as relaxivity (r1), was evaluated in solutions with a wide range of albumin
and Ca’* concentrations to simulate potential physiological variations in MEMRI experiment.

An ECG-triggered saturation recovery Look-Locker (SRLL) method was developed
for fast T; mapping of both blood and myocardium. Validation was conducted on both
phantom and in vivo mouse hearts. Accuracy of the myocardial T; measurement was
demonstrated by comparing the T; values measured by SRLL and the gold-standard
inversions recovery Look-Locker (IRLL) method. Validation for measurement of blood T;
was performed in a two-dose MEMRI experiment. The absolute Mn®* concentration was
measured by a chemical analysis method, atomic absorption spectroscopy (AAS). The
accuracy of SRLL measured blood T; was demonstrated by its consistent linear relationships
with AAS measured Mn?* concentration in both dose groups.

The accomplishment of this aim would provide a solid quantitative data acquisition
method not only for the current MEMRI study, but also for other DCE-MRI studies.
Standardized DCE-MRI protocols can be developed to improve the objectiveness and
accuracy of the analysis. Details are described in chapter 3.

3. Develop a model-based compressed sensing method to expedite T; measurement
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A model-based compressed sensing (CS) method was developed to expedite T;
mapping. Parameter optimization and reconstruction validation was performed on both
simulated phantom and in vivo mouse heart. Reconstruction errors were quantified to assess
the acceleration potential. The practical application was demonstrated in an in vivo MEMRI
experiment.

The completion of the current study would provide faster T, acquisition, which
allows more data points to be sampled during the Mn?* enhancement period and therefore
improves the accuracy of the subsequent kinetic analysis. Such gain can also be translated to
increase the spatial resolution so uptake abnormalities at finer spots can be detected. Details
are described in chapter 4.

4, Develop a kinetic model to quantify Ca®* influx rate

A two-compartment model was developed to estimate Mn?*/Ca*" influx rate constant
(ki) based on the time course of myocardial and blood T; values. Validation was conducted
on perfusion MEMRI datasets with well controlled Ca?* influx rates. The model fitted k; was
correlated with the expected Ca** influx rates to validate the robustness of the modeling and
MEMRI measurements.

The establishment of this kinetic model analysis would provide a quantitative
estimation of Ca”" influx rate and L-type Ca** channel activity that is free of the effects from
Mn%" in extracellular space and capillary. Other parameters such as efflux rate and
extracellular volume fraction can also be quantified, providing supplementary diagnosis

information. Details are described in chapter 5.
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Chapter 2 Evaluation of the Sensitivity of In Vivo MEMRI to Subtle

Alterationsin L-type Ca”" Channel Activity

21 Introduction

Excitation-contraction (EC) coupling, the process that converts electrical stimulus to
muscle contraction, is the key regulator of cardiac function. Disturbance in Ca®* handling
occurs in heart failure and is closely related to abnormal contractile performance (2). The
influx of extracellular Ca** through L-type calcium channel is the trigger and a key player in
the Ca®* cycling process. However, there are limited ways to evaluate the activity of L-type
Ca?* channel in vivo.

Manganese ion (Mn®*), a potent MRI contrast agent that enter the viable cells via the
L-type Ca** channels, has been proposed as a potential Ca®* surrogate to evaluate Ca** influx
rate in vivo (4, 43). Despite of the analogue behavior in entering the cell, Mn?* stays
intracellular for hours (4, 7, 34) while Ca®* redistributes between intra- and extracellular
spaces in each heart beat. The long intracellular retention time of Mn?* is mainly attributed
to the lack of highly efficient exit routes and the strong binding to proteins and
macromolecules (4, 34, 44). Because of its paramagnetic property, the accumulation of Mn?
would increase the relaxation rate (R;) of the surrounding water protons in a linear fashion
over a wide range of concentration (8). Thus, a non-invasive quantification of the Mn?*
influx rate can be achieved by measuring either T; or T;-weighted signal intensity. In
addition, Mn®" influx rate is approximately linear to the activity of the L-type Ca’* channels
when the extracellular concentration of free Mn®" is significantly lower than the Michaelis-

Menten constant of the Mn®* for Ca?* channels (45). Therefore, with an appropriate selection
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of Mn?* dose, manganese-enhanced MRI (MEMRI) offers a promising means to evaluate in
vivo L-type Ca®* channel activities by tracking Mn**-induced changes in relaxation.

The early development of MEMRI was hampered by the notion that overexposure to
Mn?* leads to cardiac failure as Mn?* acts as a competitor to Ca®* for the L-type calcium
channels (46). However, experimental studies showed that depression of contractility
requires a free extracellular Mn®* concentration of 25 umol/kg (34, 47-49). With the
advancement in MRI technology, significant signal changes were observed at Mn®* doses
that are far less than this in both animals (6, 33, 43) and human (8) studies. The Mn**-
induced signal changes has been shown to be sensitive to alterations in Ca®" influx rate
associated with drug-induced inotropic states (6), ischemia (26), and myocardial infarction
(29, 50). Recently, MacGowan et al also suggested that MEMRI can sensitize the changes of
Ca2+ influx associated with altered protein components in a transgenic mouse model (51).

The goal of the current study is to explore the sensitivity of MEMRI to more subtle
changes in Ca®* channel activity. The a-dystrobrevin knockout (adbn™) mice were used as
the animal model since they exhibited a small increase in currents through the L-type Ca®*
channels in our previous whole cell patch clamp studies (52). In the current study, the in vivo
MEMRI results were compared with the in vitro patch clamp measurements to demonstrate

the sensitivity of MEMRI to subtle alterations in L-type Ca?* channel activity.

2.2 Methods

2.2.1 Animal Breeding

The mouse colony was established by breeding the adbn™ mice with WT C57BL/6

mice purchased from the Jackson Laboratory (Bar Harbor, ME). Heterozygous (adbn’)
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mice were used as the breeders to generate the mutants (adbn™) and the WT littermates
(controls). MEMRI studies were performed on 4 months old male adbn” mice (n=9) and
their WT littermates (n=9) to explore the sensitivity of MEMRI to altered Ca** handling. All
procedures were approved by the Institutional Animal Care and Use Committee of the Case

Western Reserve University.

2.2.2 Animal Preparation and MnCl, Infusion Protocol

The animals were prepared as described previously (53). Briefly, mice were
anesthetized with 1% isoflurane. A catheter was inserted into the abdomen for
intraperitoneal infusion of MnCl,. The animals were then moved into the magnet in prone
position. Electrodes were attached to the front paw and left leg to obtain ECG signals. A
water balloon was tightly taped on the top of the mouse back to monitor respiration. An anal
temperature probe was inserted to record body temperature. All physiological signals were
transferred through an optical fiber to a laptop for monitoring and recording (SA Instruments
Inc., Stony Brook, NY). The animals were kept warm by blowing hot air into the magnet
using a blow dryer. The heat flow and the anesthesia level were manually adjusted to
maintain a heart rate around 500 bpm at baseline. A phantom tube filled with 20 uM MnCl,
solution was placed adjacent to the mouse body to provide reference signal. During the
imaging study, 126 mM MnClI; solution was infused at a constant rate of 0.2 ml/hr for 30 min
with the aid of a syringe pump (Braintree Scientific Inc., MA), followed by a 30 min post-

contrast period.
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2.2.3 MRI Study

Imaging study was performed on a horizontal 9.4T Bruker Biospec scanner (Bruker
Biospin Co. Billerica, MA) equipped with a 35-mm birdcage RF coil. A short-axis slice at
the midventricular level was prescribed for MEMRI studies. ECG-gated, fast low angle shot
(FLASH) images were acquired before, during, and after Mn?* infusion. Imaging parameters
were: TE, 1.9 msec; TR, R-R interval (~120 ms); trigger delay, 1 ms; flip angle, 30"; number
of averages, 6; FOV 2.5x2.5 cm?; matrix size, 128x64. Eight baseline images were acquired
prior to Mn®" injection. During the 30-min Mn?* infusion and 30-min post-contrast periods,
T:-weighted images were acquired at 1 min temporal resolution to track the kinetics of Mn?*-
induced contrast enhancement.

To assess the impact of Mn?*" on ventricular function, regular cine images were
acquired at a temporal resolution of 9 frames per cardiac cycle before and after Mn?*
injection. Imaging parameters were the same as described above except with a larger data
matrix of 128x128 and a smaller flip angle of 25". Ejection fraction (EF) was calculated by

tracing myocardial contours in the cine images using an in-house developed software (53, 54).

2.2.4 Image Processing

The MR images were analyzed using a Matlab-based software developed in our lab.
All images were first zero-filled to 128x128 to achieve a nominal resolution of 195x195 pum?®.
The left ventricular (LV) myocardium was segmented and considered as the region of
interest (ROI). The average signal intensity (SI) in the ROI was normalized to that of the
MnCl, phantom. Because of the slow Mn?* delivery associated with intraperitoneal injection,

only the last 20 min of Mn*" injection period was linearly fitted to indicate the signal
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enhancement rate. Linear regression fit was also continuously performed for every three
adjacent time points to track the dynamics of signal enhancement rate during the entire 30
min Mn?" injection period. Peak signal intensity was calculated as the average of the last ten

images during the post-contrast period since intracellular retention of Mn?* lasts for hours (4).

2.2.5 Statistical Analysis

All results were expressed as mean + standard deviation (SD). Unpaired student’s t-
test was used for intergroup comparison. A 2-tailed value of P < 0.05 was considered

statistically significant.

2.3 Results

2.3.1 Animal Characteristics and Cardiac Function

The adbn™ mice and their WT littermates have similar body weights (BW) (28.5+2.7
g and 29.0+2.1 g, p=N.S.) and therefore were subject to similar Mn?* doses of 13.3+1.3
nmol/min/g BW and 13.5+1.0 nmol/min/g BW, respectively.

The Mn?* infusion did not lead to any significant changes in cardiac function (Fig.
2.1). Heart rate remains stable during the entire Mn?* protocol (Fig. 2.1a). Specifically, for
the adbn™ mice, the heart rate before Mn?* and after infusion was 536+33 bpm and 520+32
bpm, respectively (p=N.S.). For the control mice, the heart rate was 551+29 bpm and
518426 bpm before and after Mn?* infusion, respectively (p=N.S.). Ejection fraction (EF)
was also similar in both control and adbn” mice before (65.7+5.0% and 68.6+3.2%) and after

(63.9+4.2% and 68.4+2.8%) Mn?* injection (Fig. 2.1b). In addition, there was no significant
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difference in heart rate and EF between the control and adon™ mice both before and after

Mn®" injection.
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Figure 2.1 (a) Heart rate of the control and adbn™ mice during the 30-min Mn?* infusion

and 30-min post-injection period; (b) Ejection fraction at baseline and at the end of post-
contrast period. (Error bars =1 SD.)

2.3.2 Dynamics of Contrast Enhancement

Representative T;1-weighted images of a WT mouse heart are shown in Fig. 2.2a. The
contrast enhancement was clearly visible at ~12 min of Mn*" injection. The time courses of
phantom-normalized signal intensities are shown in Fig. 2.2b. The signal enhancement in the
adbn™ mice was significantly faster than that of the controls most of the time during the Mn**
injection (Fig. 2.2c). As a result, the averaged signal enhancement rate (43.8+13.7 and
23.0£12.3 %/0.5hr) and peak signal enhancement (37.3x4.9 and 26.8£4.0 %) was
significantly greater in the adbn” mice (P<0.01) (Fig. 2.2c). For both groups, the peak signal
remained at the enhanced level during the post-contrast period, which is consistent with the

previously reported long intracellular Mn®* retention time (4, 7).
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24  Discussion

The current study demonstrated the sensitivity of MEMRI to the alterations in
calcium influx at baseline workload in a transgenic mouse model. Compared with their WT
littermates, the 42% greater signal enhancement in adbn? mice suggests an increased Mn?*
and Ca*" uptake, which was in good agreement with the increased transsarcolemmal calcium
current (l¢,) integral in our previous patch clamp measurement (52). Quantitatively, the 19 %
increase in lg, integral corresponded to a 90.4% faster signal enhancement rate observed in
the in vivo MEMRI experiments (Fig. 2.2c). In addition, the plateau of signal enhancement
during post-injection period was also consistent with the previous reports (4, 6, 31),

suggesting the validity of the current measurements.
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Figure 2.2 (a) Representative T,-weighted short-axis images acquired during Mn** protocol;

(b) Time course of signal enhancement of the control and adbn®™ mice; (c) The percentage
and overall rate of signal enhancement. *P < 0.05 compared to age-matched controls.
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The concern about the cardiac toxicity has been addressed in the current study as a
preserved cardiac function was observed (Fig. 2.1). Similar with previous studies that have
used comparable Mn®* doses (6, 8, 26, 31, 35), this result provides direct evidence and
support for future applications of MEMRI to in vivo studies. Furthermore, an even smaller
Mn?* dose may be used in clinical studies according to a previous study(55). With similar
extracellular Ca** concentration and intracellular Ca?* transient level, Ca** influx rate is
approximately three times larger in human than rodents (56). Therefore, same level of Mn?*
may be accumulated for MRI detection with a three times smaller concentration of free Mn**
in the extracellular space. The toxicity of Mn®* may also be reduced at a cost of relaxivity by
using its chelate form (MnDPDP) (57). Recent MEMRI studies in human have shown that
the administration of 5 umol/kg BW MnDPDP did not cause any subjective symptoms or
adverse effect (8, 58).

There are several experimental designs that deserve comment. First, the dead volume
of the injection catheter in the current study is approximately ~15 uL (6). Considering an
injection rate of 200 pL/hr, the Mn®* solution may travel in the catheter for the first 5 min of
injection. This time should be excluded to better correlate the signal dynamics with
physiological process. However, an accurate estimation of the time is extremely difficult
since blood may also fill in part of the catheter. In addition, the injection site and blood
circulation speed may also slightly vary for different animal studies, which complicates a
quantitative correlation of the Mn** dynamics to Ca®* influx rate. Therefore, an intravenous
injection and a catheter with less dead volume may be used in future studies to reduce the

variations in the early phase of injection. Nevertheless, over a long continuous injection
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period, the later phase of the Mn?* dynamics should faithfully represent the activity of L-type
Ca®* channels (6).

Another experimental design that is worth discussing is the data acquisition approach.
In the current study, T:-weighted imaging was employed to estimate Mn®* accumulation.
However, T;-weighted signal intensity is nonlinearly related to Mn®** concentration. Thus,
the conversion process suffers from error propagation. Moreover, this nonlinear relationship
may be biased by errors associated with By field and T, inhomogeneities, which are
extremely hard to predict. Therefore, such approach is suboptimal for the estimation of
Mn%*/Ca?* uptake dynamics. However, it can still provide valuable qualitative information
about the Ca?* channel activities in MEMRI studies. In the future, a direct measurement of
R1 may be used to overcome such limitation.

The last factor that may affect the accuracy of the current analysis is the lack of a
kinetic modeling analysis. In each image voxel, the Mn**-induced changes in extracellular
space and capillaries were counted towards the estimation of intracellular Mn?* accumulation.
A two-compartment kinetic model may be used to extract the transfer rate constants between
all cellular compartments (8). However, the semi-quantitative or quantitative modeling
analysis presents a high requirement on the accuracy of the data. Up to date, a robust
MEMRI kinetic modeling analysis remains lacking.

Nevertheless, the consistence between the changes in Mn?*-induced signal intensity
and the L-type Ca®" influx suggests that MEMRI may provide a powerful in vivo probe to

sensitize the subtle alterations in L-type Ca** channel activity at baseline workload.
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Chapter 3 A Fast T; Mapping Method for Dynamic Quantification of Mn*

Accumulation in Blood and Myocardium

3.1 Evaluation of Relaxivity under Different Physiological Conditions

3.1.1 Introduction

Estimation of the contrast agent distribution is often achieved by measuring Ty or T;-
weighted signal intensities in DCE-MRI. In most DCE-MRI studies, the linear coefficient
that relates Ry (1/T;) and contrast agent concentration, also known as relaxivity (ry), is
assumed to be constant for the region of interest (ROI) during the entire DCE-MRI
experiment (38). However, such assumption may not stand when there is a change in
physiological environments, i.e., protein concentrations (11). Therefore, for quantitative
DCE-MRI studies, it is imperative to evaluate the relaxivity values under a wide range of
physiological conditions.

The ability of the paramagnetic contrast agent to reduce T; values mainly stems from
the large local electromagnetic field generated by the unpaired electrons. When the
electromagnetic field varies at the Larmor frequency of protons, the excited protons will
effectively release the energy to the surrounding environments (lattice) in a ‘resonant’ state.
In other words, the spin of the protons will relax back to its lowest energy state in a reduced
time (T1). The effectiveness of such process is dependent on a number of factors such as
magnetic field strength, physiological environment, and the characteristics of the contrast
agent itself (11). For instance, the chelated form of Mn?" will have a lower relaxivity
because Mn?* ion is shielded from the surrounding water protons. The existence of Ca’* may

compete with Mn®" for interaction with the surrounding molecules and therefore change the
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relaxivity. A thorough evaluation of the relaxivity under different conditions can be
tremendously time and resource consuming.

Nevertheless, most factors that affect relaxivity stay constant during the contrast
agent administration period. In the current MEMRI studies, the most likely changing
conditions are the protein concentrations associated with cell death and/or structural
degenerations and the concentrations of Ca®* since it may compete with Mn?* for binding
sites on proteins. Therefore, the relaxivity of MnCl, solution was evaluated over a wide

range of protein and Ca®* concentrations in the current study.

3.1.2 Methods

MnCl, solutions were freshly prepared on the day of imaging with concentrations
ranging from 30 to 1000 uM. To evaluate the relaxivity at different protein concentrations,
bovine serum albumin (Equitech-Bio Inc., Kerrvile, TX) was used since it is the most
abundant blood plasma protein. Since the normal in vivo albumin concentration ranges from
310 5.5 g/dL, a wider range of concentrations (1, 2.5, 5, and 10 g/dL) were used. To evaluate
the effect of Ca’* concentrations, relaxivity was measured in 2.5% albumin solutions with
different Ca?* concentrations (0 mM, 1.5 mM, and 10 times of Mn?* concentrations). Each
final solution was sealed in a 2.5 mL centrifuge tube. T; measurement was performed on a
9.4T vertical Bruker MR scanner (Bruker Biospin, Billerica, MA) at room temperature
(~20°C) using the saturation recovery Look-Locker (SRLL) method (59). Imaging
parameters were as follows: TE, 1.9 ms; TR, 4.5 s; flip angle, 10°; number of averages, 1;
number of FLASH acquisitions, 25; acquisition intervals (t), 180 ms; slice thickness, 1 mm;
field of view (FOV), 2x2 cm? matrix size, 128x128. The estimated R; values and Mn?*

concentrations were linearly fitted. The slope was calculated as the relaxivity.
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3.1.3 Results

Fig. 3.1 shows that relaxivity stayed at a relative constant level for different simulated
physiological conditions. At high albumin concentrations (>2.5%), r; was slightly higher.
However, the increasing trend was not monotonic. The fluctuation was only 4.1% when
albumin concentrations fell within the normal physiological range (2.5% to 5%). The
variations in Ca?* concentrations did not cause a significant change in relaxivity either. For
Ca®* concentration ranged from 0 to the most common physiological value (1.5 mM), r; only
changed by 2.9%. These results suggested that a constant relaxivity can be assumed to

convert Mn?* concentrations from T, values in the current MEMRI studies.
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Figure3.1 Relaxivity of MnCl, at different albumin and Ca®* concentrations.

3.2 SRLL for Fast T1 Mapping of Myocardium

3.2.1 Introduction

DCE-MRI plays an increasingly important role in cardiac imaging. The dynamics of

contrast agent uptake and distribution have shown high sensitivity and specificity to many

pathological changes that are not detectable by anatomical imaging (60, 61). Gd and Mn**

are the two most popular Ty shortening contrast agents that have been used in DCE-MRI
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studies for the evaluation of myocardial viability and perfusion (62, 63). Typically, T;-
weighted spin-echo or gradient-echo images are acquired at high spatial and temporal
resolution to track the dynamics of signal enhancement induced by contrast agent
accumulation. However, the existence of By inhomogeneity hinders the direct quantification
of contrast agent concentration from the T;-weighted images (64).

Previous research has shown a linear relationship between relaxation rate (R;) and
contrast agent concentration in a relatively wide range (31, 65). Hence, quantification of
contrast agent concentration can be achieved by measuring T; changes directly (66, 67).
However, the typical long data acquisition time for T; mapping has limited its practical use in
DCE-MRI studies that require high temporal resolution (68). Therefore, the development of a
rapid T; mapping method that enables quantification of the contrast agent distribution will
greatly benefit the application of DCE-MRI.

Several fast T; mapping methods have been proposed. A commonly used method
acquires gradient-echo images with variable flip angles to fit for T, (69, 70). Another similar
approach uses the ratio image of a proton density-weighted image and a T;-weighted image
to obtain the T; map (71). However, these techniques are susceptible to errors associated with
an imperfect B; field (72). Although substantial effort has been devoted to correct for these
errors (71, 73), these methods have found limited applications in the heart due to the cardiac
motion and susceptibility difference between myocardium and blood. Alternatively,
inversion recovery (IR), saturation recovery (SR), and Look-Locker methods track the
dynamic recovery of longitudinal magnetization (M,) for T, mapping and are inherently
more tolerant to B; inhomogeneity. By sampling multiple time points along the recovery

curve in each phase encoding step, the Look-Locker method is the most time efficient
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method for T, mapping (74). With the aid of echo-planar (EPI)/segmented k-space imaging
and/or parallel acquisition, T; mapping can be achieved within 30 s (68, 75-77). Recent
studies using a modified IR Look-Locker method with EPI scheme was able to acquire T
maps of human hearts at a high spatial resolution (2x2 mm) within one breathhold (78, 79).
However, the fast heart rate in small animals renders the implementation of EPI problematic.
As a result, dynamic T; acquisition in small animal hearts remains a challenge (80).

In this study, we present a saturation recovery Look-Locker (SRLL) method that
allows rapid T; mapping of mouse myocardium within 3 minutes. In contrast to the long
repetition time required by the IRLL method, a shorter repetition time (TR) was used in
SRLL to reduce imaging time. Simulation studies were employed for error analysis and
parameter optimization. Validation was performed on both phantom and mouse hearts in
vivo. The utility of SRLL was demonstrated in an in vivo manganese-enhanced MRI
(MEMRI) study using a mouse model. Our results suggest that SRLL can provide fast,

accurate cardiac T; mapping for DCE-MRI studies in small animals.

3.2.2 Methods

Imaging method and T; mapping

A schematic diagram of the SRLL pulse sequence is shown in Fig. 3.2. An ECG-
triggered saturation module that consisted of three non-slice-selective 90 RF pulses was
applied at the beginning of each phase encoding step, followed by ECG-triggered acquisition
of k-space lines of N (N=9~11) images using FLASH. This acquisition scheme yielded a TR
of ~2.4 s for each phase-encoding step, which rendered a ~85% recovery of the longitudinal

magnetization for a typical myocardium T; value (~1.2 s) before contrast agent injection.
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Figure 3.2 SRLL pulse sequence. An ECG-triggered saturation module is followed by N
successive ECG-triggered FLASH acquisitions.

The signal evolution in Look-Locker acquisition has been derived in previous studies
(81, 82). The recovery of the longitudinal magnetization before each excitation pulse can be

described by an exponential function,

M(n):M*—(M*—M(O))exp(—%), n=12,3..N [1]

1
where M(0) is the initial longitudinal magnetization immediately after the saturation pulses
and is approximately zero. T;" is the effective longitudinal relaxation time constant and is

related to Ty, flip angle o and the interval T by

1 1 In(cosa)
T r [2]

1

M’ is the effective equilibrium longitudinal magnetization and is related to the equilibrium

longitudinal magnetization Mg by
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M = Mol_eXp(_T/Tf) -
1-exp(—z/T,)

The first-order Taylor expansion of exp(—z/T1) and exp(—z/T,’) leads to the following
relationship between T1 T1, M~ and My (83).

Mo _.
Tl:WXTl [4]

In the current study, My was obtained by acquiring a gradient-echo image with a TR
at least 5 times of T;. Since My is an intrinsic tissue characteristic that does not vary with
contrast agent accumulation, a single measurement at baseline is sufficient for the entire
DCE-MRI study. From Eq. 1, T;", M", and M(0) can be obtained by a three-parameter fitting
to the measured signal M(n). Consequently, Eq. 4 allows the determination of T;.

Error analysis and parameter optimization

While a short TR is desirable for fast T; mapping, insufficient coverage of the
recovery curve leads to increased fitting errors (76). To evaluate the impact of reduced TR on
T estimation, simulation studies were performed on three different TR values (1.2, 2.4 and 6
s). A set of recovery curves with T; ranging from 0.2 s to 1.7 s was generated according to
Egs. 1-3, with a flip angle of I0and a t of 120 ms (comparable to the R -R interval in a
mouse heart). A 5% random noise, similar to the signal-to-noise ratio (SNR) in vivo, was
added to the data. T," and M~ were determined by fitting Eq. 1 to the partial recovery data
within 1.2 s, 2.4 s and 6 s. This process was performed 25 times for each curve.
Consequently, T; was determined from Eq. 4. The differences between the theoretical T

values and the estimated T values were analyzed using Bland-Altman method.
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Further simulation studies were performed to evaluate the effects of the duration of t
on T; estimation. For a fixed TR value of 2.4 s, another data set was generated with t = 240
ms (comparable to 2 R-R intervals in a mouse heart) and used to derive T; as described
above. The results were analyzed and compared to the above estimation with t = 120 ms.

The effects of heart rate fluctuation on the accuracy of T; estimation were also
evaluated. Simulated recovery curves that reflected varied data sampling intervals were
generated. Specifically, the signal intensity at the n™ data point was calculated using a time
value that deviated randomly from the theoretical value of nt by 5%, 10%, and 15%,
respectively. A 5% random noise was also added to the simulated data. Curve fitting and
comparison analysis were conducted as described above.

To further evaluate the accuracy of T; estimation at the presence of beat-to-beat
variation, a simulation model was developed using a donut-shaped digital phantom. The
phantom has four segments with T; values of 1, 1.2, 1.4, and 1.2 s, respectively (Fig. 3.4a). A
random rotation of 0.Z was applied to the phantom image to simulate the variation in twi St
motion of the heart. Variation in myocardial displacement was simulated by applying a
random 25 pum translation. To generate the saturation recovery images, each k-space line
was simulated sequentially with rotation or displacement applied randomly to the digital
phantom. The composite k-space images were Fourier transformed, and pixel-by-pixel curve
fitting was performed to determine the T, values. The theoretical T; maps were subtracted
from the estimated T; maps to evaluate the estimation errors.

Phantom studies

A multi-compartment phantom that consisted of distilled water dissolved with MnCl,

at various concentrations ranging from 30 to 1000 uM was used for validation studies (Fig.
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3.5a). The MR imaging experiments were performed on a horizontal 9.4T Bruker Biospec
scanner (Bruker Biospin Co. Billerica, MA) equipped with a 35-mm birdcage coil. To
evaluate the effect of flip angle on T; estimation, SRLL experiments were performed with a
series of flip angles ranging from 6° to 18°. Other imaging parameters were: TR, 2.5 s; TE,
1.9 ms; number of averages, 1; number of FLASH acquisitions, 10; t, 245 ms; slice thickness,
1 mm; field of view (FOV), 3x3 cm% matrix size, 128x64. Images were zero-filled to
128x128 during reconstruction. My was measured with a long TR of 10 s. Standard spin-echo
saturation recovery (SR) experiments were also performed for data comparison and
validation (84). Various TR values (50, 90, 140, 200, 500, 800, 1100, 1700, 2400, 3350, 5000,
12500 ms) were used to sample the data on the entire longitudinal recovery curve. Image
acquisition time was 3 min and 85 min for SRLL and SR methods, respectively.
In vivo studies

Four-month-old C57BL/6 mice (n=6) were used to validate the current method for in
vivo manganese-enhanced MRI (MEMRI) studies. The animals were prepared as described
previously (54). Briefly, animals were anesthetized with 1% isoflurane and placed in prone
position. Heart rate was maintained at ~500 bpm with 0.8-1.8% isoflurane. Hot air was
blown to the mouse with a blow dryer to keep body temperature at aroiqd BCG,
respiration, and body temperature were monitored and recorded by a physiological
monitoring system (SA Instruments, Billerica, MA). MR images were acquired using the
same coil as the phantom studies. The Mn®" infusion protocol consisted of a 30-min
intraperitoneal infusion of 126 mM MnCI, solution at a rate of 0.2 ml/hr, followed by a 15-
mins wash-out period. The animal protocol was approved by the Institutional Animal Care

and Use Committee of the Case Western Reserve University.
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The myocardium T; changes during the Mn?" infusion protocol were tracked by
ECG-triggered SRLL method with the following imaging parameters: TE, 1.9 ms; flip angle,
10°; slice thickness, 1 mm; number of averages, 1; FOV, 2.5x2.5 cm?; matrix size, 128x64.
Images were zero-filled to 128x128 during reconstruction. The FLASH acquisitions were
triggered every two heart beat, equivalent to a t ranging from 200 to 270 ms. Based on the
heart rate during each experiment, 9 to 11 images were acquired, leading to a TR of ~2.5s.
For data validation, inversion recovery Look-Locker (IRLL) method was also applied before
Mn?* infusion and at the end of wash-out period (85). A 1 ms hyperbolic sech-shaped
adiabatic pulse was employed to provide the 180 inversion. For each phase encoding step,
35 data points (TR = 8 s) were acquired to cover the entire longitudinal recovery curve. Other
imaging parameters were the same as those for SRLL scans. Total imaging time was 3 and 9
minutes for SRLL and IRLL, respectively.

Statistic analysis

All results were expressed as mean = SD. Paired student’s t-test and Bland-Altman
(86) analysis were performed to compare T, values measured by SRLL to those measured by
standard SR method for in vitro studies or IRLL for in vivo studies, respectively. P<0.05 was

considered statistical significant.

3.2.3  Results

Simulation and error analysis

Figure 3.3 shows the effects of incomplete coverage of the recovery curve on the
accuracy of T, estimation. For all 3 choices of TR, the estimated T, values exhibited a strong

agreement with the theoretical value. Linear regression analysis showed a slope of 0.95, 0.99
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and 1 for TR equals 1.2 s, 2.4 s and 6 s, respectively (R* = 0.99) (Fig. 3.3a-c). SD for all T,
values was <12% with a moderate (2.4 s) or long (6 s) TR (Fig. 3.3f & 3.3g). However, due
to limited coverage of the recovery curve with a short TR (1.2 s), estimated T; values showed
large variations (SD>20%) for T, longer than 1.1 s (Fig. 3.3e). These results suggested that
24 s TR can provide sufficient coverage of the magnetization recovery for accurate
estimation of T, changes in DCE-MRI experiments. Therefore, a TR of 2.4 s was used in all

subsequent studies.
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Figure 3.3 Simulation of the effect of TR on T; estimation. a-d. Fitted T; versus theoretical
T1. The error bar is the standard deviation from 25 simulations. e-h. Bland-Altman plots of
the difference between fitted T; and theoretical T;. The middle dotted line is the mean of the
difference. The upper and bottom dotted lines are the mean plus and minus two times of the
standard deviation, respectively.

The rapid switching of imaging gradients during data acquisition interfered with the
ECG signal, rendering ECG triggering less reliable. Alternatively, triggering on every two
heart beats enabled unambiguous detection of the QRS complex. However, it also led to

doubled sampling interval and less data points for curve fitting. To evaluate the accuracy of
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doubling sampling interval, T; was estimated using a TR of 2.4 s and a t of 240 ms that is
comparable to two R-R intervals in mice (Fig. 3.3d&h). Compared with the T, estimated with
a T of 120 ms (Fig. 3.3b&f), similar accuracy and SD were observed. Therefore, a two-beat

triggering scheme was used in the in vivo studies to ensure consistent data sampling intervals.
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Figure 3.4 Simulation of the effect of t fluctuation on T, estimation with TR =2.4 s and t =
0.24 s. a-c. Fitted T; versus theoretical T1. The error bar is the standard deviation from 25
simulation runs. d-f. Bland-Altman plots of the difference between fitted T, and theoretical
T1. The middle dotted line is the mean of the difference. The upper and bottom dotted lines
are the mean plus and minus two times of the standard deviation, respectively.
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The robustness of SRLL method to heart rate fluctuation is shown in Fig. 3.4. For
heart rate variation of up to 15%, there was a strong agreement between the estimated and
theoretical T, values (Fig. 3.4a-c). Bland-Altman analysis further showed a less than 5% (P >
0.1) deviation from the theoretic values for all three conditions (Fig. 3.4d-f). Since heart rate
fluctuation is normally within 10% during the acquisition of a T; map (< 3 min), these data
suggested that SRLL was capable of providing reliable T, estimation for most in vivo studies.

Estimation errors associated with beat-to-beat variations in translational and
rotational motion are illustrated in Fig. 3.5. Displacement of up to 25 pm showed minimal
effects on T, estimation (Fig. 3.5b&e). Errors due to random rotation (0.2 were slightly
larger (~ 5%), with the largest errors occurred at the border zone of 0.8 s and 1.2 s segments
(Fig. 3.5c&f). With both rotational and translational motion present, estimation error further
increased to 6% (Fig. 3.5d&g). Part of the estimation errors can also arise from a non-

physiologic phantom with sharp changes in T; values.

Figure 3.5 Simulation of the estimation errors caused by beat-to-beat variations in rotational
and translational motion. a. Digital phantom with four segments of different,
representative T, values. b-d. Estimated T; maps with random translational motion (b),
rotational motion (c), and both rotational and translational motion (d) incorporated,
respectively. e-g. Difference maps between theoretical and fitted T, maps (b-d), respectively.
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Phantom study

The T;-weighted image and the T; map of the phantom are shown in Fig. 3.6.
Regression analysis showed a linear relationship (R> = 0.99) between R; and Mn®*
concentration of up to 1000 uM, with a slope (relaxivity) of 6.4 (s mM)™. To investigate the
effect of flip angle on T; estimation, SRLL measurement was performed with flip angles
ranging from 6° to 18° (Fig. 3.6d). For phantoms with 100 uM or higher Mn?** concentration
(T1< 1.1s), all flip angles yielded similar T estimation compared with those measured by the
standard SR method (Fig. 3.6d, horizontal dashed lines). SRLL estimated T; showed greater
deviation from that measured by SR for 30 pM Mn?* solution with a T; of 2 s. The largest
deviation (9.6%) occurred when flip angle was 18°. While a larger flip angle provided better
SNR, it also led to greater estimation error. A flip angle of Hovided the best tradeoff
between SNR and T,  contrast, leading to accurate T, estimation with small SD. Therefore, it
was chosen for the in vivo experiments.

In vivo study

Fig. 3.7a-c shows representative FLASH images acquired at 21, 41, and 107 after the
saturation module. The progressive increase in myocardial signal intensity reflected the
recovery of longitudinal magnetization and was used to derive the T; maps. A quantitative
comparison of the T, maps showed no difference in T, estimation between SRLL and IRLL
methods both before and after MnCl; injection (Fig. 3.7d-e).

Representative T: maps before and after Mn?** infusion and the dynamics of R;
changes are shown in Fig. 3.8. Compared with the T; maps at baseline (Fig. 3.8a), T;

reduction over the whole LV area was observed at the end of 30-mins Mn?* infusion (Fig.
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3.8b). Correspondingly, R; increased from the baseline value of 0.84 + 0.07 s™ to 2.01 + 0.33

s, with the half maximum R; reached at 23 min after Mn?* infusion started (Fig. 3.8c).

¢
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Figure 3.6 Phantom study. a&b. T;-weighted image and T, map of the phantom tubes,
respectively. Phantoms 1 to 8 contained MnCl;, solutions with the following concentrations
(in mM): 1000, 900, 700, 500, 300, 200, 100, and 30. c. Longitudinal relaxation rate constant
(Ry) versus Mn®" concentration. d. T; values measured with different flip angles. The
horizontal lines are the T, values measured by the standard SR method.

3.2.4 Discussion

Previously, inversion recovery Look-Locker method has been developed for fast T,
mapping in vivo (68). Accurate T; mapping using inversion recovery can only be achieved

with either complete recovery of the longitudinal magnetization via a long TR (>5T3), or by
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establishing a steady-state such that the longitudinal magnetization immediately before the
inversion pulse is the same for each phase-encoding step. While acquisition with long TR
suffers from low temporal resolution, the requirements of cardiac triggered acquisition and
variations in heart rate prevent the establishment of a steady-state in a mouse heart. By using
robust saturation pulses, our current method is equivalent to establishing an initial “steady-
state” longitudinal magnetization of zero. This approach can effectively eliminate heart rate
induced variations in initial magnetization. By sampling only the initial portion of the
recovery curve, the SRLL method can greatly improve the temporal resolution for DCE-MRI

studies.
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Figure 3.7 In vivo T, mapping. a-c. T;-weighted images acquired at 2, 4t, and 10t after the
saturation pulses, respectively. d. Mean T, values of the LV myocardium measured by SRLL
and standard inversion recovery Look-Locker (IRLL) method before and after Mn?* injection.
e. Bland-Altman plot comparing T; values measured by SRLL method and IRLL method.
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Figure 3.8 R; changes in dynamic MEMRI study. a& b. Representative T; maps of a heart
pre- and post- MnCl; injection, respectively. c. Time course of R; changes tracked by SRLL
at a temporal resolution of 3 min.

Both SNR and the dynamic range of the signal can affect the accuracy of T;
estimation (84). While a shorter TR is desirable for higher temporal resolution, the dynamic
range of the signal is reduced with shortened coverage of the recovery curve. Karlsson et al
suggested that a TR of >2T; was needed for accurate T, estimation (82). Our error analysis
showed similar findings. With a SNR (=20) that was lower than the experimental in vivo
SNR (~26), our simulation results suggested that a TR of 2.4 s was sufficient to yield
accurate estimations for a wide range of T; values (0.2~1.7 s) that encompassed possible
myocardium T; changes in DCE-MRI experiments for magnetic field strength up to 11.7 T
(87). In the current study, image acquisition was triggered every two heart beats to avoid
mis-triggering caused by the interference of switching gradients with the ECG signal. Such

an acquisition scheme leads to reduced data points that can be acquired within the same
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period of time if acquisitions were triggered at every heart beat. However, our simulation
results suggest that both acquisition schemes should yield similar accuracy in T, estimation
(Fig. 3.3b&d). Further, triggering every two heart beats has the additional benefit of less
energy deposition.

In the current study, effective longitudinal relaxation time constant (T;) and
equilibrium magnetization (M") were determined by fitting Eq. [1] to MRI data.
Theoretically, Ty is related to Ty, the flip angle, and the sampling interval as shown in Eq.
[2], which allows the calculation of T from T,". However, actual flip angle often deviates
from its nominal value because of the B; inhomogeneity (73). Although various methods for
B1 mapping have been proposed (88, 89), their application to the fast beating mouse hearts
are still problematic. Alternatively, T; can be calculated directly from T;", M", and M using

Eq. [4], which is derived from the first-order Taylor expansion of exp(-z/T:) and
exp(—7 /T,") . It should be noted that this approach introduced a 0.3~0.7% underestimation of

the T, values with the current imaging parameters. This systematic underestimation was
more pronounced with larger flip angles (Fig. 3.6d). Although a larger flip angle has the
potential benefit of increased SNR, this underestimation can increase from 0.7% to 7% if a
30° flip angle is used instead of 10°. In addition, larger flip angles also reduce T, -associated
imaging contrast, leading to reduced dynamic range for curve fitting (90). Our phantom
results showed that T, estimation was accurate for nominal flip angles ranging from 6° to 15°
for a T1< 2 s. This estimation is comparable to that reported in previous studies (83, 91, 92).
The validity of the current method was demonstrated by a strong agreement with the
measurement using standard magnetization recovery methods in both phantom and in vivo

studies. The baseline myocardium T; value was also similar to that reported in the literature
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(7, 93). The measured time course of R; changes exhibited a similar dynamics as compared
to previous cardiac MEMRI studies employing Ti-weighted methods (6, 26). According to
the study by Waghorn and colleagues (31, 31, 65), the observed R; changes in our current
study indicated that total Mn?* uptake at the end of MnCl, infusion protocol was around 24
ug/g dry wt. The constant Ry level during the wash-out period was supported by previous
findings that intracellular Mn®* retention may last for hours (31, 65).

In summary, a fast cardiac T; mapping method using saturation recovery Look-
Locker pulse sequence (SRLL) was developed and validated for studies employing small
animal models. Each T; map can be acquired within 3 min without the aid of parallel
imaging or segmentation/EPI techniques. The robustness and accuracy of this method were
validated in both phantom and in vivo experiments. The successful demonstration in the

MEMRI experiment shows the potential of the SRLL method for practical applications.

3.3 SRLL for Rapid Quantification of Arterial Input Function (AIF)

3.3.1 Introduction

DCE-MRI plays an important role in delineating pathophysiological conditions, i.e.,
angiogenesis (94) and myocardial infarction (62). To obtain accurate DCE-MRI analysis, the
distributions of contrast agent in both blood and tissue need to be sampled at high temporal
and spatial resolution. However, the measurement of the contrast agent in blood plasma (C),
also referred to as arterial input function (AIF), is notoriously challenging (38).

Currently, there are four approaches to measured AIF. The direct blood withdrawal
method is commonly used in human studies (95, 96). However, only few sampling points is

allowed for mouse studies using such approach because of the limited blood pool size (~
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2ml). The second approach uses the averaged AIF from a small cohort of subjects for all
subsequent studies (97, 98). However, it suffers from errors caused by inter- and intra-
subject variations. The third approach uses the contrast agent distribution at a reference
region (e.g. muscle) to infer the AIF at the target tissue (99). However, errors may arise from
the difference in blood perfusion at different sites of the body. The last approach estimates
the contrast agent concentration directly from the non-invasive MRI dataset (100). Most
studies along this line used T;-weighted signal intensity for the estimation (101). However, it
IS inevitably subject to errors associated with field and T, inhomogeneities.

Alternatively, a direct measurement of T, can provide objective quantification of the
contrast agent content because of the direct relationship between them (65). However, the
long imaging time has limited such approach in DCE-MRI studies (81). Fast T, mapping is
challenging, especially for the imaging of mouse heart because of the extremely fast heart
beat and blood circulation. Recently, Heilmann et al proposed a saturation recovery multi-
gradient-echo turbo-FLASH method to simultaneously acquire T; values of the blood and
myocardium (102). However, the two-point fitting of T; was still subject to field
inhomogeneities. To achieve a robust T; estimation that is independent of hardware and
operation variations, we developed an ECG-triggered saturation recovery Look-Locker
method (59). However, according to previous simulations (59), a long imaging time may be
required due to the long blood T; value (~ 1.7s) (8, 103). In addition, the accuracy of the
measurement may be degraded by the flow of unsaturated blood spins into the imaging slice
(102).

In the current study, the previously reported SRLL method was modified to

accommodate the above concerns for simultaneous measurement of both blood and
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myocardial T; in mice. Specifically, the configuration of RF coils was changed to achieve
whole body saturation with high SNR. The signal recovery model for the fitting of blood T,
was also revised to accommodate the fast blood circulation. A two-dose manganese-
enhanced MRI (MEMRI) study was performed on mice to validate the blood T;
measurement based on the known linear relationship between Mn** concentration and
changes in Ry (AR;). The chemical analysis method (AAS) was used to measure absolute
Mn** concentrations (Cwn). A consistent ratio in AR; and Cyn between the two dose groups

was considered as the evidence to demonstrate the accuracy of the blood T; measurement.

3.3.2 Methods

Modified SRLL method for T; mapping

The previously reported SRLL method samples the longitudinal magnetization (M)
recovery curve by implementing a saturation module at the beginning of each phase-
encoding step, followed by a series of ECG-triggered fast low-angle shot (FLASH)
acquisitions (59). To extend it for blood T; measurement, the following two modifications
were made in the current study. First, to eliminate the potential errors caused by the inflow
of unsaturated blood spin, whole-body saturation was generated. A birdcage coil (Bruker,
Billerica, MA) that was usually used for rat imaging (18 cm long and 6.9 cm in diameter)
was employed as the transmitter. To improve the SNR, a circular surface coil with a
diameter of 3 cm (Bruker, Billerica, MA) was taped tightly to the mouse chest as the receiver.
Second, a conventional saturation recovery (SR) signal model was used for the fitting of
blood T;. In Look-Locker acquisition, the signal recovery is disturbed by continuous

samplings. Therefore, the signal evolution is dictated by the effective relaxation time
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constant (T;") and effective equilibrium magnetization (M"). However, such disturbance
does not apply to the blood in LV since blood is pumped out of the imaging slice after each
ECG-triggered acquisition.

In vivo MEMRI experiment

4-month old C57BL/6 mice were used for validation. The mice were divided into
two groups, which were subject to 30-min intravenous infusion of Mn?" at rates of 7 (n = 6)
and 14 nmol/min/g body weight (BW) (n = 8), respectively. Both groups were also subject
to a 30-min wash-out period. Other animal handlings were similar as described before (59).
The animal protocol was approved by the Institutional Animal Care and Use Committee of
the Case Western Reserve University.

The imaging was performed on a 7T horizontal Bruker scanner (Bruker Biospin,
Billerica, MA) with the RF coils configured as described above. T; maps of a short-axis slice
at mid-ventricle were continuously acquired using SRLL during the Mn?* infusion protocol.
The imaging parameters were as follows: TE, 1.7 ms; TR, ~ 2.5 s; flip angle, 10°; slice
thickness, 1.5 mm; number of averages, 1; FOV, 3x3 cm?; matrix size, 128x64. Images were
zero-filled to 128x128 during reconstruction. The acquisition time of each T; map was 3 min.
During data processing, the T; values of blood and myocardium were calculated by pixel-
wise fitting of the signal intensities to the SR and SRLL signal models, respectively.

Measurement of absolute Mn?* concentration

The absolute Mn?* concentration was measured by the AAS method. Animals were
divided into five groups. One group (n = 2) served as the reference group to provide baseline
Mn?* concentrations in blood and myocardium. Two groups were subject to 30 min infusion

of Mn?* at rates of 7 (n = 4) and 14 nmol/min/g body weight (BW) (n = 5), respectively.
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Blood withdrawal and heart extraction was performed at the end of infusion to provide peak
Mn%* concentrations. The last two groups (n = 4) were used to provide Mn?* concentrations
at washout period. Therefore, same 30 min Mn*" infusion protocol was administrated,
followed by a 30 min washout period. The blood and heart was sampled at the end of the
washout period.

Following the excision, all blood and heart samples were placed in oven for 3 hours at
600°F. The blood and heart ashes were first dissolved in 100% nitric acid and then diluted to
20% for the measurement on an atomic absorption spectrophotometer (Buck Scientific, East

Norwalk, CT).

3.3.3  Results

Demonstration of whole-body saturation

Fig.3.9 shows the saturation effect from the two different sized RF coils. The
effective saturation region rendered by the coil that usually is used for mouse imaging (5.4
cm) was significantly shorter than that generated by the rat coil (9.4 cm) (Fig. 3.9b). Since a
normal 4 month old mouse has a body length of 8 cm, robust whole body saturation can be
achieved by using the rat coil. As a result, in the in vivo experiment, the error caused by the
inflow of unsaturated blood spins was eliminated, rendering a consistent signal recovery

curve (Fig. 3.9¢).
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Figure 3.9 (a)&(b) Signal intensity profile along the long axis of the cylindrical water
phantom. Partial-body and whole-body saturation was achieved by the mouse coil (a) and rat
coil (b), respectively. (c) Normalized signal intensity (SI) evolution of the left ventricular
blood after saturation preparation in mouse.

In vivo MEMRI

Figure 3.10 shows R; dynamics in the in vivo MEMRI experiment. The estimated R;
values of blood (0.57+0.06 s) and myocardium (0.75+0.11 s™) at baseline were consistent
with those reported in literature (31). Mn®* injection led to an increase in R; in both blood
and myocardium (Fig. 3.10a). Compared with those in the low Mn?** dose group, the
increases of R; was 2.2 times greater for both blood (0.38+0.20 s vs 0.84+0.28 s™) and
myocardium (0.60+0.30 s™ vs 1.36+0.33 s in the high Mn** dose group (Fig. 3.11a&b).
While blood R; returned to baseline values at the end of washout period, myocardial R;
remained high, reflecting the long intracellular Mn®* retention time (Fig. 3.11a&b).

Absolute Mn?* concentration

The absolute Mn®* concentration measured by AAS was consistent with the above
SRLL measurements. Compared with the low dose group, injection of Mn®" solution at high

dose raised the Mn®* concentration in blood and myocardium by 2.4 and 2.1 times,
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respectively (Fig. 3.11c&d). Both ratios were close to those of the R; changes (~2.2). At the
end of the washout period, nearly all Mn?" in the blood were cleared out, while the
concentration in myocardium remained the same as the end of Mn?* infusion (Fig. 3.11c&d).
The good agreement in AR; and Mn®* concentrations obtained from SRLL and AAS
measurements confirmed the validity of the SRLL method for simultaneous quantification of

AIF and myocardial T;.
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Figure 3.10 (a) Time courses of blood and myocardium R; in response to Mn?* injection; (b)

— (d) Ry maps acquired at baseline (b), end of 30 min infusion (c) and end of 30 min washout
period (d).

3.3.4 Discussion

In the current study, a fast and accurate measurement of blood T; was achieved by
modifying the RF coil configuration and signal recovery model. Therefore, the current
modified SRLL method can provide simultaneous measurement of myocardial T, and AlF

for quantitative MEMRI analysis.
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Figure3.11 Changes in AR; and absolute Mn?* concentration at the end of injection and
washout sessions.

The use of an oversized volume coil for transmitting in the current study was urged
by the need for whole body saturation to accommodate the fast blood circulation. In mouse,
the circulation time is only ~9 s according to its cardiac output (13.3£3.3 ml/min) (53) and
blood volume (~ 2 ml) (38). Assuming a constant flow speed, the averaged blood flow rate
is 1.7 cm/s for an average body length of 8 cm. Therefore, whole body saturation is needed
to avoid unsaturated blood flowing into the imaging slice within the time frame of each
acquisition cycle (~2.5 s). On the other hand, the enlarged coil size resulted in decreased
SNR. Thus, a surface coil was used as receiver to improve the SNR from the suboptimal
level of 15 to 22. This configuration of RF coils has been demonstrated to work well for
small rodents (Fig. 3.9). For clinical studies, the traditional single coil configuration may

suffice as the blood circulation is significantly slower (~60 s). However, a robust feasibility
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evaluation cannot achieved until the effective saturation region of the transmit coil is
identified.

Ideally, the site of AIF measurement should be at the blood vessel that directly
supplies the tissue of interest. In the current study, the most desired measurement site is the
coronary artery because of its adjacency to the myocardium. However, localization of
coronary artery can be extremely challenging because of the SNR and time constrains for
high spatial resolution imaging. As the immediate upstream source of coronary artery blood,
blood in LV cavity has similar Mn®* concentration. At diastole, blood in LV cavity also had
little turbulence. Therefore, determination of AIF from LV cavity blood is an optimal choice
for the current application.

To the best knowledge of the authors, the indirect validation of blood T; measurement
using two-dose MEMRI experiments was never performed before and therefore deserves
further discussion. The prerequisite for such approach is that relaxivity remains the same in
all measurements. Another assumption is that the measurement of Cy, is accurate. Once
these two assumptions are validated, the accuracy of T; measurement can be demonstrated by
comparing the ratios of Cy, and AR in the two doses groups. Based on the well recognized
linear relationship between Cy, and AR;, the ratio of accumulated Cy, should be the same as
the ratio of AR; in response to injection of two different doses of Mn®*. In the current study,
the first assumption about the stability of relaxivity was demonstrated in an earlier
experiment (Fig. 3.1). The robustness of AAS measurement for Mn?* concentration was
also demonstrated in previous reports (104), which validated the second assumption.

Therefore, the design of the current validation experimental is sound and rigorous.
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Although not exactly the same, the ratio of SRLL measured AR; (~2.2) was fairly
close to that of the AAS measured Cy, to demonstrate the accuracy of the SRLL
measurement (Fig. 3.11). The small discrepancy may be attributed to individual differences
since the SRLL and AAS measurements were performed in separate cohorts of mice. It may
also be caused by the difference in sampling time. For SRLL measurement, although central
encoding scheme was adopted, T; estimation was inevitably affected by the variation in T
value over the entire sampling period (~ 3 min). For AAS study, the exact time of blood
withdrawal was hard to predict due to the variations in manual operation. During the
withdrawal process, Mn?* circulation was also interfered and may consequently affected

Mn?* concentration in the blood.
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Chapter 4 A Model-Based Compressed Sensing Method
for Fast T, mapping
41  Introduction

The diagnostic power of MRI stems from the measurements of various parameters
that are characteristic of the intrinsic tissue structure and physiology, e.g., the longitudinal
(T1) and transverse (T2) relaxation time constants, the diffusion coefficients, and the kinetic
parameters of contrast agent accumulation. Fast and direct measurements of these
parameters can provide unique delineation of the physiological systems and thus are
desirable in a wide range of applications (38, 105, 106). Multi-acquisition schemes are
commonly used for robust parameter estimation. However, this often leads to a long scan
time and becomes a major challenge for the application of MR parametric mapping.

Echo planar imaging (EPI) and parallel imaging are the two most widely used
methods in fast MR imaging. In large mammals, fast T, and T, mapping can be achieved
within a minute using these methods on clinical scanners (91, 107, 108). However, for small
animal imaging at high field, implementation of EPI can be problematic because of the
increased field inhomogeneity associated with susceptibility and eddy currents. Further, the
fast heart rate in small animals allows only interleaved multi-shot EPI with very short echo
train, which does not lead to significant improvement in imaging time. On the other hand,
parallel imaging at high field is also limited by the general availability of phased array coils.
As a result, it currently remains a challenge to apply EPI or parallel imaging for cardiac
studies of small animals. Recently, we developed a saturation recovery Look-Locker (SRLL)

method for fast T; mapping in mouse hearts at 160 s temporal resolution without the aid of
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EPI or parallel imaging (59). However, this acquisition speed is still relatively slow
compared with those accelerated by the fast imaging techniques (91, 107).

Compressed sensing (CS) has emerged as a promising fast imaging technique with
fewer restrictions. By randomly under-sampling in the phase encoding (PE) direction, image
acquisition can be greatly accelerated. The aliasing artifact can be effectively removed if the
image or its transform domain can be sparsely represented by a few non-zero coefficients
(109-111). The acceleration capability of CS has been successfully demonstrated in various
applications, including angiography (110, 112), velocity encoding (113) and dynamic
imaging (114, 115). Recently, Doneva et al also proposed a model-based CS method for fast
MR parametric mapping (116, 117). This method was validated in simulated phantom and
human brain with high SNR (116). However, a thorough evaluation of the factors that may
impact the reconstruction accuracy is still lacking. Further, its feasibility in small animal
imaging remains to be explored.

Small animal imaging, with the requirement for high spatial resolution, is often
conducted at a higher magnetic field (> 7T) to maintain adequate SNR. Compared to similar
studies on clinical scanners (1.5 or 3T), field inhomogeneity is much great at higher field
strength because of the susceptibility difference. Hence, phase variation is more pronounced.
Since model-based CS reconstruction relies on the physics of longitudinal relaxation that
only describes the evolution of signal magnitude, the reconstruction of both magnitude and
phase images is an underdetermined problem unless other constraints are imposed. In
addition, with the constraint of fast acquisition, the signal-to-noise ratio (SNR) in small
animal imaging is often limited due to the small voxel size, low average number and

heart/respiration motion artifacts. The suboptimal SNR can considerably affect the
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performance of the CS reconstruction. Therefore, the impact of SNR on the accuracy of CS-
based T; mapping needs to be carefully evaluated.

In this study, we developed an approach that combined the model-based CS method
with the SRLL method for fast cardiac T; mapping in small animals. Comprehensive
evaluation was conducted to explore the accuracy and potential of this approach. Simulation
studies were performed to evaluate the impact of imaging noise on reconstruction accuracy
and the acceleration potential for high spatial-resolution imaging. In the phantom study,
several approaches that provide pre-calculated phase maps for CS reconstruction were
developed and evaluated to account for phase variations. Validation was performed in an in
vivo cardiac manganese-enhanced MRI (MEMRI) study using mouse, which represented the

most stringent experimental conditions.

4.2 Methods

4.2.1 Model-Based Compressed Sensing

Typically, CS accelerates the MR image acquisition by uniform random sampling in
the PE direction. The missing signal can be reconstructed if the under-sampling is random.
The resulting aliasing artifact is often removed by exploiting the sparsity of the images or
their transform domain. A greater sparsity allows the achievement of higher degree of under-
sampling, or the acceleration factor R.

In the case of MR parametric mapping, Doneva et al recently introduced a model-
based compressed sensing method to exploit the sparsity along the parameter encoding

direction for CS reconstruction (116). Briefly, for T; mapping using saturation recovery, the
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signal, X,, of a pixel from the n™ image acquired at time t, after saturation preparation is
governed by its Ty, i.e.,

Xn=Mo(l—exp(—ta/T1)) [1]
assuming each pixel has a single T; value. For a randomly under-sampled image series, the
aliased signal X, can be expressed as

Xn=Mo(l—exp(—tn/T1))+ B(l—exp(—ta/T18)) +C(L—exp(—tn/T1c)) +... [2]
where the coefficients (B, C, ...) of the aliasing terms are much smaller than that of the
original one. In general, we can use the following transform to describe the signal evolution

in a saturation recovery imaging series:

X1 1—exp(—ti/Tv1) ... l—exp(-ti/Tim) (72
: |=Dy= : : : [3]
Xn 1- eXp(—tn /Tl 1) e 11— eXp(—tn /Tl m) Ym

where 7 is the transform domain, and D is the transform matrix, also known as the dictionary
(116). Each column in D, also referred to as an ‘atom’ (116), represented the signal model
determined by a possible T; value of the pixel. To achieve sufficient precision in T; mapping,
m is often a large number (>500) such that the dictionary contains all possible T; values of
the imaging subject. In the case of a single T; value, the transform domain y has only one
non-zero coefficient out of m coefficients. Hence, sparsification of y for the under-sampled
images can effectively remove the aliasing artifact and thus allows accurate T; estimation.

In the current study, sparsification of y was achieved by searching for the atoms that
have the largest correlations with the signal series. Starting from the aliased images directly
reconstructed from the under-sampled k-space data, CS reconstruction was performed
iteratively until no improvement was achieved in the two consecutive iterations, i.e.,
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where X® was the reconstructed signal series at i" iteration. The following steps were

implemented in each iteration:

1.
2.

4.2.2

Decompose the signals into magnitude and phase;

Obtain the sparsified y by performing a pixelwise greedy search using the orthogonal
matching pursuit (OMP) algorithm (118) on magnitude image;
Use the sparsified y to reconstruct the magnitude signal series, |X(i)|;

Combine |[X%| with the pre-calculated phase map to generate the complex signal
series X®;

Obtain the reconstructed k-space images by perform inverse Fourier transform on X®;
Replace the reconstructed data with the originally acquired data at sampling locations,

and Fourier transform the k-space images into the spatial domain.

Simulation Studies

To demonstrate the validity of the current model-based CS method, a digital Shepp-

Logan phantom with T, values ranging from 0.3 to 1.5 s was used to simulate a T, mapping

experiment. 30 images that covered 3.6 s of the saturation recovery process at a temporal

resolution of 120 ms were generated using Eg.1 with a matrix size of 128x128. 2.5%

Gaussian noises, which corresponded to a highest SNR of 40, were subsequently added to all

images. The corresponding k-space images were then under-sampled with an acceleration

factor of 2, 4, and 6 respectively. The 8 center PE lines were always fully sampled to

maintain adequate SNR. The rest PE lines in the edge k-space were randomly sampled with

equal probability for each line. A transform matrix, D, was generated with 581 atoms to

cover T; values from 0.1 to 3 s. With 5 ms resolution, the atoms in the transform matrix
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represented all T, values in the simulated phantom. The sparsity constraint, defined as the
number of atoms used for reconstruction, was set to 1. The reconstructed images were fitted
to yield pixelwise T; maps using in-house developed Matlab software (59). The root mean
square error, normalized by the theoretical values, was used to quantify the deviation of the
reconstructed images and T; maps from the theoretical noiseless ones.

To evaluate the accuracy of the current method at various experimental conditions,
the Shepp-Logan phantom images were also generated with the addition of Gaussian noises
that corresponded to SNR of 10 and 25. Under-sampling and reconstruction were performed
as described above for each SNR. To evaluate the reconstruction accuracy of parameter
alteration in small structures, mean T; values at focal regions with only 3-10 pixels were also
compared with those in the theoretical noiseless T; map.

When acquiring images at high spatial resolution, data will cover a wider range in k
space. Since high-frequency k-space data contain less power, a higher acceleration factor
may be achieved. To evaluate the relationship between the acceleration power and the
imaging resolution, the Shepp-Logan phantom images were generated in three matrix sizes,
128x128, 256x256, and 512x512, respectively. 64 PE lines were randomly acquired for all
three groups, resulting in the same ‘imaging’ time but different acceleration factors of 2, 4
and 8, respectively. Image reconstruction and comparison were performed as described

above.

4.2.3 Phantom Studies

The digital phantom used in the simulation study did not give rise to the phase

variations that are present in real MRI images. To evaluate the robustness of the CS
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reconstruction at the presence of phase variations, reconstructions were performed on MRI
data acquired from a phantom tube filled with 300 uM MnCl, solution. T; measurement was
performed on a horizontal 7T Bruker scanner (Bruker Biospin Co., Billerica, MA) using the
saturation recovery Look-Locker (SRLL) method (59) with the following imaging
parameters: TR, 3 s; TE, 1.9 ms; number of averages, 1; number of fast low angle shot
(FLASH) acquisitions, 20; image interval 1, 149 ms; slice thickness, 1 mm; field of view
(FOV), 2x2 cm?; matrix size, 128x128. A proton density image (Mo image) required for Ty
calculation was acquired with the same imaging parameters prior to SRLL acquisition (59).
Two SRLL datasets were acquired to evaluate the accuracy of using the phase maps of one
fully-sampled dataset in the reconstruction of the other under-sampled dataset. Under-
sampled images were retrospectively generated from the second dataset with an acceleration
factor of 2. The sparsity constraint was set to 5 to simulate the imaging noise.

To account for the phase variations, phase maps were pre-calculated and incorporated
in the CS reconstruction process. The pre-calculated phase maps were acquired using three
different approaches. The first approach used the center 8 PE lines of the under-sampled
images. The second approach used the phase map from the Mg image. The third approach
used the phase maps of a separate fully-sampled dataset that may represent a dataset acquired
at the beginning or end of a dynamic contrast study. These phase correction methods were
evaluated and compared with that without the use of pre-calculated phase maps.

The effective longitudinal relaxation time constant (T;') that accounts for the partial
saturation effect in Look-Locker acquisition was first obtained by performing pixel-wise
single exponential curve fitting to the T;-wegihted FLASH images. It was then combined

with My to calculate T as described in our previous report (59).
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4.2.4 In Vivo Studies

The accuracy and utility of the current method was further investigated in an in vivo
manganese-enhanced MRI (MEMRI) study using a four month old C57BL/6 mouse. The
animal was prepared as described previously (59). MR measurements were performed on the
same scanner as the phantom study. A volume coil of 18 c¢cm in length and 70 mm in
diameter (Bruker, Billerica MA) was used as the transmitter coil. A 3-cm surface coil
(Bruker, Billerica MA) was placed on the mouse chest and used as the receiver coil. The
Mn?* infusion protocol consisted of a 30-min intravenous injection of 126 mM MnCl,
solution at a rate of 0.2 mL/h, followed by a 30-min washout period. The animal protocol
was approved by the Institutional Animal Care and Use Committee of the Case Western
Reserve University.

Short-axis T; maps were acquired using an ECG-triggered SRLL method (59) with
the following imaging parameters: TE, 1.7 ms; TR, ~2500 ms; number of FLASH images,
9~12; image interval 1, 2 R-R interval ranging from 200 to 260 ms; flip angle, 10°; slice
thickness, 1.5 mm; FOV, 3x3 cm® To evaluate the impact of SNR on reconstruction
accuracy, the pre-contrast dataset was acquired with a 128x128 matrix size using one and
two averages, respectively. Retrospective under-sampling was subsequently performed with
an acceleration factor of 2. The phase map of the My image was used for the reconstruction
of the entire MEMRI datasets as the pre-calculated phase map. To demonstrate the validity
of this approach, the My phase map was compared with the phase maps of other fully-
sampled SRLL images. The absolute difference in phase values at left ventricle was used for
comparison. The reconstructed images were then fitted to generate T; maps as described

previously (59). The resulting T; maps were compared with those obtained from fully
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sampled datasets. The accuracy of reconstruction was assessed using the Bland-Altman plots.
During the Mn®" infusion period, the dynamic datasets were obtained with a 128x64
acquisition matrix size and one average to achieve a higher temporal resolution.
Retrospective under-sampling and reconstruction was performed with an acceleration factor
of 2. The resulting myocardial T; maps were compared with those obtained with fully
sampled datasets at each time point.

To illustrate the application potential, the entire CS acquisition and reconstruction
scheme was also implemented in a MEMRI study to track the dynamics of blood T;. Mgy was
fully-sampled with a matrix size of 128x64 prior to Mn*" injection. During the Mn?*
infusion period, a 128x32 under-sampling pattern was generated and implemented to reduce
the imaging time to ~80 s. The under-sampled dataset was then reconstructed as described
above. The T; of the blood in the left ventricular cavity was plotted against time to show the

arterial input function.

4.2.5 Statistic Analysis

For comparison of image features, both visual and quantitative assessments were
performed. Normalized root mean square error (NRMSE) was used to quantify the
reconstruction error by calculating the pixelwise difference between the reconstructed
images/maps and those obtained with fully sampling. For in vivo cardiac T; mapping, Bland-
Altman plot (86) was used to evaluate the difference between the reconstructed and fully

sampled datasets. Significant difference was assigned at a probability level < 5% (p<0.05).

66



43 Results
The number of iterations was between 5 and 75 in the current study, depending on the
SNR, acceleration factor, and matrix size. The computation time for each iteration was about

35s (Matlab, 2 GHz CPU and 3GByte RAM).

0%

Figure 4.1 CS reconstruction of the Shepp-Logan phantom images simulated with different
acceleration factors, R. (a) Reconstructed T; weighted images at t = 1.5 s after saturation
preparation; (b) The resulting T, maps; (c) Difference maps between the reconstructed and
the theoretical T; maps. The NRMSE is presented at the bottom of each image/map. The
direction of phase encoding is from left to right.

4.3.1 Simulation Studies

Figure 4.1 shows the reconstructed images and the resulting T; maps generated from
a digital phantom with an SNR of 40 and an acceleration factor of 2, 4, and 6, respectively.

Although the reconstruction error increased slightly with the acceleration factor, it remained
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small and random. Regions with shorter T, values had higher SNR and consequently smaller
reconstruction errors. For the fully sampled dataset, the 2.5% Gaussian noise led to a
NRMSE of 4.9% in the calculated T, map, which was greater than that with an acceleration
factor of 2 or 4. This suggests that the CS reconstruction allowed the removal of both
Gaussian and aliasing artifacts. Figure 4.2 further shows the reconstructed T; maps with
different matrix sizes and acceleration factors. At the same SNR, a higher acceleration factor
can be achieved with a larger matrix without compromising the accuracy of T; estimation.

These results demonstrate the validity of the current model-based CS method.

R=2 R=4 R=8
128x128 256x256 512x512

2S

el

3.3% 23% 2 4%

Figure 4.2 CS reconstructed T, maps at different spatial resolution. Acceleration factors of 2,
4 and 8 were employed to under-sample k-space images with a matrix size of (a) 128x128; (b)
256x256, and (c) 512x512, respectively. The NRMSE is presented at the bottom of each T;
map. The direction of phase encoding is from left to right.

Figure 4.3 shows the impact of SNR on reconstruction accuracy. Although the
current method can partially remove the Gaussian noises, the reconstruction error increased
sharply with decreased SNR (Fig. 4.3a). With an SNR of 10, the NRMSE was above 12%
even at the lowest acceleration factor of 2. Nevertheless, with a moderate SNR of 25, the

reconstruction error was only slightly increased from that with an SNR of 40.
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The reconstruction accuracy was further evaluated by examining the variations of
reconstructed T; values in fine structures (Fig. 4.3b-e). In general, the variations of
normalized T, difference increased with the acceleration factor and noise level. With an
SNR higher than 25, the variations were always within 20%. At a low SNR of 10 or high
acceleration factor of 6, pixels showing large (~ 40%) deviations from the theoretical T;
values were present. On the other hand, the mean T; values remained close to the theoretical
ones under all conditions. For regions containing more than 6 pixels, the mean difference
with respect to the theoretical T; values was always below 5% when SNR was above 10. For
the region with only 3 pixels, the difference was generally greater. Nevertheless, the largest
difference in mean T values remained <15% when both the high acceleration factor and low
SNR conditions were present. These results suggest that an accurate estimation of the mean

regional T, values can be achieved even at high acceleration factors.

4.3.2 Phantom Studies

Figure 4.4 compares the results of different reconstruction approaches using MRI data
acquired from a phantom with homogenous T; values. Without using a pre-calculated phase
map, large reconstruction errors were present as a result of noise-induced phase variations
(Fig. 4.4a&e). Using the low-resolution phase maps generated from the center 8 PE lines,
the reconstruction error was greatly reduced. However, aliasing artifacts remained noticeable
in the reconstructed T, map (Fig. 4.4b&f). These artifacts were completely removed when
high-resolution phase maps were obtained from either the M, image or a separate fully

sampled dataset (Fig. 4.4c&d).

69



C 801 .5wm=40 3pixel ROI
20 1 OSNR=40 a0 | *3NR=25
—_ A SNR=10
K15 { MNR=25 x 3 SN
o mSNR=10 01¢xx 8 2 P
(7)) X . A
E 10 T -40 \
P
5 A d -80
0 . . < 8 6 Pixel ROI
2 4 6 =
R = 40 A
Acceleration < 3 N =
¢ 018 i 3 § X
s 1 : s £
€ -40 3
o
< g0 A
e
80 1 10 Pixel ROI .
3 pixels=—" o1, 3 .
x 3 A §
' g§§ aF
wsg<—10 pixels 40 :
6 pixels 20 p2  Rea  R=8

Figure 4.3 The impact of SNR and high spatial-frequency structures on CS reconstruction.
(@) The NRMSE of the reconstructed T; maps at different SNR; (b) Theoretical T; map
showing focal regions with different pixel numbers; (c)-(e) Pixel-wise differences between
the theoretical and CS estimated T, values in the regions outlined in (b).

4.3.3 In Vivo Studies

Fig. 4.5 demonstrates the validity of using My image for phase estimation. Large
phase variations were observed in the My image (Fig. 4.5a), suggesting the necessity of phase
estimation for CS reconstruction. Pixelwise comparison of the phase in My image and in
SRLL images showed strong agreement between the two (Fig. 4.5b-d). The few outliers
occurred around 0" or 180° due to phase wrapping. Average difference in phase values was
less than 5° between the M image and all SRLL images. These results suggest the validity
of using the M, image to pre-calculate phase maps for CS reconstruction of the entire

MEMRI dataset.
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Figure 4.6 shows the selected CS reconstruction results of an in vivo T; mapping
study in mouse heart. At an acceleration factor of 2, the aliasing artifact induced by under-
sampling was successfully removed using pre-calculated phase map from the Mg image (Fig.
4.6e-h). The mean myocardial T; value in the reconstructed dataset was the same as that
obtained from the fully sampled dataset (Fig. 4.6i&j). The standard deviation (SD) of the
difference was also small (<14 %). While these results were from dataset acquired with two
averages, similar reconstruction accuracy was also observed for dataset acquired with one
average. The difference of the mean T; values fitted from the fully sampled and CS
reconstructed datasets was only 2.6%. These results suggest that the current CS method can
shorten the acquisition time by at least 50% without reducing the accuracy and spatial

resolution for T, estimation.

Figure 4.4 Impact of using phase maps for CS reconstruction. The direction of phase
encoding is from left to right. (a)-(d) Reconstructed T; maps without using a pre-calculated
phase map (a) and using the phase maps calculated from the 8 center PE lines (b), the fully
sampled My image (c) , and a separate fully sampled T; mapping dataset (d), respectively.
The NRMSE is presented at the bottom of each T, map. (€)-(h) Corresponding difference
images of the fully sampled and CS reconstructed T; maps.
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Figure 4.5 Phase map of the in vivo mouse heart. (a) Phase map of the My image. (b)
Absolute difference in phase values between the My image and a SRLL image acquired at
baseline. (c)& (d) Phase values of the My image versus phase values of (c) all SRLL images
acquired at baseline and (d) every ninth SRLL images in the T, datasets acquired during the
entire MEMRI period.

The myocardial T; values from CS reconstructed images were in good agreement
with those obtained with full k-space sampling at all time points (Fig. 4.6k). The largest
difference, occurred at 15 min post-injection, was only 0.05 s. As a result, the two T;
dynamic curves largely overlapped during the entire Mn** imaging protocol. Using the

current CS method, the acquisition time for each T; map can be reduced from 160 s to 80 s

while maintaining the high spatial resolution of 234x469 pum?®.
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4.4  Discussion

We have presented a robust fast T; mapping method for small animal imaging by
combining a modified model-based CS method (116) and SRLL method (59). By
incorporating the pre-estimated phase information in the CS reconstruction process, the
aliasing artifact caused by under-sampling can be effectively removed. The performance of
the CS method was evaluated at various experimental conditions in both simulation and MRI
studies. A 50% reduction in imaging time can be achieved for in vivo T; mapping of mouse
heart. Since both EPI and parallel imaging have limitations at high field, this model-based
CS method provides a unique approach to fast T, mapping in small animals.

Similar to parallel imaging, SNR was found to be an important determinant of the
accuracy of the current CS method. With low SNR, the noise diminishes the signal
dominance from the unaliased pixels. As a result, sparsification may vyield similar
coefficients for the unaliased and aliased pixels, leading to inaccurate reconstruction.
Nevertheless, an SNR of 20, which is considered as the acceptable level in most MRI studies,
was demonstrated to be adequate for accurate CS reconstructions in our studies.

With an SNR at this level, higher acceleration factors can be achieved for acquisition
of images with higher spatial resolution and larger matrix size. The high acceleration
capability is mainly because the energy spectrum of an image is mostly concentrated in the
low-frequency region. Hence, sampling the same number of center PE lines as in the
acquisition of low resolution images is sufficient to capture the majority of the dynamic
changes in signals. In the meantime, multi-acquisition along the magnetization recovery
curve allows each high-frequency PE line to be sampled several times in the entire dataset.

Our results suggest that similar accuracy can be achieved at greater acceleration factors with
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such a sampling scheme of the high spatial-frequency region (Fig. 4.2). The high
acceleration factor in acquiring high-resolution images can have enormous benefit in saving
imaging time. Without any under-sampling, doubling the spatial resolution in two
dimensions needs a 16-fold increase in imaging time to achieve the same SNR. With CS

under-sampling and reconstruction, only a 4-fold increase in imaging time is needed (Fig.

4.2).
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Figure 4.6 In vivo MEMRI study of the mouse heart. (a) T, weighted image acquired with
full sampling at 1.5 s after saturation preparation; (b) reconstructed under-sampled image
using zero-padding; (c) CS reconstructed under-sampled image; (d)-(f) The corresponding T,
maps; (g)&(h) The corresponding differences maps of Ti; (i)&(j) Bland-Altman plots
showing the difference in T; values estimated from the fully-sampled dataset and under-
sampled dataset (i) or CS reconstructed dataset (j); (k) Time courses of the average
myocardial T, values during the contrast infusion period. The direction of phase encoding is
from left to right. Yellow arrows indicate the aliasing artifact.
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In real life, phase variations are always present in images as a result of hardware
imperfection and subject inhomogeneity. However, the sparsifying transform in the current
study used a model that describes only the magnitude of the signal recovery. As a result,
aliasing of the phase values cannot be effectively removed. Since phase is an important
component of the MRI signal, correct reconstruction of the phase values is critical for the
convergence and accuracy of image reconstruction (109-111, 113, 115, 119, 120). A
previous study used fully sampled center PE lines to generate a low-resolution phase map for
the reconstruction (110). However, such approach does not account for contributions to
phase map from the high spatial-frequency regions. In the current study, the fully sampled
center PE lines only comprised of <7 % of the entire k space. We found such an approach
cannot completely remove the aliasing artifact (Fig. 4.5b). Alternatively, since phase
variations are largely caused by field inhomogeneity, images acquired with the same
triggered pulse sequence have similar phase maps (Fig. 4.5b-d). Hence, a high-resolution
phase map obtained from a fully sampled image prior to CS acquisition should improve the
reconstruction. T; mapping using the SRLL method requires the acquisition of the proton
density image, or the Mg image. This Mg image can be fully sampled prior to the SRLL scan
(59). Itis also of high SNR as there is no signal loss caused by T1/T, weighting. Therefore,
its phase map can be used in the CS reconstruction. Alternatively, for dynamic contrast MRI
studies, the phase maps can also be obtained by fully sampling the baseline dataset prior to
the introduction of contrast agent. Our study showed that both approaches allowed accurate
reconstruction of the T; maps in mouse heart (Fig. 4.6).

The accuracy of T; estimation in the current method is governed by the resolution of

the dictionary. If the true T; value is not included in the dictionary, the reconstruction will
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yield the closest T; value in the dictionary. Therefore, a large range of T, values with high
resolution is desired for the construction of dictionary. However, the computation time is
proportional to the number of atoms in the dictionary. Thus, a compromise is often made to
balance the accuracy and the computation time. In the current study, the dictionary was
constructed using T; values ranging from 100 to 3000 ms with 5 ms resolution. Given that
the shortest T, value upon Mn*" injection was ~400 ms, the estimation error of using this
dictionary was less than 0.6% with a reasonable computation time (35 s per iteration).

In the current CS reconstruction method, each pixel is assumed to have a single T;
value, which can be a lumped value from multiple cellular components. It is possible to fit
multiple T; values by modifying the signal model of the CS reconstruction. However,
similar to the fitting from a fully-sampled dataset, additional unknown parameters will result
in increased fitting uncertainty if a two-/multi-compartment model is used in the CS
reconstruction. Therefore, a careful and thorough evaluation is needed before applying the
current CS method to two-/multi-compartment models.

The current study used a uniform under-sampling pattern to provide a good coverage
of the high spatial-frequency regions. The reconstruction accuracy was comparable to that of
the commonly used variable density sampling pattern with sampling probability inversely
proportional to the distance from the center PE line (110). However, it is not clear whether
further improvement can be achieved by using other under-sampling schemes. The Monte-
Carlo design procedure (110) may be helpful to gain better insights of this issue. Further,
while the current work focused on T; mapping, this model-based CS approach can be readily
extended to the measurement of other MR parameters such as diffusion coefficients. In

addition, the compatibility of the CS method with parallel imaging has been demonstrated in
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several reports (110, 120-122). Therefore, a combination of the current CS method with
parallel imaging holds great potential to achieve even higher acceleration factors for MR

parametric mappings.
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Chapter 5 A Two-Compartment Kinetic Model
for Quantification of Ca®* Cycling

51 Introduction

Kinetic modeling is increasingly used in DCE-MRI studies to provide quantitative
delineation of the physiological parameters, i.e., blood vessel permeability, extracellular
volume fraction (38, 41, 42). Currently, many types of compartment models have been
developed to describe the Gd-based contrast agent distribution in intravascular and
extracellular spaces (38, 39, 123). On the contrary, few models have been developed to
describe Mn** dynamics. Since Mn?* can also cross cell membrane, a two compartment
model that includes the intracellular space is needed. The additional compartment increases
the number of unknown parameters and presents higher requirement on the accuracy of the
experimental data.

Up to date, only one attempt has been made by Skjold et al. In this study, a two
compartment model was combined with qualitative MEMRI measurement to estimate Ca**
influx rate across the cell membrane (8). The apparent unidirectional influx constant was
consistent for two different infusion protocols, suggesting the validity of the measurement
and modeling analysis. However, other rate constants and extracellular volume were
inconsistent with their physiological conditions, which degrade the reliability of the modeling
analysis.  Besides the errors introduced in the data acquisition step, the unrealistic
assumptions in the model may account for this inconsistency. For example, the relaxivity of
Mn?* in blood and myocardium was assumed to be the same, while they may be different (7,

31). The zero efflux rate assumed in the study was also found to have a small value in
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previous report (7). Therefore, further development and validation of a two compartment
model is needed.

In the current study, a two compartment model was developed and validated using
quantitative MEMRI datasets. Sensitivity analysis was performed first to evaluate the
robustness of the model (124). Ex vivo MRI perfusion studies were then performed for
validation. Ca?* influx rates were varied by manipulating ingredients in the perfusion buffer.
The expected Ca** influx rates were then compared with those obtained from the model
estimated values to validate the robustness of the MEMRI measurement and modeling

analysis.

5.2 Methods

5.2.1 Two-Compartment Kinetic Model

Figure5.1 Two compartment model for Mn?* dynamics.

A two compartment model was developed in Matlab to delineate the Mn?* kinetics
across different cellular compartments (Fig.5.1). ki, k2, Kin and ko, are the transfer rate
constants in the unit of min™. k; was set to equal to k; since the diffusion coefficient across
the same blood vessel wall should be the same. Because of the strong coupling between k;
and Kkin, a lumped rate constant k; calculated as ki*kin/(ki+Ki,) was used to indicate the
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overall influx rate (8, 125). C,, Ce and Ci, represent the Mn%" concentration (uM) in
capillary, extracellular and intracellular compartments, respectively. The sum of Mn*
content in all compartments, Cyy, was converted from the myocardial R; measured in MRI
studies. For the current perfusion study, C, was a step function with 30 uM during the 30
min infusion period and zero at other times. For in vivo studies, it can be converted from
blood R; measurement. ~ The dynamics of Mn?" distribution in each compartment were

described by:

_dcdet(t) = Ki*Cp(t) — (Ka+ kin) * Ce(t) +ou * Ci(t)......[5.1]

d(;it(t) = kin* Ce(t) — Kout *Ci(t)..oovvvvvrrrrrcrcrecs [5.2]

Ctot(t) = (Ce(t) + Cin(t)) *(1— BV) + BV *Cp(t)........ [5.3]
BV represents the fractional volume of blood vessels in each image pixel and was set to 0.09

according to the literature (123).

5.2.2 Perfusion MEMRI Experiment Design

8-10 weeks male Sprague-Dawley rats were heparinized (1001U IP) and anesthetized
by sodium pentobarbital (85 mg/kg IP). The heart was excised, cannulated, and perfused
with Krebs-Henseleit (KH) buffer containing (in mM) 118.5 NaCl, 4.7 KCI, 1.2 MgSQ,, 1.2
KH2PO,, 1.5~2.5 CaCl,, 11.1 glucose, 25 NaHCO3;. The perfusate was maintained at 37°C
and equilibrated with 95% O, - 5% CO,. A water-filled latex balloon was inserted into the
left ventricle and connected to a pressure transducer to record the left ventricular pressure
and heart rate. The rate-pressure product (RPP), i.e., the product of left ventricle developed

pressure (LVDP) and the heart rate (HR), was calculated as an index of the workload.
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There were three experimental groups: 1) hearts perfused with 1.5 mM Ca*" under
normal workload; 2) hearts perfused with 0.5 uM isoproterenol (ISO) to induce B-adrenergic
stimulation; 3) hearts perfused with 2.5 mM Ca’* to increase the workload without altering
the L-type Ca®" channel activity. The heart was paced at 480 bpm during B-adrenergic
stimulation and at 360 bpm at other conditions. Once the heart rate and pressure were
stabilized, the perfusate was switched to modified KH buffer containing 30 uM MnCl; for 30
min (the wash-in period), followed by 30 min washout period with Mn**-free buffer. In the
modified KH buffer, the phosphate and sulfate were replaced with chloride to prevent Mn®*
precipitation. At the end of imaging acquisition, hearts were frozen in liquid nitrogen for
tissue analysis.

The imaging was performed on a 9.4T vertical Bruker scanner (Bruker Biospin,
Billerica, MA) with a 20-mm birdcage RF coil (Bruker Biospin, Billerica, MA). The electric
signal that used to pace the heart was sent to the MRI control unit as the ECG signal to
trigger image acquisitions. T; maps of a short-axis slice at mid-ventricle were continuously
acquired using triggered SRLL at baseline and during the 30 min Mn?* infusion and washout
periods. The imaging parameters were as follows: TE, 1.7 ms; TR, ~ 2.6 s; 1, 166/125 ms at
baseline/stimulated conditions; Image Numbers, 16/20 at baseline/stimulated conditions; flip
angle, 10°; slice thickness, 1 mm; number of averages, 1; FOV, 3x3 cm? matrix size,
128x64;. Images were zero-filled to 128x128 during reconstruction. The acquisition time of
each T, map was 3 min. During data processing, the T; values myocardium were obtained
by pixel-wise fitting of the signal intensities to the SRLL signal model as described

previously (59).
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5.2.3 Model Validation

To evaluate the robustness of the model, a sensitivity analysis was first performed
using the perfusion dataset with 1.5 mM Ca®" concentration. A pilot fit was performed to
obtain the values of ki, ki, and ko Each parameter was then varied over a wide range with
the other two parameters fixed at the pre-estimated value. The objective function values
were calculated and plotted against the varying parameters to show the effects of each
parameter on model output.

To evaluate the validity of the model, the perfusion datasets with different Ca?*
concentrations and inotropic states were analyzed using the current model, respectively. The
estimated Ca?* influx rate constants k; was compared with the anticipated Ca?* influx rate.
Other model fitted parameters such as ko, Were also evaluated to further demonstrate the

validity of the current model.

53 Resultsand Conclusion

Fig. 5.2 shows the results of the sensitivity analysis. The value of the objective
function was a convex function with distinct global minimum for all three rate constants. In
addition, the changes in objective function value were steep near the global minimum point.
These results suggest that the parameters estimated from the model are sensitive to variations
contained in the experimental data.

Fig. 5.3 shows that the Mn?* flux rates fitted by the current model were in good
agreement with the expected Ca”" influx rates. Specifically, similar Mn?* influx rates were
found in the groups perfused with buffers containing 1.5 and 2.5 mM Ca®" concentrations,

respectively. This is consistent with the expected unvarying Ca?* influx rate since the
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voltage gated Ca** channel activity is independent of extracellular Ca** concentration. In the
ISO group with positive inotropic state, the elevated L-type Ca?* channels activity was
faithfully reflected by the significantly increased Mn** influx rate. On the other hand, the
Mn®* efflux rate, ko, was small for all groups, which is consistent with the long intracellular

retention time of Mn®* (4).
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Figure5.2 Sensitivity analysis of the MEMRI model.

In conclusion, the consistency between the model fitted parameters and the actual
physiological conditions demonstrate the robustness of the current MEMRI measurements
and kinetic modeling analysis for quantification of in vivo Ca** influx rate and L-type Ca**

channel activities.
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Figure 5.3 Model fitted Mn?** influx and efflux rates for the perfusion MEMRI datasets.
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Chapter 6 Conclusion and Future Directions

6.1 Conclusion

In the current thesis project, we established a quantitative MEMRI method for
accurate evaluation of in vivo L-type Ca®* channel activity in small animals. The sensitivity
of MEMRI to subtle Ca** influx alterations was demonstrated in a transgenic mouse model,
which significantly expanded the application scope of MEMRI. Fast cardiac T; mapping
techniques were developed and validated to provide accurate measurement of the dynamic
dataset. A saturation recovery Look-Locker method was first developed. By sampling only
a portion of the longitudinal recovery curve for T; fitting, imaging time was reduced by more
than 60% compared with the gold-standard inversion recovery Look-Locker method. A
model-based compressed sensing method was subsequently developed to further expedite T
mapping. By innovatively incorporating the pre-estimated phase information into the CS
reconstruction, an acceleration factor of 2 was successful achieved for in vivo T1 mapping of
mouse heart. The combination of the CS and SRLL method allows simultaneous T; mapping
of both myocardium and blood at a high spatial resolution of 234x469 um’® within 80 s.
Finally, a two compartment kinetic model was developed to extract Mn**/Ca?* flux rates.
The fast T, mapping method was applied in perfusion MEMRI studies with Ca®* influx rates
well controlled by buffer ingredients. The model fitted Mn®*/Ca** flux rates were in good
agreement with the expected physiological conditions.

The accomplishment of this study not only provides a powerful tool for in vivo
assessment of the L-type Ca®* channel activity, but may also be readily extended to evaluate
the Ca?* efflux mechanisms. In addition, the fast T; mapping techniques developed in the

current study can be applied to provide quantitative data acquisition in all kinds of DCE-MRI
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studies. The model-based compressed sensing method may also be readily translated to

accelerate the measurements of T, and diffusion coefficients.

6.2 Future Directions

6.2.1 Evaluation of Ca®" Efflux Rate with MEMRI

Compared to abnormal Ca®* influx, an imbalanced intracellular Ca** transient is more
commonly presented in pathological conditions (4, 126). Therefore, a robust evaluation of
both Ca?* influx and efflux rates will further enhance the diagnosis power of MEMRI.
Waghorn et al explored along this direction by correlating the Mn®* efflux changes with the
activity of the Na*/Ca*" exchanger (NCX), a major exit route for Ca?* (127-129). The model
fited Mn*" efflux rate was significantly reduced with NCX inhibition, suggesting that
MEMRI is also sensitive to NCX activity (7). However, a complete understanding of the
Mn** efflux mechanism remains lacking. The presence of any other Mn®" efflux route may
bias the estimation. In addition, the efflux rate of Mn®* across sarcolemma may also be
affected by its compartmentalization within the cell, i.e., mitochondria. Although most
intracellular Mn®* are suggested to be in free state (7), a thorough evaluation remains lacking.
Therefore, to expand the application of current MEMRI method to evaluating the entire Ca**
cycling process, an important direction of future developments is to elucidate the efflux

mechanism of intracellular Mn?*.

6.2.2 Development of Standardized DCE-MRI

The quantitative data acquisition approach developed in the current project can also
have a significant impact on other DCE-MRI studies. The quantitative analysis offers the
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potential to develop standardized DCE-MRI protocols for multi-center and multi-trial studies,
which will greatly improve the accuracy of DCE-MRI analysis and expand its applications to
clinical phase Il and Il trials. Therefore, a promising future direction is to explore the
application potential of the current quantitative DCE-MRI method in different fields, i.e.,
cancer studies and cardiac studies.

Technical developments may also be performed to improve the sampling speed once
the imaging requirement loosens in specific applications. For example, without the
constraints from ECG-triggering, the sampling number (FLASH images) along the
longitudinal recovery curve can be greatly increased when imaging static tissues, i.e., brain
and knees. The increased sampling points will improve the accuracy of T; fitting. It may
also allow a greater acceleration factor using the model-based CS method since the sparsity is
promoted. Nevertheless, these promising potentials need to be carefully evaluated on a case-

by-case basis.

6.2.3 Translating MEMRI Method to Clinical Practices

The ultimate goal of the current thesis project is to make quantitative MEMRI
diagnosis in clinical settings. The quantification of in vivo Ca?* influx rate can benefit the
diagnosis and treatment evaluation in many ways. For example, it can individualize the
treatment evaluation of Ca** blocker, which is commonly applied to decrease blood pressure,
control heart rate and prevent cerebral vasospasm in clinical practices. It may also be used
for prognosis of hypertension, which is a major risk factor for stroke and myocardial

infarction (130).
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In summary, although the application was only demonstrated in small animals, the
current work lays the cornerstone for future applications of MEMRI to diagnosis and
treatment evaluation of patients with disturbed Ca®* homeostasis. The methods developed in
the current study also provide invaluable tools to achieve quantitative analysis in all types of

DCE-MRI studies.
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