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CHAPTER 1 

INTRODUCTION 

 

Magnetic resonance imaging (MRI) provides an excellent means of visualizing soft tissue for 

anatomical characterization as well as pathology and injury for diagnostic applications. The 

source of contrast between soft tissues is a result of variation in image intensity caused by a 

change in nuclear magnetic resonance (NMR) signal characteristics. Though changes in 

image intensity are useful in a qualitative sense, they do not reveal much about the micro-

anatomical structure of a given tissue. To take full advantage of the sub-voxel information 

that can be probed from the tissue, quantitative measures are needed. 

Tissue can be regarded as being primarily comprised of water. Water protons can 

exist in various states including that which resides in cells, interstitial tissue space, and 

vasculature. In these so-called ‘compartments’, water molecules traverse micro-anatomical 

structures while being restricted by cellular membranes. In addition to compartmentalized 

water, the cellular environment consists of proteins and other macromolecules that have 

associated water protons in the form of hydration water. The interaction of each water 

molecule, or water proton, with neighboring protons and the surrounding micro-environment, 

results in a detectable signal that is sensitive to the amount and distribution of water (
1
H) 

present in the tissue. 

In the simplest view, tissue can be described as having two compartments, 

intracellular and extracellular (interstitial) space, within which water resides. The distribution 

of water due to tissue compartmentalization and water proton interaction in tissue affects the 

NMR signal by altering the rate of water proton relaxation. Specific techniques for measuring 



 

 

2 

 

tissue relaxation in MRI have been previously developed. In a clinical setting many of these 

methods are only concerned with measuring gross changes in longitudinal (T1) or transverse 

(T2) relaxation with pathology (1-4). In these studies, the use of compartmental models is 

disregarded with the assumption of monoexponential relaxation. Without compartmental 

modeling, however, important information about tissue microstructure can be lost. Data 

analysis with a single pool tissue model is more often used in human imaging, where more 

involved relaxation-based measurements (often required for compartmental modeling) can be 

lengthy and unsuitable for clinical imaging. Despite these studies, a variety of pre-clinical 

MR measurements have incorporated two-pool or multi-pool models for tissue 

characterization.   

Assumption of a single tissue compartment does not provide the entire picture, 

particularly in tissues that are heterogeneous (e.g. tumor) or those known to exhibit multi-

exponential relaxation (e.g. skeletal muscle). One application of multi-compartment 

modeling in MRI is with multiple spin-echo (MSE) imaging for estimation of T2. MSE 

experiments have been made in a variety of tissues including white matter, nerve, tumor and 

muscle (5-8). Though these studies provide measures of relative compartment size and 

relaxation rates, assumptions are often made regarding tissue water dynamics. Tissue 

compartmentalization and cell membrane permeability have an effect on the rate of water 

diffusion and inter-compartmental water exchange observed in tissue. Because the 

observable MR signal is influenced by the movement and number of water molecules present, 

one must consider how this affects resulting tissue parameter estimates when modeling MR 

signal intensity. This concept is often discussed in quantitative MR studies of skeletal muscle. 
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The observation and interpretation of non-monoexponential relaxation in muscle 

tissue has been studied extensively over the past several decades (9-13). The number of 

tissue compartments, their relative sizes, and physiological interpretation is up for discussion, 

though many studies have adopted a two-pool model of muscle tissue. In addition, a part of 

this discussion is the role of inter-compartmental water exchange and its effect on the 

observed tissue model parameters. The resolution of multiple signal components, particularly 

in injured muscle (14-16), indicate that the tissue is likely not in a state of fast water 

exchange, however, it is unknown how close the observed MR model parameter estimates 

are to their intrinsic values.  

The previous scenario presents a need for validation of currently used MSE 

techniques and compartmental models in skeletal muscle. It also creates an opportunity for 

developing novel methods that may provide new information leading to improved modeling 

of muscle tissue in MRI. Assessing the accuracy of MR model parameter estimates may be 

important in injured and diseased muscle as changes in tissue micro-structure, including cell 

membrane permeability, may have significant effects on the observed parameters. This 

knowledge would be advantageous in clinical disease models such as Duchenne muscular 

dystrophy, characterized by progressive muscle weakness due to cell membrane instability 

followed by edema and fatty infiltrations (1). The use of MSE imaging with a more reliable 

compartmental MR model of muscle injury might also help interpret changes in T2 with 

edema, as observed in studies of inflammatory myopathies (2).  

When implementing two-pool tissue models, knowledge of water exchange can help 

create a more comprehensive physiological model from which intrinsic MR compartmental 

parameters may be estimated. Techniques for estimating water exchange rates are often 
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complex and require time consuming measurements that restrict these methods to ex vivo 

tissue (17-19). In recent years, water exchange rates have been estimated by introducing 

exogenous substances, such as contrast agents (CA), into tissue followed by the application 

of pharmacokinetic models to dynamically acquired data. The contrast enhanced experiment 

as well as subsequent pharmacokinetic modeling, however, can have limitations and inherent 

difficulties.   

 Though endogenous NMR tissue properties such as relaxation and exchange 

contribute to changes in MR signal intensity, CAs are also used in MRI to elicit changes in 

these NMR properties. The resulting change in the MR signal intensity over time is due to 

the effect of the CA on the water molecules themselves and can be quantified as an indirect 

measure of contrast distribution. One particular technique, dynamic contrast-enhanced MRI 

(DCE-MRI), has been used frequently over the past decade to extract rates of contrast agent 

extravasation as well as compartmental sizes (i.e. extracellular volume (ve)) via 

pharmacokinetic modeling of cancerous tissues. 

DCE-MRI has been applied in a wide variety of tissues and tumor types. Though the 

type of data acquired in these studies is similar, the methods for analyzing this data are 

numerous (20). A common pharmacokinetic model, the Tofts model, is often used in DCE-

MRI to described CA distribution in two compartments representing the vasculature and the 

extracellular-extravascular space (21). This model can be extended to include contributions 

from plasma space in well vascularized tumors (22). Models have also been implemented 

that include transcytolemmal water exchange (23), though this continues to be a topic of 

discussion. In recent years, the possibility of CA diffusion in solid tumors has also been 

incorporated into conventional pharmacokinetic modeling (24). The selection of a vascular 
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input function (VIF) (e.g. individual, population, model) or reference region (RR) to drive 

the pharmacokinetic modeling can also dictate the specific model used, though each of these 

methods have their own advantages and disadvantages. The use of different models in 

analysis of DCE-MRI data may result in varying estimates of common pharmacokinetic 

parameters. As DCE-MRI is used more frequently in human imaging, validation of common 

DCE-MRI analysis techniques would provide insight into the accuracy of the models 

themselves as well as the degree to which tissue water dynamics affect the estimation of the 

model parameters.  

In addition to compartmental T2 measurements and DCE-MRI, other imaging 

techniques can provide quantitative measures of tissue micro-structure. One of these 

methods, diffusion weighted (DW-MRI) imaging, uses pulsed gradient spin-echo 

measurements to monitor the random restricted movement of water molecules in tissue. This 

data can then be used to compute an estimate of the rate of water diffusion or apparent 

diffusion coefficient (ADC) in tissue. This measure is sensitive to the tissue micro-

environment as well as the pulse sequence design itself. Though diffusion imaging is a useful 

quantitative technique, DW-MRI alone does not normally lend itself to compartmental 

modeling as previously described. DW-MRI has been used most often in clinical imaging 

with application in stroke to help identify ischemic tissue regions (25). In cancer imaging 

DW-MRI can provide an indicator of tissue cellularity in tumors (26), though the technique 

itself does not provide a direct measure of the relative tissue volume fractions. 

Many quantitative MR techniques apply tissue models to relate MR parameters to 

underlying physiology. This is not without difficulty, however, due to constructs of the 

models themselves. There is still a question of how accurate these models are and how well 
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they actually describe the tissue of interest. As discussed, water exchange may not always be 

considered in an MR experiment or aspects of CA kinetics in a given tissue may not always 

be accounted for. Though MRI provides robust methods for making quantitative 

measurements of sub-voxel tissue properties, alternate imaging strategies might provide 

additional information on the accuracy and reliability of these measures. For this reason, 

validation and re-evaluation of commonly implemented relaxation-based MR measurements 

would be advantageous.  

It is difficult to define a true "gold standard" for which to compare compartmental 

measurements from MRI, however, radiotracer methods offer the advantage that the signal 

observed is insensitive to tissue water dynamics. This is a result of the direct nature with 

which the distribution of the injected radiotracer is detected. This is in contrast to the indirect 

measurement of CA distribution in MRI. One radionuclide imaging method, single photon 

emission computed tomography (SPECT), implements radiotracers that can be made 

compartment specific. Furthermore, multiple isotopes can be detected and measured 

simultaneously due to the inherent energy discrimination of emitted photons available with 

SPECT. Though in vivo quantitative measures of specific tissue compartments have not been 

documented with radiotracer imaging, SPECT does exhibit promise in providing tissue 

parameters, such as extracellular volume fraction, that are un-biased by water exchange. 

The validation of the previously described MR relaxation measurements and 

corresponding tissue models may be one step in incorporating these techniques into clinical 

practice. Another possibility is to design MRI pulse sequences that accelerate the acquisition 

of quantitative data. Though DCE-MRI has been used in human imaging and has progressed 

toward clinical use, techniques such as MSE imaging are infrequently implemented in 
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humans. To address this issue, single-shot imaging techniques may be used to acquire data in 

a fraction of the time of pre-clinical MSE measurements. As with previous relaxation-based 

methods, accelerated MSE methods would benefit from the ability to characterize multi-

exponential signal decay for the purpose of compartmental tissue modeling. 

The studies presented in this work focus on the evaluation and validation of 

compartmental NMR tissue properties as extracted from physiological modeling of T1 and T2 

relaxation measurements with the use of a paramagnetic contrast agent. A quantitative 

SPECT technique is developed to provide an in vivo measure of the extracellular-

extravascular tissue volume for comparison with the MR measurements in animal models of 

muscle inflammation and glioma. In an attempt to address the clinical translation of these 

MR based measurements, a novel method aimed at scan time reduction in multi-slice multi-

echo relaxation measurements is also presented.  
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CHAPTER 2 

BACKGROUND 

1. Relaxation in Magnetic Resonance Imaging 

MRI is largely based on the observation of hydrogen proton spins, found abundantly in 

water-rich tissues, in the presence of an external magnetic field, B0. 
1
H spins will tend to 

align with this field, creating a net magnetization, 
→

M , that precesses around B0, according to 

the Larmor equation (27) 

 

�� = � ∙ ��              [2.1] 

 

where γ (26,751 rads/(s·G) for H
1
 ) is referred to as the gyromagnetic ratio. Perturbation of 

this magnetization from equilibrium by tuned radiofrequency pulses results in a nuclear 

magnetic resonance (NMR) signal that can be detected and encoded by spatially varying 

magnetic field gradients and can ultimately be transformed to create an image. An important 

concept in MRI is the rate at which the detected magnetization changes after the application 

of an RF pulse due to spin interactions with other spins and the surrounding micro-

environment. The rate of magnetization decay and/or return to equilibrium due to these 

interactions is referred to as the ‘relaxation’ properties of the observed sample. 

  

1.1 Transverse Relaxation (T2) 

Following an RF excitation pulse, magnetization that is oriented in the transverse 

plane will experience both an applied field and fluctuations in a local magnetic field. 
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Variations in the local magnetic field as well as spin-spin interactions lead to different local 

precessional frequencies. This variation results in transverse magnetization decay owing to a 

loss of phase coherence. After excitation, spins are said to be 'dephasing', which leads to a 

reduction in the net transverse magnetization vector. The process of magnetization decay in 

the transverse plane due to spin-spin interactions is known as transverse relaxation, and is 

described by the time constant T2. According to the Bloch equations (28), the transverse 

component of the nuclear magnetization ( ⊥M ) can be described by 

 

.        [2.2] 

 

The solution to Eq. [2.2], after a 90° excitation pulse, is  

 

       [2.3] 

 

where 0M  is the transverse magnetization (at t=0) immediately following the excitation 

pulse and t  is the time for signal formation relative to the excitation. 

Transverse relaxation can be measured in several ways, though most techniques 

employ some form of the basic spin-echo experiment (29). In a spin-echo experiment, 

longitudinal magnetization is first rotated down into the transverse plane by a 90° RF pulse. 

The magnetization that has been placed in the transverse plane begins to acquire phase during 

a period, τ. A 180° refocusing pulse is then applied, which reverses the phase acquired during 

τ. If the field gradients experienced by the spins are static, then the phase distribution 

accumulated before the 180° pulse will be refocused during a second time period, τ, and a so-

2/

0)(
Tt

eMtM
−

⊥ ⋅=

2T

M

dt

dM ⊥⊥ −=
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called spin echo will form (at t=2τ). The period of time from the middle of the excitation 

pulse to the peak of the echo is also known as the echo time, TE. The basic spin-echo pulse 

sequence can be seen in Fig. 2.1a. 

 

 

  

Fig. 2.1. a) Basic spin-echo pulse sequence. b) Example echo train in a multiple spin-echo 

experiment with corresponding T2 decay curve. 

 

T2 Estimation 

To quantitatively measure T2, multiple spin-echo experiments can be performed 

(30,31). In a multiple spin-echo (MSE) experiment, the spin-echo sequence in Fig. 2.1a is 

modified by adding a series of 180° refocusing pulses to create a train of echoes separated by 

a time TE. The signal intensity at each echo is used to form a decay curve that can be fitted 

with an exponential function to extract the T2 value of the tissue. This is represented in Fig. 

2.1b. There exist challenges, however, in making quantitative measurements of T2 in both 

single-slice and multiple-slice scenarios. Impeding the accuracy of these measurements are 

system imperfections, including inhomogeneities in the static magnetic field and 

imperfections in the RF refocusing pulses.  
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In MSE imaging, static field inhomogeneities (∆B) serve to modify the effect of the 

applied RF pulses (32). In the presence of ∆B the flip angle (α) of a RF refocusing pulse will 

deviate from the ideal 180°. An effective field, Beff, is created that includes the effects of the 

applied RF field (B1) and ∆B. In this way,  

 

            [2.4] 

 

where tp is the RF pulse duration. With successive refocusing pulses that display flip angles 

different from 180°, the accumulated phase of the spins will not be completely refocused and 

therefore a reduced ⊥M will be observed as well as the addition of an Mz component. The 

propagation of this error across the echo train will ultimately lead to incorrect estimation of 

T2. One approach to reduce the effects from these unwanted signal components is to dephase 

the unwanted signal with a pair of spoiler gradients surrounding each RF refocusing pulse 

(33,34). The use of spoiler gradient pairs will help suppress ghost artifacts resulting from 

imperfect refocusing. 

 In addition to B0, inhomogeneities associated with the applied B1 are also of concern 

when making T2 measurements. If the applied B1 does not create an ideal 180° rotation, then 

phase accumulated due to ∆B is not refocused and the echo amplitudes are modified (35). As 

was previously described, the net magnetization after an imperfect 180° pulse consists of 

several components: a longitudinal component, a transverse component that refocuses, and a 

transverse component that continues to accumulate phase. To help improve refocusing 

efficiency, traditional RF refocusing pulses are often replaced by a composite pulse, which is 

a sequence of non-selective RF pulses created to have an analogous effect as an ideal 180° 

peff tB ⋅⋅= γα
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pulse (36). A common composite pulse implemented in MSE imaging is the 90°x180°y90°x 

pulse, where the subscripts ‘x’ and ‘y’ refer to the axis on which the pulse is applied. 

 In single-slice imaging, non-selective refocusing pulses can lead to a more uniform B1 

across the selected slice. The extension of MSE imaging to multi-slice imaging, however, 

precludes the use of these ‘hard’ refocusing pulses and introduces new sources of error 

created by ‘shaped’ RF refocusing pulses. In multi-slice imaging, the use of shaped RF 

refocusing pulses with an applied gradient creates transition regions near the edges of the 

selected slice, in which the flip angle varies from 180°- 0° with increasing distance from the 

center of the slice (33). The integrated signal across the slice does not experience a uniform 

B1 and, therefore, with successive refocusing, unwanted signal is created that propagates 

through the measurement and can alter the amplitude of the spin echoes used for estimation 

of T2. To compensate for the non-uniformity of B1 across a slice (profile) excited with slice 

selective pulses, one suggestion is to increase the slice width of the refocusing pulses 

compared to that of the excitation pulse (37-39). In this manner, a larger region of the excited 

slice will experience an ideal 180° flip angle. It has been shown that a refocusing slice width 

that is ~2x or larger than the excitation slice width is optimal (38,39) . This technique does 

come with a cost, however, as a gap is required between slices to prevent cross-saturation as 

adjacent refocusing slice profiles will overlap.  

Measures of monoexponential T2 decay have been made in many tissue types, 

however, these tissues are often more complex than just a single pool of water. Most tissues 

contain additional constituents such as proteins and membrane bound molecules that can 

interact with water molecules, therefore affecting the local magnetic field and the observed 

T2. More importantly, biological tissues are often characterized by different compartments 
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defined by cellular membranes. Micro-anatomical structures that limit water molecule 

interaction (i.e. cellular membranes) often lead to relaxation measures that cannot be 

described by monoexponential signal decay. For these measurements, more complex 

acquisition techniques and data modeling may be applied.  

 

1.2 Longitudinal Relaxation (T1) 

In addition to transverse relaxation, another property, longitudinal relaxation, also has an 

effect on the measured NMR signal and can be influenced by tissue compartmentalization. 

Spin-lattice or longitudinal relaxation is described by the time constant, T1, and can be 

defined as the post-excitation regrowth of magnetization (toward equilibrium) due to energy 

exchange between hydrogen nuclei and the surrounding environment. Following RF 

excitation, the transverse component of the magnetization decays, as previously described, 

while the longitudinal component returns towards equilibrium along the direction of B0. The 

longitudinal component of the magnetization, Mz, follows  

 

.    [2.5] 

 

The solution to Eq. [2.5] following a 90° excitation pulse is described by  

 

      [2.6]       

   

where M0 represents the magnetization at thermal equilibrium and Mz(0) is the amount of 

longitudinal magnetization observed at time t=0 after the RF pulse. In Eq. [2.6], t is the total 

1/

00 ))0(()(
Tt

zz eMMMtM
−−+=

1

0

T

MM

dt

dM zz −
−=
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time from one excitation pulse to the next excitation pulse and is often referred to as the 

repetition time (TR) of the experiment. As a general rule, the observed value of T1 will 

always be greater than or equal to the observed value of T2. 

 There exists several techniques and pulse sequences for measuring T1 (40-42). 

Common methods include inversion recovery and saturation recovery experiments. In a 

saturation recovery (SR) experiment, a 90° RF pulse is applied followed by the acquisition of 

either a gradient- or spin-echo. The echo is followed by a period of time in which the spins in 

the transverse plane are allowed to dephase while the longitudinal component of the 

magnetization returns toward equilibrium. This experiment is repeated for various repetition 

times, both shorter and longer than the expected T1 of the tissue, to characterize the T1 

regrowth curve. In an inversion recovery (IR) experiment, a 180° pulse is used to completely 

invert the longitudinal magnetization and is often followed by a spin-echo or gradient echo 

experiment for readout. In this sequence, multiple inversion times (TI) are used with a single 

TR (where TR>>T1) to characterize T1 according to Eq. [2.6] where Mz(0)  is considered to 

be equal to -M0 directly after the inversion pulse.  

In addition to these methods, spoiled gradient-echo (SPGE) techniques have been 

used to characterize T1 by varying the flip angle of the RF pulse during repeated 

measurements (43). In a typical SPGE experiment, a RF pulse is used to perturb the 

longitudinal magnetization with a flip angle less than 90°. This is followed by gradient echo 

readout. Residual transverse magnetization following echo formation can be ‘spoiled’ away 

(or completely dephased) prior to the next excitation to allow for acquisitions with a short TR. 

After a number of RF pulses, the longitudinal magnetization can be considered to be in a 
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steady state. The observed transverse magnetization for a SPGE acquisition (with TE < T2*) 

under steady-state equilibrium conditions is 

 

.      [2.7] 

 

The basic spoiled gradient-echo sequence has also been used to track changes in T1 in 

experiments that introduce exogenous contrast agents (CA) into tissues for the purpose of 

pharmacokinetic characterization.  

 

2. Compartmental Relaxation and Exchange: Two-Pool Model 

 

2.1 Measuring Compartmental Relaxation 

On the scale of proton NMR, biological tissue appears heterogeneous and results in an 

observable NMR signal that is a summation of spatially varying characteristics. The simplest 

view of tissue reflecting this heterogeneity is that of a two-pool model. Two-pool models 

have been widely used in MRI to describe both healthy and diseased tissue (9,14,44). The 

individual pools or compartments have been described in a variety of ways including 

representing intracellular and extracellular space or intravascular and extravascular 

compartments. On a sub-voxel level, if one thinks of tissue as being comprised of different 

compartments, it is possible to model the NMR data as a sum of signals from these 

compartments, each characterized by specific relaxation rates, R1 (=1/T1) and R2 (=1/T2), and 

relative volume fractions, f.  
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The two-pool tissue model, however, must also consider the movement of water, or 

exchange of magnetization, between compartments. Fig. 2.2 shows the basic two pool model 

with exchange. In Fig. 2.2 water exchange is depicted by the arrow between compartments 

and is represented by the mean water lifetimes, τ, in each compartment. In a general sense, 

exchange in MRI refers to the process by which nuclei (spins) move between different sites 

in a specific micro-environment. The term 'site' designates a local structure that can be 

characterized by physical or chemical conditions that are different than those in other sites 

(45). The nuclei in two different sites may be separated by a chemical shift or share the same 

resonance frequency. Nuclei that share the same resonance frequency, specifically water 

protons, may be distinguished from one another if their intrinsic relaxation rates are different. 

Hydrogen protons can take several forms in tissue including compartmentalized water 

delineated by cell membranes ("free water") as well as hydration water on the surface of 

proteins and other macromolecules ("bound water").  

 

 

Fig. 2.2. Two pool model. Each compartment has its own relaxation rates (R1, R2), relative 

volume fractions (fa, fb), and mean water lifetimes (τa , τb). Note: fa=1-fb. 

 

On the scale of typical tissue relaxation rates observed in vivo, exchange between free 

water and bound water is often considered to be fast. However, in certain environments the 

exchange of free water between cellular compartments (i.e. intracellular-extracellular 
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exchange) is slow enough that multiple signal components can be discerned. As a result, 

tissue relaxation rates have been observed to be multiexponential in nature (e.g. nerve, 

muscle, white matter). In the two-pool model one may observe bi-exponential signal decay 

described by 

 

        [2.8] 

 

where the ' superscript distinguishes observed parameters and Ra and Rb can represent either 

transverse or longitudinal magnetization. The observed estimates of these tissue relaxation 

rates as well as relative compartment sizes are influenced, however, by the rate of inter-

compartmental water exchange. 

To measure the observable parameters from Eq. [2.8] for transverse relaxation, MSE 

measurements can be implemented (30,31). In particular, a Carr-Purcell-Meiboom-Gill 

(CPMG) based sequence can be employed. The CPMG acquisition is similar to a basic 

multiple spin-echo sequence, with the exception that the 90° excitation pulse is applied with 

a 90° phase shift relative to the 180° pulse, thereby reducing errors from imperfect refocusing. 

For T2 quantification, the CPMG acquisition is commonly modified with spoiler gradient 

pairs surrounding the refocusing pulses to help eliminate signal from unwanted coherence 

pathways (33,34). A basic single-slice multiple spin-echo pulse sequence used for 

quantifying multiexponential T2 (MET2) can be seen in Fig. 2.3. As previously discussed, 

non-slice selective composite refocusing pulses are implemented in this sequence to improve 

refocusing efficiency (36). As illustrated in Fig. 2.3, the acquisition of so-called ‘late’ echoes 

)'()'(
)( ba RTE

b

RTE

a efeftS
⋅−⋅− ′+′=



 

 

18 

 

is also be incorporated into the basic singe-slice MSE sequence to sample any long-lived T2 

signal that might be present (46). 

 

 

 

Fig. 2.3. Single-slice multiple spin-echo pulse sequence. Note the spoiler gradient pairs and 

the hard refocusing pulses. NE: number of echoes, NElate : number of late echoes, TE: echo 

time, TElate: TE of late echoes, GR: readout gradient, GP: phase encode gradient, GS: slice 

select gradient. 

 

 Common methods for extracting T2 values from MSE data often include fitting the 

data in a non-linear least squares manner to either a monoexponential or bi-exponential 

function (Eq. [2.8]). In a multi-compartment tissue, however, an effective way of visualizing 

the distribution of T2s and relative compartment sizes is to create a so called T2 spectrum. In 

this type of analysis, the multi-echo data is fit in a non-negative least squares (NNLS) 

manner to a sum of decaying exponentials 
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where S0j are the M amplitudes for each T2j in the distribution and Si represents the N 

measured decay points at times TEi. Eq. [2.9] can be re-written in a general form with the 

variable Aij replacing the exponential terms and yi replacing Si such that 

 

 ∑
=

=
M

j

jiji sAy
1

, i=1,2,…N.  [2.10] 

 

The NNLS fitting can then be used to minimize 

 

 

,                               [2.11] 

 

where Hkj is a matrix containing K additional constraints that represent the smoothing model 

being used (i.e. energy, derivative, curvature etc.) and µ is the regularization parameter used 

to tradeoff  between the minimum misfit and the solution smoothness (47). A T2 spectrum 

can then be constructed from which T2s and relative volume fractions for each observed 

compartment can be extracted. Example T2 decay data and the resulting T2 spectrum can be 

seen in Fig. 2.4. 
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Fig. 2.4. a) Example T2 decay curve and b) corresponding T2 spectrum showing multi-

exponential T2. 

 

2.2 Measuring Water Exchange 

When modeling tissue as a multi-compartment system, consideration should be given 

to the effect of the rate of water exchange on the observed parameter values. In addition to 

measures of exchange, the relative size of the cellular spaces in a given tissue is also 

important, as these spaces can change with pathology and injury. Quantitative MRI analysis 

of physiological processes such as inflammation, cell proliferation, and necrosis can result in 

measured volume fractions that may reflect a specific injury or disease, though the measures, 

themselves, may be biased by exchange.  

Measures of water exchange can be incorporated into the analysis of relaxation data 

to aid in obtaining a more reliable model of tissue. The mathematical description (a 

modification to the original Bloch equations (28)) can be seen in Eq. [2.12a] and [2.12b]: 
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        [2.12a] 

 

          [2.12b] 

 

 

where Ra and Rb are relaxation rates that can refer to transverse or longitudinal relaxation and  

M0 is the magnetization at equilibrium.  

Algebraic solutions to the two-pool model with exchange were formulated by 

Zimmerman and Brittin with subsequent work by McConnell and Woessner (45,48,49). The 

observed relaxation rates have been shown to be related to the intrinsic rates and mean water 

lifetimes by 

 

 

          [2.13] 

 

        [2.14] 

 

 

Additionally the observed relative volume fractions are described by 
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            [2.16] 

 

In certain limiting cases, such as when exchange is very slow such that 

 

 

,             [2.17] 

 

the observed relative volume fractions are close to their intrinsic values and the observed 

relaxation rates are calculated as 

 

                  [2.18a] 

 

                  [2.18b] 

 

If the exchange between compartments is very fast such that 

 

                  [2.19] 

 

then a single average relaxation rate is observed. In this case the observed signal decay will 

likely appear monoexponential in nature. A difficulty arises, however, in attempting to 

measure water exchange rates when the rate of compartmental exchange is in the 

intermediate regime. 
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 Measures of water exchange rates were first investigated in vitro in the study of red 

blood cell (RBC) permeability (50-53). In several of these studies, a paramagnetic contrast 

agent (Mn
2+

) was added, in various concentrations, to alter the intrinsic relaxation rate of the 

extracellular compartment (plasma). Two different signal components could then be 

observed in blood, an otherwise fast-exchanging system. Subsequent mathematical modeling 

led to the extraction of mean water lifetimes. Analytical evaluations of changes in relaxation 

rates with and without contrast have led to assumptions about the range of compartmental 

lifetimes and exchange rates in various excised and/or perfused tissues (54-56).  

Additional methods of measuring water exchange have focused on closing the two-

site exchange equations with an independent measure of one of the model parameters. A 

study by Mulkern et al. used two or more concentrations of contrast agent to obtain several 

observations of compartmental relaxation rates from bi-exponential fits to T2 decay curves 

(19). The volume fractions and exchange rates were assumed unchanged with paramagnetic 

doping and the intrinsic model parameters were calculated from the observed parameters 

through solutions to the two-pool exchange equations. The analysis provided reasonable 

exchange rates with samples of whole blood, but physically irrelevant values of exchange 

with perfused rat heart data. In addition to this type of experiment, 2D NMR correlation 

studies have been proposed as a means of studying exchange in porous media (57-59). A 

recent study by Dortch et al. focused on the development and validation (via a urea phantom) 

of a relatively fast method, IR-REXSY, for measuring exchange in a 2D NMR experiment 

(18). Though these measurements are being evaluated in biological tissue samples, they are 

currently limited to non-imaging ex vivo application. 
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In other studies, the effect of proton exchange has been investigated in contrast 

enhanced imaging of biological tissues. In a study of perfused rat heart, Donahue et al. 

measured tissue T1 with various concentrations of Gd-DTPA and found monoexponential 

signal decay in T1 and bi-exponential decay in T2 relaxation times (54). Based on the 

difference in compartmental relaxation times on a T1 and T2 timescale, it was concluded that 

the range of intracellular-extracellular exchange rates in cardiac tissue was between 8s
-1

 and 

27s
-1

. Yet another study by Donahue et al. looked at the effect of vascular-interstitial 

exchange and vascular size on the estimation of the extracellular volume fraction in vivo (60). 

It was reaffirmed that the exchange regime of a biological system depended on the relative 

value of the exchange rate compared to the difference between compartmental relaxation 

rates, which are dependent on contrast agent concentration (61). Recently, the use of CAs has 

been extended to dynamic MRI acquisitions that attempt to extract values of compartmental 

mean water lifetimes in vivo via pharmacokinetic modeling. 

 

3. Compartmental Relaxation with Contrast Agents 

 

3.1 Contrast Agent Based Relaxation Effects 

Exogenous contrast agents have been used in MRI to alter NMR tissue properties and, 

therefore, the MR signal for the purpose of highlighting a particular pathology or anomaly in 

a tissue. The resulting change in MR signal with contrast introduction can be attributed to 

changes in the relaxation properties of the tissue as the CA interacts with the water molecules. 

The CA-water interaction often serves to shorten relaxation times T1 and T2 depending on the 

type of agent and concentration. Many MRI CAs are based on paramagnetic Gd(III) chelates 
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that reduce the observable T1 (and T2 at higher concentrations) in tissue. A common Gd(III) 

chelate, gadopentetate dimeglumine (Gd-DTPA), has been used in many clinical applications 

including blood vessel and tumor imaging (62-64). 

 In contrast enhanced MRI experiments, the distribution of the CA is typically based 

on the size and chemical composition of the contrast and its’ chelate. CAs can remain 

intravascular after injection, leak out of the vasculature into the interstitium, or may 

accumulate in a specific region targeted by the CA. For a single well-mixed compartment in 

biological samples, the measured relaxation rate, R, in the presence of contrast can be 

described by (27)  

 

               [2.20] 

 

where R0 is the intrinsic relaxation rate in the absence of contrast, r  is the relaxivity of the 

contrast agent, and [CA] is the contrast agent concentration. In biological tissue, however, 

distribution of CA is often not limited to just a single compartment and therefore two-pool 

models of CA distribution can be created for the purpose of pharmacokinetic modeling. 

 

3.2 Contrast Agent Distribution: Two Pool Model 

Pharmacokinetic analysis of contrast agent distribution is based on several assumptions. First, 

the tissue is considered to be represented by one or more compartments through which 

contrast agent is able to flow. Second, the compartments are considered to be "well mixed" in 

the sense that the contrast agent is uniformly distributed throughout the compartment. A 

pharmacokinetic model for contrast agent kinetics in tissue is shown below in Fig. 2.5. 
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Fig. 2.5. Two-pool pharmacokinetic model for CA distribution. The compartments 

considered are the blood plasma space and the extravascular-extracellular tissue space, 

represented by the volumes vp and ve. k12 is the volume transfer constant between plasma and 

EES. k21 is the rate constant between EES and plasma, where k21=k12/ve. 

 

 The two-compartment pharmacokinetic model depicts the in-flow of the contrast 

agent into the plasma space, represented by the plasma volume fraction vp, with rate constant 

ki. The contrast agent also diffuses, in a reversible process, into the extravascular-

extracellular space (EES), represented by ve, with the volume transfer constant k12 (i.e. K
trans

 

in DCE-MRI). The agent can then diffuse back into the plasma space with a rate constant, k21. 

The contrast agent is then eliminated with a rate constant ke. Based on the model in Fig. 2.5 

(65), the change in concentration of the CA agent in the tissue after injection can be 

described by the differential equation 

 

, [2.21] 

 

where Cp(t) and Ct(t) are the CA concentrations in the plasma and tissue at time, t. Solving 

Eq. [2.21] (using an integrating factor) for Ct(t) provides a common mathematical model for 

analysis of dynamic contrast-enhanced MRI data (21). 
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3.3  DCE-MRI  

Tumor viability and composition as well as the integrity of tissue vasculature can be assessed 

by monitoring the changes in MR signal intensity with contrast agent distribution using T1 

relaxometry. The technique for making these measurements is referred to as dynamic 

contrast enhanced MRI (DCE-MRI). Kinetic modeling of DCE-MRI data can provide 

quantitative measures relating to perfusion and permeability (K
trans

), and the extracellular-

extravascular volume fraction (ve) (22). The signal intensity in DCE-MRI measurements is 

indirectly affected by the contrast agent as it alters the relaxation properties of exchanging 

water in the tissues. To track the wash in and wash out of the contrast agent in the tissue, a 

SPGE experiment can be implemented. In this experiment, the signal intensity time courses 

in tissue and blood are related to R1 by 

 

         [2.22] 

 

where α is the flip angle, S0  is the initial signal intensity, pre-contrast, based on the SPGE 

acquisition (Eq. [2.7]), and S(t) is the measured signal intensity at a time t after contrast 

injection. 

 In most cases, modeling of DCE-MRI data requires a measure of the concentration of 

contrast agent in the plasma with time. This measure is known as the arterial input function 

(AIF) or vascular input function (VIF) and is often obtained from a region of interest in a 

large artery within close proximity to the tissue of interest (66,67). Considering the two-pool 
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model in Fig. 2.5, it is assumed that the distribution of the CA in the blood is restricted to the 

plasma and, therefore, in the context of a DCE-MRI experiment, Cp(t) can be computed 

 

                            [2.23]  

 

where R1b is the relaxation rate in the blood after contrast injection, R10b is the intrinsic 

relaxation rate before contrast, h is the hematocrit, and r1 is the relaxivity of the CA in the 

plasma.  

 If the intracellular and extracellular compartments in the tissue of interest are 

assumed to be in fast water exchange, the relaxation rate in the tissue at a time t after contrast 

injection, R1t(t), can be computed (23) 

 

                           [2.24] 

 

where Ct(t) is, 
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K
trans

 and ve can then be estimated by fitting Cp(t) and R1t(t) with Eq. [2.24] and Eq. [2.25]. 

Eq. [2.25] is often referred to as the Tofts model and is the solution to the differential 

equation in Eq. [2.21] (21). In the case of heavily vascularized tissues such as tumor, the 

Tofts model can also be extended (21) to include contributions from the plasma space, vp.  
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 Though the previous analysis is valid in many tissues, a few studies have shown that 

water exchange is not sufficiently fast at all values of Ct to assume monoexponential 

relaxation at all times during a contrast enhanced experiment (17,23). Under these conditions, 

the mean water lifetime can be included in the dynamic modeling and extracted from fitting 

of the DCE data with equations similar to Eq. [2.13] and [2.14]. The inclusion of water 

exchange in the modeling of DCE-MRI data and interpretation of the resulting fit parameters, 

however, is still a matter of debate. In addition to the effects of exchange, the value of the 

pharmacokinetic parameters (i.e. ve) have been shown to vary depending on the model 

selected for analysis as well as the level of perfusion and vascularization in the tissue of 

interest (68). Aside from model selection, the DCE-MRI experiment itself provides 

challenges in obtaining physiologically relevant measures of the model parameters due to 

errors in the VIF caused by flow effects and temporal sampling requirements (69,70). For 

these reasons, methods for validating DCE-MRI measurements need to be explored. 

 

4. SPECT Imaging 

 

The use of CAs with relaxation-based measurements in MRI provide quantitative measures 

of compartmental tissue characteristics, however, these measures are only indirect indicators 

of CA distribution. Furthermore, tissue water dynamics such as compartmental exchange and 

diffusion may contribute to altering the observed values of compartmental tissue properties, 

including relaxation rates and compartmental volume fractions. In contrast, nuclear imaging 

offers the advantage that the observed signal from an injected radiotracer is measured 

directly and is independent of tissue water dynamics. One nuclear imaging modality, single 
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photon emission computed tomography (SPECT), can potentially be useful (in a pre-clinical 

setting) as compartment specific radiotracers can be synthesized and imaged in vivo. 

 SPECT is a tomographic nuclear medicine imaging technique that detects gamma ray 

emission from a previously injected radionuclide (71). Gamma cameras and their associated 

detectors are used with a geometry-specific lead collimator array to help reduce scatter and 

detect emissions from a specific source in the tissue (71). Images are created by acquiring 

multiple 2D projections at various angles. Iterative reconstruction of the projection data is 

often carried out using a modified back-projection method to create a 3D data set 

representative of the radionuclide distribution. Among other parameters, the resulting image 

quality in SPECT is largely based on collimation efficiency, the type of detectors used, and 

the number of counts recorded. The number of projections and time spent counting at each 

projection is often a tradeoff between the desired experimental time and the attainable SNR, 

as the SNR scales with the square root of the number of photons per unit area. Ultimately, 

optimizing these aforementioned parameters and processes can provide image data sets that 

can be analyzed in a quantitative manner. 

 Unique to SPECT is its ability to discriminate radionuclides based on the energy of 

the gamma rays emitted. This property is in contrast to imaging modalities such as positron 

emission tomography (PET) where all photons detected are at the same energy (511 keV). In 

typical SPECT experiments energy windows are set about a photopeak representing the 

energy of a particular radionuclide. The energy windows are used to select photons from a 

given source while reducing the contribution from scattered photons. The more narrow the 

energy window the fewer scattered photons are counted, and the sharper the image appears. 

In this case, however, the sensitivity is reduced, due to ‘good’ counts that are discarded, 
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resulting in a noisier image. The converse is true with a wider energy window. For most 

experiments the optimal energy window is set between 10% and 20% depending on the 

detector and the location of the radiotracer photopeak. The illustration in Fig. 2.6 shows an 

example energy spectrum and 20% energy windows for two commonly used SPECT 

radionuclides, 
99m

Tc and 
111

In. 

 

 
Fig. 2.6. Energy spectrum and energy windows for  

99m
Tc (photopeak:140 keV) and 

111
In 

(photopeak: 171 keV, 245 keV). The non-shaded regions represent areas of scatter and cross-

talk. Note the two peaks of the 
111

In radionuclide. 

 

 

In pre-clinical (and clinical) SPECT studies, radionuclides are often attached to or 

chelated with biochemical substances to create radio-ligands and radio-pharmaceuticals that 

target specific regions of the micro-anatomy or specific bio-chemical processes. Examples of 

common radio-pharmaceuticals are 
99m

Tc-Sestamibi for myocardial perfusion imaging (72), 

99m
Tc-HMPAO for brain imaging (73), and 

123
I-MIBG for tumor imaging (74). Similar to CA 

in MRI, SPECT radiotracers can also be created to identify specific tissue compartments. 

Radionuclides such as 
99m

Tc and 
111

In can be labeled with DTPA to create an extracellular 

tracer, with CA distribution characteristics similar to Gd-DTPA. Radiotracers that are 

restricted to the vasculature can also be created, as red blood cells (RBCs) can be labeled 
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with 
99m

Tc (75). Taking advantage of the energy discrimination inherent with SPECT, 

multiple radiopharmaceuticals have also been injected and imaged simultaneously (76,77). 

 

4.1 Dual-Isotope Imaging 

Dual-isotope imaging provides a novel method for targeting two different processes 

or tissue types using different radionuclides. Provided the photopeaks of the desired 

radionuclides have sufficient separation, individual images for each radionuclide can be 

created in a single scan. Selection of radionuclides for dual-isotope imaging depends not only 

on photopeak separation but also the half-life (τ1/2). Radionuclides used in clinical 

applications include 
99m

Tc (140 keV, τ1/2 = 6h), 
201

Tl (135kev/167 keV, τ1/2 = 73h), 
123

I (159 

keV,  τ1/2 = 13.3 hr), and 
111

In (171keV/245keV, τ1/2 = 67 hr). Example applications of dual-

isotope SPECT include 
201

Tl /
99m

Tc-MIBI for same day rest/stress tests (78) and 
99m

Tc-

ECD/
123

I-FP-CIT for detection of Parkinson’s disease and multiple system atrophy (79). 

Dual-isotope imaging can also be used for distinguishing different tissue compartments. An 

example of this type of application can be seen in Fig. 2.7 (methods for these acquisitions can 

be seen in Chapter 4). Fig. 2.7a shows the distribution of 
99m

Tc labeled red blood cells in the 

rat vasculature. Fig. 2.7b shows signal from 
111

In-DTPA inside the brain where the blood 

brain barrier has been disrupted due to tumor growth while signal from 
99m

Tc-RBCs is 

primarily contained in the vessels. The distribution of 
111

In-DTPA in this case is analogous to 

that of Gd-DTPA in rat brain tumors imaged with MRI.  

 

 



 

 

33 

 

 
Fig. 2.7. a) Maximum intensity projection image of a rat injected with 

99m
Tc-RBCs. b) Axial 

image of a C6 glioma in rat using 
99m

Tc-RBCs and 
111

In-DTPA. Note the 
111

In-DTPA signal 

in brain  and 
99m

Tc-RBC signal in the vessels . 

 

 

4.2 Quantitative SPECT Analysis 

SPECT data is often analyzed in a semi-quantitative manner, based on the 

information gleaned from the images themselves. Individual SPECT images contain 

information about the amount and distribution of radiotracer activity in a given tissue and, 

therefore, quantification of activity in a region of interest is common in SPECT (76). Activity 

measures can be made in a dynamic manner to calculate area under the curve (AUC) metrics 

or washout rates, though these measures may require special hardware as well as an arterial 

input function (as used in PET and MRI). The accuracy of these measurements, however, can 

also be affected by attenuation and scatter. Gamma rays traverse much shorter paths and 

therefore experience significantly less attenuation and scatter in rodents than in humans. 

Attenuation can pose a problem, however, with lower energy photons (e.g. 
125

I), though it is 

less significant with higher energy photons (e.g. 
99m

Tc and 
111

In as used in these studies). 
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There is a question of whether scatter or attenuation correction is necessary in small animal 

SPECT or whether the corrections themselves are apt to introduce additional noise into the 

images (80). In general, overestimation errors typically resulting from scatter are offset by 

underestimation errors caused by photon attenuation and partial-volume effects in small 

animal SPECT (80,81). 

 It is to be noted, that common SPECT analysis techniques alone do not necessarily 

provide quantitative information about the underlying tissue compartment sizes. 

Alternatively, the concentration of a radiotracer in tissue or a blood sample may be calculated 

and used to compute a blood-to-brain transfer constant (Ki) or volume of distribution (82-84). 

These types of quantitative measurements have been made in ex vivo animal models using 

autoradiography (AR) techniques, but have yet to be incorporated into in vivo imaging due to 

radiotracer and experimental design limitations. The importance of quantitative SPECT 

measurements and their role in characterizing vascular and interstitial tissue spaces has been 

noted in several review articles (85,86). Of added value, is recognizing that the signal 

recorded in a SPECT experiment is independent of tissue water dynamics, a factor that often 

affects accurate quantification of MRI measurements.  

Considering the previously described capabilities of small animal SPECT imaging, 

obtaining in vivo estimates of tissue compartment sizes with SPECT is possible. To perform 

these measurements, however, an appropriate radiotracer must be selected and imaging 

protocol designed. First, a radiotracer should be selected that distributes in the tissue space 

that one wants to measure. As Gd-DTPA is used to probe the extracellular tissue space in 

DCE-MRI, a radiotracer can be synthesized that exhibits the same CA distribution 

characteristics. For example, DTPA can be labeled with 
111

In to create 
111

In-DTPA. To obtain 
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the sought after tissue volume fractions, one needs to start with tissue activity measurements. 

To begin, the SPECT system image intensity is calibrated to measures of activity.  A sample 

solution of the given radiotracer (e.g. 
111

In), with a known activity (measured from a well 

counter) and volume, is scanned with the appropriate imaging protocol. The image signal 

intensity is integrated over the sample and compared to the known activity to create a 

calibration factor for quantification. This is repeated for any radiotracer that is to be imaged.  

Upon injection into an animal, a radiotracer such as 
111

In-DTPA will distribute 

throughout the plasma space and the extracellular extravascular tissue space. Prior to 

radiotracer injection, however, a nephrectomy procedure can be performed, to ensure that the 

radiotracer reaches a state of equilibrium between the extracellular space (EC) and plasma 

creating a condition where  

 

                                 [2.26] 

 

Similar procedures have been previously performed in ex vivo radiotracer studies to help 

calculate tissue volume fractions via the relationship in Eq. [2.26]. With the concentration 

defined as the activity per volume (MBq/mL), the extracellular volume is 

 

 

,               [2.27] 

 

where measures of extracellular tissue activity (AEC) are recorded from the tissue of interest. 

A plasma sample with known volume (Vplasma) is also acquired to measure Aplasma. The 
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SPECT derived estimate of the extracellular volume fraction from a given region of interest 

(ROI) is thus estimated as: 

 

                   [2.28] 

 

where Vtissue is the known volume of a ROI in the SPECT experiment. This model is 

appropriate for tissues in which the vasculature is not a significant fraction of the total tissue 

space or ROI (i.e. <1%). In tissues that have the potential for being highly vascularized (e.g. 

tumors), this model can be extended. 

 To account for the contribution of the vasculature in a tissue of interest (TOI), a 

second radiotracer can be used. In this instance, RBCs can be labeled with 
99m

Tc to create a 

blood vessel specific radiotracer, 
99m

Tc-RBC. A dual-isotope approach can then be used to 

acquire simultaneous images of both 
111

In-DTPA and 
99m

Tc-RBCs distribution in the TOI. 

Following a similar procedure as the single tracer case, a nephrectomy can be performed to 

allow the extracellular radiotracer to reach equilibrium between the vascular (blood) space 

and the extracellular-extravascular (ECEV) space such that 

 

                                  ECEVInbloodIn CC ,111,111 ≈
.           [2.29] 

 

The concentration, C, of tracers in a blood sample can be determined from the SPECT image 

of the blood sample itself 
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             bloodbloodmTcbloodmTc VAC /,99,99 =
  , and [2.30] 

  bloodbloodInbloodIn VAC /,111,111 =
 ,    [2.31] 

 

where Vblood is the known volume of the blood sample and A is the specified radiotracer 

activity (in MBq) from the entire sample in the SPECT image of the blood. Similarly, the 

activity in the TOI is described by 

 

IVbloodmTctissuemTc VCA ⋅= ,99,99 , and    [2.32] 

             ECEVECEVInIVbloodIntissueIn VCVCA ⋅+⋅= ,111,111,111 ,          [2.33] 

 

where VIV and VECEV are the volumes of the intravascular space and extracellular 

extravascular space, respectively, in the tissue. Given the measured activities in a ROI and 

tracer concentrations in the blood from Eqs. [2.30] and [2.31], Eqs [2.29], [2.32] and [2.33] 

can be solved to calculate VIV and VECEV. From here, ve can be estimated as 

 

    tissueECEVSPe VVv /, =
.     [2.34] 

 

where Vtissue was the known volume of the ROI in the SPECT images. In this way, estimates 

of the extracellular volume fraction in tissue can be computed with in vivo SPECT imaging, 

for comparison with estimates obtained from MRI.  
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5. Application of Relaxation-Based MRI Measurements  

 

5.1 Experimental Tissue Models 

The previously described techniques aim to characterize tissue microstructure on a 

compartmental basis. These compartments can range from intra- and extracellular tissue 

spaces to intra- and extravascular spaces. Various tissues have been analyzed in this manner 

using MRI including nerve, white matter, muscle, bone, and solid tumors (5,7,8,17,87,88). Of 

particular interest to the work presented in this dissertation is muscle tissue 

compartmentalization. 

As early as 1969, there was experimental evidence that two phases of water existed in 

skeletal muscle and the phenomena that explained these signals involved the restriction of the 

motional freedom of the water molecules (11). In a later study, Hazlewood et al. suggested 

that there were three different fractions of exchanging water in rat skeletal muscle, 

corresponding to three distinct T2 times (12). The three components were designated as 

hydration water molecules of protein and macromolecules (7% of muscle water, T2<1ms), 

myoplasm or intracellular water (83% of muscle water, T2~44ms), and extracellular space 

(10% of muscle water, T2~155ms). Support for the physical compartment model was 

strengthened when Cole et al. found that maceration of skeletal muscle resulted in a loss of 

biexponential T2 decay, specifically a loss of the long T2 component (9). This result affirmed 

the idea that the observed biexponential signal could be attributed to intracellular and 

extracellular tissue compartments. Though healthy muscle tissue has been shown to exhibit 

multiexponential relaxation in humans, there is still some debate as to the number and 

assignment of the individual tissue compartments (10,89).  
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 In recent years, studies have measured T2 decay in a variety of models that explore 

injury and inflammation in skeletal muscle. A common non-pathologic model, due to its 

utility in human imaging, looks at exercise-induced changes in T2 and volume fractions (90-

92). As metabolic expense and perfusion increase with exercise, net water transfer occurs 

between vascular and extravascular compartments and total muscle water content increases 

(91). This increase often results in a change in T2 and, therefore, image contrast. In particular, 

the increase in T2 with exercise may be partly attributed to intracellular fluid accumulation 

associated with metabolites and intracellular acidification (90). In small animals, 

electroporation injury is sometimes used to model edematous muscle and to observe changes 

in muscle tissue after membrane trauma (93). Another small animal model, compression-

induced deep tissue injury focuses on how damage to the muscle fibers results in edema and 

inflammation, as well as necrosis (94). A femoral artery ligation model can be used to 

evaluate perfusion recovery from peripheral vascular disease or critical limb ischemia (95). 

This model, often induced in rat hindlimb, has been the focus of several studies using DCE-

MRI and diffusion-weighted imaging to assess muscle perfusion, angiogenesis, inflammation, 

and tissue regeneration (88,95-97). 

 Aside from physically inducing injury and inflammation, edema can also be induced 

via injection of a chemical compound. Gambarota et al. used injections of saline of various 

tonicities to produce MET2 in rat skeletal muscle (6). As a result, both fast and slow decaying 

T2 components were observed in the muscle. The osmotic manipulation of the compartment 

sizes extracted from edematous muscle allowed the assignment of the fast and slow T2 

components to intra-cellular and extra-cellular water, respectively. The injection of a 

chemical agent, such as λ-carrageenan, is another common method of inducing edema in 
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muscle. Carrageenan-induced edema is mediated in a temporal manner by serotonin and 

histamine at first, then kinins, and finally prostaglandins about 3 hours after injection (98,99).  

 Known for its use in the development of non-steroidal anti-inflammatory drugs, the 

carrageenan-induced edema model is often used in rat paw and hindlimb as a way to simulate 

an inflammatory response (100,101).  

Recent studies by Ababneh et al. and Fan and Does have implemented this particular 

model to study MET2 and diffusion in muscle inflammation (14,15). In addition, a two-

dimensional T1-T2 study, similar to that of Saab et al. (102), was performed, prior to the work 

presented here, to characterize compartmental relaxation in graded muscle edema using the 

λ-carrageenan injury model (16). A SR-MSE experiment was implemented to investigate the 

possibility of both multiexponential T1 and T2 in injured muscle. An example of the resulting 

T1-T2 spectrum for both normal and edematous muscle can be seen in Fig. 2.8. 

 

 
Fig. 2.8. T1-T2 spectra of healthy muscle (left) and edematous muscle (right). 

   

The presence of both multi-compartment T1 and T2 with injured muscle demonstrates that 

water in this particular tissue is likely in an intermediate or slow exchange regime. Based on 

this observation, the λ-carrageenan injury model provides a basis for further research aimed 
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at extracting estimates of intrinsic compartmental parameters for the purpose of assessing the 

effect of exchange on these parameters.  

 

5.2 Translation of Quantitative T2 Measurements 

Though relaxation measurements are often implemented in pre-clinical animal models, as 

previously described, these techniques, particularly MSE experiments, are used infrequently 

in the clinic. Characterization of MET2 is traditionally achieved by MSE measurements 

acquired in a single slice or in a single voxel. These experiments tend to have long 

acquisition times, are sensitive to motion, and preclude multi-slice imaging. In traditional 

MSE imaging a single line of k-space is acquired at each echo time during a TR. Fast spin-

echo (FSE) methods can been used to decrease acquisition time for the purpose of multi-slice 

monoexponential T2 characterization. The basic differences between spin-echo and fast spin-

echo sequences can be seen in Fig. 2.9. Rapid T2-weighted imaging sequences (RARE, 

GRASE, etc.) have been implemented in clinical applications to reduce scan time while 

exploiting T2 contrast.  These multi-shot methods, however, do not provide a large time 

advantage for the acquisition of data at a number of echo times sufficient for multi-

exponential signal decay.  
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Fig. 2.9. Characteristics of conventional spin-echo and fast spin-echo (FSE) imaging 

sequences. 

 

To decrease acquisition time, an entire image can be collected with an effective TE in a 

single TR. This is known as single-shot spin-echo imaging. To further increase speed of 

acquisition, one can take advantage of partial Fourier methods (103). In partial Fourier 

acquisitions, data are collected asymmetrically around the center of k-space. Typically, one 

half of k-space is completely acquired (in the phase encoding direction) as well as a fraction 

of the other half of k-space. Though Hermitian symmetry dictates that only half of k-space is 

needed to reconstruct a real object, unwanted phase shifts cause the reconstructed object to 

be complex, and therefore, the additional k-space data (overscan data) can be used to 

overcome this problem. In practice, homodyne processing is used for partial Fourier image 

reconstruction. This processing technique uses low-spatial-frequency data from an image or 

reference scan (profile) to correct for phase errors produced by reconstruction of incomplete 

k-space data. Homodyne processing can also be performed in an iterative manner to account 

for rapidly varying phase. 
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One single-shot spin-echo technique that employs the partial Fourier imaging strategy 

is HASTE (half-Fourier single-shot turbo spin-echo) (104). As a means of acquiring reliable 

measures of compartmental relaxation in human imaging, development of a method for fast 

MSE imaging (using HASTE) would be beneficial. The extension to multi-slice imaging is 

important for clinical application, however, a rigorous evaluation of B1 effects on T2 

estimation would first need to be performed. Furthermore, an accelerated method for accurate 

T2 characterization would possibly allow for the translation of pre-clinical measurements, as 

implemented in the λ-carrageenan injury model, to practical clinical models of muscle 

disease.  
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CHAPTER 3 

SPECIFIC AIMS 

 

1. Validate DCE-MRI Measures in a Rat Glioma Model with Quantitative Dual-

Isotope SPECT 

Dynamic contrast enhanced MRI (DCE-MRI) can be used to assess tumor viability and 

vascular permeability. Physiologic measures of perfusion and extra-cellular volume can be 

obtained through quantitative analysis of DCE-MRI data. Tissue water and CA dynamics 

may influence these measures, and therefore affect estimates of these observable parameters. 

The range of extracellular volume fractions observed in tumor tissue, combined with the 

variety of available methods for modeling DCE data, presents a need for validation of these 

measures. A quantitative radiotracer imaging technique, in the form of dual-isotope SPECT 

imaging, may serve to validate the estimates of the extracellular volume fractions observed in 

DCE-MRI experiments in tumor tissue. This information may be helpful in refining current 

models or investigating new pharmacokinetic models with the goal of extracting relevant and 

accurate measures of compartmental characteristics in tumors. 

 

2. Test a Contrast Enhanced T2 Method for Measuring Compartmental Volume 

Fractions and Exchange in vivo  

Two-pool models are often implemented in MR data analysis for the purpose of extracting 

compartmental tissue characteristics. Making accurate measures of these model parameters, 

however, can be difficult. In this study, the ability to measure water exchange in vivo and its 

effects on observed relaxation parameters will be evaluated in a graded muscle edema model 
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using a novel contrast enhanced technique. To measure compartmental exchange in vivo via 

model inversion, an estimate of at least one of the intrinsic parameters from the two-pool 

model must be known. In this work, the intrinsic extracellular volume fraction will be 

obtained by contrast enhanced T2 measurements and subsequent modeling. This estimate will 

be compared to similar measures made with quantitative SPECT imaging, a method unbiased 

by compartmental water exchange. With these estimates, the two-pool exchange model will 

be inverted to extract intrinsic model parameters, including mean water lifetimes. These 

measures may be used to infer information about micro-anatomical changes that occur during 

muscle injury. 

 

3. Test and Validate an Accelerated Method for Measuring Compartmental 

Relaxation  

Robust methods of measuring compartmental relaxation have been implemented in single-

slice imaging in small animal models. Translation of these methods to the clinic requires the 

addition of multi-slice coverage and reducing acquisition time. A modified partial Fourier 

single-shot spin-echo sequence will be implemented to obtain single and multi-slice 

measures of T2 relaxation in phantoms and to evaluate the methods’ sensitivity to variation in 

B1. Validation of this method (T2-HASTE) against a single-slice MSE sequence will be 

performed in a pre-clinical model of muscle edema, to evaluate characterization of multi-

exponential T2 with both linear and non-linear echo sampling. This method will also be 

explored as an alternate technique for fast and accurate multi-slice T2 mapping.   
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CHAPTER 4 

COMPARISON OF DYNAMIC CONTRAST ENHANCED MRI AND 

QUANTITATIVE SPECT IN A RAT GLIOMA MODEL 

 

1. Abstract 

Pharmacokinetic modeling of dynamic contrast enhanced (DCE)-MRI data provides 

measures of the extracellular volume fraction (ve) and the volume transfer constant (K
trans

) in 

a given tissue. These parameter estimates may be biased, however, by confounding issues 

such as contrast agent and tissue water dynamics, or assumptions of vascularization and 

perfusion made by the commonly used model. In contrast to MRI, radiotracer imaging with 

SPECT is insensitive to water dynamics. A quantitative dual-isotope SPECT technique was 

developed to obtain an estimate of ve in a rat glioma model for comparison to the 

corresponding estimates obtained using DCE-MRI with a vascular input function (VIF) and 

reference region model (RR). Both DCE-MRI methods produced consistently larger 

estimates of ve in comparison to the SPECT estimates, and several experimental sources were 

postulated to contribute to these differences. 

 

2. Introduction 

Dynamic contrast enhanced magnetic resonance imaging (DCE-MRI) is a technique often 

employed to characterize the microvascular environment in tumor tissues (63,105). This 

quantitative imaging technique provides a measure of the volume transfer constant (K
trans

) 

and the volume fraction of extracellular-extravascular tissue space (ve) via tracer kinetic 

modeling of MRI contrast agents (CA), typically Gd-DTPA. The most commonly used DCE 
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metric is K
trans

, which reports on perfusion, but accurate measure of ve may also be of clinical 

importance in assessing tumor type and response to treatment. For example, it has been 

shown that the relative size of ve can help distinguish between gliomas, meningiomas, and 

metastases in brain tumors (63). The pharmacokinetic modeling necessary for DCE-MRI 

reduces a complex tissue micro-environment into a relatively simple compartmental model 

(21), which has known limitations (23,24,68,106). Also, parameter estimation is sensitive to 

the sometimes difficult to acquire vascular input function (VIF) (69,107,108) or the more 

easily acquired reference region (RR) signal (109,110). Given the array of potential sources 

of error in DCE-MRI, the interpretation of fitted model parameters as physical characteristics 

of tissue remains a question. 

Conversion of signal intensity to CA concentration in a given tissue often assumes 

fast water exchange between the extracellular-extravascular space and the intracellular tissue 

space, however, there do exist models that account for compartmental water exchange 

(23,106). In certain tissues, increased levels of CA concentration may create an environment 

where ignoring water exchange across cell membranes leads to errors in the estimates of the 

model parameters. Also affecting the measure of the CA concentration is the extent to which 

the tissue is vascularized and perfused. For example, heterogeneous tumor tissue may be 

characterized by a well perfused proliferating rim and a poorly vascularized (possibly 

necrotic) core. The pattern of delayed enhancement observed in the core of these types of 

tumors may indicate CA diffusion from the periphery of the tumor. As with compartmental 

water exchange, tracer diffusion in tumor tissue has been found to be a source of error in the 

estimates of pharmacokinetic parameters, particularly in ve¸ when using the Tofts model (24). 
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The previously described characteristics of DCE-MRI measurements and modeling 

reveal a need for further investigation and evaluation of the resulting pharmacokinetic 

parameters. One of the parameters, ve, can be measured directly with single photon emission 

computed tomography (SPECT). To this end, a dual-isotope SPECT approach was developed 

and implemented on rats to obtain estimates of ve that did not require dynamic tracer 

modeling, assumptions about water dynamics, or a VIF or RR signals. In an orthotopic rat 

glioma tumor model, these SPECT estimates of ve were compared with estimates derived 

from DCE-MRI using both the VIF and RR approaches, with the objective of elucidating 

some of the sources of error in the DCE-MRI.  

 

3. Methods 

Female Sprague-Dawley rats (n=8, 234-270g) were anesthetized and inoculated with C6 

glioma cells (1x10
5
 cells) approximately two weeks prior to imaging. Two jugular catheters 

were placed in each rat, up to 24 hours before imaging. One catheter was used for CA 

injection while the other was used for blood sampling. Each rat was anesthetized using ≈ 2% 

isoflurane in oxygen for all surgical and imaging procedures. For MR imaging procedures 

body temperature was maintained near 37° C by a flow of warm air directed over the animal. 

Respiration was monitored using a pneumatic pillow placed on the side of the animal near 

the abdomen. Rats were imaged using a DCE-MRI protocol and were allowed to recover 

after the scan. Dual-isotope SPECT measurements were performed the following day, within 

24 hours of the completion of the DCE-MRI measurements. Prior to SPECT, a bi-lateral 

nephrectomy was performed to prevent washout of the radiotracer, as was required for 

analysis of the SPECT data. The animal was anesthetized before the nephrectomy and 
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remained anesthetized throughout the duration of SPECT imaging. Upon completion of 

radionuclide imaging, the animals were sacrificed via an overdose of isoflurane. All 

procedures were approved by Vanderbilt University’s institutional animal care and use 

committee. 

 

3.1 DCE-MRI 

MRI was performed on a 9.4T horizontal-bore magnet (Agilent, Santa Clara, CA). The 

animal’s head was positioned in a 38 mm diameter Litz quadrature coil (Doty Scientific, 

Columbia, SC) and was secured by a bite bar apparatus that also served to deliver the 

anesthetic gas. Scout images were collected to identify a 2mm thick imaging slice through 

the center of the brain tumor and a second slice in the neck containing the major vessels 

feeding the brain. 

Prior to DCE-MRI, an inversion-recovery snapshot experiment—TR = 12s, TI 

(inversion time) = 0.250-11s, NEX (number of excitations) = 2, 128 x 128 samples, 32 mm x 

32 mm FOV—was used to generate data to produce a pre-contrast R1 (longitudinal relaxation 

rate = 1/T1) map, R10. A three parameter fit to these data was used to estimate R1 in the 

presence of imperfect inversion. The DCE-MRI protocol employed a standard spoiled 

gradient-echo (SPGE) sequence—TR = 10ms, TE = 2.1ms, flip angle (α) = 15°, 96 x 96 

samples, and NEX = 2—over the prescribed slices. Approximately 40 images were collected 

before a 200 µl bolus of Gd-DTPA (0.05 mmol/kg) was delivered over 5s via the jugular 

catheter. After injection of the contrast agent, dynamic images were collected for 20 minutes 

(~2s per image) and were reconstructed to 128 x 128 samples to match the spatial resolution 

of the R10 map. Following the completion of the DCE-MRI experiment, a 3D SPGE—TR = 
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20ms, TE = 2.1ms, α = 20°, 128 x 128 x 64 samples, 32 x 32 x 32 mm
3
 slab—was acquired 

to provide a reference for image registration between MRI and SPECT images. 

 

3.2 Bi-lateral Nephrectomy 

Under anesthesia, two parallel incisions, one on each side, were made on the lower back of 

the rat. Using a swab, the kidneys were exposed and 3-0 silk sutures were slipped around 

each kidney and tightened around the renal pedicles, preventing clearance through the kidney. 

The kidneys were returned to their original position and the incisions were sutured shut. The 

total time for the procedure was approximately 20 minutes. 

 

3.3 SPECT 

Radionuclide imaging was performed on a NanoSPECT/CT (Bioscan, Washington DC, 

USA) with image reconstruction carried out using HiSPECT in the corresponding 

InVivoScope software. Under anesthesia, an extracellular radiotracer, 
111

In-DTPA (~19 

MBq), was injected first, followed by a saline flush, and allowed to equilibrate for 

approximately 30 minutes (longer than the known wash-in time for Gd-DTPA). An 

intravascular tracer, 
99m

Tc-RBCs (Ultratag®) (~130 MBq), was then injected. After injection 

of the second tracer, images were collected (48 projections (helical SPECT), 40s per 

projection, reconstructed volume = 67 x 67 x 35 mm
3
).  Three energy windows (width=18%) 

were set about the 
99m

Tc and 
111

In photopeaks (140 keV and 171/245 keV, respectively), and 

projection data were recorded independently for each energy window using a 9-pinhole 

aperture collimator (pinhole diameter = 2.0 mm) on each of four detector heads. After 

collecting the brain images a blood sample (~500 µL) was obtained from the unused jugular 



 

 

51 

 

catheter and imaged with the previously described dual-isotope protocol. An X-ray CT scan 

was also collected for registration purposes (imaging dimensions same as SPECT). All 

SPECT images were reconstructed with 0.4 x 0.4 x 0.4 mm
3
 voxels to match the CT image. 

To provide support for the use of the novel SPECT method in vivo, 5 different mixed isotope 

phantoms (500 µL each) were made with varying concentrations of  
99m

Tc and 
111

In 

corresponding to activity ratios (i.e. A99mTc / A111In) similar to those found in the blood 

samples. The phantoms were then imaged with the dual-isotope protocol and the activities 

were compared to those independently measured in a well counter. The resulting 

measurements can be seen in Figure 4.1. 

 

 

Fig. 4.1. Mixed isotope phantom validation for activity measurement with the dual-isotope 

protocol. a) 
99m

Tc activity measures from the SPECT image and well counter. b) 
111

In 

activity measures from the SPECT image and well counter. Linear regression analysis also 

shown. 

 

 

4. Data Analysis 
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4.1 SPECT-MRI Registration 

All MR and SPECT/CT imaging data were imported into MATLAB (Mathworks, Natick, 

MA) for processing. Prior to any quantitative analysis, the CT data were registered to the 3D 

SPGE data set using a rigid registration algorithm. All SPECT data were subsequently 

registered to the MR space as the SPECT images were implicitly co-registered to the CT scan. 

This process allowed co-registration of the single slice dynamic data (from the brain tumor) 

to the SPECT images. 

 

4.2 DCE-MRI 

The R10 map was used to identify a tumor region of interest (111) within which, R1 tissue 

time course, R1t(t), was determined for each voxel using:  
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where S0 was defined as 

 

    









⋅−

⋅−
⋅=

⋅−

⋅−

− α
α

sin)1(

cos1
10

10

0 RTR

RTR

e

e
SS

. [4.2]  

 

S_ was the measured signal intensity, from the SPGE experiment, prior to contrast agent 

injection and S(t) was the measured signal intensity at a time t after contrast injection. In 

addition to the tissue of interest (TOI), an ROI was also selected in the linguofacial artery in 

the neck of the rat to provide an image derived VIF. The VIF ROI contained signal from 
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approximately 5-10 voxels.  Using the R1 time course of the VIF, the concentration of CA in 

the plasma space (Cp) was determined using an assumption of fast water exchange across red 

blood cell membranes, therefore 

 

    
)1(/))(()( 1101 hrRtRtC bbp −⋅−=
    [4.3]  

 

where the hematocrit (h) was 0.46, r1 (the relaxivity of Gd-DTPA at 9.4T) was assumed to be 

3.8 mM
-1

s
-1

 (111,112), and the pre-contrast R1 of blood was assumed to be R10b =0.435 s
-1

 

(113-115). 

K
trans

, ve, and vp (plasma volume fraction) were estimated by fitting Cp(t) and the 

dynamic R1 time course from the tumor ROI, R1t(t), with Eqs. [4.4] and [4.5] (106): 
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                                           [4.4] 

where 

 

.   [4.5] 

 

In these equations, Ct(t) is the concentration of the CA in tumor tissue represented by the 

extended Tofts model (21). Subsequently, K
trans

 and ve estimates from this VIF-based 

analysis are defined as trans

VIFK and ve,VIF, respectively. Non-linear fitting, here and below, used 

the default settings of the lsqcurvefit function in MATLAB R2011a (Natick, MA) with fitted 

parameters (K
trans

, ve and vp) constrained to non-negative values.  
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In addition to the extended Tofts model analysis, the dynamic data were also analyzed 

on a voxel-by-voxel basis using a RR model (110). In the RR analysis, the reference tissue 

ROI was selected in the temporal muscle surrounding the skull. Two parameters, K
trans,t

 and 

ve,t , were then estimated by fitting the R1 dynamic time course from each tumor voxel and 

the RR with 
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Where subscripts t and ref indicate tumor and reference regions, R=K
trans,t

/K
trans,ref

 and 

assumed K
trans,ref

 = 0.05 min
-1

 and ve,ref = 0.11 were used for the reference tissue (69,110). 

Subsequently, in this paper, K
trans,t

 and ve,t estimates from this RR-based analysis are defined 

as trans

RRK  and ve,RR, respectively. 

 

4.3 SPECT 

Based on the dual-isotope SPECT protocol applied in this study of rat glioma, the resulting 

SPECT data was analyzed according to Eqs. [2.29]-[2.34] (as described in the background of 

this dissertation). The subscript ‘tissue’ in these equations refers to the individual voxels 

from a given tumor ROI in the present study. ve,SP was estimated voxel by voxel (where Vtissue 

in Eq. [2.34] was the known SPECT voxel volume) to create a parametric map for 

comparison to the DCE-MRI ve estimates. 
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5. Results 

Fig. 4.2a shows an example of the imaging slice used to visualize and select an ROI for the 

vascular input function. An example of a VIF from a single rat can be seen in Fig. 4.2b.  

 

 

 
Fig. 4.2. a) Example of ROI placement for the VIF in the linguofacial artery. ROIs contained 

between 5 - 10 voxels. b) Example VIF time-course (in [CA]) recorded over an 

approximately 20 minute time period. Note the rapid rise and washout of the CA. 

 

A tumor ROI was manually selected based on a pre-contrast T1 map (Fig. 4.3a). An example 

dynamic R1 time course from the tumor ROI along with the fit to the RR model are shown in 

Fig. 4.3b. The inset in Fig. 4.3b shows the R1 time course for the reference tissue (skeletal 

muscle) used in the RR model fitting. All DCE-MRI fitting showed qualitatively good fits 

and quantitative estimates of parameter uncertainties that were much less than the spatial and 

inter-animal variations in model parameters. The slow rise of the tumor tissue R1 time course 

indicates the need to collect data for at least 15 minutes post-injection to ensure a plateau has 

been reached.  
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Fig. 4.3. a) An example T10 map showing the location of the manually defined brain tumor 

ROI and reference tissue ROI in the temporal muscle. Note the elevated T1 times in the tumor 

region. b) Corresponding R1 time course including RR model fit. The RR model shows a 

good fit to the dynamic data. The inset displays the dynamic time course of the reference 

tissue used for RR modeling. 

 

Fig. 4.4 shows two examples (left and right) of the parametric maps from the RR 

model fitting and the dual-isotope SPECT analysis. On the left, the tumor appears more 

homogenously perfused (Fig. 4.4a) with moderate estimates of ve (Fig. 4.4c, Fig. 4.4e). In 

contrast, the tumor in the right column exhibits a well perfused (K
trans

 > 0.06 min
-1

) 

proliferating rim and a poorly perfused (K
trans

 < 0.02 min
-1

) core, with more heterogeneous 

maps of ve (Fig. 4.4d, Fig. 4.4f). In this case, although the color bar indicates a maximum 

ve,RR = 1, in the tumor core some voxels exhibited ve > 1 (sometimes >> 1), indicating a 

breakdown of the model for accurately describing the DCE data. In order to avoid extreme 

outliers, only voxels exhibiting ve < 2 and K
trans

 < 0.5 min
-1

 were included in subsequent 

analysis. This restriction resulted in discarding 2 - 30% (range, across animals) of tumor 

voxels from VIF analysis and 0.5 – 8% of tumor voxels from RR analysis.  
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Fig. 4.4. Parametric maps from RR model fitting and co-registered SPECT/MR images for 

two different rats (one per column).  (a,b) trans

RRK  maps, (c,d) ve,RR maps, and (e,f) ve,SP maps. 

Note the voxels in the center of the tumor (b,d) where trans

RRK  is low (< 0.02 min
-1

) and ve,RR 

has been excluded due to non-physiological values (ve > 1). The SPECT maps in e) and f) 

display the tumor ROI as well as a ROI in the muscle. 
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Figure 4.5 shows the tumor ROI mean (± SD) of estimates of ve (top) and K
trans

 

(bottom) from both DCE-MRI methods and SPECT (ve only) for all eight animals. In general, 

the ve values from the VIF analysis exceeded those of the RR analysis and both DCE-MRI 

analyses of ve were higher than those found in the dual-isotope SPECT analysis (Fig. 4.5a). 

Computed voxel-by-voxel from the tumor ROIs in all eight animals, ve,VIF > ve,SP (mean 

difference ± standard error = 0.57±0.01), and the difference was significant (t-test, p<0.0001) 

in all eight animals. Similarly, across all tumor ROI voxels, ve,RR > ve,SP (0.14±0.005), and the 

difference was significant (t-test, p<0.01) in 7 of 8 animals. Comparing the DCE-MRI 

analysis techniques, ve,VIF > ve,RR (0.43±0.008) in all eight animals, and again, the difference 

was significant (t-test, p<0.0001) in all eight animals.  

Though there was no comparable measure for K
trans

 for the SPECT data, Fig. 4.5b 

shows a consistent overestimation across all eight animals where trans

VIFK  > trans

RRK  

(0.055±0.001). Also, although not shown in Fig. 4.5, a similar overestimation of blood 

volume fraction by VIF analysis of DCE-MRI (range across animals of mean = 0.04-0.18 and 

of SD = 0.03-0.15) compared with SPECT measures (range across animals of mean = 0.019-

0.036 and of SD = 0.005-0.011) was found. Note, however, that constraining vp to a priori 

values similar to those found by SPECT had little effect on the fitted values of ve by DCE-

MRI. 
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Fig. 4.5. a) Comparison of ve for VIF, RR, and SPECT analysis for each animal studied. b) 

Comparison of K
trans

 for VIF and RR analysis. Solid bars represent mean values while error 

bars represent the standard deviations. Note that error bars are somewhat underestimated 

because outlier voxels exhibiting ve > 2 or K
trans

 > 0.5 min
-1

 were not included in analysis. 

 

6. Discussion 

DCE-MRI measurements were made in an orthotopic rat glioma model that represents a 

more clinically relevant tumor location compared to xenograft studies. The results of this 

study revealed a consistent overestimation in the estimate of ve from commonly used DCE-

MRI analysis techniques when compared to ve estimates from a novel quantitative SPECT 

technique. To our knowledge, this is the first account of an in vivo radionuclide measure of 

the extracellular-extravascular volume fraction. Previous measures of the extracellular tissue 

space using radionuclide techniques have been documented, however these measurements 
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were often made ex vivo via whole tissue gamma counting or autoradiography (17,82). While 

the radionuclide imaging used in this study is not practical for routine pre-clinical use 

because it involves surgical intervention to allow tracer equilibration, it is insensitive to water 

dynamics and does not require a vascular input function. Regarding surgical effects on 

parameter estimates, previous studies have shown no significant changes in plasma space and 

tissue water content of normal rat brain in the time, post-nephrectomy, in which the current 

measurements were recorded (116,117) 

Phantom tests (see Figure 4.1) demonstrated the accuracy of this dual-energy SPECT 

method for measuring concentrations of 
99m

Tc-RBCs and 
111

In-DTPA. In addition, ve,SP  in 

muscle was found to be 0.10±0.04 (mean ± standard deviation (SD)) over the animals studied, 

which is in agreement with ve of muscle observed in previous MR measurements (82,118). 

Furthermore, the blood volume fraction (vb) from the SPECT measurements in tumor (0.03 ± 

0.01) was found to be within the range of values observed in a recent study of rat glioma by 

Li et al (119) as well as a study examining various grades of human gliomas (63). Thus, 

although no independent validation of the in vivo SPECT measurements from tumor have 

been made, we interpret the observed differences in SPECT and MRI measures of ve (Fig. 

4.4) to predominantly reflect an overestimation of ve from DCE-MRI.  

The explanation for why DCE-MRI overestimated ve is not entirely clear, but it is 

apparent that DCE-MRI analysis using a VIF resulted in a much greater overestimation than 

did the RR analysis. Estimates of ve in rat tumor using VIF analyses have been found to span 

a large range with individual voxel values sometimes exceeding 1(119-121). For example, 

McIntyre et al found that, depending on the use of a measured or literature-based VIF, up to 

48% of voxels in rat tumor exhibited ve >1(120). Averaging of the vascular signal over space 
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with non-vascular signal or over time during the peak of the VIF will result in a diminished 

VIF and, in turn, an increased estimate of ve (69,70). However, in this study, the VIF was 

acquired at relatively high spatial and temporal resolutions, so these factors are unlikely to 

explain the differences between ve,VIF and ve,RR. The VIF amplitude may also be reduced by 

T2
*
 effects, however a relatively low concentration of Gd-DTPA (0.05 mmol/kg) was 

administered to mitigate T2
*
 dropout expected at high B0. In addition, calculations show < 

1 % signal reduction due to T2
*
 with the imaging parameters used in this study. A third 

potential source of error in the VIF is due to the inflow effect on the T1-weighting image 

contrast, which has been studied in detail recently (122,123). 

Inflowing blood which did not experience the previous RF excitation pulses is not T1-

weighted and results in an overestimation of S0 (Eq. [4.2]) and an underestimation of the 

change in S(t) (Eq. [4.1]). Both of these factors diminish the VIF and, in turn, result in an 

overestimation of ve. In the context of the present study, an arterial blood velocity of 5 cm/s 

(124) dictates that ≈¼ of the blood in a 2 mm imaging slice is replaced with inflowing blood 

every TR (10 ms). Crudely then, one can consider the blood signal to be 75% from 

magnetization at steady state and 25% from magnetization at equilibrium. Then, given 

R10b = 0.435 s
-1

 and α = 15°, Eq. [4.2] will overestimate S0,blood by ≈3× and, for a peak Cp 

~0.2 mM, the net effect is to overestimate ve by ≈2×. This model of inflow agrees well with 

the observations (not shown) that S0,blood ≈ 3 × S0,muscle and roughly with the observations of 

ve,VIF compared with ve,RR (Fig. 4.5), thereby suggesting that inflow is the dominant source of 

discrepancy between the VIF and RR results in this study.  

To minimize inflow effects, previous studies using VIF-based analyses have 

employed saturation pulses (121) and amplitude correction of the VIF based on reference 
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tissues (119,125).  A similar method may be applied using an inflow-insensitive estimate of 

S0,blood (such as one based on S0,muscle) in Eq. [4.1] to partially correct the previously described 

problem. The use of selectively-spoiled composite RF pulses (126) or 3D DCE methods 

might also be helpful. Relatively few quantitative 3D DCE-MRI tumor studies have been 

made in rodents (127-129) and, though this method might provide an alternative for 

minimizing flow effects, temporal sampling requirements would need to be met as to not 

further bias estimates of K
trans

 and ve (130). Alternatively, the reference region method can be 

used to avoid the VIF altogether.  

This work reveals some of the confounding issues in performing small-animal DCE-

MRI studies in brain tumors while attempting to obtain an image-derived input function in 

the same scan. A few studies have demonstrated the ability to obtain an input function while 

imaging the rat brain, though they require a multi-coil setup or automated input function 

extraction from a small number of pixels in the sagittal sinus (119,121). For this reason, 

methods such as RR analysis have become popular in the analysis of DCE data. The 

reference region analysis provided values of ve,RR that were closer to but still consistently 

larger than ve,SP (Fig. 4.5). The DCE model used in this study assumed fast exchange of 

water between intra- and extra-cellular tissue spaces, which may not be a valid assumption, 

particularly with the introduction of extra-cellular contrast agent (23). The relatively low 

dose of CA administered in this study, however, serves to decrease the effects of water 

exchange due to CA distribution. In the case where fast exchange is not valid, however, the 

effect on the DCE analysis is to underestimate not overestimate ve, so while water exchange 

may be affecting the DCE analysis it does not explain the observations here. 
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In addition to water dynamics, CA dynamics may also affect parameter accuracy. In a 

recent study by Pellerin et al., it was postulated that, in tumors CA diffuses from well-

vascularized regions to adjacent poorly perfused regions over the time-course of a DCE 

experiment (24). To account for the amount of CA that reaches the necrotic or poorly 

perfused tissues and the slow uptake of those voxels, the Tofts model has to assign very low 

(non-zero) K
trans

 values and overestimates of ve (24,131). Pellerin observed values of ve, in a 

mouse tumor xenograft, that were up to two times greater than those values recorded with a 

pharmacokinetic model incorporating diffusion. Based on this observation, this diffusion 

effect could be contributing to overestimates of ve,RR, as seen in this study (Fig. 4.4 and Fig. 

4.6). 

 

 

Fig. 4.6. Example DCE-MRI (signal intensity) images showing suspected CA diffusion in rat 

glioma. Note the fast enhancing regions near the rim of the tumor and the slow enhancing 

core. At the end of the dynamic acquisition (20 min) the CA accumulation in the core has 

become elevated compared to the rim. 
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The central tumor voxels of rats 7 and 8 exhibited a large ve,SP (e.g., Fig 4.4f) perhaps 

indicating a necrotic core, and the DCE analysis showed low K
trans

 and ve,RR > 1 from the 

same voxels. (Of course, slow arrival of 
111

In-DTPA to necrotic regions could also result in a 

reduced value of ve,SP, although more time was allowed for tracer distribution in the SPECT 

studies.) In an earlier study by Donahue et al. it was stated that in cases of necrosis where the 

value of ve becomes quite large, the time required for interstitial CA diffusion and uniform 

distribution may become significant (82). In these cases, measurement of the cell volume 

fractions may not be possible because a peak in the dynamic time course may not be 

discernible. Also, Sourbron and Buckley recently demonstrated that DCE analysis with the 

Tofts model is sensitive to variations in vascularization and perfusion, independent of CA 

diffusion between voxels (68). Impulse response functions were generated based on a two-

compartment exchange model under a number of boundary conditions dealing with perfusion, 

vascularization, and rate of tracer exchange. The general form of the impulse response 

functions from the Tofts model and extended Tofts model were then used to determine under 

what conditions they were valid. Their analysis shows that in intermediate-to-highly 

vascularized tissues or tissues that are poorly perfused, ve may be overestimated by DCE-

MRI, which may explain the observations here of ve,RR > ve,SP in non-necrotic tumor regions.  

Obtaining an accurate measure of ve may ultimately be of clinical importance in 

assessing tumor type and response to treatment. The interpretation that DCE-MRI is often 

overestimating ve might also explain previous studies that have found, surprisingly, only 

weak to moderate correlations between ve and the apparent diffusion coefficient (ADC) of 

water (132-134). While DCE-MRI measures of ve in tumors has been found to shrink in 

response to treatment (135,136), water ADC has been shown to increase in response to 
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treatment (136). Perhaps this apparent inconsistency reflects a change in the state of tumor 

vascularization or perfusion with treatment that results in a more accurate measure of ve. In 

this case, the observed ve from DCE-MRI may go down in response to treatment simply 

because it is less overestimated, while in fact the extracellular volume fraction goes up, 

resulting in an increased water ADC. Though this is just one scenario, it does suggest that 

some of the commonly implemented pharmacokinetic models do not provide the entire 

picture.  

As both pre-clinical and human DCE-MRI studies become more prevalent, and the 

technique is further incorporated into the clinic, the need arises to re-evaluate the accuracy 

and interpretation of the commonly reported model parameters. This is particularly important 

in tumor studies where the level of tissue heterogeneity and microcirculation varies between 

subjects. In this case a voxel-by-voxel analysis may be more appropriate than an ROI 

approach, as the tumor may contain regions where the Tofts model reports inaccurate 

estimates of model parameters. Regardless of the exact source of error in measures of ve, the 

wide range of ve values observed in this study indicates that one should be cautious about an 

absolute quantitative, physical interpretation of ve. 

 

7. Conclusion 

This study showed an overestimation in ve from DCE-MRI tumor data when compared to a 

measure of ve from in vivo quantitative radionuclide imaging. A quantitative dual-isotope 

SPECT technique provided an independent measure of the extracellular-extravascular space 

unbiased by water exchange or errors in the VIF. It was postulated that the overestimation of 

ve,RR could be due in part to contrast agent diffusion effects from necrotic or poorly perfused 
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tumor tissue or to inappropriate application of the Tofts models. This study provides 

evidence that commonly used DCE-MRI analysis techniques might not be applicable in 

certain tissue types and the physical interpretation of the parameters, specifically ve, are up 

for discussion. 
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CHAPTER 5 

EXCHANGE-RESOLVED COMPARTMENTAL NMR MEASUREMENTS IN A 

GRADED MUSCLE EDEMA MODEL 

 

1. Abstract 

Two compartment models are widely used to describe NMR relaxation in tissue and typically 

involve an assumption of either fast or slow inter-compartmental water exchange rates. In 

many cases, however, inter-compartmental water exchange is intermediate and significantly 

alters the observed 
1
H relaxation. For example, previous studies of injured muscle have 

shown two T2 relaxation components, which have been attributed to intra- and extra-cellular 

water under the assumption of slow water exchange. Without this assumption, inverting the 

two-pool model of relaxation requires at least one of the intrinsic model parameters. In this 

work a simple method was developed wherein compartmental measures of T2 were obtained, 

in injured rat skeletal muscle, with and without a compartment-specific contrast agent to 

provide knowledge of the intrinsic measure of the extracellular volume fraction. A similar 

unbiased estimate from quantitative SPECT imaging was compared to the intrinsic value 

from MRI and was found to have a higher correlation than with the observed MR estimates. 

Subsequent model inversion on a voxel-by-voxel basis allowed the calculation of parametric 

maps, including the intracellular water lifetime, which may reveal important information 

about muscle cell permeability during states of injury.  

 

2. Introduction 
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Compartmental models are widely used to describe MRI contrast in tissue and quantitative 

measurements of transverse or longitudinal water proton relaxation are often used to 

experimentally characterize such models. Most compartmental analyses of 
1
H NMR 

relaxation require an assumption about the rate of inter-compartmental water exchange in 

comparison to the relaxation rates. That is, most studies assume either the fast exchange limit 

(FXL) (the rate of water exchange is fast enough to result in a single observable relaxation 

rate) or the slow exchange limit (SXL) (the rate of water exchange is slow enough that the 

total signal can be treated as the sum of signals from independent compartments). However, 

in many cases, neither assumption is valid and the effect of inter-compartmental water 

exchange on the observed signal significantly alters the compartmental interpretation.  

Previous approaches to measure the rate of inter-compartmental water exchange have 

largely been limited to ex vivo or non-biological samples where acquisition time is not a 

limiting factor (19,51,52). Landis et al. estimated transcytolemmal water exchange rates in 

vivo in normal rat skeletal muscle using a series of T1 measurements of muscle and blood 

samples, acquired during steady state conditions of Gd-DTPA intravenous infusion over a 

range of stepped contrast agent concentrations (17). Though this was a careful and detailed 

study the approach used precludes translation to clinical or even routine pre-clinical imaging. 

Subsequently, an experimentally simpler approach demonstrated that dynamic T1 weighted 

MRI following a single injection of contrast agent can provide estimates of compartmental 

pharmacokinetic parameters, including transcytolemmal water exchange rates (106). Both of 

these methods, however, are predicated on the assumption of fast water exchange prior to 

contrast agent injection, and only small deviations from the FXL following contrast injection. 

In some tissues, such as injured skeletal muscle, where both transverse and longitudinal 
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relaxation have been observed to be bi-exponential in the absence of contrast (14-16), 

another strategy is needed. 

In previous studies of both normal and injured muscle, multi-exponential relaxation 

has been observed in vivo (9,13-15,92,102) and the volume fraction of the long-lived signal 

component has been shown to increase with injury and inflammation (14,15,92). These 

studies made the assignment of a long-lived and short-lived signal component to extracellular 

and intracellular water, respectively, based on the assumption of slow inter-compartmental 

water exchange. Such quantitative studies offer promise for greater specificity in the 

evaluation of muscle injury and disease progression, but a more comprehensive model of the 

MR signal in such tissues requires an understanding of compartmental water dynamics. A 

complete two-pool model of muscle injury would ultimately provide quantitative measures of 

edema and myofiber volume fractions, relaxation rates, and myofiber-specific measures of 

the apparent diffusion coefficient (ADC) of water. The water exchange rate itself may be 

useful in probing changes in myofiber caliber and/or sarcolemma permeability. 

Presented here is a simple experimental method for acquiring exchange-resolved 

measures of the extracellular volume fraction for the purpose of inverting a two-pool model 

with water exchange. This method is applicable to tissues that exhibit bi-exponential 

relaxation where relaxation in one tissue compartment can be altered using a contrast agent. 

Note that this method requires neither a measure of a vascular input function nor calibration 

of contrast agent concentration or relaxivity. This method is demonstrated in a rat model of 

skeletal muscle edema and is evaluated in comparison to extracellular volume fractions 

obtained from radionuclide imaging. 
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3. Theory 

Consider a two-compartment model of water protons, similar to Fig. 2.2. Each compartment 

is characterized by fractional proton content (fa and fb), relaxation rates (Ra and Rb), and 

water residence time constants (τa and τb). At equilibrium, detailed balance dictates that τa/fa 

= τb/fb and fa = 1-fb, resulting in four independent model parameters: τa, fb, Ra, and Rb. In 

general, the relaxation rates can represent longitudinal or transverse relaxation rates, but in 

the context of this study they are transverse relaxation rates. Likewise, in the context of 

skeletal muscle, we can arbitrarily assign compartment b to the extracellular tissue space and 

assume that Ra > Rb. The choice of using relaxation rates or time constants is arbitrary: 

relaxation rates can be equivalently expressed as time constants (Ta = 1/Ra and Tb = 1/Rb) and 

the residence time constants can be expressed as exchange rate constants (kab =1/τa and 

kba=1/τb). 

The transverse magnetization signal, S(t), from this model is described by a bi-

exponential function, 

 

         [5.1] 

 

where the ' superscript distinguishes the apparent signal fractions and rate constants from the 

intrinsic model parameters defined above. In the SXL the apparent and intrinsic parameters 

are equal. When the effect of water exchange is included, the apparent relaxation rates and 

signal fractions are related to the intrinsic rates and residence times by Eqs. [2.13]-[2.16] (49). 

However, the mean relaxation rate, Rm, is independent of water exchange, so 
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                              [5.2] 

 

If a CA is introduced into compartment b, then Rb becomes a function of CA concentration 

([CA]),  

 

,        [5.3] 

 

where rb is the relaxivity of the CA in compartment b, and + indicates a measurement with 

CA. Given two measurements, before and after the introduction of CA, and Eq. [5.2] and 

[5.3], the following equations can be derived 

 

 

                 [5.4] 

 

and, similarly 

 ][CArRRRRR bbabas =′−′−′+′=∆ ++ ,            [5.5] 

 

where ∆Rm is the difference in the mean relaxation rate resulting from CA introduction, and 

∆Rs is the difference in the sum of observed relaxation rates. In Eq. [5.5] the observed rates 

are equal to Eq. [2.13] and [2.14], where Rb  is replaced with Rb+ from Eq. [5.3] for the post-

contrast measurements. Combining Eq. [5.4] and Eq. [5.5] yields the intrinsic volume 

fractions of compartment b as 
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 .                                                    [5.6] 

 

If the signal, S(t), can be measured with sufficient precision and accuracy, then it can be fit to 

the right side of Eq. [5.1] to estimate S0, bf ′ , aR′ , and bR′ ; likewise for S+(t) and the 

corresponding post-contrast parameters. These 6 values can then be used in Eq. [5.4]-[5.6] to 

estimate fb, the intrinsic proton fraction of compartment b. The three remaining intrinsic 

model parameters τa, Ra, and Rb, may be numerically determined from Eqs [2.13]-[2.15].  

 

4. Methods 

 

4. 1 Animal Preparation 

Female Sprague-Dawley rats (n=8,mean=235g) were used for the outlined experiments per 

animal protocols approved by the Institutional Animal Care and Use Committee (IACUC) at 

Vanderbilt University. The day prior to imaging, rats were anesthetized with isoflurane 

(Forane, Baxter Healthcare Corporation) and two jugular catheters were placed, one for 

contrast injections and one for blood sampling. The next morning, edema was induced under 

anesthesia using a 0.1 mL subcutaneous injection of λ-carrageenan (Sigma Aldrich) saline 

solution (0.125%, 0.25%, 0.5%, or 1.0% w/v) in the right hindlimb below the knee. Post-

injection, the animals were allowed to recover for 6-8 hours to allow intra-muscular edema to 

form and reach a plateau state (98). Rats were then re-anesthetized for imaging. First, MRI 

studies were undertaken, during which body temperature was maintained near 37° C by 

warm air flow and respiration was monitored using a pneumatic pillow. Following MRI 

smb RRf ∆∆= /
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studies, while still anesthetized, a bi-lateral nephrectomy was performed, and then the animal 

was immediately studied with single photon emission computed tomography (SPECT). 

 

4.2 MRI 

Imaging was performed on a 9.4T horizontal-bore magnet (Agilent Inc, Santa Clara, CA). 

Both of the rats' legs were secured together and positioned into a 38 mm diameter Litz 

quadrature coil (Doty Scientific, Columbia, SC) for RF transmission and reception. A T2-

weighted multi-slice fast spin-echo (FSE) sequence was used to locate regions of edematous 

muscle and plan a 2 mm thick axial slice. Single-slice multiple spin-echo (MSE) 

measurements were made prior to and approximately 20 minutes following an i.v. injection 

of Gd-DTPA (200µL, 0.4 mmol/kg). Between MSE measurements, the wash-in and gradual 

wash-out of the contrast agent was monitored by repeated T1-weighted spoiled gradient-echo 

(SPGE) images. Following the second MSE measurement, a 3D SPGE image set (35mm
3
, 

128 x 128 x 64 samples) was collected for registration purposes. 

The MSE imaging sequence (similar to Fig. 2.3) included a total of 36 spin echoes 

with TE = 10ms for the first 30 echoes and TElate = 50ms for the remaining 6 echoes. 

Radiofrequency refocusing was achieved with a 300µs 90°x-180°y-90°x composite pulse 

surrounded by a pair of amplitude-modulated crusher gradients to remove unwanted 

magnetization (34). Images were encoded with 64 x 64 samples over a 35 x 35 mm
2
 field of 

view (FOV) and were reconstructed to 128 x 128 samples. A long repetition time (TR = 15s) 

was used to avoid bias of signal amplitudes from T1-weighting. Two excitations were 

averaged (NEX=2) resulting in a time of approximately 80 minutes for the entire contrast 

enhanced experiment. 
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4.3 Bi-lateral Nephrectomy   

With the rat still anesthetized, two parallel incisions, one on each side, were made on the 

lower back of the rat. Using a swab, the kidneys were exposed and 3-0 silk sutures were 

slipped around each kidney and tied around the renal pedicles, thereby preventing clearance 

through the kidney. The kidneys were returned to their original position and the incisions 

were sutured shut. The total time for the procedure was approximately 20 minutes.  

 

4.4 SPECT  

Radionuclide imaging was performed on a NanoSPECT/CT console (Bioscan, Washington 

DC, USA) with image reconstruction carried out using the corresponding InVivoScope 

software. Prior to imaging, the system image intensity was calibrated to measures of activity 

as described in Chapter 2 of this dissertation. For in vivo imaging, an extracellular 

radiotracer, 
111

In-DTPA (≈37 MBq, 200 µL), was injected into the rat’s first jugular catheter, 

followed by a saline flush, and then allowed to equilibrate for approximately 25 minutes. 

Images of the hindlimb were then collected (24 projections, 40s per projection, 67 x 67 x 35 

mm
3
). A CT scan was also collected for registration purposes (imaging dimensions same as 

SPECT). All CT/SPECT images were reconstructed to 0.4
3
 mm

3
 voxel size. After imaging, a 

blood sample (≈500 µL) was drawn from the second jugular catheter, centrifuged to produce 

a plasma sample of volume Vplasma, and placed in a well counter to measure activity, Aplasma.  

 

5. Data Analysis 
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5.1 MRI 

For each animal, the MSE data, pre- and post-contrast, were analyzed on a voxel-by-voxel 

basis. For a given voxel, the MSE signal decay was fit to a sum of decaying exponentials in a 

NNLS manner (see Chapter 2 Eq. [2.9]-[2.11]), resulting in a T2 spectrum (47). The T2 

spectra were then used to distinguish voxels that were characterized by multi-exponential T2 

relaxation. All voxels displaying more than one signal component were used in subsequent 

analysis. The signal data from these corresponding voxels were then fit, unconstrained, to Eq. 

[5.1] using lsqnonlin in MATLAB. The resulting observed parameter values, pre- and post-

contrast, were used to calculate fb via Eq. [5.4]-[5.6]. Voxels that exhibited 0 < fb < 1, were 

then included in the inversion of the two pool model with exchange. For model inversion, the 

calculated value of fb and the observed parameter values (fb’, R2a’, R2b’) for each voxel were 

fit to Eq. [2.10]-[2.12] with detailed balance using lsqnonlin, where 0 < T2a < 50ms, 0 < T2b < 

500ms, and τa > 0 were set as constraints. The intrinsic model parameters (fb, R2a, R2b, τa) for 

each applicable voxel were extracted such that parametric maps could be constructed. For the 

purpose of this study, fb (and fb’) was defined as ve (and ve’) to emphasize the physiological 

assignment to the extracellular-extravascular space. 

In addition, an ROI analysis was performed in regions manually selected in 

edematous muscle based on the ve’ and ve parametric maps. Areas of subcutaneous fat and 

inter-muscle edema were avoided. For each ROI, the median and variance of ve’ and ve were 

extracted from the parametric maps (where ve > 0). ROI based values of ve’ and ve were also 

calculated via fitting of the cumulative signal from an ROI in the MSE data to Eq. [5.1], with 

subsequent computation of ve via Eq. [5.4]-[5.6].  
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5.2 SPECT 

All MRI and SPECT/CT imaging data were imported into MATLAB (Natick, MA) for 

processing. Prior to any quantitative analysis, the CT data were registered to the 3D SPGE 

data set using a rigid registration algorithm. The SPECT data, which were implicitly co-

registered to the CT data, were then mapped to MRI space using the same transformation. 

This process allowed co-registration of the single slice data (from the hindlimb) to the 

SPECT images. The resulting SPECT data was analyzed according to Eqs. [2.26]-[2.28] (as 

described in Chapter 2). The subscript ‘EC’ in these equations refers to the extracellular 

space of individual voxels in muscle. ve,SP was estimated on a voxel-by-voxel basis, where 

Vtissue (in Eq. [2.28]) was the known volume of a reconstructed voxel in the SPECT 

experiment. As a result, a parametric map was created for comparison (via ROI analysis) to 

the MR estimates of ve and ve’. 

 

6. Results 

Fig. 5.1 shows a co-registered SPECT-MR image (Fig. 5.1a) and example contrast 

enhancement curves (Fig. 5.1b) created from dynamic SPGE measurements in an ROI in 

normal and edematous muscle. Areas of edema on the MSE image correspond well with the 

overlaying areas of increased activity on the SPECT image. The contrast enhancement curve 

for edematous muscle reached a peak at ~15 minutes post-injection, indicating a point of 

equilibrium where the CA had distributed throughout the extracellular volume. In 

comparison to the contrast enhancement curve for normal muscle, which reached a plateau in 

~2 min, this delayed and increased enhancement in the edematous muscle is consistent with 
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observations from DCE-MRI studies of tissues with larger extracellular volume fractions 

(106,110). 

  

 
Fig. 5.1. a) Example co-registered SPECT-MR image. b) Normalized contrast enhanced 

curves for normal and edematous muscle after Gd-DTPA administration. 

 

Fig. 5.2 shows example signal decay curves and corresponding T2 spectra, both 

before and after contrast enhancement, from voxels containing normal (Fig. 5.2a,b) and 

edematous muscle (Fig. 5.2c,d). On the whole, most voxels from normal muscle tissue 

regions exhibited mono-exponential T2 with little or no change in T2 after contrast 

enhancement, as indicated in Fig. 5.2a and 5.2b. Voxels from edematous muscle regions, 

however, exhibited predominantly bi-exponential relaxation with a shift in the long-lived 

signal component towards a shorter T2 with the addition of CA. Bi-exponential fits to the 

edematous muscle decay data (Fig. 5.2c) showed good agreement at the voxel level with 

reduced χ
2
 values near 1. Correspondingly, the typical SNR in a given voxel from these 

measurements ranged from 550-1050.  
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Fig. 5.2. a) T2 decay curves and associated fits for a voxel containing normal muscle both 

pre- and post-contrast and b) the corresponding T2 spectra. c) T2 decay curves and associated 

bi-exponential fits for a voxel containing edematous muscle both pre- and post-contrast and 

d) the corresponding T2 spectra. 

 

 

Examples of the parametric maps from the voxel-by-voxel analysis and subsequent 

two-pool model inversion can be seen in Fig. 5.3 and Fig. 5.4. Fig. 5.3 shows an example 

where the present method does a good job of characterizing the edematous tissue. All voxels 

included in the maps in Fig. 5.3a and 5.3c exhibited multi-exponential T2, with no exclusion 

due to non-physiological values of ve (i.e. some voxels displayed in Fig. 5.3a and 5.3c exhibit 

ve > 1). Alternately, the parametric maps in Fig. 5.3b, 5.3d, and 5.3f were threshold to only 

include voxels with physiologically relevant parameter values: 0 < ve < 1 and 0 < τa < 2s. The 

corresponding ve,SP map can be seen in Fig. 5.3e. 
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Fig. 5.3. Example parametric maps of apparent and intrinsic model parameters. a) ve’ and c) 

ve maps containing all voxels exhibiting two or more signal components. b) ve’ , d) ve , and f) 

τa maps with voxels exhibiting two or more signal components where 0 < ve < 1 and 0 < τa < 

2s. e) ve,SP parametric map. 
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Fig. 5.4. Example parametric maps of apparent and intrinsic model parameters. a) ve’ and c) 

ve maps containing all voxels exhibiting two or more signal components. b) ve’ , d) ve , and f) 

τa maps with voxels exhibiting two or more signal components where 0 < ve < 1 and 0 < τa < 

2s. e) ve,SP parametric map. 
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In contrast to Fig. 5.3, Fig. 5.4 shows the parametric maps for an example where 

model inversion resulted in a small number of voxels with physiologically relevant estimates 

of the model parameters. Fig. 5.4a and 5.4c show reasonable characterization of edematous 

muscle in the ve’ and ve maps, however, when the parameters were constrained to 

physiologically relevant values as in Fig. 5.3, the resulting maps in Fig. 5.4b, 5.4d, and 5.4f 

show only a sparse number of voxels meeting these criteria. Many of the voxels 

characterized in Fig. 5.4c exhibited large values of τa (>10s), possibly indicating a 

breakdown of the model. This appears to be the case in many voxels in regions of normal 

appearing tissue.  

Results from the ROI analysis based on the values in the parametric maps (i.e. Fig. 

5.4a and 5.4c) revealed median values of ve’ with a range = 0.30-0.72, while median values 

of ve had a range = 0.30-0.64. The mean variance in ve’ across animals in an ROI was 0.02, 

while the mean variance in ve across animals in an ROI was 0.87. The larger mean variance 

in ve indicates the increased heterogeneity with the ve maps as well as the inclusion of voxels 

exhibiting ve > 1. Fig. 5.5 shows the comparison of ve’ and ve vs. ve,SP from the ROI analysis 

using the total signal in the ROI as a basis for parameter estimation. The estimates of ve and 

ve,SP were found to exhibit a significantly higher correlation (R
2
=0.443) with each other when 

compared to ve’ and ve,SP (R
2
=0.001).  
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Fig. 5.5. Plot of ROI measures of a) ve’ and b) ve vs. ve,SP  ROI estimates from the 

quantitative SPECT method. Regression line and associated R
2
  values also shown. 

 

Table 5.1 shows the corresponding intrinsic parameter values (mean ± std. deviation 

(SD)) from inversion of the two-pool model for all eight animals. Voxels that exhibited 

physiologically relevant values of 0 < ve < 1 and 0 < τa < 2s were included in this analysis. In 

general, ve’ was found to overestimate ve in every case.  

 

 

Table 5.1. Intrinsic model parameter values from voxel-by-voxel analysis. 
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Further analysis of the values in Table 5.1 shows a high negative correlation 

(R
2
=0.873) between the mean values of ve and τa from the voxel-by-voxel analysis (Fig. 5.6), 

possibly indicating a relationship between the severity of inflammation/damage and integrity 

of the muscle cell membrane. In addition, a monotonic increase was observed in the mean 

value of ve (from the voxel analysis) with an increase in the λ-carrageenan injection 

concentration while exhibiting a moderate correlation (R
2
=0.458). 

 

 
Fig. 5.6. a) Plot of mean ve vs. mean τa from all voxels exhibiting 0 < ve < 1 and 0 < τa < 2s 

across all eight animals. b) Plot of λ-carrageenan injection concentration (% w/v) vs. mean ve 

from all voxels exhibiting 0 < ve < 1 and 0 < τa < 2s across all eight animals. Regression lines 

and R
2
 values also provided. 

 

 

7. Discussion 

As noted in previous studies (14,15,92), muscle inflammation can result in the observation of 

multi-exponential T2 (MET2), predominately with long- and short-lived signal fractions. The 

accuracy of the resulting estimates of compartmental volume fractions and T2 times is 

questionable, however, due to the unknown effect of compartmental water exchange. In this 

study, a relatively simple technique was presented for measuring exchange-resolved volume 

fractions for the purpose of inverting a two-pool model of relaxation.  
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T2 spectra were used to select voxels exhibiting multi-exponential T2 decay, as the 

application of the present technique was predicated on an observed signal well characterized 

by bi-exponential relaxation. Though most of the selected voxels were from edematous 

muscle regions, it should be noted that voxels in regions considered to represent normal 

muscle also exhibited bi-exponential relaxation on occasion. These normal muscle voxels, 

however, often resulted in ve values that were larger than the corresponding ve’ value and 

therefore led to non-sense values of τa upon model inversion. This observation, therefore, 

may show a limitation of the current method on analyzing healthy muscle as well as other 

tissue types presenting with predominantly monoexponential signal decay.  

The calculation of ve in this study was sensitive to the quality of the fit to a bi-

exponential signal both before and after the introduction of the CA. As previously indicated, 

a long TR was used to avoid bias from T1 differences in the pre- and post-contrast 

measurements. The increase in this imaging parameter ultimately lengthened the acquisition 

time, but also served to increase the image SNR, which was essential to performing the 

calculation of ve and the subsequent model inversion. The overall sensitivity of the current 

method is demonstrated in portions of the ve parametric maps where a more heterogeneous 

region may be resultant of voxels either exhibiting low SNR and/or partial volume effects. 

The lower SNR observed in normal muscle when compared to edematous muscle might also 

provide an explanation for failure to invert the two-pool exchange model inversion in healthy 

muscle. To help validate measures of ve computed with the current method, radionuclide 

imaging was implemented to provide a comparable estimate of the extracellular volume 

fraction.  
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Prior to in vivo imaging, the SPECT imaging protocol was tested on an 
111

In-DTPA 

phantom and validated with radiotracer activity independently measured in a well counter. 

Quantification of the radiotracer phantom from the SPECT method (as described in Chapter 

2) provided measures of activity that were accurate to within 3%. In addition, the in vivo 

results in an ROI containing normal muscle resulted in ve,SP = 0.12 ± 0.03 (mean±SD across 

animals), which corresponded well with values of ve’  typically found in normal muscle 

(82,118). It should be noted that some regions in the unaffected hindlimb of a few animals 

presented with elevated values (above the mean value described above) of ve,SP, however, 

these regions often appeared to correspond with areas of increased signal intensity in the 

corresponding MSE images (e.g. Fig. 5.3a and 5.3e). 

The quantitative SPECT method allowed for the creation of parametric ve,SP maps 

which were evaluated on a ROI basis in this study. In a given ROI, the value of ve was found 

to have a higher correlation with ve,SP than did the value of ve’ , indicating that the estimates 

of ve may be more similar to measures of the intrinsic extracellular volume fraction, as 

represented by the SPECT measures. This observation served to help validate the present 

method and provided a basis for further investigation into the voxel-by-voxel inversion of the 

two-pool model for the purpose of extracting measures of inter-compartmental water 

exchange. 

The primary advantage of the contrast enhanced T2 method presented here is that the 

measurements and subsequent analysis were performed without the need for a VIF and with 

little concern for CA concentration. This differs from DCE-MRI, a commonly used method 

for in vivo compartment specific measures of perfusion, volume fractions, and water 

exchange. In general, the accuracy of the resulting parameter estimates from modeling of 
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DCE-MRI data are predicated on a well-defined VIF, sufficient temporal sampling, and 

selection of an appropriate kinetic model (see Chapter 4). Several DCE-MRI studies have 

investigated transcytolemmal water exchange in tissue pathology (23,108,137,138) and have 

included τa (τi in DCE-MRI studies) as a fitted parameter in the pharmacokinetic model, with 

K
trans

 (volume transfer constant) and ve as additional model parameters. Results from these 

studies showed a wide range of τa estimates depending on the tissue type, however, other 

studies suggest that data obtained using clinically relevant DCE-MRI methods may be 

exchange insensitive and therefore unsuitable for assessing compartmental water exchange 

(139).  

Muscle-specific measures of both the extracellular volume fraction and the 

intracellular water lifetime have been made in vivo in a very limited number of studies 

(17,139). Landis et al. used a precise stepped-infusion method to estimate τa in normal rat 

skeletal muscle (τa = 1.1s), however, the method itself precludes its use in routine pre-clinical 

imaging. In addition, Buckley et al. reported measures of τa in human obturator muscle using 

two different pharmacokinetic models. Depending on the model selected, the resulting mean 

value of τa across subjects spanned a wide range (~0s – 4.2s) with SD equivalent to or larger 

than the mean values in several cases. Similar measures have been made in a variety of 

tissues, including tumor, however, no such measure in injured/damaged muscle has been 

reported. 

 Though data from individual voxels included in the two-pool model inversion were fit 

with no upper constraint on the value of τa, only voxels that exhibited physically relevant 

measures, 0 < τa < 2s, were included in the final analysis. This range of intracellular water 

lifetimes was set to include the mean value of τa recorded in normal muscle by Landis et al. 
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and to exclude unrealistically large values of τa that may bias the measurements. It is 

postulated that the observation of unrealistically high values of τa may be due in part to 

voxels experiencing the slow exchange limit. In assessing the parametric maps for τa, many 

of the voxels in edematous regions exhibited τa < 1s. With the previously described 

constraints, the mean values of τa fell within a modest range (0.447-0.894) and were found to 

be less than that previously observed for normal muscle. 

 As demonstrated in Fig. 5.6b, a strong negative correlation (R
2
=0.873) was observed 

between the mean value of ve and the mean value of τa. This is to say that as ve increased due 

to inflammation and injury there was a resulting decrease in the intracellular mean water 

lifetime. In the context of this study, it is possible that an increase in cell membrane 

permeability occurred as a result of the implemented injury model. To explain this 

observation, one can consider the relationship, 






⋅






=
A

V

P
a

1
τ , where P is the permeability 

coefficient of the cell wall, A is its surface area, and V is the volume of the intracellular 

compartment. Though it is possible that the ratio V/A may increase slightly with edema due 

to cell swelling, a more drastic increase in cell permeability may occur concurrently to help 

drive down the intracellular water lifetime and therefore increase the rate of water exchange. 

This observation is consistent with the hallmarks of animal models of muscular dystrophy, 

which show increased edema and structural weakness of the sarcolemma with muscle 

damage (140). 

Overall, the technique presented in this study provides a novel means for extracting 

estimates of intrinsic model parameters from a two-pool tissue model with exchange. 

Provided enough time for complete CA clearance, this contrast enhanced method may be 

applied in a repeat fashion to track changes in tissue microstructure with injury or pathology. 
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As a way to extend this method to human imaging, it is possible that acquisition times for the 

pre- and post-contrast measurements may be reduced using accelerated MSE techniques, 

however, SNR may be a limiting factor. At any rate, this method serves as a non-VIF based 

alternative to the few published techniques for in vivo measurements of compartmental water 

exchange. 

 

8. Conclusion 

A method was presented for measuring exchange-resolved extracellular volume fractions for 

the purpose of inversion of a two-pool tissue model. Quantitative SPECT imaging was used 

to provide a complimentary measure of the extracellular volume fraction for validation. The 

contrast enhanced T2 method was performed in a muscle edema model that was known to 

exhibit bi-exponential T2 relaxation. Results showed that, in general, the intrinsic value of the 

extracellular volume fraction was smaller than the corresponding observed value in a given 

voxel. Subsequent model inversion provided reasonable estimates of the intracellular water 

lifetime in injured muscle that were less than those previously observed in normal muscle. 
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CHAPTER 6 

COMPARTMENTAL T2 RELAXOMETRY WITH A FAST MULTI-ECHO MULTI-

SLICE ACQUISITION 

 

1. Abstract 

Quantitative measures of T2 have been made in a variety of tissues, however, robust 

measures of compartmental relaxation have often been limited to single slice imaging in pre-

clinical animal models. Commonly used multiple spin-echo (MSE) experiments require long 

scan times and are often sensitive to motion, making them non-ideal for human imaging. 

Translation of these methods to the clinic requires the addition of multi-slice coverage as 

well as shorter scan times. Because relaxation times and compartmental volume fractions 

have been shown to change with injury and disease (as demonstrated in Chapter 5), a fast 

method for in vivo evaluation of these NMR tissue parameters would be beneficial. To this 

end, a modified half-Fourier single-shot spin-echo method for measuring T2 relaxation (T2-

HASTE) is presented. This technique is evaluated in both doped water and agar gel phantoms 

with a wide range of T2 values, and is validated against a single-slice MSE measurement in a 

muscle edema model exhibiting multi-exponential T2 relaxation. Due to the overall scan time 

reduction, this method offers a clinically translatable method for reliable characterization of 

T2 in a variety of tissues. 

 

2. Introduction 
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Quantification of transverse relaxation has been employed in a broad range of MRI 

applications, with measures of T2 made in a variety of tissues to describe microanatomy and 

disease states. These measures are often made via spin-echo techniques (30,31). Specifically, 

MSE methods are employed to acquire images at various echo times. The resulting data is 

then fitted to a decaying exponential function to extract the relaxation times. Though these 

types of measurements are used in pre-clinical applications, they are often only made in a 

single-slice and, based on acquisition time, are limited in their use in humans. 

T2 estimation with traditional MSE measurements can be affected by both B0 and B1 

inhomogeneities (as previously described). To mitigate these effects, MSE measurements 

have implemented non slice-selective composite refocusing pulses as well as custom spoiler 

gradient arrangements to help minimize signal from non spin-echo pathways (34,36). Though 

composite pulses may improve accuracy in T2 estimation, their use precludes multi-slice 

imaging. It is possible to extend MSE imaging to multi-slice coverage with shaped 

refocusing pulses, however, spatially varying B1 across slice profiles and imaging volumes 

can lead to incomplete refocusing, known to produce unwanted stimulated echoes (33,141). 

It has also been shown that off-resonance effects created by slice-selective refocusing pulses 

from different slices may introduce magnetization transfer contrast into an image (141). In 

addition to problems associated with multi-slice MSE imaging, other limiting factors in 

translation of MSE imaging are the lengthy acquisition times and resulting sensitivity to 

motion.  

Current pre-clinical methods of measuring T2 typically acquire a single line of k-

space at several TEs within a given TR. Alternate approaches to traditional MSE techniques 

have been explored as a means to decrease scan time when making T2 measurements. One 
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approach for reducing scan time is to acquire an entire image in a given TR (single-shot 

imaging). Several of these strategies make use of a T2 preparation period prior to readout 

(142,143). Foltz et al used an involved pulse sequence with magnetization storage and spiral 

readout to acquire monoexponential T2 images of the heart. Using a similar sequence, Oh et 

al acquired images with non-linearly spaced TEs using 12 different T2 preparations and 

multi-slice spiral acquisition to characterize MET2 in white matter. These approaches, while 

valid, may be prone to errors due to non-cartesian data acquisition and reconstruction. More 

recent studies on T2 estimation have focused on improving measurement accuracy by 

implementing post-processing techniques based on the extended phase graph (EPG) 

algorithm (144,145). These methods, however, are not necessarily aimed at reducing scan 

time.  

To address the previously described shortcomings of translating standard MSE to 

human imaging, a new single-shot approach for quick and accurate T2 characterization is 

presented. The acquisition strategy, referred to as T2-HASTE, is introduced as a technique for 

rapid MET2 characterization as well as T2 mapping. Specifically, modifications to the 

HASTE (104) (half-Fourier single-shot turbo spin-echo) pulse sequence are made to allow 

collection of multi-slice multi-echo data. The T2-HASTE pulse sequence is assessed on its 

ability to provide robust multi-slice measures of T2 with reduced scan time when compared 

to conventional MSE acquisitions. Experiments focus on validation against a single-slice 

MSE method in doped water and agar gel phantoms as well as evaluating the sensitivity of 

the current method to changes in B1. A pre-clinical model of muscle edema is also 

implemented to assess the ability of T2-HASTE in accurately measuring MET2 in vivo. In 
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addition, the use of non-linear echo sampling with T2-HASTE, is evaluated experimentally as 

well as analytically with Cramer-Rao lower bound (CRLB) analysis (146).  

 

3. Methods 

 

3.1 T2-HASTE 

Imaging with a typical HASTE pulse sequence reduces scan time and increases the possible 

number of imaging slices by acquiring a fraction of k-space in a given TR. Modifications to 

the conventional HASTE sequence allow modulation of effective echo times (TEeff) and the 

extension to multiple spin-echo imaging (38,147). T2-HASTE modulates TEeff with a 

variable number of spin-echoes (preparation echoes) that are identical to those in the imaging 

portion of the sequence. The preparation echoes are created by slice-selective refocusing 

pulses without readout. This modification maintains the gradients and radiofrequency pulses 

used in the imaging portion of the sequence, and helps minimize unwanted interruptions in 

the steady-state magnetization. In addition, contribution from unwanted coherence pathways 

at the refocusing bandwidth edges are reduced by increasing the relative slice thickness of the 

refocusing pulses to the excitation pulse (38,39). A 1000 µs sinc excitation pulse was used 

with 125 µs gauss refocusing pulses to produce a refocusing slice thickness of approximately 

twice the excitation slice thickness when the excitation and refocusing slice select gradients 

were held equal. The pulse sequence for the T2-HASTE approach can be seen in Fig. 6.1. 
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Fig. 6.1. Simplified T2-HASTE pulse sequence diagram. Note the 180° preparation pulses 

without readout. 

 

3.2 Experimental 

All experiments were performed on a 4.7T horizontal-bore magnet (Agilent, Santa Clara, 

CA) using a 38 mm diameter Litz quadrature coil (Doty Scientific, Columbia, SC). For the 

T2-HASTE acquisition, 36 phase encoding lines (32 lines on the full side of k-space and 4 

lines on the conjugate side) were acquired with ESPmin (minimum echo spacing) = 3.75 ms 

for a minimum TEeff = 18.75ms. In addition to T2-HASTE, a single-slice MSE (MESS) 

acquisition was used to collect robust T2 decay data for validation of the present technique. 

The MESS sequence implemented in this study is similar to that described in Fig. 2.3 with 

the exception of late echo collection. 

 

3.3 Phantom Experiments 

MnCl2 and CuSO4 doped water phantoms were created with varying concentrations 

corresponding to T2s ranging from 20ms to 150ms. Phantoms with different chemical 

dopings (i.e. MnCl2 and CuSO4) were used to test the effect of T1 on resulting T2 

measurements. T2-HASTE was performed with TR = 4s, TEeff,1(TEeff of first echo) = 



 

 

94 

 

18.75ms, subsequent TEeff = 11.25ms, nTEeff(number of TEeff) = 35, and NEX (number of 

averages) = 2. The images were reconstructed to a 64 x 64 matrix with a field of view (FOV) 

of 32 x 32
 
mm

2
. To evaluate the effect of B1 variation on T2 estimation with T2-HASTE, the 

flip angle of the refocusing pulse was varied between 180° and 30° in a single-slice 

containing the MnCl2 and CuSO4 phantoms. The performance of T2-HASTE was also 

evaluated in agar gel phantoms with concentrations of 1%, 2%, 3%, and 4%. Experiments 

were carried out with the same imaging parameters as with the doped water experiments. 

Both single-slice and multi-slice (slices = 7, TH (slice thickness) = 2mm) data were acquired. 

A gap equal to the excitation slice thickness (gap = 2mm) was used between imaging slices. 

In addition, non-linear TEeff spacing was also implemented to evaluate this sampling scheme 

in characterizing T2 with a reduced scan time. Twenty-two logarithmically spaced TEeff 

(based on ESPmin=3.75ms) were acquired within a range of 18.75ms to 401.25ms. Validation 

of the phantom experiments described above was carried out via comparison to the MESS 

acquisition performed with TR = 4s, TE1 = 18.75ms, TE = 11.25ms, nTE (number of TE) = 

35, NEX = 2, slice thickness = 2mm, and FOV= 32 x 32 mm
2
. 

 

3.4 In-vivo Experiments: Muscle Edema Model 

Edema was created in rat hindlimb using a previously described protocol (see Chapter 5) 

with a 1.0% w/v injection of λ-carrageenan. T2-HASTE measurements were made with TR = 

4s, TEeff,1 = 18.75ms, subsequent TEeff = 11.25ms, nTEeff = 35, NEX=2, 128 x 64 samples, 

and FOV= 32 x 32
 
mm

2
. Fourteen slices (TH = 2mm, gap = 2mm) were collected over 2 

acquisitions to encompass the region of edematous muscle. Similar to the agar phantom 

experiment, non-linear TEeff sampling with a range of 18.75ms to 401.25ms was also 
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employed. Again, MESS measurements were acquired with imaging parameters identical to 

those described above for validation. 

 

4. Data Analysis 

The T2-HASTE images were reconstructed offline in MATLAB, using partial Fourier 

reconstruction techniques as described in Chapter 2 (103). To evaluate possible blurring in 

the T2-HASTE phantom images, a point spread function (PSF) was deconvolved from a 

profile through the center of each CuSO4 and MnCl2 cylindrical phantom. For T2 

characterization, the echo magnitude data from ROIs in both phantom and in vivo 

experiments were used to create a T2 spectrum with Eq. [2.9]-[2.11] and the technique 

described in Chapter 2. Compartmental T2s and volume fractions were extracted from the 

resulting T2 spectra for comparison between the T2-HASTE measures and the gold-standard 

MESS measures. To assess the value of T2-HASTE in fast T2 mapping, multi-slice T2 maps 

were created for the agar gel phantoms by performing a voxel-by-voxel fit of M0 and T2 in Eq. 

[2.3], using lsqnonlin in MATLAB. 

 

4.1 Cramer-Rao Lower Bound (CRLB) Analysis 

The Cramer-Rao lower bound provides a lower limit on the variance of an estimator for a 

particular parameter determined from experimental data. In the context of this study, the 

observed MR signal from edematous muscle tissue can be primarily described by bi-

exponential relaxation, 
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where n = [1,2,….,nTEeff]. Unbiased estimates of the model parameters in Eq. [6.1], fa, fb, T2a, 

and T2b, result from a non-linear least-squares fitting of the model to a series of observations, 

S(TEeff,n). For any parameter, θk, the CRLB of its standard deviation (SD), s(θk), is defined by 

 

 

                                  [6.2] 

 

where F is the Fisher information matrix given by 

 

 

.    [6.3] 

 

where σ is the standard deviation of the image noise. The unbiased estimate of parameter, θk, 

therefore, has a variance that is no less than s
2
(θk). To further evaluate the advantage of non-

linear echo sampling with the T2-HASTE method, the CRLB for each of the model 

parameters in Eq. [6.1] was computed and compared to the CRLB of the same parameters 

from the standard MSE approach. The model parameters in Eq. [6.1] were set to fa = 0.60, T2a 

= 25ms, fb = 0.40, and T2b = 100ms to represent typical values found in edematous skeletal 

muscle (see Chapter 5). For the MSE case TE = 10 ms with NE = 40 linearly spaced echoes. 

For T2-HASTE, TEeff,1 = 18.75=ms with NE = 64 logarithmically spaced samples (ESPmin = 

3.75ms) up to TEeff = 401.25ms. In this analysis, the non-linear echo sampling afforded by 
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T2-HASTE allowed for the acquisition of an increased nTEeff while maintaining the same 

scan time as the MSE acquisition (assuming 64 phase encoding steps). 

 

5. Results 

Fig. 6.2a shows a typical T2-HASTE image (center slice) containing eight cylindrical CuSO4 

and MnCl2 doped water phantoms with varying concentrations and T2s. Fig. 6.2b shows the 

PSF for each of the doped water phantoms. The PSF was found to be significantly broader in 

the solutions with shorter T2 values, in particular the 52.6 mM CuSO4 (T2,MESS ≈ 22ms) and 

0.34mM MnCl2 (T2,MESS ≈ 19ms) doped phantoms. This broadening is a result of excessive 

signal decay over the lines of k-space in the T2-HASTE acquisition. 

 

 

Fig. 6.2. a) T2-HASTE image (TEeff = 18.75ms) of CuSO4 and MnCl2 doped water phantoms. 

b) Point spread function (PSF) of each doped water phantom from T2-HASTE image.  

 

Fig. 6.3 shows the response of T2-HASTE in accurately measuring T2 in the presence 

of varying B1. Fig. 6.3a shows the measured decay curves for a MnCl2 phantom (T2,MESS = 

69.2ms) with refocusing flip angles varied between 30°-180°. The decay curves show an 
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insensitivity to flip angle variation between 150° and 180° where the estimate of T2 was < 

3% larger than the corresponding estimate of T2,MESS. Beyond 150°, the estimates of T2 were 

more than 10% larger than T2,MESS and in extreme cases the decay curves became non-

monoexponential. Fig. 6.3b shows the T2 decay curves in a CuSO4 phantom where T1 is on 

the order of T2. Aside from differences in the maximum signal intensity, the T2 estimates 

were within 3% of T2,MESS(=89.0ms) with refocusing flip angles down to 90°.   

 

 
Fig. 6.3. T2 decay curves (log scale) with varying flip angle (in degrees) for a) 0.08 mM 

MnCl2 phantom and b) 12.6 mM CuSO4 phantom. 

 

ROI analysis of the image in Fig. 6.2a revealed T2 decay with the corresponding T2 

values as seen in Table 6.1. The observed values from T2-HASTE corresponded well with the 

values obtained from the conventional MESS acquisition, showing less than a 5% difference 

in most cases (except 0.34mM MnCl2) across a broad range of T2s. 
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Table 6.1. T2 values extracted from T2 spectra of doped phantoms. 

 
 

Fig. 6.4 shows the resulting T2 maps from the multi-slice T2-HASTE acquisition 

(with linear TEeff sampling) in the agar phantom as well as the T2 map from the MESS 

acquisition.  

 

 

Fig. 6.4. Multi-slice T2 maps calculated from T2-HASTE acquisition in agar gel phantom. 

Slices were separated by a 2mm gap. The T2 map for the MESS data is shown for 

comparison. 

 

The observed T2s varied by less than 7% (compared to T2,MESS) across slices 2 through 6, 

indicating insensitivity to B1 variation within this imaging volume (range=18mm). These 

results appear to be consistent with the previously described T2 variation with flip angle. 
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Voxels with highly elevated T2s occurred only at slices furthest from the center slice where 

the applied flip angle may be significantly different from 180°. It is noted that T2 estimates 

from slices 2 through 6 were found to underestimate those values from the MESS acquisition, 

however, the estimates in slice 1 and 7 did overestimate T2,MESS as would be expected based 

on the variation in Fig. 6.3. The T2 estimates for the multi-slice acquisition in the agar 

phantom can be seen in Table 6.2.  

 

 

Table 6.2. ROI estimates from agar phantom T2 maps. 

 

 

Fig. 6.5 shows the decay curves and resulting T2 spectra from ROIs in the agar gel phantom 

for a single-slice T2-HASTE acquisition with non-linear TEeff sampling. The difference in T2 

between the linear and non-linear TEeff sampling strategies was found to be less than 1%. 

These data suggest that T2 can be accurately measured by T2-HASTE with 22 log-spaced 

TEeff as used in this study. 
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Fig. 6.5. Example T2 decay curves and associated T2 spectra for T2-HASTE acquisition with 

non-linear TEeff sampling in (a, b) 4% agar and (c, d) 1% agar. 

 

Fig. 6.6 shows multi-slice images from the T2-HASTE acquisition in an animal model 

of muscle edema. The edematous region can be seen in the left hindlimb as areas of increased 

signal intensity. Fig. 6.7 shows example T2 decay curves and corresponding T2 spectra from 

an ROI in normal and edematous muscle. Regularization in the T2 spectra was manually 

adjusted with µ≈0.3 such that both spectra only displayed two signal components. The data 

in Fig. 6.7a-d were acquired with linear TEeff sampling and both the normal muscle and 

edematous muscle T2-HASTE decay curves correlated well with those from the MESS 

acquisition. 
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Fig. 6.6. Multi-slice images from T2-HASTE acquisition in rat muscle edema model. Edema 

is present in the left hindlimb. Also included are a MnCl2 water phantom and the animal’s 

tail. 

 

Fig. 6.7e and Fig. 6.7f show the non-linear TEeff sampled data from the same ROIs as in Fig. 

6.7c and Fig. 6.7d. The resulting T2 values and volume fractions (in parentheses) for both 

linear and non-linear sampling strategies can be seen in Table 6.3.  

 

Table 6.3. Estimates of T2 and volume fractions from muscle model. 

 

 

The T2-HASTE estimates were shown to be within 3% of the corresponding MESS measure 

for normal muscle, while the compartmental measures using T2-HASTE with linear sampling 

were within ~10% of the MESS measures in edematous muscle. 
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Fig. 6.7. Example T2 decay curves and associated T2 spectra for T2-HASTE acquisition with 

linear TEeff sampling (L) in (a, b) normal muscle and (c, d) edematous muscle, and non-linear 

TEeff sampling in (e,f) edematous muscle. 

 

The data in Fig. 6.7e, 6.7f, and Table 6.3 also reveal that a sparse sampling of the T2 

decay curve at later TEeff and a significant reduction in scan time still provides reliable 

measures of multiexponential T2 and compartmental volume fractions. A difference of less 

than ~10% was observed when comparing the compartmental characteristics recorded using 
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non-linear TEeff sampling and those obtained using linear sampling. The results of the CRLB 

analysis (Table 6.4) provide a measure of parameter uncertainty, when scan time reduction is 

sacrificed in favor of collecting more echoes. With σT2-HASTE=1/270 and σMESS=1/350, the 

value of s(θk) for each fitted parameter from T2-HASTE was within 5% of the value from the 

MESS protocol, with the exception of T2a. 

 

Table 6.4. CRLB (s(θk)) of fitted parameters from bi-exponential model. 

 

 

6. Discussion 

Conventional MSE imaging studies typically employ a CPMG style acquisition for T2 

characterization (30,31). These types of pulse sequences often implement non slice-selective 

refocusing pulses and are prone to long scan times as well as contamination due to unwanted 

signal from non spin-echo pathways. The current study presents an alternative method for 

accelerated acquisition of MSE data acquisition with the addition of multi-slice coverage 

using a partial Fourier single-shot spin-echo method. 

 The T2-HASTE method was evaluated on its ability to produce accurate estimates of 

T2 in the presence of B1 variations effecting refocusing. As part of the pulse sequence design, 

the refocusing slice profile was increased compared to the excitation slice profile to mitigate 

B1 variation across slice profiles, as previously suggested (37-39). In phantom and in vivo 

experiments, the refocusing pulse width was restricted to being relatively short to create the 

desired slice profile condition. For clinical applications, however, the length of the 
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refocusing pulse (and excitation pulse) may be increased to accommodate RF power 

limitations. In a single slice, estimates of T2 in the MnCl2 phantoms were found to still be 

accurate (within 3% of T2,MESS) when the prescribed flip angle was ~20% less than the ideal 

180° refocusing pulse. The observed difference in flip angle effects on the decay curves 

between MnCl2 and CuSO4 (Fig. 6.2) is important as imperfect refocusing in samples with 

longer T1s relative to T2 can result in stimulated echoes and signal contamination, resulting in 

inaccurate estimation of T2. This, however, was shown to not be the case in the current study 

as the estimates in Table 6.1 were found to correlate well with the T2,MESS estimates. In 

general, the relative insensitivity to B1 variation is of importance when performing multi-

slice MSE measurements. As with the previously described results, the T2 estimates in Table 

6.2 appear to be relatively unaffected by spatial variation in B1 across multiple slices.  

T2-HASTE provides certain advantages over conventional MSE imaging, however, 

the single-shot nature of the sequence does result in some limitations. Because a complete 

image is collected in a single TR, the resulting image may present with reduced spatial 

resolution in the phase-encoding direction due to signal decay during data acquisition. This 

appears to be particularly true in samples with short T2 components (T2 < 25ms). This 

shortcoming is displayed in Fig. 6.2. The blurring effects may be mitigated by reducing the 

minimum ESP or, possibly, by applying a correction technique that compensates for T2 decay 

during echo collection (148,149). Though the previous issue makes tissues such as white 

matter and nerve less likely candidates for MET2 characterization with the present method, 

muscle tissue provides a practical example for the utility of T2-HASTE, as observed T2s are 

upwards of 30 ms at clinical field strengths (150). In addition, muscle inflammation has been 

previously shown to increase T2 (see Chapter 5) while producing MET2 decay (92). 
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Along with sequence validation in phantoms, T2-HASTE was evaluated in an in vivo 

rat model of muscle edema, known to exhibit MET2. Measurements obtained in normal and 

edematous muscle corresponded well with previous T2 measures using traditional MSE 

imaging and a similar λ-carrageenan injection protocol (15). The T2 of normal muscle was 

observed to be monoexponential, as has been previously recorded in rat (15). The edematous 

muscle displayed characteristic bi-exponential T2 decay with compartmental volume 

fractions and T2s (fb ≈ 0.40, T2b ≈ 100ms) associated with similar concentrations of λ-

carrageenan (14,15). As described in previous studies, the multiexponential nature of muscle 

can be attributed to short- and long-lived signal components corresponding to intra- and 

extracellular tissue compartments (9). The ability to characterize MET2 with T2-HASTE may 

be of clinical relevance, as normal human skeletal muscle has been found to exhibit at least 

two T2 components (9,12,13) and the tissue compartments and associated T2’s have been 

shown to change with muscle inflammation and injury (15,92). 

Beyond MET2 characterization, T2-HASTE provides a method for fast T2 mapping, as 

demonstrated in this study. The nature of measuring monoexponential T2 for the purpose of 

creating a T2 map may allow for the collection of fewer echoes and would serve to further 

decrease scan time with the use of T2-HASTE. Recent applications of fast T2 mapping 

methods have focused on motion sensitive measures in the heart and liver with breath-hold 

imaging (151,152). These methods and others (153) produce T2 maps in shorter scan times 

than traditional CPMG measurements (often with additional techniques such as parallel 

imaging), but have not demonstrated dual utility for accurate MET2 characterization. 

Additional methods for fast T2 mapping in various applications have been investigated, with 
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many of these studies employing more complex (154,155) or non-conventional spin-echo 

type measurements for T2 characterization (156,157). 

Ultimately, the primary advantage of T2-HASTE as observed in this study is the 

reduction in scan time. With the present protocol, MESS measurements were acquired in a 

scan time of ~ 8 minutes 30 seconds. The T2-HASTE measurements, however, were made in 

almost half the scan time, ~ 4 minutes 40 seconds, with multi-slice coverage. Multi-slice 

multi-echo data was acquired with TEeff modulated by a variable number of preparation 

refocusing pulses following excitation. Methods employing a so called T2 prep period for 

MSE imaging, as implemented here and in other studies (142,143), can benefit from non-

linear echo sampling (158). It has been shown, however, that this type of acquisition can 

produce errors when implemented in traditional MSE experiments (159). Specifically, a loss 

of magnetization due to imperfect refocusing can introduce non-monoexponential decay 

when using non-linearly spaced echo times. T2-HASTE employs linearly spaced refocusing 

pulses in the preparation period to create individual images with TEeff that can be non-

linearly spaced to sample the T2 decay curve. In the T2-HASTE experiments, a logarithmic 

TEeff spacing was used to further reduce acquisition time to 2 minutes 55 seconds. As an 

example, employing the non-linear approach with a single acquisition and reduced TR (i.e. 

TR = 2s, NEX = 1, number of TEeff = 20) results in a full multi-slice multi-echo data set 

acquired in less than 45 seconds. 

The decrease in scan time afforded by non-linear echo sampling may also be 

exchanged for a more densely sampled T2 decay curve. With ESP = 3.75ms the T2-HASTE 

method provides more than twice as many samples in the first 100ms of the T2 decay curve 

when compared to the MESS method. The advantage of this trade-off is further demonstrated 
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in the CRLB analysis. The values of s(θk) for  the compartmental volume fractions were 

nearly identical for the two methods, though the CRLB for T2a was larger for the T2-HASTE 

measurements. This is due in part to the longer minimum TEeff used with T2-HASTE. To 

remedy this, ESPmin could be decreased slightly at the expense of a larger bandwidth. 

In addition to current methods focused on accelerating T2 measurements via pulse 

sequence design, T2-HASTE included, recent studies aimed at improving the accuracy of 

both monoexponential and multiexponential T2 measures have turned their focus towards 

post-processing. Lebel et al. and Praslowski et al. (144,145) implemented the extended phase 

graph (EPG) algorithm (160) to correct for signal from unwanted coherence pathways 

sometimes present in MSE data. Though these methods are not specifically aimed at reducing 

scan time, they do provide a means for improving T2 characterization in multi-slice and 3D 

MSE experiments.  

Though no one approach is perfect, this study describes a novel method for acquiring 

multi-slice multi-echo data in a shorter acquisition time than traditional MSE measurements. 

A rigorous evaluation of the method’s sensitivity to B1 inhomogeneities revealed accurate T2 

estimation over a fairly wide range of refocusing flip angles. Based on the in vivo application 

of this method, T2-HASTE may be a viable method for quantitative analysis of clinically 

relevant muscle-related diseases (2,161). 

 

7. Conclusion 

This study presents a new method for making quantitative measures of both mono- and 

multiexponential T2 with a focus on reducing scan time and incorporating multi-slice data. 

The so-called T2-HASTE method is based on a commonly used partial Fourier single-shot 
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spin-echo acquisition with minor modifications. The T2-HASTE sequence was validated 

against traditional single-slice MSE measurements in both doped water and agar gel 

phantoms. The method was also evaluated in an in vivo muscle injury model exhibiting 

MET2. Non-linear echo sampling with T2-HASTE was evaluated experimentally as well via 

CRLB calculations. Overall, T2-HASTE provides a means for fast T2 quantification and may 

serve as a clinically translatable method for T2 mapping and compartmental relaxometry. 
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CHAPTER 7 

DISCUSSION AND FUTURE WORK 

 

 The studies presented in this dissertation serve to elucidate some of the difficulties 

and oversights in making accurate compartmental relaxation-based MR measurements. 

Contrast enhanced measurements using T1 and T2 relaxometry were compared to 

compartmental measures using an in vivo SPECT imaging protocol in both a tumor and 

muscle injury model. In addition, a new method was presented to aid in clinical translation of 

these types of compartmental measurements, particularly those dealing with transverse 

relaxation. Both the contrast enhanced MRI measurements and the SPECT measures focused 

on the validity of in vivo estimates of extracellular volume fractions in the presence of tissue 

water dynamic effects.  

As tissue microstructure changes with injury and disease so to do the observed tissue 

volume fractions. A variety of MRI studies have been performed to help characterize and 

interpret compartmental tissue characteristics using a wide range of quantitative methods. It 

is important to note, however, that many of these measurements are based on observed NMR 

relaxation properties of the tissue and are not necessarily a direct measure (or even 

representative measure) of the tissue compartments themselves. In addition, complex tissue 

water dynamics such as transcytolemmal water exchange serve to alter apparent 

compartmental relaxation rates which may, in turn, lead to observed tissue compartment sizes 

that are significantly different from their intrinsic values. 

The quantitative SPECT methods implemented in these studies were developed as a 

means for making measures of tissue compartment size unbiased by compartmental water 
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exchange. To our knowledge these are the first in vivo quantitative SPECT studies for the 

purpose of measuring compartmental volume fractions. These novel methods were validated 

with radiotracer phantom studies and established ex vivo gamma counting techniques. It is 

possible, however, that further comparison with elegant autoradiography (AR) techniques 

may bolster the validity of these new techniques. Future in vivo studies implementing these 

quantitative SPECT methods may be best served by including AR (or histological) data in 

addition to the quantitative imaging data.  

As SPECT detector technology improves (162) and energy and spatial resolution are 

refined, the ability to acquire quantitative data in vivo, as demonstrated in this work, will 

improve, resulting in the possibility of more frequent quantitative pre-clinical SPECT studies. 

Along similar lines, advances in both SPECT hardware and software may allow the 

exploitation of the dual-isotope approach presented in this study (163). A feature of this 

method, however not the focus of the current studies, was the ability to produce measures of 

tissue blood volume. This type of information may be useful in assessing tissue perfusion for 

the purpose of functional and/or cancer imaging studies. Furthermore, the implementation of 

targeted SPECT radiotracers may provide an additional use for the dual-isotope technique 

and the associated quantitative analysis.  

In recent years, the need for further validation of quantitative imaging techniques 

such as DCE-MRI has become essential as these measurements move towards clinical use. 

Though the use of DCE-MRI as a research tool has dramatically increased over the past 

decade (20 fold increase in related publications from 2001-2011) there is still debate as to the 

best approach for data acquisition as well as the best method for pharmacokinetic modeling. 

The results of the multi-modal DCE-MRI/SPECT study re-emphasize the need for a more 
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careful approach to analyzing cancerous tissue, particularly solid tumors. Based on the 

heterogeneous nature of the pharmacokinetic parameter values from tumor, it appears a 

simple ROI analysis is not sufficient. In addition to a voxel-wise analysis, additional image-

based segmentation of the tumor tissue into well-perfused, poorly perfused, or necrotic 

regions may need to be performed. Suitable pharmacokinetic models may then be considered 

for each particular region. 

Concerning pharmacokinetic modeling, it has been shown in this work and in other 

studies that implementation of the Tofts model (with the VIF or RR) may not be appropriate 

for all tissue types. New models need to be investigated that accommodate different 

physiological factors such as CA diffusion and the possibility of insufficient perfusion. The 

accuracy of the acquired VIF should also be further investigated as it has been shown that 

inflow effects on the VIF may contribute to parameter error. In addition, more focus may 

need to be placed on the physical interpretation of the model parameters, particularly ve. A 

problem arises when studies report non-physical values without justification (164), while 

others simply do not include ve (165), possibly due to a lack of confidence in its use as a 

cancer biomarker. A trend in clinical studies seems to downplay the significance of the actual 

baseline values of the model parameters and instead places emphasis on the overall change in 

parameter estimates. It remains, however, that pharmacokinetic models based on tissue 

compartmentalization should provide reliable and meaningful estimates that are 

physiologically representative of the tissue of interest. 

To address the issue of obtaining compartmental NMR measures unbiased by 

exchange, a contrast-enhanced T2 method was developed and tested. This method provided a 

means for obtaining in vivo measures of water exchange in a reasonable acquisition time 
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when considering typical animal imaging experiments. Though the utility of the contrast-

enhanced T2 method is limited to tissues best described by two compartments, the common 

implementation of two-pool models in MRI data analysis, specifically in muscle, provides 

practical applications for this novel method. Implementation of the λ-carrageenan edema 

model in these studies served as a basis for future work with more involved models of muscle 

injury.  

To further evaluate the contrast enhanced T2 method, a more clinically relevant model 

of muscle damage could be investigated. To this end, an ischemia-reperfusion model may be 

implemented. This particular injury model, often achieved by ligating the femoral artery, 

presents with edema, myofiber damage, and necrosis early on with eventual fiber remodeling 

and regeneration in later stages (95). This model has been studied frequently with the use of 

various MR imaging techniques including diffusion imaging, T2 relaxometry, and DCE-MRI 

(96,97,166,167). The contrast-enhanced T2 method could be combined with diffusion 

imaging to longitudinally monitor changes in compartment size and cell permeability. 

Concurrently, a reference region based DCE-MRI protocol could be implemented during CA 

distribution to obtain perfusion measures for assessing angiogenesis. 

A future objective for the novel contrast enhanced T2 method is translation to human 

imaging, for the purpose of investigating muscle microstructure in inflammatory myopathies 

and disease. Successful adaptation of this method, however, is predicated on significantly 

reducing the length of the pre- and post-contrast T2 measurements. To help achieve this goal, 

the T2-HASTE method that was tested in this work could first be translated to the clinical 

scanners using readily available single-shot fast spin-echo methods. To acquire a contrast 

enhanced T2-HASTE measurement at 3T, the required TR may be reduced to ~10s due to 
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shorter observed T1s. The collection of 24 optimally placed, non-linearly spaced TEeff with 4 

signal averages would result in an acquisition time of ~16 minutes, to be carried out before 

and after a ~15 minute waiting period for CA equilibrium. The imaging session, 

approximately 45 minutes in length, would result in multi-slice multi-echo data capable of 

producing measures of compartmental volume fractions, T2s, and, possibly, exchange rates. 

Overall, future studies based on the work presented here would focus on application of the 

novel T2-based measurements to aid in forming a more comprehensive model of muscle 

injury and disease in both pre-clinical and human imaging.  
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CHAPTER 8 

CONCLUSION 

 

As the MR community continues to stress clinical relevance and translation of pre-

clinical research, it is important to take a step back and look at both the accuracy and 

interpretation of the quantitative measurements being made. Many studies reported in the 

MR literature deal with T1 and T2 relaxation in some form or fashion, both with and without 

the use of contrast agents. Though these studies may not be exclusively concerned with 

compartmental measurements, the effect of both contrast agent and tissue water dynamics on 

the observed NMR parameter estimates can be significant and should be considered when 

performing data analysis. Part of this consideration may include comparison against a non-

MRI estimate. Though validation of quantitative MR measures, specifically in DCE-MRI, 

has been carried out ex vivo via radiotracer techniques, there remains a need for more 

localized in vivo methods of MR parameter evaluation and validation. The development and 

application of novel quantitative SPECT methods, as reported in this work, help fill this void. 

Beyond elucidating some of the confounding factors in obtaining accurate DCE-MRI 

measures in tumor, this work also contributes new methods and analysis techniques for 

obtaining intrinsic estimates of tissue parameters included in the two-pool model of 

relaxation. Estimates of exchange are often only reported, if at all, in ex vivo studies and in a 

handful of in vivo studies (including DCE-MRI) requiring more involved acquisition 

schemes and/or fitting routines. The work presented in this dissertation, however, provides a 

simple method for making estimates of these intrinsic parameters via a contrast enhanced T2 
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protocol without the need for a VIF. Development of a method for fast multi-slice T2 

characterization, T2-HASTE, provides a possible means for translation of the contrast 

enhanced T2 method as well as an alternative strategy for fast T2 mapping.  

As a whole, this dissertation raises awareness of the effects of tissues water dynamics 

on T1 and T2 relaxometry with the development of new techniques aimed at making accurate 

compartmental NMR measurements, specifically, estimates of tissue volume fractions. A 

quantitative approach that incorporated novel SPECT imaging protocols was developed to 

help address the previously described issues via comparison to the MR parameter estimates. 

This work leaves the door open for further research into new pharmacokinetic models for the 

purpose of DCE-MRI data analysis, applications for in vivo exchange measurements, and 

quantitative SPECT studies with multi-isotope imaging. 
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