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Abstract

Quantitative magnetization transfer (QMT) imaging is a quantitative magnetic

resonance imaging technique that can probe the macromolecular content of tis-

sues. It does so by providing estimates of model parameters that describe the process

of magnetization transfer between the semi-solid pool of protons in macromolecules and

free protons in water, as well as the characteristics of these proton populations. QMT has

been useful in the study of neurodegenerative disease, as it can detect macromolecular

degeneration. Because QMT can detect changes in the macromolecular content of tissues,

QMT is a promising potential biomarker of early knee osteoarthritis (OA), as macromole-

cular degeneration is the hallmark of early OA. This thesis presents an adaptation of the

QMT framework to cartilage tissues, and a QMT analysis in 4 knee cadaver specimens.

We report the first QMT analysis of knee meniscus, and demonstrate that the excision of

menisci and immersion before re-scanning has a significant impact on the restricted pool

fraction and T1 relaxation time of the free pool. The QMT analysis of articular cartilage

provided QMT parameters similar to previously published studies. A methodology to

optimize sequence parameters in MT acquisitions for future studies is also presented.
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Résumé

L’imagerie par transfert de magnétisation quantitatif (TMQ) est une méthode quan-

titative d’imagerie par résonance magnétique qui peut sonder le contenu macromo-

léculaire des tissus. Ceci est accompli en fournissant des estimés de paramètres d’un

modèle qui décrit le processus du transfert de magnétisation entre le réservoir semi-solide

de protons dans les macromolécules avec les protons libres dans l’eau, en plus des carac-

téristiques de ces populations de protons. Le TMQ a été utile pour l’étude des maladies

neurodégénératives considérant qu’il peut détecter la dégénérescence macromoléculaire.

Étant donné que le TMQ peut détecter des changements dans le contenu macromolé-

culaire des tissus, celui-ci est un biomarqueur potentiel prometteur pour l’ostéoarthrose

(OA) précoce des genoux, puisque la dégénérescence macromoléculaire est une caractéris-

tique principale de l’OA précoce. Ce mémoire présente une adaptation du cadre de TMQ

pour des tissus cartilagineux, ainsi qu’une analyse de TMQ dans 4 genoux de cadavres.

Nous rapportons la première analyse de TMQ des ménisques des genoux et démontrons

que l’excision des ménisques ainsi que l’immersion avant l’imagerie produit un impact

significatif sur la fraction macromoléculaire et le temps de relaxation T1 du réservoir de

protons libres. L’analyse TMQ du cartilage articulaire a fourni des paramètres de TMQ

similaires aux études antérieures publiées sur le sujet. Une méthodologie pour l’optimisa-

tion des paramètres de la séquence d’IRM pour les acquisitions de données en TM pour

de futures études est également présentée.
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1
Introduction

Magnetic resonance imaging (MRI) is a non-invasive technique that can be used clinically

to assess articular cartilage damage, joint morphology changes and meniscal tears. This is

useful specifically for the diagnosis of osteoarthritis (OA), a degenerative joint disease that

leads to joint pain, stiffness and loss of function in weight-bearing joints such as the knee

and is characterized by the loss and erosion of articular cartilage and menisci degradation.

However, these macroscopic degenerative changes are absent in early stages of the di-

sease, and conventional MRI cannot be used for the prevention or early diagnosis of OA.

Early OA is characterized by changes in the macromolecular structure (collagen and pro-

teoglycans) of cartilage. Thus, there is significant interest to develop techniques that can

measure macromolecular changes in articular cartilage for the early diagnosis of OA, as

well as for monitoring and evaluating the progress of therapies to control joint tissue

degradation. Probing the microstructure and composition of joint tissues with MRI can

be challenging : macromolecules such as collagen and proteoglycans have very short T2

relaxation times owing to bound protons in the macromolecules, making their direct ob-

servation difficult.

Quantitative magnetization transfer (QMT) MRI is a technique that can probe the ma-

cromolecular content of tissues by exploiting to the exchange of magnetization between

the semi-solid pool of protons contained in macromolecules, and the free pool of protons

in mobile water. The exchange occurs mainly through dipolar interactions (otherwise

known as the nuclear Overhauser effect) and proton chemical exchange. The tissue com-

ponents can be characterized with physically meaningful parameters related to the MT
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effect. Hence, QMT is an interesting candidate as a potential biomarker of early joint

tissue degeneration, the hallmark of early OA.

For QMT metrics to be used as biomarkers of early joint tissue degeneration, compa-

risons with histology and biochemical markers must be carried out. Whole cadaveric

knee specimens can be used to correlate quantitative MRI with biochemical and histolo-

gical markers. To carry out these analyses, tissues of interest are extracted from the knee

sample, and scanned in hydrogen-free fluids. As such, a first step for the validation of

QMT metrics consists of quantifying the impact of extracting and conserving joint tis-

sues, as histology and biochemical studies are performed with extracted tissues (ex situ),

while the QMT analysis will ultimately be performed in situ. Our hypothesis was that

measuring QMT model parameters in situ or ex situ would yield the same parameters.

The main objectives of this thesis were : 1) to develop a feasible method for evalua-

tion of MT model parameters in the whole knee joint, 2) to perform initial measurements

of QMT parameters of meniscus using this technique, 3) to perform measurements in situ

and ex situ to evaluate the impact of extraction and conservation using 4 knee specimens,

and 4) to evaluate MT parameters in cartilage and compare these with published studies.

The menisci were the main target of this work, as they might degenerate in early OA,

and the QMT properties of this tissue have yet to be reported.

Background information on MRI, OA, and MT imaging is provided in chapter 2. Be-

cause QMT has been typically done in brain, the first objective was to establish a QMT

processing framework adapted to joint tissues. In chapter 3, this adapted framework for

soft tissues of the knee joint is presented and characterized. In chapter 4, we present,

in the form of a manuscript, the QMT analysis of 4 cadaveric knee specimens and a

comparison of measurements between in situ and ex situ menisci. We demonstrate, in

chapter 5, how the data acquisition scheme can be improved and optimized for cartilage

and meniscus data and suggest improvements to the QMT framework to guide future

2



studies in cartilage and meniscus towards the early diagnosis of OA.

The problem of optimizing the acquisition scheme is nonlinear and requires estimates

of QMT parameters in the tissues of interest as an input. Therefore, the optimization

cannot be performed before doing initial scans to obtain MT parameters. To the best of

our knowledge, MT parameters in the meniscus have not been reported in the literature.

Therefore, the measurements performed in chapter 4 are used as an input to optimize the

acquisition scheme in chapter 5.
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2
Background

2.1 Basics of Magnetic Resonance Imaging

2.1.1 Origin of the MRI signal

Basic MRI concepts and the broad description of MT can be understood with classical

arguments, although a rigorous description requires quantum mechanics. Most ideas in

this work are derived from classical notions, but quantum mechanical considerations are

frequently used to provide a deeper understanding of concepts. The following review is

based on the work of Brown et al. [2] and C.P. Slichter [8]. Bold variables represent vectors.

The main idea behind MRI is to extract information on a given material (e.g. the hu-

man body) by exploiting the nonzero intrinsic angular momentum (spin) S that arises

from nuclei with odd numbers of protons and/or neutrons. The most commonly used

nucleus in MRI is the hydrogen proton, 1H, although 23Na and 31P are also naturally

abundant enough to be probed. From the nonzero spin of such nuclei arises a magnetic

dipole moment µ related to the spin through the relationship

µ = γS (2.1)

where γ is the gyromagnetic ratio, and γ/2π is equal to 42.58 MHz/Tesla for hydrogen

nuclei. In the context of NMR and MRI, we do not consider each proton separately

but rather an ensemble of protons, in order to use macroscopic quantities. Consider a

microscopic volume V that contains a large number of protons. The magnetization vector,

4



M , is defined as the sum of each magnetic moment normalized by the volume, that is

M = 1
V

∑
i : protons ∈ V

µi (2.2)

The set of spins (or protons) in V is called a spin isochromat and represents a collection

of spins that resonate at the same frequency. Within a MRI voxel, there can be many

spin isochromats. The net magnetization M is used to describe the effect of magnetic

fields on the ensemble of spins. Without the presence of a magnetic field, the protons in

an isochromat are randomly aligned due to thermal motion and their magnetic dipole

moments µi cancel each other out. As a result, M will be zero.

To obtain a nonzero magnetization, a magnetic field B0 is applied. In this situation,

an isochromat is described as an aggregate of protons that experience the same magnetic

field. In the presence of B0 , each nuclear dipole can take different quantized orientations

(spin states) with respect to B0 . These orientations correspond to various energy levels

and in the case of the 1H nuclei of spin s = 1/2, the number of possible orientations is

2s + 1 = 2, and can be represented as parallel and antiparallel to the axis of B0 . At a

given temperature T , the ratio of the number of parallel to antiparallel spins depends on

field strength and can be modelled by the Boltzmann distribution :

N↑
N↓

= exp
(
−γB0~
kBT

)
(2.3)

The ratio depends on the relative importance of difference in the magnetic energy bet-

ween the two quantum states, γB0~ (where ~ is the reduced Planck constant) and the

thermal energy kBT , where kB is Boltzmann’s constant. For typical MRI fields (1.5 to 3

T) at room temperature (295 K), there is a small excess (a few parts per million) of spins

in the lower energy state, which results in the net magnetization of the voxel. Although

this is a small proportion, the large number of nuclei in the human body will overall give

rise to a measurable magnetization, which is at the origin of the MRI signal.
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Classically, the motion of a spin can be represented by a microscopic magnet in an

external field B0 and is described by the equation of motion :

dµ

dt
= µ× γB0 (2.4)

Equation 2.4 describes the net torque on a magnetic dipole in a constant magnetic field.

By considering an isochromat (summing over all magnetic moments, thus using the ma-

gnetization vector) and neglecting any interaction between the spins, one can obtain the

most basic form of the Bloch equation, which describes how the magnetization of a sample

evolves in the presence of a static magnetic field B0 :

dM

dt
= M × γB0 (2.5)

The solution to this set of differential equations is a motion of precession of M around

the axis of B0 at the so-called Larmor frequency ω0 = γB0. By convention, B0 is applied

along the z-axis, and the resulting time-varying magnetization vector is aligned along

the z axis and precessing in the x− y plane. This precession movement can be detected

with a coil orthogonal to the transverse plane : the rotating magnetic field created by

the precession of M can induce an electric current in the coil by Faraday induction.

The induced signal oscillates at the Larmor frequency. Regions with a higher density of

protons will have a largerM leading to a stronger signal in the coil. Figure 2.1 represents

schematically the creation of M as well as the detection of the signal.

Figure 2.1 – Representation of 1H nuclei in a sample a) before and b) after the application of
B0. The resulting precession is shown in c), with the detection coil. Adapted from [1].
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2.1.2 Excitation

The amplitude of the detected signal depends on components of M in the x-y plane,

which is zero when only B0 is applied along the z-axis. To maximize the signal and probe

the sample adequately, the magnetization vector must be tipped towards the x− y plane

by applying a second magnetic field of lower intensity, B1(t). Following the previously

established equation of motion for M in the presence of a magnetic field, the use of

another field in the transverse plane will tip the magnetization towards the x− y plane.

The effect is maximized when the B1 field is time-varying at the frequency ω, and is

tuned to the Larmor frequency (ω = ω0). The nutation ofM after the application of the

B1 pulse (called the excitation pulse) is schematically represented in figure 2.2.

Figure 2.2 – Representation of the nutation ofM , shown in a frame of reference rotating at ω0
around the z axis. 1) Magnetization vector precessing with frequency ω0 after the application
of B0. In 2), B1(t) is applied at the Larmor frequency, and then 3) the magnetization vector is
tipped towards the transverse plane.

The tip angle α, defined as the angle between the z-axis and the magnetization vector

after the application of B1, can be obtained from equation 2.6 :

α = γ
∫ τ

0
B1(t)dt (2.6)

Where τ is the duration of the pulse, and hereB1(t) is the envelope of the pulse. Increasing

the tip angle up to 90◦ by either increasing the pulse duration τ or the pulse amplitude

will provide a higher signal, but at the cost of a longer acquisition time. Additionally,

the amplitude of B1(t) cannot be arbitrarily high for RF power deposition concerns in

the human body. As we will see in section 2.2, in magnetization transfer imaging, MT
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preparation B1 pulses are often applied off-resonance (ω 6= ω0) and at high pulse power

or duration to maximize the MT effect. In this situation, there are more often specific

absorption rate (SAR) concerns. The excitation step has two main effects : the spins are

tipped in the x − y plane and are set in phase, which leads to a precessing transverse

magnetization around the axis of B0.

2.1.3 Relaxation mechanisms

After the B1 field is applied, the magnetization vector will return to its initial state

through relaxation processes. There are two distinct relaxation mechanisms :

— Longitudinal, or T1 relaxation : the re-orientation of the spins along the axis of

B0 leading to a recovery of the z component of M towards its initial value M0 ;

— Transverse, or T2 relaxation : related to the interaction between the spins giving

rise to phase shifts and a loss of transverse coherence, which leads to the decay of

the x− y component of M .

In longitudinal relaxation, the spins re-align with the external field by exchanging energy

with the surrounding lattice. The rate of change of the longitudinal magnetization,

dMz(t)/dt, is proportional to the difference M0 − Mz(t), with an empirically determi-

ned proportionality rate constant R1 ≡ 1/T1 :

dMz(t)
dt

= 1
T1

(M0 −Mz) (2.7)

The constant T1 is the spin-lattice relaxation time, typically ranging from hundreds of

milliseconds to a few seconds in human tissue. T1 depends on the amplitude of B0 and

varies with the type of tissue. The solution to equation 2.7 is of the form

Mz(t) = Mz(0)e−
t

T1 +M0

(
1− e−

t
T1

)
(2.8)

and is characterized by an exponential recovery ofMz towardsM0. Here,Mz(0) is defined

as the initial value of the longitudinal magnetization.
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The transverse magnetization, often expressed as Mxy = Mx + iMy, decays through

spin-spin relaxation. The spins will individually experience a local magnetic field that

is the vectorial sum of the applied field B0 and the dipolar fields BD produced by all

neighbouring spins. Each spin will thus experience an effective (and different) magnetic

field B = B0 +BD. As the precession frequency is a function of the local magnetic field,

individual spins will precess at different speeds and tend to fan out with time, leading to

dephasing and a loss of coherence with each other. The transverse magnetization vector

tends towards zero as the spins lose coherence in the transverse plane. The fanning out

is schematically shown in figure 2.3.

Figure 2.3 – Transverse relaxation of the magnetization, shown in the laboratory frame of
reference. The set of spins are tipped towards the x-y plane with a 90◦ pulse, and start to fan
out because of the interaction between spins. The resulting magnetization vector in the x-y
plane reduces as the spins lose coherence (from [2]).

The decay of Mxy can be described empirically with the introduction of the T2 relaxation

time, which leads to an exponential decay of Mxy :

dMxy(t)
dt

= −Mxy

T2
⇒Mxy(t) = Mxy(0)e− t/T2 (2.9)

Because the detected signal in MRI depends on the amplitude of the transverse magnetiza-

tion, T2 relaxation influences the signal and contrast obtainable in MRI. In MRI, the pre-
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sence of B0 field inhomogeneities, caused by imperfect instrumentation and susceptibility-

induced distortions of the magnetic field by tissues, leads to additional dephasing ofMxy,

which translates into a different relaxation time T ∗2 . Attributing the effect of the field

inhomogeneities to a separate relaxation time T ′2, the shorter total relaxation time, T ∗2 ,

can be defined as
1
T ∗2

= 1
T2

+ 1
T ′2

(2.10)

The loss of Mxy due to T ′2 can be recovered in specific MRI sequences. Therefore, MRI

can be weighted either in T2 or T ∗2 depending on the sequence.

The basic signal detected in NMR, the free induction decay (FID), has an amplitude

that decays with the relaxation time T2*. Current MRI hardware can record FIDs with

associated T2 in the order of milliseconds. Mobile protons, usually associated with water

in the human body, have transverse relaxation times in the order of tens to hundreds of

milliseconds [2] and are the main source of the signal in MRI. Typically, the detected

signal in MRI comes from these mobile protons, with T2 > 10 ms [9].

The transverse relaxation time T2 is on the order of tens of milliseconds for most hu-

man tissues and also depends on B0, although less importantly than T1. The relaxation

time T1 is larger or equal to T2 : this is reflected in the Bloembergen-Purcell-Pound (BPP)

theory of relaxation [8, 10]. Both relaxation mechanisms are depicted in figure 2.4.

Figure 2.4 – Longitudinal (top) and transverse (bottom) relaxation mechanisms with the
associated recovery and decay curves of the magnetization vector. Adapted from [1].

10



The complete Bloch equations taking in account the relaxation mechanisms can be ex-

pressed by combining equations 2.4, 2.7 and 2.9 :

dM(t)
dt

= M × γBext + M0 −Mz

T1
ẑ − Mxx̂+Myŷ

T2
(2.11)

The external field Bext field is the combination of the B0 and B1 fields. Conventionally,

the B0 field is static in time and oriented along the z-axis and the B1 field is time-

dependent and along the x′-axis, giving a total external field :

Bext = B0ẑ +B1(t)x̂ (2.12)

In the case of MT, we will revisit the Bloch equations with additional complexity. The

B1 field can be off-resonance and magnetization transfer terms between different pools of

protons will be considered as additional mechanisms that can influence the magnetization.

In practice, the relaxation in simple materials and pure substances is accurately des-

cribed by the presented T1 and T2 relaxation mechanisms. A more complete and less

phenomenological approach to relaxation in simple substances is the BPP theory of re-

laxation, which states that relaxation mechanisms are dominated by dipolar interactions

between spins and takes in account the tumbling motion of molecules in local field inho-

mogeneities [10]. Additionally, in more complex environments such as the human body, 1H

relaxation is more convoluted - there are multiple molecular environments where protons

reside (different physical compartments, and within membranes, proteins, lipids, etc.)

and the protons from different environment can interact with each other. These protons

in different environment can have different associated T1 and T2.

The previous sections have covered how to excite an ensemble of spins in a sample and

detect its signal. In MRI, additional steps of spatial and phase encoding with the use of

magnetic field gradients can encode the localization of spins in a given sample to recons-

truct an image, which is typically done with Fourier transforms. By applying magnetic
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field gradients, one can incorporate spatial dependence of the Larmor frequency of iso-

chromats in a given sample and selectively excite different regions of a sample. More

details on imaging methods and the derivation of a signal equation relating the measu-

red raw data with the spatial distribution of magnetization can be obtained elsewhere

[2]. Further details on the spatial encoding process are omitted here for brevity and focus.

Before exploring the concept of magnetization transfer, we establish quantitative imaging

tools that are required to perform quantitative magnetization transfer imaging, namely

B1 and T1 mapping techniques.

2.1.4 B1 mapping

Quantitative MRI techniques such as QMT fit models to data and extract meaningful

quantitative parameters. This can be done on a voxel-wise basis to produce quantitative

parameter maps. In many models, accurate knowledge of the excitation flip angle, α, must

be included in the expression being fitted. An example is given in section 2.1.5 where the

equation that describes the signal in variable flip angle T1 mapping experiments (equation

2.17) includes this parameter.

There areB1 field inhomogeneities present in MRI at 3.0 T that leads to a non-homogeneous

distribution of flip angles α in an acquired volume, following equation 2.6. In other words,

at a given voxel, the prescribed flip angle αp at the scanner might differ from the true

angle α due to inhomogeneities. As such, in quantitative experiments where the value of

the flip angle must be known precisely to allow an unbiased estimation of quantitative

parameters, B1 mapping, i.e. estimating the value of |B1| or α at each voxel might be

required. This is the case in QMT and variable flip angle T1 mapping.

For B1 mapping, we present briefly the method used in this work, the double angle

(DA) mapping technique [11]. There are other B1 mapping techniques each with their

own advantages, such as the Bloch-Siegert method [12]. In the double angle method, two
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gradient-echo acquisitions are obtained, each with different flip angles α1 and α2. Voxel-

wise, the signal obtained in each gradient echo acquisition for this purpose can essentially

be represented by

Si = A sin (αi) , i = {1, 2}. (2.13)

where A is a proportionality constant that includes terms such as T2 relaxation and proton

density, and is estimated to be the same in the two acquisitions. By taking α2 = 2α1

(hence the name double angle), the ratio of the signals becomes

S1

S2
= A sin (α1)
A sin (α2) = sin (α1)

2 sin (α1) cos (α1) = 1
2 cos (α1) (2.14)

The flip angle α1 can then be estimated as

α1 = cos−1
(
S2

2S1

)
(2.15)

This flip angle, α1, is not necessarily equal to the prescribed angle, αp, on the MRI

scanner, and is taken as an estimation of the real flip angle α. Typically, a multiplicative

constant correction map

κ = α1

αp
(2.16)

is calculated from the measured angle α1 and the prescribed angle αp and is used to

correct the flip angle in other acquisitions. In QMT experiments, the prescribed angle is

multiplied voxel-wise by the value of κ to use a more precise estimate of the flip angle

that accounts for inhomogeneities. In this work, we used α1 = 60◦ (α2 = 120◦) in the

dual angle measurement, as the gradient of equation 2.14 is higher for large values of α1 :

small differences in the signals S1 and S2 translate to a larger variation of α1 as the value

of the prescribed angle increases.

2.1.5 T1 mapping

In QMT, an independent measurement of T1 is required in addition to the MT-weighted

data, as will be detailed in section 2.2.3. We describe the approach used in this work for
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T1 mapping.

There are multiple techniques for T1 mapping such as the inversion recovery (IR) se-

quence, the Look-Locker technique and the variable flip angle (VFA) approach. While

the IR sequence is considered as the gold standard, we use the VFA technique (specifi-

cally DESPOT1), detailed in [13] for its simplicity and shorter scan times than the IR

approach.

Throughout this document, the T1 value obtained from a VFA experiment is referred

to as T1obs, the observed (or apparent) T1, to clearly establish a difference between the

observed T1 from T1 mapping experiments and the T1 values specific to pools of protons

described in MT. The VFA approach can be affected by magnetization transfer effects

which influence T1 values obtained from the fitting procedure. This is discussed more in

details in chapter 3.

The method described here is a brief summary of Deoni’s method detailed elsewhere

[13]. In VFA experiments, a series of gradient recalled-echo (SPGR) images are acquired

over a range of flip angles α using a constant repetition time TR.

The signal S in VFA experiments, which depends on the flip angle, the proton density

M0 and the relaxation time T1obs, is described by the Ernst equation [14] :

S (α, t = TR,M0, T1obs) = M0 (1− E1) sin (α)
1− E1 cos (α) (2.17)

Where E1 is defined as exp (−TR/T1obs). In this work, four volumes with angles α = 5, 10, 20

and 30◦ are acquired. Voxel-wise, M0 and T1obs can then be fitted from the four signal

values (at different flip angles) either with a nonlinear least squares approach or by

linearizing equation 2.17 and evaluating the slope, proportional to T1obs. The linearized

approach, described in [13], was used in this work. We also corrected the flip angles with

the B1 mapping technique described previously.
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2.2 Magnetization Transfer

2.2.1 Introduction to MT

The phenomenon of magnetization transfer (MT), or cross-relaxation, which can be ob-

served in magnetic resonance experiments, can be broadly described as the exchange of

magnetization between spins in two (or more) distinct environments through a combina-

tion of processes of chemical exchange and dipolar interactions.

More specifically, in the context of MRI and in vivo imaging, we are interested in the

exchange between two types of protons in human tissue : protons residing in the free pool,

and others in the semi-solid pool (also called the restricted or bound pool). The free pool

consists of protons on mobile and free water molecules, which contributes to traditional

MRI signal, and the semi-solid pool is composed of protons more tightly bound to other

molecules (not water) in human tissue. These semi-solid protons are found in protein

matrices, cell membranes and macromolecules such as collagen. The protons in the semi-

solid pool experience a reduced rotational mobility, similarly to a gel or solid, which leads

to longer correlation times between spins, and corresponding longer T1 and shorter T2

relaxation times, as described by the Bloemberg-Purcell-Pound theory of relaxation in

NMR [10]. The T2 relaxation time of the semi-solid pool is in the order of microseconds,

meaning that the ensemble of spins in the semi-solid pool of protons loses its coherence

too quickly to be imaged directly with most MRI techniques. As such, this restricted

component of tissues is MRI-invisible when imaged with conventional sequences.

The restricted pool of protons is understood to be composed of protons attached to the

various macromolecules present in biological tissue, such as cholesterol and collagen [15].

The macromolecules of interest are typically larger than water molecules, with enough

hydrogen to produce net magnetization. In the context of MT, it is important to note

that the relevant macromolecules are fixed in the matrix of biological structures, such as
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cellular membranes. Indeed, it is widely reported that cross-linking between macromo-

lecules (i.e. any covalent or ionic bond that ties polymeric chains together) is necessary

to produce the MT effects investigated in this work [15], [16]. Therefore, the molecules

that participate to MT are better described as the restricted pool. In human tissues, we

consider the aggregate effects of the cross-linked macromolecules that are involved in MT.

Probing the semi-solid pool of protons is of interest, as it contains information about

the restricted component of tissues. By taking advantage of MT between the free and

semi-solid pools, one can indirectly infer the properties of the semi-solid pool through its

effect on the free pool. MT contrast imaging is a MRI technique that generates contrast

based on the amount of MT in a given voxel and allows indirect imaging of the semi-solid

pool of protons.

MT quantification in tissue has been shown in literature to improve, for example, the

characterization of the pathologically heterogeneous lesions of multiple sclerosis (MS) by

providing a measure of demyelination [17]. It is also a promising technique for the early

diagnosis of cartilage degeneration diseases such as osteoarthritis (OA), which is currently

diagnosed in late stages of the disease, most often in the knee [6, 7]. MT MRI is currently

at an intensive research stage and promises to be an excellent way to demonstrate the

potential of MRI in probing macromolecular degeneration that occurs in diseases such as

MS and OA.

2.2.2 A qualitative interpretation of MT

The two pools of protons can exchange magnetization via chemical exchange and dipolar

interactions (the nuclear Overhauser effect). Chemical exchange is related to the physical

motion of spins or molecules that is caused by chemical interactions. The nuclear Ove-

rhauser effect is a proximity effect - when spins are in proximity, their magnetization can

be exchanged through space, without the need for a chemical bond.
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Here, we establish how to obtain MT weighted images in a MRI experiment. The contrast

in such images is based on the amount of MT that occurs between the two pools in each

voxel, as well as on the relative size of each pools and their respective relaxation properties.

The differences between both proton pools can first be highlighted in terms of their

respective absorption lineshapes, which reflects how much energy can be transferred from

the magnetic field to the magnetization vector as a function of the frequency of the ma-

gnetic field. The higher the amplitude of the lineshape at a given frequency, the more

saturated the pool becomes : the z component of its magnetization vector is reduced.

Free protons, which are accurately described by the Bloch equations 2.11, can be shown

to have a narrow, Lorentzian-shaped absorption spectrum, centered at the Larmor fre-

quency ω0. The pool thus absorbs electromagnetic radiation only close to ω0. Semi-solid

protons, being less mobile, will interact for a longer time with each other, leading to a

wider absorption spectrum. The two pools and their associated absorption spectra are

represented in figure 2.5.

Figure 2.5 – Semi-solid and free pools of protons in human tissue and their associated absorp-
tion lineshapes. The linewidths are tens of Hz for the free pool and tens to a hundred of kHz
for the semi-solid pool [3]. The linewidth of the free pool is greatly exaggerated for illustrative
purposes.
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An MRI sequence using an excitation pulse at the Larmor frequency (on resonance) can

saturate both pools, but only the free pool is detected, as the other decays too quickly.

Here, MT occurs when using on resonance pulses, but the effect is small : to obtain noti-

ceable MT, sequences with high power pulses and short repetition times (TR) can be used.

An excitation pulse that is produced off-resonance, at a given offset frequency ∆ = ω−ω0

(as depicted in blue in figure 2.5), will preferentially saturate the semi-solid pool due to

the respective linewidths of each pool, while having a much smaller effect on the free

pool. From this, one can create a simple experiment to obtain MT contrast.

Consider a typical imaging sequence repeated until steady state is reached (such as a

spoiled gradient recalled-echo, SPGR) that produces an image M0, as shown in figure

2.6a). The z components of the magnetization vectors of the free (Mf ) and semi-solid

(Mr, for restricted) pools are represented at the beginning of the sequence.

To obtain MT contrast, one adds a single MT saturation pulse per repetition to achieve

the desired contrast in the steady state. Thus, the imaging protocol is repeated and an off-

resonance MT pulse is added before each SPGR sequence, as shown in rectangle of figure

2.6b). This off-resonance pulse preferentially saturates the magnetization of the semi-solid

pool, while the free pool is left relatively unaffected (1). When the magnetization vector

of the semi-solid pool is saturated (2), this stimulates the transfer of magnetization from

the free pool to the semi-solid pool, which results in a reduced magnetization of the free

pool (3). If the SPGR sequence is performed at this moment, an image with reduced

signal, MSAT , is acquired. This is because the available magnetization of the free pool is

reduced at the beginning of the SPGR sequence due to MT. It should be noted that in

MT, the signal will always be reduced in the free pool, as the restricted pool acts as a

sink for the polarization. By calculating the relative difference between images M0 and

MSAT , a map of the so-called magnetization transfer ratio (MTR) can be obtained. A

higher MTR signifies a lower signal in the MT-prepared image, thus reflecting a higher
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amount of MT. The MTR image is the most common MT contrast image.

Figure 2.6 – A methodology to obtain MT contrast. In a), a conventional SPGR sequence
provides an image M0. In b) a MT-prepared SPGR sequence provides the image MSAT . The
MTR is obtained in c) as the relative difference between the two images. Only z components of
the magnetization vectors are shown, as MT is an effect on the z component.

While the use of magnetization transfer contrast images in many studies have produced

interesting results, for example, to track the progression of lesions and changes in the

normal-appearing white matter in MS [18, 19], the MTR reduces the entire phenomenon

of MT to a single value. In addition, the MTR is a complex combination of sequence

parameters and relaxation properties of the tissue. For these reasons, the MTR is a non-

specific measurement that oversimplifies MT and variations in this parameter should be

interpreted carefully [17]. The semi-qualitative nature of the MTR has led to the deve-

lopment of a more robust and quantitative description of MT, detailed next.

MT contrast can also be obtained with on resonance pulses using sequences such as

balanced steady state free precession (bSSFP) [20] and selective inversion recovery (SIR)

[21]. Such sequences were not used in this work.

Chemical exchange saturation transfer (CEST) is a technique conceptually related to

magnetization transfer. While chemical exchange is present in both CEST and MT, the
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major difference between the two techniques resides in the population of targeted mo-

lecules. In MT, we are interested in all restricted macromolecules that participate in a

transfer of magnetization. In CEST, specific molecules which have narrow resonances

are targeted with off-resonance irradiation at their resonant frequency, usually different

from that of water [22]. CEST contrast, similarly to MT contrast, is achieved by selective

saturation of the CEST molecule, which transfers magnetization to the water pool and

results in a signal reduction.

2.2.3 A quantitative interpretation of MT

The binary spin bath model and the Bloch equations

In QMT, for most methods, we can derive an expression for the steady state magnetiza-

tion in a MT experiment that depends on a number of quantitative parameters describing

the MT effect and the associated pools of magnetization. These parameters, which can

be obtained voxel-wise by fitting the acquired data to the QMT model, are then used to

produce parametric maps of regions of interest in order to evaluate the MT properties

of tissues. First, we present the modified Bloch equations based on the binary spin bath

(BSB) model of MT that take in account magnetization exchange (i.e. cross-relaxation)

between the free and the semi-solid pool. Then, the equations are solved for the specific se-

quences used in this work and an analytical expression for the magnetization is presented.

In the BSB model, spins can exist in one of two magnetic environments : the free pool

and the semi-solid pool. The two-compartment model is schematized in figure 2.7 with

its characteristic parameters.

One should note that the semi-solid pool of protons does not include the hydrogen protons

in water that can be temporarily linked to the restricted pool (often referred to as the

hydration layer). Such protons would be considered as an additional free pool of protons.

The BSB model does not differentiate between different free pools of water protons as

these cannot easily be differentiated experimentally, although other studies have propo-
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Figure 2.7 – Binary spin bath model of MT.

sed more complex models that considers more proton pools [23].

In the BSB model, each pool is characterized by its own T1 and T2 relaxation constants,

with subscripts f and r representing respectively the free and semi-solid (r for restricted)

pools. The transverse relaxation time of the semi-solid pool, T2r, is typically on the order

of microseconds. The relative size of each pool is defined by M0f and M0r. The semi-solid

pool size ratio, F , is defined as the ratio of pool sizes (semi solid over free pool) : higher

F is associated with greater macromolecular content. The semi-solid pool fraction can

be in the order of 5 to 15% in brain tissue, and often up to 30% in cartilage [7, 24].

The exchange of longitudinal magnetization from the free pool to the restricted pool is

described with a first order rate constant, kf . To respect chemical equilibrium, the reverse

constant kr = kf/F .

The behaviour of the magnetization of the free pool is described by the previously es-

tablished Bloch equations, while that of the semi-solid pool is modelled with a rate of

saturation by the MT pulse, W . This leads to a set of coupled Bloch equations, the
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Bloch-McConnell equations :

dMx,f

dt
= −Mx,f

T2,f
−∆My,f − Im {ω̂1}Mz,f (2.18)

dMy,f

dt
= −My,f

T2,f
+ ∆Mx,f + Re {ω̂1}Mz,f (2.19)

dMz,f

dt
= R1,f (M0,f −Mz,f )− kfMz,f + kf

F
Mz,r + Im {ω̂1}Mx,f − Re {ω̂1}My,f (2.20)

dMz,r

dt
= R1,r (M0,r −Mz,r)−

kf
F
Mz,r + kfMz,f +WMz,r (2.21)

The subscripts x, y, z correspond to the transverse (x, y) and longitudinal (z) magneti-

zation. ∆ is the pulse frequency offset from resonance and ω̂1 = γB1 is the complex and

time varying MT pulse. W is the transition rate for the saturation of the restricted pool :

it describes how a pulse saturates, as a function of time, the longitudinal magnetization of

the semi-solid pool. Practically, the average rate of saturation 〈W 〉 is used and is defined

generally as [14, 25, 26] :

〈W 〉 = πγ2
∫ ∞
−∞

S(∆,∆′)G(∆′)d∆′ = πγ2 1
τ

∫ ∞
−∞

∣∣∣B̃1(∆′)
∣∣∣2 G(∆′)d∆′ (2.22)

where S(∆,∆′) is the power spectral density (PSD) of the RF saturation pulse that is

applied at frequency ∆. For a finite pulse (in this case, applied at a frequency offset

∆), the PSD is given by the square of the modulus of the Fourier transform |B̃1(∆)|2

of the given signal divided over the integration time τ (the pulse duration). G(∆) is the

absorption lineshape of the semisolid pool, and ∆′ is an integration variable. Gaussian

lineshapes have been shown to be appropriate for certain solids and gels, while a super-

Lorentzian shape is more appropriate for biological tissues [4, 27]. The super-Lorentzian

lineshape is defined as

G(∆) = T2,r

∫ 1

0

1
|3u2 − 1| exp

−2
(

2π∆T2,r

3u2 − 1

)2
du (2.23)
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In the case of pulsed MT (where an off-resonance pulse is applied at the beginning of

each repetition), the effective bandwidth of the PSD is much smaller than that of the

lineshape 1. From this observation and the use of Parseval’s theorem (replacing the integral

of |B̃1(∆)|2 with that of the time-domain pulse, |B1(t)|2), one can obtain a simplified

expression for the average saturation rate :

〈W 〉 = π
1
τ

∫ τ

0
ω2

1G(∆)dt (2.24)

This approximation is only valid when the bandwidth of the PSD is negligible with respect

to the linewidth of the semi-solid pool. Note that this is not necessarily the case in MT

sequences with much shorter pulses, such as bSSFP and saturation inversion recovery.

Equations 2.18 to 2.21 can be rewritten the matrix form

dM(t)
dt

= A(t)M(t) + BM0 (2.25)

Where M(t) is the magnetization vector

M(t) = [Mx,fMy,fMz,fMz,r]T (2.26)

The transverse components of the semi-solid pool are assumed to be zero and neglected

due to the extremely short relaxation time T2r. The coefficients A(t) and B correspond

to the terms of equations 2.18 to 2.21 and M0 is the fully relaxed state of magnetization.

One must solve this system of equations and obtain the steady-state magnetization of

the free pool M(z,f) for a specific imaging sequence to obtain a model which can be fitted

to MT-weighted data.

From this point, it is assumed that the sequence is an MT-weighted SPGR sequence

(MT-SPGR), which was previously presented. The derivation of the signal equation for

other types of sequences such as bSSFP and SIR can be found elsewhere [20, 21].

1. This can be verified by calculating the PSD of a typical MT preparation pulse such as a Gaussian
pulse of duration 5-15 ms, and comparing it with the typical linewidth of the bound pool that is between
10-100 kHz.
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Solving the coupled Bloch equations for a MT-SPGR sequence

For MT-SPGR, numerous groups have proposed different approaches and approximations

to obtain an analytical signal equation from the Bloch equations [4, 28, 29, 30], as the

coupled system cannot be solved analytically due to the time-dependence of the matrix

A. In this work, the rectangular pulse (RP) model of Sled & Pike [17] is used. Although

complex, the model was shown to be the most robust to noise as well as the most accu-

rate with respect to numerical solutions of the Bloch equations [31, 32], although direct

comparisons predate the most recent model of Müller [30]. In Portnoy’s work [32] that

systematically compared existing pulsed MT models, it was stated that one must proceed

with care when comparing QMT parameters obtained with different models.

In Sled and Pike’s model, the MT-SPGR sequence is broken down in more simple sub-

sequences where the matrixA becomes times-independent. These situations can be conca-

tenated together to approximate the complete repetition of the pulse sequence. Three

situations are used :

— Instantaneous saturation (is) of the free pool ;

— Continuous-wave (cw) irradiation of the restricted pool ;

— Free precession (fp) of the magnetization.

In these cases, an analytic solution exists and the state of magnetization after a period τ

for each situation, noted F∗(M,τ), is given by [17] :

Ffp(M, τ) = e−AfpτM +
[
I− e−Afpτ

]
M0 (2.27)

Fcw(M, τ) = e−AcwτM +
[
I− e−Acwτ

]
Mss

cw (2.28)

Fis(M) = SM (2.29)

The magnetization vector M can be reduced to contain only the longitudinal compo-

nentsM = [M(z,f) M(z,r)]T , as the transverse magnetization of the free pool is decoupled
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from the other components in these 3 situations. Transverse magnetization is assumed to

disappear through relaxation and spoiling. S is a diagonal matrix with elements [Sf Sr].

The excitation pulse is approximated to have no effect on the semi-solid pool (i.e. Sr = 1),

while the effect of the off-resonance pulse on the free pool is obtained through the satu-

ration fraction Sf . The saturation fraction is defined as M+
f = SfM

−
f , where M−

f is the

magnetization before the pulse and M+
f immediately after, and is mainly determined by

the QMT parameter T2f , and the power and shape of MT pulse. To accelerate the model

fitting algorithm, Sf is pre-calculated in the Sled & Pike approach by solving the Bloch

equations for the free pool in presence of the MT pulse for a wide range of pulse flip angles,

frequency offsets and T2f , all the while ignoring cross-relaxation and T1 recovery, which

can be shown to have a negligible impact on Sf . Other variables are defined in appendix A.

In the RP variant of the model of the MT-SPGR sequence, as shown in figure 2.8, the pulse

sequence is approximated with the following steps [33] : instant saturation of the free pool

from the MT saturation pulse and the excitation pulse, CW-irradiation of the semi-solid

pool for a time τ/2, a period TR-τ of free precession and a final CW-irradiation period of

τ/2. Concatenating all those steps and solving for the magnetization in the steady state

(M (t) = M(t + TR)) yields a cumbersome expression for the magnetization that is a

function of QMT parameters F ,kf ,T1f ,T2r,T2f ,T1r and sequence parameters ∆, the offset

frequency of the MT pulse, αMT , the flip angle of the MT pulse, and α, the flip angle

of the excitation pulse. Some authors use more often the term MT pulse power instead

of MT pulse flip angle αMT . The two terms are often interchanged in this work, as they

are closely related. In appendix A, a more detailed derivation of the signal equation is

provided.

It should be noted that modelling the MT pulse as an instantaneous fractional saturation

of the free pool is an approximation that might lead to errors in the magnetization of the

free pool. However, as discussed in [32], the error is small if we consider off-resonance pulse

above 1 kHz. In addition, a fully continuous model that would not make this approxima-

tion does not have an analytical solution and is then impractical for fitting purposes.
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Figure 2.8 – Schematic of the MT-SPGR sequence and evolution of the magnetization of each
pool according to the RP model. Here, τ is not equal to the pulse duration τRF , but represents
the duration of a rectangular pulse of equivalent power to the off-resonance MT pulse.

Data acquisition and fitting procedure

The derived signal equation in appendix A, is practically independent of T1r. A common

practice is to fix T1r either to T1f or to 1 s. This was shown to have negligible effect on the

signal equation [17]. In addition, T1f is not uniquely determined by the signal equation,

so one needs to obtain an independent estimation of T1f [34].

Henkelman et al. [4] proposed to obtain an independent estimate of the apparent longi-

tudinal relaxation constant, T1obs, through an inversion recovery (IR) experiment and to

recover T1f from T1obs. The procedure is detailed in [4]. As discussed earlier, T1 values

in this work were obtained with VFA measurements in the interest of faster scan time

and efficient volumetric mapping. It has been shown recently [35] for VFA sequences that

cross-relaxation (MT) affects the estimates of T1obs in macromolecular-rich tissues such

as cartilage, which are studied in this work. To account for the effect of MT, a global

26



fitting approach that fits the signal equation of Sled & Pike to both VFA and MT-SPGR

data was used as detailed further below.

In QMT, multiple volumetric datasets are acquired and the model signal equation is

fitted through a nonlinear least-squares approach to the data in order to provide an esti-

mation of F , kf , T1f , T2f and T2r. The signal equation depends on sequence parameters

∆, αMT and α. For VFA measurements, the data is acquired with no MT preparation

pulse (∆, αMT = 0) and various flip angles α. The MT-SPGR data is usually obtained

at fixed α, and with a combination of various ∆ and αMT . As the signal equation is

nonlinear, the choices of ∆ and αMT influence the quality of the fit : this was explored

further with simulations, in section 3.3.6.

The signal obtained from a single voxel as a function of ∆ and αMT , normalized to

the signal without saturation, can be represented in a space called the Z-spectrum. On

a voxel-wise basis, the signal equation is fitted to the Z-spectrum. An example of a Z-

spectrum is presented in figure 2.9.

Figure 2.9 – Example of Z-spectrum for a meniscus voxel.

In the Z-spectrum, the relative signalM/M0 is shown as a function of the frequency offset

of the MT pulse and its flip angle, αMT . To obtain the Z-spectrum, the signal is sampled

at various combinations of (∆, αMT ) and then normalized by a volume acquired with no

MT contrast (the MT pulse is removed). The value M/M0 shows the loss in signal due to

MT only. In figure 2.9, a higher MT effect (increased signal reduction) is seen for larger
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MT pulse powers and offsets closer to resonance.

A Levenberg-Marquardt algorithm was used to perform voxel-wise nonlinear least squares

fitting to produce the best-fitting QMT parameters. An illustration of the data acquisition

and fitting procedure is shown in figure 2.10.

Figure 2.10 – Data acquisition and fitting procedure for MT and VFA datasets. Data acquisi-
tion - MT : Multiple volumes are acquired (only 3 shown) at various combinations of (∆, αMT ).
The Z-spectrum is created using the response of each voxel as a function of frequency offset
and MT pulse flip angle and is then fitted. This allows the extraction of best-fitting QMT pa-
rameters to produce parametric maps. Data acquisition - VFA : this method demonstrates the
original T1f evaluation method proposed by Henkelman [4].

2.3 Osteoarthritis

In this section, we describe briefly the disease of osteoarthritis (OA) and focus on the

microscopic changes that occur during OA, which MT might be used to probe. Other

MRI techniques used to investigate early OA are discussed and compared to QMT.
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2.3.1 Early changes in osteoarthritis

Osteoarthritis is a degenerative joint disease that leads to joint pain, stiffness and loss of

function in weight-bearing joints such as the knees. OA can be described as the outcome

of multiple types of disorders caused by a combination of biomechanical, biochemical,

inflammatory and immunology factors [36, 37, 38, 39]. Some disorders include the loss

and erosion of articular cartilage and meniscal degeneration [40].

On a macromolecular scale, articular cartilage is composed of an extracellular matrix

(ECM) in which resides a network of collagen fibrils that grants the structural frame-

work for the cartilage. Proteoglycans (PGs) are embedded within the collagen network

and each PG is composed of a protein core with negatively charged glycosaminoglycans

(GAGs) molecules covalently attached as side-chains. The rest of the tissue weight is

composed of water containing various mobile electrolytes [41]. Early OA is characterized

by changes in the macromolecular structure of the cartilage, specifically an increase in

water content, a loss of PGs and a disruption of the collagen fiber network [42, 43, 44, 45].

This is shown schematically in figure 2.11.

Figure 2.11 – Microscopic changes induced by early OA. Adapted from [5].

Therefore, there is significant interest to develop techniques that can measure macromole-

cular changes in articular cartilage for the early diagnosis of OA, as well as for monitoring
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and evaluating the progress of current and future therapies that aim to control joint tissue

degradation [46].

Recent research has shown that knee OA involves the degeneration of not only the carti-

lage in the joint, but also of other structures such as the subchondral bones, the ligaments,

muscles and the menisci [47]. The menisci are crescent-shaped fibrocartilaginous struc-

tures attached to the tibial plateau and are mostly composed of water, circumferentially

oriented collagen fibers and PGs [47]. Menisci are known to be vital for the health of the

knee joint, having roles ranging from load distribution, shock absorption and providing

nutrition as well as lubrication to the knee joint [47, 48]. It is unclear, however, if de-

gradation of menisci is a cause or a consequence of OA. For example, meniscal lesions

in healthy knees can lead to OA through the loss of meniscal functions, while OA might

give rise to meniscal lesions such as tears, which will themselves accelerate the evolution

of the condition. It is expected that the pathological processes which cause early OA in

the joint cartilage should not be limited only to cartilage and might affect the meniscal

tissues equally, as the tissues share similar components and properties and are subject

to similar mechanical stress [47]. Thus, in addition to evaluating the health of articular

cartilage, assessing the degradation of the menisci is of interest for early OA detection.

2.3.2 Assessment of early osteoarthritis with MRI

Conventional MRI and plain radiography are already widely used clinically to assess arti-

cular cartilage damage, gross joint morphology changes and meniscal tears [49]. However,

as these macroscopic degenerative changes are typically absent in early stages of OA,

other techniques must be used to detect early OA. These techniques must have the capa-

city to probe the microscopic structure and composition of the joint tissues, as changes

in the ultra-structure and composition may be indicative of early OA [46]. This can be

challenging : macromolecules such as collagen and PGs have very short T2 relaxation time

owing to the semi-solid protons in the macromolecules [49], which makes their direct ob-

servation difficult in conventional MRI.
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There are multiple quantitative MRI techniques that can assess the microscopic structure

and composition of the joint by increasing the dependence of the MRI signal to macromo-

lecular content, specifically PGs and collagen. Techniques such as T1ρ relaxation imaging

[50, 51, 52, 53], delayed gadolinium-enhanced MRI of cartilage (dGEMRIC) [54, 55, 56],

sodium imaging [57, 58, 59, 60, 61] and chemical exchange-dependent saturation transfer

(CEST) imaging [58, 62, 63, 64] have all been shown to be sensitive to the PG content

in cartilage, while other techniques such as T2 mapping [65, 66, 67], diffusion MRI (spe-

cifically diffusion weighted imaging (DWI) [68, 69, 70, 71] and diffusion tensor imaging

(DTI) [72, 73]) are sensitive to the ultra-structure (orientation and content) of collagen.

Current quantitative MRI methods to assess the ultra-structure of collagen have their

limitations. Interpretation of changes in T2 values is ambiguous due to the number of

competing processes that influence the nonspecific parameter T2. It has been suggested

[74] that 60% of the variation in T2 values can be attributed to changes in collagen fibril

orientation (following the magic angle effect [75]) and organization, while the remaining

40% is determined by a combination of changes in water content and concentration of

other macromolecules [46]. For in vitro cartilage studies, different types of immersion

fluids used to preserve human tissue before imaging might influence T2 relaxation times

[76]. In DWI, it was noted by the authors of a longitudinal study [71] that quantitative

diffusion parameters such as ADC were difficult to obtain in cartilage, resulting in a

semi-qualitative analysis. Presently, DTI is limited for the in vivo evaluation of cartilage

due to long acquisition times and intensive data analysis [46].

2.3.3 Early osteoarthritis and magnetization transfer

QMT MRI is a technique that can indirectly probe the macromolecular content of tissues,

typically unobservable in conventional MRI. By comparing the amplitude of the signal

reduction in the Z-spectrum with in vitro samples of the different components of articular

cartilage at various concentrations, it has been shown that the major contributor to the

MT effect in cartilage is collagen [77, 78]. Within the same studies, it was also shown
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that another smaller, still significant contribution to the MT signal is caused by modi-

fications in PG concentration and tissue structure due to pathological and physiological

perturbations [78]. This is supported by experimental NMR observations that the largest

magnetization-exchanging subsystem in cartilage is collagen and water, followed by PGs

and collagen [79]. As the MT signal is sensitive to collagen ultra-structure and content

[77] as well as the PG content [78], it is an interesting candidate for the non-invasive

assessment of cartilage and meniscal tissues.

QMT might provide insights on the macromolecular content of cartilage through phy-

sically meaningful parameters extracted from a quantitative model of MT. First, an es-

timation of the properties and size of the macromolecular pool of protons is obtained

through the parameters F (also referred to in some publications as the bound pool frac-

tion, BPF) and kf (the first-order rate of magnetization exchange from the free pool to

the restricted pool). Second, QMT also provides the T1 and T2 relaxation times of the

free (T1f , T2f ) and semi-solid (T2f , T2r) pools of protons. The bound pool fraction F is

believed to be an indirect measurement of the macromolecular content, while kf and ?2r

are indicative of, first, the efficacy of MT between the two proton pools, which is related

to the organization of macromolecules [17, 28, 80] and, second, the diffusion of spins bet-

ween proton sites in macromolecules, related to the ultra-structure [6, 17, 28, 80]. The

relaxation time of the semi-solid pool, T2r, has also been interpreted as a measure of the

rigidity of the semi-solid (or macromolecular) structure [24].

Preliminary QMT studies have been performed in cartilage, mostly ex vivo. Li et al.

have shown that F is strongly correlated with the GAG content in tissue-engineered

cartilage [81]. This group has also shown that the magic angle effect is reduced in MT

weighted images that are required for QMT mapping [82], an advantage over T2 mapping

techniques in cartilage. Stikov et al. have shown that moderate correlations exist in ar-

ticular cartilage extracted from cadaveric knee specimens between F and PG content as

well as between kf and collagen, concluding that QMT parameters can be used as biomar-
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kers to evaluate PG and collagen content in cartilage [7]. More recently, Sritanyaratana

et al. have shown that patients with OA have significantly lower kf and significantly hi-

gher T2r values in patellar cartilage than asymptomatic volunteers, suggesting that QMT

parameters can detect changes in the macromolecular component of degraded cartilage

in vivo. However, the authors also concluded that further studies are needed to better

understand the fundamental mechanisms responsible for changes in QMT parameters for

patients with OA [6].

Preliminary studies have shown a possible link between OA and QMT parameters and

identify QMT as a promising technique for the early detection of OA.That said, the use

of MRI scans as a screening tool for OA is debatable, as the method is too expensive to

be administered on all asymptomatic individuals. One possible methodology would be to

identify individuals at high risk of developing OA based on known risk factors, leading

to screening with QMT MRI. Established risk factors associated to the development of

OA include low vitamin D intake, genetics, obesity and the participation in sports which

lead to high-intensity and direct join impact with other participants or playing surface

and equipment [39].
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3
Quantitative magnetization

transfer imaging in cartilage and

meniscus

3.1 Introduction

QMT has previously been applied to brain, with a few recent studies in articular carti-

lage [6, 7], but none so far in the meniscus. As a result, QMT is not fully established in

cartilage and meniscus and the QMT techniques might not be adapted to such tissues.

The purpose of this chapter is to investigate potential modifications to the QMT proces-

sing pipeline and to propose an adapted QMT algorithm for cartilage and meniscus. The

modifications are presented in section 3.2. The performance of the adapted algorithm is

then detailed in section 3.3, notably with respect to noise, the value of the fixed parame-

ter T2f , and the Z-spectrum sampling scheme.

To evaluate the performance of the adapted algorithm, we used the cadaver knee speci-

men data acquired in this study and Monte Carlo simulations. The methods to obtain

QMT parameter maps from MT-SPGR datasets and the cadaver knee data acquisition

in the cadaver knee specimens are described in the methods section of chapter 4, and

are not repeated here for the sake of brevity. The methodology used for the Monte Carlo

simulations is detailed in section 3.3.1.
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3.2 Adaptation of QMT fitting to cartilage and meniscus

3.2.1 Joint fitting of T1 and magnetization transfer data

In this work, the MT data was obtained with a MT-prepared SPGR sequence, while the

required T1obs was obtained from a variable flip angle (VFA) experiment.

Following the observations of Mossahebi et al. [35] that T1obs estimation is affected in

VFA experiments in macromolecular-rich tissues such as cartilage and meniscus due to

MT, we fit simultaneously voxel-wise VFA and MT data to Sled & Pike’s signal equation

of MT, using a zero duration MT pulse for VFA measurements. This accounted for MT

effects in VFA measurements. Therefore, instead of calculating T1f analytically from an

independent observation of T1obs as proposed by Henkelman [4], T1f was fitted conjointly

with other QMT parameters. The procedure is illustrated in figure 3.1, which is a modi-

fied version of the QMT pipeline shown in figure 2.10.

Figure 3.1 – Data acquisition and joint fitting procedure for MT and VFA datasets.
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The MT data used in the least squares algorithm (the Z-spectrum) is normalized between

0 and 1 : each acquired MT volume is normalized by another obtained without a MT pre-

paration pulse. By normalizing, the procedure removes the proton density dependence

in the signal equation. In VFA measurements, no normalization procedure is typically

performed and a factor proportional to the proton density, S0, as well as T1obs are fitted.

The amplitude of the VFA signal in our datasets was typically between 500 and 1500

arbitrary units, much larger than the normalized MT signal between 0 and 1.

A consequence of the lack of normalization in VFA measurements when fitting both

datasets simultaneously is the much larger amplitude of residuals for VFA measurements

compared with normalized MT measurements. Ideally, both datasets should be norma-

lized similarly to have an equal weight in the least squares fitting approach. Mossahebi

et al. [35] suggested that the VFA data could be normalized by the same normalization

volume as the MT-SPGR datasets, provided that some sequence parameters (TR,TE)

and acquisition parameters (transmit and receive gains) are identical. The data in this

work was acquired before joint fitting was explored and the TRs of MT and VFA data-

sets were different. As an alternative, we propose to normalize VFA measurements with

a synthetic normalization volume, calculated as follows.

For each voxel, T1 mapping was performed according to the procedure described in section

2.1.5 to extract estimates of T1obs and S0. Then, the Ernst angle αE = cos−1 (exp (−TR/T1obs)),

which maximizes the SPGR signal, was calculated, followed by the evaluation of the

maximum theoretical signal using equation 2.17, M(αE, TR, S0, T1obs), at each voxel. A

synthetic volume with the theoretical maximum signal intensity at each voxel was then

obtained. To obtain normalized VFA measurements between 0 and 1 and adequately per-

form the joint fitting approach, each acquired VFA volume was divided by the calculated

synthetic volume.
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3.2.2 Constraining the model with a fixed T1f/T2f ratio

During initial attempts at fitting QMT parameters, it was observed that robust estimates

of F , T2r and T1f could be obtained, while the fit was relatively insensitive to T2f and

less robust to kf . The reasons are discussed through chapter 3. To stabilize the fitting

procedure, the number of free parameters in the model was reduced by fixing T2f . The

final four QMT parameters calculated were : the bound pool fraction F , the exchange

rate kf , the T1 relaxation time of the free pool (T1f ) and the T2 relaxation time of the

restricted (T2r) pool.

In Sled & Pike’s RP model, the direct saturation of the free pool by the off-resonance

MT pulse is modelled as an instantaneous fractional saturation of the magnetization. The

amount of saturation depends on the absorption lineshape of the free pool and, thus, on

the relaxation time T2f . The saturation fraction becomes more important at high power

MT pulses and closer to resonance. In the MT protocol used in this work, the measure-

ments were acquired at low power and far from resonance. The consequence is that the

fit of the MT model was not sensitive enough to T2f with the current sampling. This is

typically observed in QMT protocols with few sampling points, and T2f is often fixed in

quantitative models of MT [7, 6, 28]. In addition, most two-pool models of MT [17, 83]

inaccurately reproduce the Z-spectrum when compared to the numerical solution to the

Bloch-McConnell equations close to resonance, leading to potentially biased fits of T2f .

One proposed practice is to fix T2f to a specific ratio of T1f [6, 7, 83]. Yarnykh and

Yuan [83] have discussed that, in brain tissue, T2f can be fixed voxel-wise by fixing the

ratio T1f/T2f to a constant value, as the ratio is relatively constant in brain, even though

T1f and T2f themselves may vary largely. Yarnykh and Yuan have proposed a fixed mean

value of T1f/T2f = 18.18, based on QMT data from the literature giving ratios between

15 and 22 in the brain. This approach was adapted for the knee joint tissues.
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Practically, values of T1f/T2f can be found in the literature for brain tissue at 1.5 T

[83] and at 3 T [84, 85], but there are no published values in articular cartilage or in the

meniscus at 3 T. A QMT study in tibial and patellar cartilage [7] fixed the ratio to 20

based on their own observations of T1obs and T2obs in the specimens. However, the value of

T1f can be significantly different from T1obs [17, 35] and T2f can differ from T2obs, especially

in tissues known to have multiple free water components where the mono-exponential fit

of T2obs is an inadequate representation of the proton pools in the tissue [17]. Therefore,

the ratio T1f/T2f is not necessarily equal to T1obs/T2obs.

Here, we propose to evaluate the ratio T1f/T2f through a direct evaluation of T1f in

cartilage and menisci and an estimation of T2f from T2obs in the literature, being aware

of a potential disagreement between T2obs and T2f .

Estimation of T1f in cartilage and meniscus

When joint-fitting VFA and MT data, the dependence with respect to T1f was mostly

present in the VFA data points. Because there is no off-resonance pulse in the VFA da-

tasets, there was no noticeable dependence on T2f in the VFA datasets for the model

of MT used in this work. A consequence is that the estimates of T1f in the joint-fitting

approach were practically independent of the fixed T2f value, which is equal to a specific

T1f/T2f ratio.

To illustrate this concept, the mean T1f in the medial and lateral menisci from one

of the specimen (in situ) was shown to vary by less than 2% on a wide range of T1f/T2f

from 10 to 100, as seen in figure 3.2. Based on T1obs and T2obs values in the meniscus from

the literature, an approximate value of T1f/T2f can be expected to be in the range of 60

to 90.
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Figure 3.2 – Mean T1f (top, in ms) and percent deviation from a ratio of 70 (bottom) in a
typical sample for the medial and lateral menisci, as a function of the fixed ratio T1f/T2f . The
variation is less than 2% for a range of T1f/T2f much larger than the expected variability from
noise. This variation is representative of all other specimens and tissues (cartilage) evaluated in
this study.

Thus, because the estimates of T1f were essentially independent of the fixed T1f/T2f , the

following procedure was proposed to estimate T1f in a specific tissue :

1. Fix an approximate value of T1f/T2f based either on observations of T1obs and T2obs

in the tissues of interest or on literature values ;

2. Produce QMT maps through voxel-wise fitting of the MT model with T2f fixed

through the chosen T1f/T2f at step 1 ;

3. Evaluate the mean T1f in each tissue of interest by averaging all voxels and all

samples.

This estimation of T1f , for the specific QMT protocol used in this study, will be within 2%

of the value that would be obtained with a theoretically correct ratio, as shown in figure

3.2. While the process of fixing T1f/T2f to obtain an estimate of T1f might seem circular,

the very weak dependence of T1f with respect to the fixed T2f demonstrates that the

procedure is adequate. For additional precision on the value of T1f to use in order to fix
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the ratio, the previous 3 steps were iterated, although the additional precision obtainable

was less than 0.5% after multiple iterations.

The mean T1f in cartilage and meniscus (in situ and ex situ) obtained are listed in

table 3.1. To produce these values, T1f/T2f was first approximated to respectively 25, 70

and 60 based on our own measurements of T1obs and T2obs in these tissues.

Table 3.1 – Mean values of T1f in cartilage, in situ and ex situ menisci.

Tissue Mean T1f (ms)
Cartilage 1021

Meniscus - in situ 886
Meniscus - ex situ 1367

Estimating T2f in cartilage and meniscus

The treatment of T2 relaxation times is complex in tissues such as cartilage and meniscus,

which are known to be characterized by multiple free water T2 components [86, 87, 88].

In this situation, it is unclear how to relate T2obs and T2f .

Values of T2obs reported in the literature are typically obtained through mono-exponential

fits and assume a single pool of protons. The value of T2obs obtained is then an average

of all pools of water. Assuming that only a single free pool of protons exists, T2obs is

theoretically equivalent to T2f ; however, significant differences were noted in agar gels

supposedly composed of a unique free pool [17], showing that even in substances with a

single free pool, T2obs is not necessarily equal to T2f .

Values of T2f obtained in QMT experiments from the binary spin bath model also assume

a single free pool of protons and is a simplification of human tissues, which are more com-

plex. For example, in cartilage, NMR and MRI studies have identified bulk water and

water more closely bound to proteoglycan as distinct pools of free water [89]. Therefore,

a single relaxation time for the free water obtained in MT experiments will represent an
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average of all free pools of water and is a simplification of a more complex reality.

Overall, T2obs and T2f can be interpreted as different weighted averages of the multiple

free pools of water in tissues [17]. In addition, they are obtained from very different mea-

surements : T2obs from a characterization of the time-domain behaviour of the signal, and

T2f from a measurement of the width of the Lorentzian lineshape of the free pool. Because

there are no published values of T2f in the literature for cartilage or meniscal tissues and

that robust fits of T2f could not be obtained from the current dataset, an alternative

was to replace T2f by T2obs measurements in the calculation of the T1f/T2f ratio while

being aware that a bias might be introduced with this approximation. For example, in

brain tissue, it was noted that T2obs was consistently higher than T2f and could even be

twice the value of T2f [17]. Therefore, the bias in estimating T1f/T2f might be significant

when approximating the transverse relaxation time of the free pool through T2obs. At the

moment, it is unclear how a biased estimation of T2f through an incorrect T1f/T2f ratio

propagates in the model and biases other QMT parameters. If the bias is minimal, then

an approximate ratio is appropriate. This is discussed in section 3.3.4.

Before choosing to use a mean T2obs as an approximation to T2f , we investigated if a

mean T2f could be inferred from published relaxation times of the free pool based on

multiple components models. There are some, but few reports of free pool relaxation

times obtained through multiple component models in the cartilage and meniscus. For

example, Liu et al. [86, 87, 89] used the multi-component DESPOT [90] approach to ob-

tain fast (T2F ) and slow (T2S) components in cartilage and meniscus, which are thought

to be two water components. However, it is not clear how the different relaxation times

that characterize the free pools of MT should be combined and/or averaged to provide

an effective estimation of T2f . For those reasons, the T2 relaxation times from multi com-

ponent techniques were not used to provide an estimation of T2f .

We proceeded by reviewing the existing values of T2obs in order to fix a value for T2f .
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This fixed value was known to be biased, and the impact of choosing an incorrect ratio

will be reported in section 3.3.4. Table 3.2 shows T2 values for healthy cartilage and me-

nisci at 3 T from various sources in the literature. The list of sources and values are listed

in appendix C. In addition, we included a T2 relaxation time in extracted meniscus from

a recent study [91] at 3 T that used a CPMG sequence for T2 mapping, as extracting

and conserving the menisci may be expected to affect relaxation times. In that study, the

meniscal tissues were scanned in perfluoropolyether (Fomblin) to prevent dehydration

and minimize tissue-air susceptibility artefacts. This is similar to the fluid used in this

work to scan the extracted menisci, another perfluorochemical (perflubron).

Table 3.2 – Average T2 values and standard deviation (SD) for various healthy knee joint
tissues obtained from the literature at 3 T.

Tissue Mean T2obs (ms) SD (ms)

Both menisci 11.0 0.5
Lateral meniscus 10.7 0.4
Medial meniscus 11.3 0.4
Whole cartilage 34.9 4.6
Femoral cartilage 37.9 5.7
Patellar cartilage 32.7 3.7
Tibial cartilage 32.6 4.5
ex situ menisci 20.2 5.3

In the literature, at 3 T, average values of 34.9 ± 4.6 ms were obtained for the cartilage,

11.0 ± 0.5 for the in situ menisci and 20.2 ± 5.3 ms for the ex situ menisci.

Because the range of T2 values in the in situ menisci has a very small spread in the

literature (0.5 ms), we use this mean value as an estimator of T2f . Because the range

of values is very small, the ratio is minimally affected by either the choice of the mean

value or the smallest value. Taking the average value from 4 different studies gives more

confidence in the estimate of T2obs than using a single study that provides the smallest

value. For the ex situ menisci, the only value of 20.2 ms found in the literature at 3.0 T

for extracted and conserved menisci was used.
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For the cartilage, a mean value of 34.9 ms was obtained by averaging 11 studies. The

minimal value identified in any region of the cartilage was 27.0 ms, and the highest was

44.4 ms. We identified the mean value as our estimate of T2f and will evaluate, in section

3.3.4, the impact of choosing an incorrect ratio based on the distribution of T2 values

from literature.

Final values of T1f/T2f

Table 3.3 summarizes the chosen values of T1f and T2f and the corresponding ratio for

each tissue of interest. Different values for the ratios were found for the different regions

analyzed, and the voxels must be processed separately whether they are identified as

cartilage or menisci.

Table 3.3 – Estimation of T1f/T2f for various knee joint tissues at 3 T.

Tissue T1f (ms) T2f (ms) T1f/T2f

Menisci - in situ 886 11.0 80.5
Menisci - ex situ 1367 20.2 67.7
Whole cartilage 1021 34.9 29.3

First, it should be noted that the ratios used in chapter 4 are slightly different than the

ones presented here due to the addition of a new knee specimen at the end of the project.

It is of interest to note that the value of T1f/T2f is similar (≈15-20% difference) for in situ

and ex situ menisci, although the values of T1f and T2f themselves vary. Concerning the

whole cartilage, a potential issue with a single fixed ratio is the fact that T1obs and T2obs

in cartilage are known to vary with cartilage depth. However, there have been multiple

reports that both T1obs [92, 93, 94] and T2obs [95, 96, 93] decrease with depth in cartilage

and thus a fixed ratio for the entire cartilage is a safe assumption.

Another issue is the uncertainty in T1f/T2f that comes from using various sources from

the literature, and how this can affect QMT parameters. In cartilage, the range of T2obs

from the literature was between 27 and 44.4 ms. Assuming a correct estimation of T1f , the

43



ratio T1f/T2obs then ranges from 23 to 38. Because of this possible variability in the ratio,

we evaluate the impact on QMT parameters of attributing an incorrect ratio of 29 ±

10 in cartilage data. These results are presented in section 3.3.4. For meniscus, although

the range of T1f/T2f is more constrained, we also evaluate the impact of attributing an

incorrect ratio of 81 ± 10.

3.3 Evaluation of the adapted quantitative magnetiza-

tion transfer method

We characterized our proposed QMT method, based on the model of Sled and Pike and

adapted with joint fitting of VFA data and fixed T2f , in terms of its performance in the

presence of noise, variability with the fixed T2f , and the sampling scheme.

3.3.1 Methodology for the simulations

We investigated the response to noise of the estimation method with the current Z-

spectrum sampling scheme through Monte Carlo simulations. Two synthetic phantoms

were created, each consisting of 2 sets of MT model parameters representing either carti-

lage (F = 16.5%, kf = 2.33 s−1, T1f = 1016 ms, T2r = 5.09 µs) or meniscus (F = 23.5%,

kf = 1.75 s−1, T1f = 886 ms, T2r = 5.75 µs) based on mean values measured in our

specimens. Note that due to the nonlinear nature of the model, the response to noise

and sampling scheme is likely to vary with respect to the value of MT model parameters,

which is why the simulations were performed for numerical phantoms of meniscus and

cartilage.

A normalized, noiseless Z-spectrum signal was simulated with the RP model of Sled

& Pike (equation A.12), and VFA data was simulated based on equation 2.17. Additive

Gaussian noise with a standard deviation of 1/SNR was added to each Z-spectrum and

VFA data point. 10,000 noise realizations were performed for each set of MT parameters

to provide mean and standard deviations. The impact of different sampling schemes and

44



the sensitivity to the chosen ratio T1f/T2f was investigated with similar simulations. To

evaluate the response to noise, the 10,000 noise realizations were done for SNRs of 50,

75, 100, 125, 150, 200, 250, 300 and 500.

Outlier removal was performed according to the procedure detailed in chapter 4.

3.3.2 Results : robustness to noise

The performance of the algorithm in the presence of noise is discussed in terms of accu-

racy and precision with the levels of SNR mentioned in section 3.3.1. The results provide

insight on the achievable quality of fits for the specific sampling scheme used in this work

and for the SNR observed in our data, which approximately 100. Simulated signals were

generated as described in section 3.3.1. We refer to these simulations as cartilage and

meniscus simulations. Figures 3.3 and 3.4 show the robustness to noise of the estimation

method in these simulations.
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Figure 3.3 – Results of simulations evaluating the accuracy and precision of mean MT pa-
rameters as a function of the SNR for a model of cartilage. Left : mean values and standard
deviation of parameters at each SNR, with the true value identified with a dashed black line.
Right : absolute percentage relative error calculated from the true simulation parameters.
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Figure 3.4 – Results of simulations evaluating the accuracy and precision of mean MT pa-
rameters as a function of the SNR for a model of meniscus. Left : mean values and standard
deviation of parameters at each SNR, with the true value identified with a dashed black line.
Right : absolute percentage relative error calculated from the true simulation parameters.

A major difference between figures 3.3 and 3.4 is that the bias introduced by noise as a

function of SNR is systematically higher for all MT parameters in simulations of cartilage

than in those of meniscus. More specifically, there are two important characteristics that

can be observed at the observed SNR of 100.

First, all fitted QMT parameters (F , kf , T1f , T2r) are overestimated in the presence

of noise. For simulations in cartilage, parameters are overestimated respectively by 2.6,

37.2, 0.2, and 1.5%. The overestimation is 2, 11.4, 0.2, and 0.7% for the simulations in

meniscus.

Second, for cartilage simulations in the range of SNR between 50 and 100, the rela-

tive error on kf exhibits strange behaviour. The error is lowest at SNR = 50, increases

until SNR = 100 is reached, and then decreases as the SNR increases towards 500. There

are two opposed effects in this behaviour. First, increasing the SNR leads to an increase
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both in the precision and accuracy of the fits : this lowers the error with increasing SNR,

as is observed for all other parameters. Second, at lower SNRs, the outlier removal tech-

nique removed a larger percentage of voxels with kf that become increasingly unstable

at low SNRs, leaving a smaller portion of fitting results that converge to values closer to

the truth. For cartilage and meniscus respectively, 25% and 11% of voxels are removed

at a SNR of 50, while 7.8 and 1.5% of voxels are removed at a SNR of 100. Because large

values of kf are more often detected as outliers by the algorithm, a lower SNR leads to

the removal of a larger number of high-valued kf , which artificially decreases the mean

kf . At a low SNR of 50, the overestimation due to noise is compensated by the removal

of a high percentage of outliers and the final QMT parameter is smaller. This behaviour

is less noticeable for menisci simulations, where fewer outliers are removed.

In other words, the estimation of kf at low SNR for cartilage simulations is not bet-

ter : the apparent increase in precision and accuracy is caused by the removal of 25% of

voxels due to unstable solutions. Furthermore, estimates of all other QMT parameters

are worse at low SNR, which means that a lower SNR should not be used.

At an SNR of 100, it is shown that estimates of F , T1f and T2r are robust, with errors

due to noise smaller or equal to 2.6% for cartilage and meniscal tissues. The simulations

demonstrate that fits of kf are not robust. This might be explained partially by an in-

ability of the model to constrain kf in the presence of noise with the current sampling.

Indeed, in section 3.3.6, it is shown that kf can be more robustly fitted with a different

sampling scheme.

3.3.3 Discussion : robustness to noise

It was noted that the systematic overestimation of QMT parameters due to noise is lower

for menisci simulations than cartilage simulations, for all parameters. The major diffe-

rence in mean QMT parameters between the two tissues is the much higher semi-solid

pool size ratio F for the meniscus : 23.5% against 16.5% , a relative difference of 42%.
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A larger F means more magnetization transfer between pools and consequently a more

reduced signal in the Z-spectrum, or higher MTR. A reduced signal in the Z-spectrum

means a higher signal difference from non-MT signal. Therefore, for tissues with similar

kf and T2r, the one with the highest F intrinsically provides more signal difference, and

thus a higher apparent SNR, which can lead to a more accurate estimation of QMT pa-

rameters in such tissues. The confidence in QMT parameters appears to be intrinsically

higher in meniscal tissue, richer in macromolecular content.

Following the observations in figures 3.3 and 3.4, one must be aware of the bias in-

troduced by noise if comparing mean QMT parameters through different studies, which

might be acquired at different SNRs, as the degree of overestimation is SNR-dependent.

The current observations also motivate the removal of low SNR pixels described in ap-

pendix B for the ex situ menisci. In effect, a fair comparison of in situ and ex situ menisci,

which is the main point of chapter 4, must be done with similar SNR distributions in the

datasets. In the analysis, we want to remove extra variability that might be explained by

different SNRs.

The odd behaviour of kf in figures 3.3 and 3.4 can possibly be explained by the fact

that lower SNR results in bimodal fit results, with one group of fits close to the true

value, and one group of fits at exceedingly high error. As the SNR increases, these groups

come together and merge into a single mode.

Any comparison between values of kf in this work (such as cartilage vs. meniscus or

in situ vs. ex situ meniscus) is tarnished by the high variability of this parameter with

the current scheme. In addition, as it will be discussed in section 3.3.4, variability in the

fixed ratio T1f/T2f between specimens adds extra variability to kf . This limits the in-

terpretation of changes in kf between specimens. Nonetheless, the sampling scheme used

provides an accurate estimation of all other MT parameters at an SNR of 100, which can

be achieved clinically.
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3.3.4 Results : variability of QMT parameters with T1f/T2f

To evaluate the impact of fixing T1f/T2f , the cadaver specimens (N=4, in situ) were

analyzed using a range of ratios. Specimens were prepared and data were acquired as

described in section 4.2. As discussed previously, in cartilage, the potential range of ra-

tios is estimated to be within 29 ± 10, and 81 ± 10 in meniscus. Figures 3.5 and 3.6 show

the variation for cartilage and meniscus, respectively.
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Figure 3.5 – Variation of mean QMT parameters in the whole cartilage (averaged over 4
specimens) for a range of T1f/T2f ratios. The percent variation is reported relative to the value
with the best estimate of the ratio (=29).
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Figure 3.6 – Variation of mean QMT parameters in both menisci (averaged over 4 specimens)
for a range of T1f/T2f ratios. The percent variation is reported relative to the value with the
best estimate of the ratio (=81).
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When the ratio is incorrectly estimated by ±10 in cartilage and meniscus, the mean F

shows a relative variation respectively of ±2.5% and ±4%, while T1f vary by less than 1%.

For T2r, the variation is less than 1% for the meniscus data, while the variation is higher

(± 2%) for cartilage. The exchange constant kf is more severely affected by an incorrect

ratio, with a variation of ±20% for both tissues. The variability of QMT parameters is

not symmetric with respect to the best estimate of the ratio : the variation is smaller for

larger ratios.

It is unclear, however, if the variability observed in QMT parameters is intrinsically

due to the RP model of MT or is a consequence of the specific sampling scheme use in

this study. In other words, another sampling scheme with the same model might lead

to a different variability in QMT parameters with respect to the fixed ratio. To answer

these questions, Monte Carlo simulations were performed with the numerical MT models

of the cartilage and the meniscus described in section 3.3, but this time with 3 different

samplings of the Z-spectrum, detailed in table 3.4. Experiment 1 is the sampling scheme

used in the rest of this work. Each experiment was done for the cartilage numerical phan-

tom at ratios of 19, 29 and 39, and also for the meniscus numerical phantom at ratios of

71, 81 and 91.

Table 3.4 – Parameters used in Monte Carlo simulations to evaluate the impact of the ratio
and the sampling scheme on QMT parameters estimates. Experiment 1 is the current sampling
scheme, experiment 2 and 3 are inspired by the sampling schemes of [6] and [7], respectively.

Experiment Sampling Scheme MT sequence

1 ∆ = 1.5/3.5/7.8/17.8/40.5 kHz
at αMT = 300,400◦

8 ms Fermi pulse
TR/TE/FA = 38/3/10

2 ∆ = 2.5/5 kHz at αMT = 890◦, and
∆ = 2.5/5/10/20 kHz at αMT = 1550◦.

18 ms Fermi pulse
TR/TE/FA = 42/3.2/13

3 ∆ = 3/9/15/21 kHz at αMT = 670◦. 8 ms Fermi pulse
TR/TE/FA = 32/4/10

Figure 3.7 presents the variability of QMT parameters with different ratios and sampling

schemes, for the cartilage simulations only, as similar results were obtained for the me-
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niscus simulations.
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Figure 3.7 – Variation of mean QMT parameters in simulated cartilage for a range of T1f/T2f
ratios, reported in the same manner as figure 3.5. The variation is presented for the three
different sampling schemes of table 3.4. Note that the error on kf was divided by 10 to allow a
direct comparison of the sampling schemes.

First, from figure 3.7, we noted that the variability of QMT parameters differs signifi-

cantly with the sampling scheme used. Second, the impact of the choice of T1f/T2f on

QMT parameters changes considerably with the sampling scheme used. In experiment

#2, the variability of kf is reduced to less than 5%, as opposed to 20% in the current

study. The variability of F is also reduced, at the price of twice the variation in T2r. The

variability is also different for most QMT parameters in experiment #3.

3.3.5 Discussion : variability of QMT parameters with T1f/T2f

Because T2f is generally smaller than T2obs [17], the ratio T1f/T2f obtained using the

mean T2obs as an estimate for T2f is underestimated. According to figures 3.5 and 3.6,

this means that, in addition to an overestimation of all QMT parameters due to noise,

there is :
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— an overestimation in kf (0 to 20%) and T2r ( 0 to 2%) due to the biased T1f/T2f ;

— an underestimation of F (0 to 4%) and T1f (0 to 1%) due to the biased T1f/T2f .

Combining noise and fixed ratio effects, this leads overall to an overestimation of kf and

T2r because both effects are biased positively. For F and T1f , because the bias in T1f/T2f

and the noise have opposed effects on these parameters, the overall behaviour is unclear

and will depend upon the relative importance of each bias. For example, if the bias in

the ratio is close to +10, then the biases approximately cancel out in simulations and the

estimates of F and T1f are more accurate. However, if the bias is larger than +10, then

these two parameters will be underestimated.

The previous observations can be summarized as follows. At a SNR of 100, with the

current sampling scheme and knowing that the ratio T1f/T2f is underestimated,

— F and T1f will be underestimated. The magnitude of the bias increases with the

bias in the ratio. We do not currently know the bias in this ratio.

— kf and T2r will be overestimated. This overestimation increases with the bias in

the ratio.

This behaviour does not hold for different sampling schemes, as shown in figure 3.7.

It is apparent from figure 3.7 that sampling schemes that use higher MT powers and

longer MT pulses, which leads to higher flip angles, show a greatly reduced variability for

kf , and that an optimal scheme that would minimize the variability of all parameters with

respect to T1f/T2f could be eventually obtained by exploring different sampling schemes.

The difference between MT signal and baseline is greatly enhanced when using higher

saturation power and longer saturation pulses and this might stabilize the fits of kf . This

might explain in part why the variability of the exchange rate constant is reduced with

respect to the ratio in higher power schemes. There is a compromise, however, in high

power schemes and the maximum SAR in MRI experiments. A more global approach to

evaluate the impact of the sampling scheme (MT offsets and powers) is required, as has
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been proposed for brain tissue [85].

A consequence of the large variability of kf with the actual sampling scheme is that

differences in kf that would arise in different samples that might be interpreted as phy-

siological changes in the macromolecular content might be, in fact, caused by the va-

riability of T1f/T2f between specimens. This would also suggest that, in addition to the

acquisition of VFA data to map T1f , T2 mapping in cartilage and menisci may be re-

quired to investigate the variability of the ratio in these tissues. Until more studies are

performed to quantify T2f in cartilage and menisci, it is good practice to evaluate the

variability of QMT parameters with the fixed ratio in a given sampling scheme. Alternati-

vely, one must use a sampling scheme that is minimally sensitive to the choice of the ratio.

In addition, comparing mean QMT parameters between studies that use different sam-

pling schemes and possibly different fixed ratios can be difficult due to the impact of the

chosen ratio and sampling scheme on parameters estimates.

Overall, the possibly large variability in QMT parameters with the fixed ratio is not

inherent to the RP model of MT, but a consequence of a sub-optimal scheme. In future

studies, it is strongly recommended to follow one of the three suggestions that follows.

One can either 1) use a scheme that can provide stable fits of T2f , 2) provide robust

estimates of T2f to increase confidence in the fixed ratio or 3) use a sampling scheme

minimally sensitive to T1f/T2f .

3.3.6 Results : variability of QMT parameters with the sam-

pling scheme

In this project, a semi-logarithmic sampling scheme (for the offset frequencies) was used

to cover the Z-spectrum. This has been the practice in previous work [4, 17, 29]. Because

of the nonlinear nature of the model, the sampling scheme has an impact on the pre-

cision and accuracy of the quantitative parameters estimated. Through optimal design,
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it is possible to find an optimal sampling scheme that might, for example, minimize the

intrinsic variance of the estimated parameters. This section is not on optimization per se,

but an exploration of the impact of different sampling schemes on the QMT parameters

and might help in recommending what general trends in sampling schemes should be

followed to produce robust fits of QMT parameters in the knee joint.

As noted in figure 3.7, the sampling scheme was shown to have a noticeable impact

on the accuracy of QMT parameters. Here, we evaluate the intrinsic accuracy and preci-

sion of Sled & Pike’s model of MT with different clinically used sampling schemes. We

use the same acquisition parameters as described in table 3.4 and reproduce figure 3.5,

the robustness to noise of the fitting algorithm for a simulated cartilage phantom, with

the two other sampling schemes. A similar study was made using a simulated meniscus

phantom, but is not shown for brevity, as the conclusions were similar.
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Figure 3.8 – Simulations (for a model of cartilage) evaluating the accuracy and precision of
QMT parameters estimates with the sampling scheme of experiment # 2.
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Figure 3.9 – Simulations (for a model of cartilage) evaluating the accuracy and precision of
QMT parameters estimates with the sampling scheme of experiment # 3.

Experiment #3 was much less accurate and precise than the other two schemes for all

SNRs. For experiment #2, the accuracy of kf and T2r increased. The precision is also hi-

gher for kf . These characteristics are obvious when considering the distributions of QMT

parameters in the three experiments in figure 3.10.
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Figure 3.10 – Distribution of QMT parameters from Monte Carlo simulations using different
sampling schemes. The real value is identified with a black dashed line.
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3.3.7 Discussion : variability of QMT parameters with the sam-

pling scheme

While the scheme used in this study (experiment #1) provides a slightly more precise

and accurate fit of F than the other schemes, the scheme used in experiment #2 provides

more accurate and precise fits of kf and T2r. It is of interest to note that the scheme in

experiment #2 uses much higher MT pulse power and duration than the other schemes.

A compromise between experiment #1 and #3, where a slightly reduced number of Z-

spectrum points (less than 10) combined with the acquisition of data at higher MT powers

seems promising and could lead to a potential reduction in scan time while conserving (or

increasing) fit quality. Levesque et al. [97] recommend to use a minimum number of seven

points in the Z-spectrum to obtain robust fits. This is consistent with the conclusions

obtained here.

Experiment #2, which uses high MT powers (flip angles of 890 and 1550◦) and a longer

MT pulse duration provides the most accurate and precise QMT parameters estimates,

although it uses fewer data points (8 vs 10) than the current sampling scheme. The 4-

point scheme (experiment 3) does not perform well, possibly because the use of 4 points

in the Z-spectrum cannot lead to robust fits of all QMT parameters [97].

Applying optimum design techniques in MT to optimize the sampling scheme in or-

der to minimize the variance of QMT parameters has previously been done for brain

[97, 85]. This might be required in cartilage and meniscus data, where QMT parameters

considerably differ from brain. Since the sampling scheme optimization requires a specific

set of QMT parameters to be performed, an optimal scheme in cartilage and meniscus is

likely to differ from brain. The basic concepts for an optimization framework as well as

preliminary results showing optimal schemes are presented in chapter 5.
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3.4 Conclusion

A modified technique for QMT estimation based on the RP model of Sled and Pike

for pulsed MT experiments was presented, where T2f is fixed to a specific ratio of T1f

and QMT parameters F , kf , T1f and T2r are obtained by joint fitting of the VFA and

MT-SPGR datasets. Overall, it was shown that a robust estimation of T1f , F and T2r

is possible in the current study and that sources of error such as noise and biased fixed

T1f/T2f have a minimal impact on those parameters. This is the main point of the cur-

rent chapter and validates the use of this modified QMT algorithm for the knee specimen

datasets in chapter 4.

At a SNR of 100, achieved for the cadaver study (described in detail in section 4.2),

it was shown that the modified model can produce robust and slightly overestimated

estimates of F ,T1f and T2r, with errors due to noise being smaller or equal to 2.6% for

cartilage and meniscal tissues. Simulations have shown that the fits of kf are not as ac-

curate and show more variability. This might be explained partially by an inability of the

model to constrain kf in the presence of noise with the current sampling scheme.

Because T2f is typically smaller than T2obs [17], the ratio T1f/T2f is possibly underes-

timated. Combining the effects of noise and underestimation of T1f/T2f lead to overall

underestimated F and T1f , while kf and T2r are overestimated. The magnitude of the

bias (overestimation or underestimation) cannot be quantified without reference T2f va-

lues in joint tissues. As such, another important conclusion from this chapter is that the

evaluation of T2f in joint tissues will be critical for future QMT studies in these tissues.

It was shown that the amount of bias in QMT parameters is highly dependent on the

sampling scheme and could be reduced with an optimal scheme. Indeed, using MT pulses

at higher flip angle and pulse duration greatly reduced the variability in kf , even for a

lower number of acquired Z-spectrum points. The optimization of the Z-spectrum sam-
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pling scheme will be explored further in chapter 5. For future studies, it seems mandatory

to use a more optimal sampling scheme.

Finally, an important point discussed was that apparent changes in QMT parameters,

which might be associated to variation in the ultra-structure and composition of tissues,

could instead be a reflection of local variations in T2f in tissues, as the value of T1f/T2f in-

fluences other QMT parameters. This is especially important for kf , which was shown to

vary largely with the fixed ratio in this work. One must then consider that local variation

of T2f in tissue might explain in part differences in QMT parameters in this study.
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Quantitative magnetization

transfer of in situ and ex situ knee

meniscus

Preface

The core of this thesis consists of the manuscript :

Mikaël Simard, Emily J. McWalter, Garry E. Gold and Ives R. Levesque. "Quantita-

tive magnetization transfer of in situ and ex situ knee meniscus".

At the time of writing, this manuscript is in preparation for submission to the journal

Magnetic Resonance in Medicine. The methods section of this manuscript contains re-

petitive information from chapters 2 and 3, as the same datasets were used in the analysis.

Ethics approval was not required for this work on cadaveric specimens, as detailed in

appendix D.
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Abstract

Purpose : Quantitative magnetization transfer (QMT) probes macromolecular content in tissue and

might be a useful tool in the early detection of cartilage and meniscal degeneration, which are hallmarks

of osteoarthritis. For QMT metrics to be used as potential biomarkers of early joint degeneration, ex-

tensive comparisons with histology and biochemical markers must be carried out. This can be done with

cadaveric knee specimens. To carry out such analyses, cartilage and meniscus tissues must be extracted

and conserved from the specimens before scanning. A first step towards the validation of QMT metrics

consists of quantifying the impact of extracting and conserving joint tissues while the QMT analysis is

to be performed in situ for validation purposes with cadaveric specimens.

Methods : QMT mapping of lateral and medial menisci was performed in 4 cadaver knee specimens

in situ, and repeated ex situ following dissection and immersion in perfluorooctyl bromide (perflubron).

QMT parameters of articular, patellar and femoral in situ cartilage were also obtained.

Results : After extraction and immersion in perflubron, a statistically significant decrease in the

restricted pool fraction F was noted, while there was a statistically significant increase of the relaxation

parameters T1obs and T1f . A trend towards lower values of the exchange constant, kf , was noted after

excision. T2obs and T2r were relatively constant. QMT parameters in cartilage in situ were comparable

with other published values.

Conclusion : When comparing in situ and ex situ samples, a significant variation in F and T1f

can be expected and might be attributed to the diffusion of perflubron into the ex situ samples. Other

QMT parameters were not significantly influenced by the extraction and immersion procedure.

Keywords : quantitative magnetization transfer ; cross relaxation imaging ; meniscus ; cartilage ; os-

teoarthritis.
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4.1 Introduction

Osteoarthritis (OA) is a degenerative joint disease that leads to joint pain, stiffness and loss of function.

OA can be described as a multifactorial disease involving biomechanical disorders, and a combination

of biochemical, inflammatory and immunology responses [36, 37, 38, 39]. A hallmark of OA is the loss

and erosion of articular cartilage and meniscal degeneration and tearing. In addition, there is no known

cure and only limited treatment options for OA [40]. Recent research has shown that knee OA involves

the degeneration of not only the cartilage in the joint, but also other of structures such as subchondral

bones, ligaments, muscles and menisci [47].

Early OA is characterized by changes in the macromolecular structure of cartilage, specifically an in-

crease in water content, a loss of proteoglycans (PGs) and a disruption of the collagen fiber network

[42, 43, 44, 45]. There is significant interest in developing techniques that can be used as early biomar-

kers of OA, as this will allow the development and evaluation of new treatments for this debilitating

disease [46].

Conventional magnetic resonance imaging (MRI) and plain radiography are already widely used cli-

nically to assess articular cartilage damage, gross joint morphology changes, and meniscal tears [49].

However, as these macroscopic degenerative changes are typically absent in early stages of OA, other

techniques must be used to detect early OA. These techniques must have the capacity to probe the micro-

scopic structure and composition of the joint tissues, as changes in their ultra-structure and composition

may be indicative of early OA [46]. This can be challenging : macromolecules such as collagen and PGs

have very short T2 relaxation time owing to the bound protons in the macromolecules [49], which makes

their direct observation difficult in conventional MRI.

The menisci are crescent-shaped fibrocartilaginous structures attached to the tibial plateau and are

mostly composed of water, circumferentially oriented collagen fibers and PGs [47]. It is expected that

the pathological processes which cause early OA in the joint should not be limited only to cartilage

and might affect the meniscal tissues equally, as the tissues share similar components, properties and

are subject to similar mechanical load [47]. Thus, in addition to evaluating the health of the articular

cartilage, assessing the degradation of the menisci is of interest for early OA detection.

There are multiple quantitative MRI techniques that can assess the microscopic structure and com-

position of the joint by increasing the dependence of the MRI signal to macromolecular content, specifi-

cally PGs and collagen. Techniques such as T1ρ relaxation imaging [50, 51, 52, 53], delayed gadolinium-
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enhanced MRI of cartilage (dGEMRIC ) [54, 55, 56], sodium imaging [57, 58, 59, 60, 61] and chemical

exchange-dependent saturation transfer (CEST) imaging [62, 63, 64, 58] have all been shown to be sensi-

tive to the PG content in cartilage, while other techniques such as T2 mapping [65, 66, 67], diffusion MRI

(specifically diffusion weighted imaging (DWI) [68, 69, 71] and diffusion tensor imaging (DTI) [72, 73])

are sensitive to the ultra-structure (orientation and content) of collagen.

Current quantitative MRI methods to assess the ultra-structure of collagen have their limitations. Inter-

pretation of changes in T2 values is ambiguous due to the number of competing processes that influence

the nonspecific parameter T2. It was suggested [74] that 60% of the variation in T2 can be attributed to

changes in collagen fibril orientation (following the magic angle effect [75]) and organization, while the

remaining 40% is determined by a combination of changes in water content and concentration of other

macromolecules [46]. For in vitro cartilage studies, different types of immersion fluids used to preserve

human tissue before imaging might influence T2 relaxation times Presently, DTI is limited for the in vivo

evaluation of cartilage due to long acquisition times and intensive data analysis [46].

Magnetization transfer (MT) MRI is a technique that can probe the macromolecular content of tis-

sues, which is typically unobservable in conventional MRI, as the signal produced by protons bound in

macromolecules decays on the order of microseconds. The MT effect enables us to visualize the non-

aqueous macromolecular content in tissues by exploiting to the exchange of magnetization between the

restricted (or semi-solid) pool of protons contained in macromolecules, and the free pool of protons (in

mobile water), which occurs mainly through dipolar interactions and proton chemical exchange. It has

been shown that the contributors to the MT effect in cartilage are collagen [77, 78], and PGs [78]. As

the MT signal is sensitive to collagen ultra-structure and content [77] as well as the PG content [78], it

is an interesting candidate for the non-invasive assessment of cartilage and meniscal tissues.

Quantitative MT (QMT) MRI is a technique to quantify the MT effect. QMT can provide insights

on the macromolecular content of tissues through physically meaningful parameters extracted from a

quantitative model of MT. In QMT, a two-pool model with transfer of magnetization between the free

and restricted pools is fitted to provide physical quantities characterizing both pools and their interac-

tion. This includes the size of the macromolecular proton pool, the restricted pool size ratio F (sometimes

referred to as the bound pool fraction) and the first-order rate of magnetization exchange from the free

to the restricted pool, kf . QMT also provides the T1 and T2 relaxation times of the free (T1f , T2f ) and

restricted (T1r, T2r) pools of protons. F is believed to be an indirect measurement of the macromole-

cular content, while kf and T2r are respectively indicative of, 1) the efficacy of MT between the two

proton pools, which is related to the nature and organization of macromolecules and, 2) the diffusion
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of magnetization between proton sites in macromolecules, related to the ultra-structure [6, 28, 17, 80].

The relaxation time of the bound pool, T2r, has also been interpreted as a measure of the rigidity of the

macromolecular structure [24].

Preliminary QMT studies have been performed in cartilage, mostly ex vivo. Li et al. have shown that F

is strongly correlated with the GAG content in tissue-engineered cartilage [81]. Stikov et al. have shown

that moderate correlations exist between F and PG content and between kf and collagen in articular

cartilage extracted from cadaveric knee specimens, concluding that these MT parameters can be used

as biomarkers to evaluate PG and collagen content in cartilage [7]. More recently, Sritanyaratana et

al. have shown that patients with OA have significantly lower kf and significantly higher T2r values in

patellar cartilage than asymptomatic volunteers, suggesting that QMT parameters can detect changes

in the macromolecular component of degraded cartilage in vivo, but that further studies are needed to

understand the mechanisms responsible for QMT changes in patients with OA [6].

For QMT metrics to be used as biomarkers of early joint tissue degeneration, comparisons with his-

tology and biochemical markers must be carried out. Currently, either whole cadaveric knee specimens

or menisci obtained from total knee replacement surgeries can be used to correlate quantitative MRI

with biochemical and histological markers. To carry out such analyses, the tissues of interest are first

extracted from the knee sample. Then, these extracted specimens are often immersed in hydrogen-free

fluids such as perflubron (perfluorooctyl bromide) for imaging to avoid compromising the dynamic range

in the image and limit tissue-air susceptibility artefacts, or typically in phosphate-buffered saline (PBS)

solutions [7]. As such, a first step for the validation of QMT metrics consists of quantifying the impact

of extracting and immersing joint tissues, as histology and biochemical studies are performed ex situ,

while the QMT analysis will ultimately be performed in vivo.

Additionally, most QMT studies concerning the knee joint have been performed on cartilage, and it

is of interest to cover other joint tissues such as the menisci, which is also affected by early OA. The-

refore, in this study, our interest was both in QMT of meniscal tissue and cartilage. Our hypothesis

was that measuring QMT model parameters in the different setups (in situ and ex situ, in perflubron)

would yield the same parameters. Our objectives were to 1) perform measurements of QMT parameters

of menisci in situ (from whole cadaver knee specimens) and ex situ (extracted menisci in perflubron) to

evaluate the impact of the extraction and conservation procedure and 2) evaluate QMT parameters of

the articular cartilage in situ from the same cadaveric knee specimens in order to compare with published

values to evaluate the QMT processing technique used in this work.
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4.2 Methods

4.2.1 Data Acquisition

Magnetization transfer (MT) MRI data were acquired for four complete cadaver knee specimens with no

history of musculoskeletal disorders (Anatomy Gifts Registry, Hanover, MD) at 3 T (GE MR 750, GE

Healthcare, Waukesha, WI). Specimens were received frozen, and were thawed and scanned. Then, the

menisci from the specimens were excised and immersed in perflubron for ex situ scanning. Specimens

were scanned using a 16-channel receive-only coil (in situ) and a single channel surface coil (ex situ).

A small agar phantom was included in the field-of-view of the ex situ specimens to increase the overall

signal to enable the automatic scanner adjustments to complete sucessfully. All data were acquired with

a spoiled gradient echo (SPGR) sequence (FA =10◦, FOV = 160 × 160 mm2, TR/TE=48/3 ms, 0.625

× 0.625 in-plane resolution) and a MT sensitizing pre-pulse (Fermi pulse of duration 8 ms). Slice thi-

ckness was different for the in situ and ex situ experiments : 3 and 2 mm, respectively. MT pulse flip

angles of 300,450◦ and offset frequencies of 1.5, 3.5, 7.8, 17.8 and 40.5 kHz (semi-logarithmic sampling)

were used for 10 total samples in the (α,∆) sampling space (the Z-spectrum). The number of points

in the Z-spectrum was set to 10 to balance between achieving a short acquisition time compatible with

in vivo imaging and allowing a robust nonlinear fit with enough data points. We refer to the set of 10

MT weighted volumes at different offset frequencies and MT pulse angles as the sampling scheme. Three

reference volumes were acquired with no MT pulse and averaged to normalize the MT data.

The observed T1 (T1obs) was mapped with DESPOT1 (utilizing a variable flip angle approach, VFA)

[98], using a 3D spoiled gradient echo sequence (TR/TE = 20/3 ms) with four different flip angles (5,

10, 20, 30◦). B1 variations were mapped with the dual angle method [99].

4.2.2 Data Analysis

To produce QMT parameters maps, custom software was written (MATLAB 2016a, the MathWorks,

Natick, MA) based on the rectangular pulse (RP) model of off-resonance saturation from Sled & Pike

[17] modified for the Fermi pulse shape. A voxel-wise Levenberg-Marquardt (LM) nonlinear fit was used

to find the best fitting QMT parameters. A constant T1r of 1 s was assumed, as typically done in QMT

studies due to the low sensitivity of the model to T1r [6, 7, 17]. Following the observations of Mossa-

hebi et al [35] that T1obs estimation is biased in VFA experiments of macromolecular-rich tissues such

as cartilage and meniscus due to MT, we fit simultaneously voxel-wise VFA and MT data to Sled and

Pike’s signal equation of MT, using a zero duration MT pulse for VFA measurements. This accounts
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for MT effects in VFA measurements. Thus, instead of calculating T1f analytically from an independent

observation of T1obs [4], T1f is fitted conjointly with other QMT parameters. Because no normaliza-

tion dataset was acquired for VFA experiments, a synthetic normalization volume was calculated for

each specimen to normalize the datasets. The synthetic normalization volume is obtained as follows.

For each voxel, the Ernst equation [14] was fitted with a nonlinear least squares algorithm to the VFA

data, estimates of T1obs and proton density S0 were extracted and the maximum theoretical signal was

evaluated at the Ernst angle. The VFA data were normalized voxel-wise by this maximum signal volume.

When fitting QMT parameters, it was observed that robust fits of F , T1f and T2r could be obtained,

while the model was relatively insensitive to T2f and less robust to kf . To stabilize the fitting procedure,

we reduced the number of free parameters in the RP model of MT by fixing T2f . The final four QMT

parameters calculated were F , kf , T1f and T2r.

For T2f , a typical practice is to fix T2f to a specific ratio of T1f [6, 7, 28]. Yarnykh and Yuan have

discussed [83] that, in brain tissue, T2f can be obtained voxel-wise by fixing the ratio T1f/T2f to a

constant value, and have proposed T1f/T2f = 18. We use this approach with a different ratio, as the

relaxation constants are different in brain and cartilage. A prior QMT study in the tibial and patellar

cartilage [7] fixed the ratio to 20 based on their own observations of T1obs and T2obs in the specimens.

However, T1f can differ significantly from T1obs [35], and T2f from T2obs, especially in tissues which

are known to have multiple free water components where the mono-exponential fit of T2obs is an in-

adequate representation of the proton pools in the tissue [17]. We obtained T1f/T2f through a direct fit

of T1f in cartilage and menisci and an estimation of T2f through provided values of T2obs in the literature.

We observed that T1f estimates were essentially independent of the fixed value T1f/T2f . Thus, we

propose the following procedure to estimate the average T1f in a specific tissue. First, we fixed an ap-

proximate value of T1f/T2f based on observations of T1obs in the tissues of interest and T2obs from the

literature. We fitted the data to the model using this initial ratio and evaluated the mean T1f in each

tissue of interest by averaging all specimens. The final average values of T1f in cartilage, meniscus in

situ and ex situ were respectively 883, 737 and 1314 ms.

The treatment of T2 relaxation times is complex in tissues such as the cartilage and meniscus, known to

have multiple free water T2 components [86, 88, 89]. In this situation, it is unclear how to relate T2obs

and T2f . Overall, T2obs and T2f can be interpreted as different weighted averages of the multiple free

pools of water in tissues [17]. Because there are no published values of T2f in the literature for cartilage

or meniscal tissues and that the current dataset could not produce robust fits of T2f , an alternative was
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to replace T2f by T2obs knowing that a bias might be introduced through this approximation. In the

literature, at 3 T, we found an average value of T2obs = 34.9 ± 4.6 for the cartilage by averaging 11

studies [100, 101, 102, 103, 104, 105, 106, 107, 108, 109, 110]. For the in situ menisci, an average value

of T2obs = 11.0 ± 0.5 ms was obtained by averaging values from 4 references [109, 111, 112, 113] and a

single value of T2obs = 20.2 ± 5.3 ms was obtained for the ex situ menisci (Chang 2015). The final ratios

T1f/T2f used in this work were 67, 65 and 25 for the in situ menisci, ex situ menisci and whole cartilage.

Complete parameter maps were produced for in situ and ex situ specimens. Region-of-interest ana-

lysis was performed on meniscus and articular cartilage identified in the in situ images, obtained from

a reference volume with no MT pulse. Medial and lateral menisci as well as femoral, patellar and tibial

cartilage were segmented manually, in a slice-by-slice manner, for analysis purposes, in all specimens.

The surface coil for ex situ meniscus data provided a non-uniform SNR. Therefore, voxels for the ex

situ meniscus with a SNR not comparable with the in situ meniscus were removed from the analysis to

remove SNR variations as a source of differences in QMT parameters. The distribution of the SNR was

evaluated [114] in both datasets and all ex situ voxels with a SNR lower than the first percentile of the

in situ voxels SNR distribution were excluded from the analysis. This led to the removal of 40% of the

voxels in the ex situ datasets.

Outliers were removed in the calculation of mean QMT values based on their error calculated from

the trace of the variance-covariance matrix of parameters, obtained from the Jacobian at the solution.

Voxels containing QMT parameters with an error 10 times the median QMT parameter in each ROI were

removed from the analysis, as they indicated a highly unstable solution. A value of 10 times the median

was chosen because 1) it is much higher than the maximum acceptable error on a fit and 2) choosing

a different value (5 or 20 times the median) did not change final mean QMT parameters by more than

0.1% after outlier removal. This removed ≈ 5% of all voxels, mostly containing physically unrealistic pa-

rameters such as values of F outside of the range [0, 1] and large, physically unrealistic kf (e.g. ≤ 30s−1).

Statistical analysis

Differences in QMT parameters between the in situ and ex situ cases and lateral and medial menisci were

determined using Friedman’s two-way non-parametric test. This test was also used to evaluate differences

between different ROIs in the cartilage and meniscus.

Variation of QMT parameters with depth

We investigated if QMT parameters varied with depth in tibial cartilage, as reported by Stikov et al. [7].
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To map each tibial cartilage voxel to a relative depth in cartilage, the following analysis was done for

every slice of each specimen. For every vertical line (in the direction top to bottom of the tibial cartilage),

the surface was identified as a depth of 0, and the associated depth of each following vertical voxel was

increased by the voxel size in this direction (0.625 mm) until the end of the cartilage is reached on the

vertical line. By normalizing the depth of all voxels in a vertical line with the deepest in this line, the

absolute depth can be transformed to relative depth.

4.3 Results

4.3.1 Comparison of in situ and ex situ menisci

QMT maps in the menisci before and after extraction are compared for one specimen in figure 4.1.

Figure 4.1 – Representative maps of QMT parameters in one axial QMT slice of lateral
meniscus reconstructed and interpolated from the slices acquired in the sagittal plane. In situ
and ex situ shown side-by-side. The apparent difference in resolution is due to the different slice
thickness (2 vs 3 mm) used in volumetric acquisitions.

The mean QMT parameters for the three specimens with extracted menisci are shown in figure 4.2. For
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each specimen, we present the mean QMT parameters for the in situ medial meniscus, ex situ medial

meniscus, in situ lateral and ex situ lateral. For completeness, we also provide the mean values of T1obs,

obtained through VFA measurements.

Figure 4.2 – Mean QMT and relaxation parameters values with standard deviations in the
medial and lateral menisci for the in situ and ex situ specimens. * P < 0.01, ** P = 0.04.

Mean F , T1obs and T1f varied significantly after extraction, while mean T2r was relatively constant. Values

of F were systematically lower (P <0.01) in the ex situ samples than in situ samples, and consistently

lower in the medial menisci (P = 0.03). T1obs and T1f in the menisci increased in all specimens after

excision (P <0.01 for both), and values of T1f were systematically higher than T1obs. T2r showed no

obvious variation after extraction or between lateral and medial samples. kf decreased in 6 out of 8

ROIs, but the high variability of this parameter might limit the interpretation of this change.

4.3.2 QMT parameters of the post-mortem knee joint – in situ

Quantitative maps of F , T1f , kf and T2r for a single slice of a lateral meniscus and whole cartilage are

shown in figures 4.3 and 4.4. Maps of F and T1f appear relatively homogeneous, while maps of T2r and

kf are more heterogeneous. For cartilage, there is a similar heterogeneity when compared to meniscus

maps, although structures can be identified - there is an apparent increase of F and decrease of T1f with

depth in tibial cartilage. Maps of kf are noisy, while T2r varies smoothly across cartilage regions.
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Figure 4.3 – QMT maps of an isolated lateral meniscus in situ post mortem overlaid on a
reference volume for the MT-weighted images. Data were acquired in the sagittal orientation
and reformatted in the axial direction for display.

Figure 4.4 – QMT maps of isolated cartilage regions overlaid on a reference volume for the
MT-weighted images. The femoral, tibial and patellar cartilage can be observed.
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In addition to QMT maps, it is of interest to compare the distributions of QMT parameters in all

specimens in order to evaluate the inter-specimen variability in distributions, as well as the heterogeneity

of parameters in joint tissues. Figure 4.5 shows the distribution of QMT parameters in both menisci for

each specimen. Similar distributions were obtained between specimens for F , kf and T2r, although

specimen S04 has a broader distribution of T2r values. The distributions of the longitudinal relaxation

time of the free pool, T1f , showed more variability specimen-wise. Distributions of QMT parameters

in the whole cartilage are shown in figure 4.6. Overall, the distributions are similar for specimens S01,

S02 and S03 for all QMT parameters. The distribution of T1f between specimens is more homogeneous

in cartilage than in meniscus. The distributions of T1f and T2r are different for S04 in cartilage. It is

unclear if the difference is caused by biological variability or another external cause, although there was

no noteworthy difference in the medical information available between specimens.
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Figure 4.5 – Distribution of QMT parameters for all specimens in both menisci.
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Figure 4.6 – Distribution of mean QMT parameters for all specimens in the whole cartilage.

Mean F , T1f , kf , T1obs and T2r in different regions of the knee joint at 3T are reported in table 4.1, and

the specimen-wise values are reported in figure 4.7.

Table 4.1 – Magnetization transfer parameters at 3 T in various tissues of the knee joint in
situ postmortem. The reported uncertainty is the standard deviation of the mean parameters
across all samples. For both menisci, lateral and medial meniscus voxels were averaged together.
Patellar, femoral and tibial cartilage voxels were averaged to produce whole cartilage values.

Tissue (N=4) F (%) kf(s−1) T1obs(ms) T1f(ms) T2r(µs)

Lateral meniscus 21.86
(2.51)

2.26
(0.59)

698.6
(120.0)

783.1
(177.3)

5.74
(0.74)

Medial meniscus 26.76
(2.82)

2.67
(0.64)

611.6
(85.9)

661.0
(166.6)

5.50
(0.95)

Both menisci 23.36
(2.41)

2.38
(0.35)

663.9
(90.9)

736.2
(156.0)

5.65
(0.81)

Tibial cartilage 16.24
(1.23)

2.87
(0.58)

763.0
(128.9)

815.8
(189.5)

4.97
(0.42)

Femoral cartilage 15.47
(0.68)

3.11
(0.78)

805.1
(128.9)

881.5
(191.3)

5.37
(0.36)

Patellar cartilage 12.99
(0.68)

2.82
(0.64)

904.5
(143.9)

977.4
(225.5)

5.56
(0.20)

Whole cartilage 15.19
(0.61)

3.00
(0.69)

813.3
(117.2)

882.8
(186.2)

5.30
(0.17)
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Figure 4.7 – Distribution of mean MT parameters at 3 T in various knee joint tissues for the
four whole knee specimens, which are identified with different markers. LM, MM = lateral and
medial menisci. FC, PC, TC : femoral, patellar, tibial. Both menisci (BM) and whole cartilage
(WC) are also shown.

There were statistically significant differences in F and T1f between cartilage and menisci (P = 0.04),

while T2r and kf did not show significant variation. As shown in figure 4.7, F is systematically higher in

the meniscus, consistent with a systematically lower T1f . T2r was also higher in meniscus for 3 out of 4

specimens, while the exchange constant kf was lower in the meniscus for 3 specimens.

In the menisci, we noted a statistically significant difference in the restricted pool size ratio F (P =

0.04) between lateral (21.84%) and medial (25.48%) menisci. No other obvious trend was observed bet-

ween both menisci.

In cartilage, there was a statistically significant difference (P = 0.018) in F between the patellar, fe-

moral and tibial cartilage. F was systematically lowest in patellar cartilage and highest in tibial carti-

lage. There were no other obvious trends observed between different ROIs for the other QMT parameters.

The observed apparent increase in F is plotted in figure 4.8, following the methodology described in

section 4.2.2.
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Figure 4.8 – Depth-dependence of F in the tibial cartilage. Left : each subplot shows specimen-
wise the distribution of F with relative depth (blue circles) and the mean is identified in filled
red circles. Right : the mean F at each relative depth for all specimens are plotted together.

4.4 Discussion

Our study has shown that after excision of the menisci and immersion in perflubron, some parameters

showed a statistically significant variation, especially a systematic decrease of F and a systematic increase

of T1f and T1obs. In cartilage, we reported values of F and T2r consistent with the literature, while kf

was significantly lower. This could be due in part to the different models of MT and sampling schemes

used.

4.4.1 Comparison of in situ and ex situ menisci

The value of F was systematically lower for ex situ meniscus, while T1f and T1obs were systematically

higher. This variation in QMT parameters might be explained by the diffusion of perflubron into the

extracted samples. Further studies of perflubron dynamics are required to understand the observed dif-

ferences. Assuming diffusion of perflubron in the tissues, the bound pool fraction F might be reduced

due to an increased amount of fluid in the tissue. This might lead to higher relaxation times T1f and

T1obs, which are dependent on the amount of fluid in the tissue.

For kf , although it decreased in 6 out of 8 ROIs, the few samples analyzed combined with the high

variability of kf limits the interpretation on this parameter. T2r also showed no significant change after
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the extraction. In the literature, T2r has been interpreted as a measure of the rigidity of the semisolid

structure [24]. This would suggest that extraction and conservation have limited effects on the integrity

of the structure.

4.4.2 QMT parameters of the post-mortem knee joint - in situ

We have reported QMT parameters in the in situ meniscus and cartilage. Generally, our estimates of F ,

T1f and T2r are robust, but confidence in our estimates of kf is lower based on the high variability in this

parameter. This is possibly due to the sampling scheme used in this study, especially the low MT powers

used as well as the differences in TR and MT pulse duration. In comparison to the literature, Stikov et

al. [7] have used a single MT flip angle of 670◦, while Sritanyaratana et al. [6] have used two MT flip

angles of 1550◦ and 890◦. The maximum flip angle in this study was 450◦, which limits the sensitivity

to the MT effect. In addition, Sritanyaratana et al. [6] have used a longer MT preparation pulse (18 ms

Fermi pulse) : this leads to a higher saturation of the bound pool, which increases the MT effect.

The mean T1obs value observed in menisci (663.9 ± 90.9 ms), is lower than the literature value of

720 ± 119 ms for both menisci [115], although both studies show similar high variability. The mean T1

relaxation time of the free pool of the menisci is higher (736.2 ms), and closer to the observed T1 in the

literature [115].

In the menisci, we noted a systematically lower bound pool fraction F in the lateral meniscus than

the medial meniscus. This result would suggest that there is a small, but noticeably greater fraction of

macromolecular content in the medial meniscus.

The values of F obtained in this work might be slightly underestimated due to the biased fixed T1f/T2f

ratio. Indeed, for brain tissue, it was noted that T2obs was consistently higher than T2f [17]. As such,

the estimated ratio is possibly underestimated. In menisci datasets, increasing by 10 the fixed ratio and

re-evaluating mean QMT parameters leads to a relative increase in F of 4%. In terms of composition,

it is reported that the menisci, by wet weight, are composed of approximately 72% of water and 28% of

organic matter, which itself is composed mostly of collagen and PGs [116]. This could suggest a maxi-

mum bound pool fraction of 28% in the menisci. We observed a mean value for both menisci of 23.36%.

Assuming that this value may be slightly underestimated, the value of F obtained seems to accurately

infer the macromolecular content in menisci. The restricted pool ratio is much higher in menisci than

in most human tissues, which is typically between 5 and 15% [117] and can be associated with the high

collagen content related to the role of the menisci. The relaxation time of the bound pool, T2r, was
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noted to be lower than most human tissues, which have T2r typically larger than 7.7 µs [117], while the

exchange constant kf was comparable, but lower than most brain tissues, which can range between 1.7

and 5 s−1 [24].

In cartilage, it was noted that the average F obtained in patellar cartilage (15.19 ± 0.61%) was consistent

with recently published literature values by Sritanyaratana et al. [6] of 14.23 ± 0.89%. T2r was similar,

but lower than the value obtained by Sritanyaratana et al. [6] (5.30 ± 0.17 against 6.49 ± 0.13 µs).

Finally, the exchange constant kf is considerably lower (3.00 ± 0.69 against 7.22 ± 0.95 s−1). Our mean

value of kf is more consistent with Stikov’s work in tibial cartilage [7]. Although no mean value is pro-

vided in Stikov’s work, the mean kf we obtained in tibial cartilage of 2.12 s−1 compares better, but still

appears lower than the values between 2 and 5 s−1 in their scatter plots.

There are some potential sources of error and differences between studies that might lead to different

mean QMT parameters in cartilage. First, the different sampling schemes combined with the different

models used (Yarnykh’s model used by Stikov and Sritanyaratana [6, 7] against Sled & Pike’s model

used in this work) can lead to different mean values for underlying similar tissues. Indeed, for the same

data, Yarnykh’s model consistently provides a higher exchange constant kf with respect to Sled & Pike’s

model [32]. This is observed in the current work. Second, in this work, simultaneous fitting of VFA and

MT data was done to correct for the biexponential longitudinal relaxation due to MT, while this was not

performed for the other studies. We observed, in our datasets, consistently with a previous study [35],

that the joint fitting procedure leads to lower F and kf , higher T1f and leaves T2r unaffected. Third,

the ratio T1f/T2f in this study was fixed at 25 as opposed to 18 [6] and 20 [7] in the other studies on

cartilage. This can lead to variations in QMT parameters. The amplitude of the introduced bias with the

fixed value of T2f is however hard to quantify, as it is sampling-scheme and model dependent. Finally,

this and Stikov’s work were performed with cadaveric cartilage specimens, while Sritanyaratana’s work

was performed in vivo with healthy volunteers. The differences that might arise in QMT parameters

is unclear and might be related to the large variability in kf observed between our and Stikov’s work

against Sritanyaratana’s study.

The observed T1 relaxation time in whole cartilage (813.3 ms) is not in good agreement with obser-

ved T1 at 3 T for cartilage in a study by Stanisz et al. [117] (mean value of 1168 ms). This is due to the

fact that our observation of T1 is biased in VFA experiments due to MT, while Stanisz used an inversion

recovery (IR) technique to obtain T1 values, where the bias due to MT is not present [4]. Indeed, their

value of 1168 ms is in slightly closer agreement with the mean T1f in cartilage of 882.8 ms that we

observed. The difference can be partially explained by the small sample size in this study and the large
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variability of T1 values obtained.

In our specimens, we noted one major difference in QMT parameters between different ROIs (patel-

lar, tibial and femoral cartilage). F was systematically the lowest in patellar cartilage and the highest in

tibial cartilage. This is unexpected, as there is no apparent difference in the composition of the 3 cartilage

regions [118]. The average SNR in patellar cartilage is typically 30 to 40% higher than that of the tibial

cartilage, and 10 to 20% higher than femoral cartilage in all specimens studied. This might be caused by

differences in tissue thickness and the positioning relative to the receive coil. For Sled & Pike’s model, it

can be shown through Monte Carlo simulations that a lower SNR leads to an overestimation of F . The ob-

servation that cartilage ROIs with lower SNR have a significantly higher F is consistent with the response

of the model as a function of the SNR. The differences in F could be in part explained by SNR variations.

It was observed in figure 4.8 that F increased with depth in tibial cartilage. Accordingly, T1f follo-

wed the opposite trend. The same trend was observed in Stikov et al.’s work [7]. In articular cartilage,

there are four distinct zones that appear with depth : the superficial, middle, deep and calcified zone,

which are characterized by different ultrastructure and composition. There is the lowest water concentra-

tion in deeper zones [118]. The relative water concentration decreases from about 80% at the superficial

zone to 65% in the deep zone [118]. These observations are consistent with the increase in the bound

pool fraction, which is an indirect measurement of macromolecular content, with depth in cartilage.

There were significant differences between QMT parameters in cartilage and meniscus. Notably, F was

higher in the meniscus, while T1f was reduced. Articular cartilage is composed of 65 to 85% water, 10-

20% type II collagen and 5-10% proteoglycan. The meniscus is composed of 60-70% water, 15-25% type I

collagen and 1-2% proteoglycans [118]. The differences in F can be explained by the differences in relative

water and macromolecular (collagen and proteoglycan) content of each tissue. Although not significant,

a lower kf and higher T2r in meniscus was noted in 3 of the 4 specimens. Significant differences in T2r

could be associated with a different rigidity of each tissue [24].

Our study has several limitations. First, the small number of samples scanned limited the compari-

son between in situ and ex situ specimens. While a significant variation of F and T1 relaxation times

was observed after excision, we can only conclude that for kf and T2r, no significant trend was observed

with 4 specimens. Second, this study could not identify with certainty a mechanism that would lead

to variations of F and T1f while leaving kf and T2r unaffected. More studies on perflubron dynamics

are needed to understand the observed variations in QMT parameters. Another limitation was the non-

optimal sampling scheme used that did not allow stable fits of T2f . The value of T2f was fixed as a ratio
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of T1f , and the ratio was estimated for meniscus based on T2 values from the literature, as there are

no published values of T2f in meniscus. This means that the T1f/T2f ratio used can be biased, and the

amplitude of the bias that propagates to other QMT parameters is currently unknown. Future QMT

studies should use an optimized sampling scheme that can provide robust estimates of T2f . Optimizing

the Z-spectrum via optimal design [85, 97] could lead to more robust fits of all QMT parameters and is

mandatory for future work, especially in meniscus where no value of T2f has been reported.

4.5 Conclusion

This work was a first step to understand the impact of extraction and immersion of joint tissues, provides

QMT values of articular cartilage and report for the first time QMT parameters of meniscus.

Our study has shown that when comparing in situ and ex situ samples of menisci, a significant increase

in F and decrease in T1f can be expected and might be attributed to the diffusion of perflubron into

the ex situ samples. Other QMT parameters were not significantly influenced by the extraction and

immersion procedure. It is clear that further studies are needed to understand the interaction of the

extracted tissues with perflubron.

Our QMT technique provided QMT parameters in cartilage mostly consistent with the literature. The

estimation of F in meniscus was also consistent with the composition by wet weight of the meniscus.

It was also observed that in cartilage, F increased with depth in patellar cartilage. These observations

suggest that QMT imaging can evaluate the macromolecular content of cartilage tissue and meniscus and

identify changes in the macromolecular matrix. Overall, QMT may be used to identify early cartilage

and meniscal degeneration and is an interesting candidate as a potential biomarker for OA.

4.6 Acknowledgements

The authors would like to acknowledge the contributions of Marcus Alley for the SPGR pulse sequence

used in this work, Braggi Sveinson for the method to map the B1 field, John Sled and Bruce Pike for

supplying the original code from which the analysis software was derived, Marianne Black for contouring

of anatomical regions, as well as Véronique Fortier, Zaki Ahmed and Stella Xing for useful discussion. This

work was funded by le Fonds de recherche sur la nature et les technologies (FQRNT), the Natural Sciences

and Engineering Research Council (NSERC), the Montreal General Hospital (MGH) Foundation, the

Research Institute of the McGill University Health Center (RI-MUHC), GE Healthcare, NIH Grants

5K24AR062068-02, R01 AR063643-01 and R01 Eb002524-01. MS acknowledges fellowship support from

NSERC, FQRNT and partial support by the CREATE Medical Physics Research Training Network grant

of the NSERC (Grant number : 432290).

78



5
Optimization of the sampling

scheme

5.1 Introduction

Optimization of the sampling scheme was often mentioned in previous chapters. In chapter 3, it was

shown through Monte Carlo simulations that different combinations of sequence parameters (such as the

MT pulse frequency offset ∆, flip angle αMT , pulse duration τ , and the total number of points acquired

in the Z-spectrum) could lead to various quality of fits for the QMT parameters. This is due to the

nonlinear nature of the model.

In chapter 3, it was broadly discussed that MT sequences which seemed to maximize the MT effect

(using higher power pulses, notably) allowed a more accurate and precise estimation of QMT parameters

for a clinically achievable SNR. It is unclear, however, which specific values of ∆ and αMT must be cho-

sen in order to maximize the quality of fits. An optimal acquisition scheme must sample the Z-spectrum

where the model is the most sensitive.

The objective of this chapter is to describe a method to optimize the sampling scheme in MT expe-

riments, and show preliminary results that demonstrate the potential gain in accuracy and precision

achievable by modifying the sampling scheme.

The approach used here is the one of optimum experimental design. When designing experiments to

estimate parameters from a model (such as choosing a Z-spectrum sampling scheme in MRI to which

we fit a model of QMT), the optimal design leads to an estimation of parameters with minimal bias and

variance [119]. Here, we provide an overview of previous work done in optimum design applied to QMT,

detail the methods and show a proof of concept through Monte Carlo simulations that optimizing the

sampling scheme can lead to a more robust evaluation of QMT parameters, specifically for meniscus. We

also summarize the general improvements that must be made for future QMT studies in cartilage.
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5.2 Methods

In optimal design, the sequence parameters must be optimized with respect to an optimality criterion.

In the case of fitting experimental MRI data to a model, the sum of the variances of the parameters in

the model can be used as the criterion to obtain parameters with minimal variance.

For a simple and linear model, an analytical expression of the variance of parameters can easily be

obtained from the model signal equation and the problem is straightforward. However, in the case of

complex nonlinear models such as the binary spin bath model of MT, an analytical expression for the

variance of the parameters cannot be obtained from the equation that describes the model of signal.

In this situation, one can rely on the Cramér-Rao lower bound (CRLB), which expresses a lower bound

on the variance of parameters of a model. Specifically, the CRLB states that the variance of estimators of

parameters is equal or larger to the inverse of the Fisher information. For a model S with Q parameters

p1, ...pQ fitted to N measurements points x1, ...xN , the Fisher information matrix Jij can be expressed

as [85] :

Jij =
N∑
n=1

∂S(p1, ...pQ;xn)
∂pi

∂S(p1, ...pQ;xn)
∂pj

(5.1)

The ensemble of all measurements {xn} represents the sampling scheme used and are the variables op-

timized in optimum design. For the specific case of QMT, the parameters pi are F , kf , T1f , T2r, T2f

and each xn specifies a given combination of sequence parameters : αMT , ∆, τ , and possibly other MRI

pulse sequence parameters. T1r is not considered in the pi parameters, as it is not fitted in the model

but fixed.

In simple terms, the CRLB states that to minimize the variance in parameters, one must extract the

maximum information possible from the model. Formally, the CRLB can be expressed as Σ ≥ J−1,

where Σ is the covariance matrix of the parameters. As we are interested in the variance of the parame-

ters, which are the diagonal elements of the covariance matrix, Σii, we use the inequality Σii ≥ [J−1]ii.

In this work, we use the methodology developed by Cercignani and Alexander [85]. The optimization

problem is defined as follows. The optimum design {xn}opt is a set of N measurements that minimizes

the objective function defined by the sum of the variance of the parameters in the model :

V =
Q∑
i=1

1
p2
i

Σii (5.2)
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The variance of each parameter is normalized by the value of the parameter to ensure that the amplitude

of each variance is comparable. This is especially important in QMT where parameters differ of many

orders of magnitude (for example, T2r is in µs, while T1f is in seconds). Because the variances Σii are

unknown, Σii is replaced by the CRLB [J−1]ii, which gives the final objective function to minimize :

V =
Q∑
i=1

1
p2
i

[J−1]ii (5.3)

The function V depends on specifically chosen QMT parameters pi and the measurement points {xn}.

Because of the nonlinearity of the model, the derivatives involved in the calculation of the Fisher infor-

mation matrix depend on the choice of the QMT parameters. As such, the problem of optimum design

here is more complex in the sense that the optimum scheme {xn}opt depends on the QMT parameters

chosen in the optimization. Therefore, optimizing the sequence for different tissues (brain or cartilage,

for example) might lead to different optimum designs. In this work, we optimize with respect to mean

QMT parameters of menisci, as detailed in chapter 3. The sequence is then optimal for meniscal tissues.

The results could be reproduced using QMT parameters of articular cartilage.

The optimization of V involves searching for a global minimum in a highly dimensional search space.

For example, assuming 10 Z-spectrum points where ∆ and αMT are optimized, while other sequence pa-

rameters (τ ,TR) are fixed, the search space will have 20 dimensions (10 measurement points, each with

an optimized αMT and ∆). In this case, the technique used to find the global minimum of V , referred

to as the optimization algorithm, should perform well in large search spaces. Stochastic algorithms such

as simulated annealing (SA) are then typically used instead of gradient descent methods.

There are two main studies that describe optimum experimental design approaches to QMT. The pro-

cedure described up to now was first proposed by Cercignani and Alexander [85], for QMT in brain

tissue. For the optimization algorithm, they proposed a hybrid method that combines simulated an-

nealing, often used for global optimization problems, with the downhill simplex method. While robust,

simulated annealing (SA) is a slow optimization technique, each optimization typically taking a few days.

The reader is referred to [85] for more details on the optimization procedure. As they used a different

model of QMT (the approach of Ramani et al. [29]), a different parameterization and optimized for brain

QMT parameters, their optimal scheme cannot be used in the current work. The optimized schemes they

proposed provided a substantial improvement to the evaluation of QMT parameters in brain. Another

optimum design approach was proposed by Levesque et al. [97] which used iterative reduction of a dis-

crete sampling of the Z-spectrum to reach an optimum design. As opposed to Cercignani and Alexander,

there was no constraint on the number of Z-spectrum points. Their results also suggested that using two
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TRs could yield more precise estimates of MT parameters and that no clear benefit would be obtained

with more than 15 distinct points in the Z-spectrum.

In this work, we combined elements of both studies and use a fixed number of 10 Z-spectrum points

and optimized for 1 and 2 TRs separately. We used the objective function proposed by Cercignani and

Alexander, but with a different optimization algorithm, stochastic region contraction (SRC). SRC was

proposed in 1991 [120] as a global optimization technique. While stochastic in nature like simulated

annealing, it is much more efficient, and converges to a solution much faster. SRC can also constrain the

search space with simple lower/upper bounds on each variable. The reader is referred to [120] for the

mathematical formulation of SRC. Here, we provide a conceptual description of SRC.

Consider the optimization of the function V in aM -dimensional search space. There areM parameters to

be optimized. For each parameter, lower and upper bounds LBi and UBi are defined. These boundaries

define the initial search space.

1. First, generate randomly Nsamples combinations of the M parameters, each defined within the

prescribed upper and lower bounds.

2. Then, evaluate the function V for each of the Nsamples combinations of the M parameters. This

results in Nsamples values of the function V .

3. These Nsamples evaluations of V are sorted in increasing order, and the Nt smallest ones are kept,

along with the Nt combinations of the M parameters that provided these smallest values of V .

4. For each of the M optimization parameter, new updated boundaries LBi and UBi are generated

based on the minimum and maximum value of this parameter within the Nt values conserved.

Then, the entire procedure is repeated, each time generating Nsamples combination of the parameters

within the new boundaries. The search space is thus reduced at each iteration. When the difference bet-

ween the upper and lower bound of all optimization parameters is less than ε %, convergence is reached.

The name stochastic region contraction comes from the fact that the search space is randomly sampled

at each iteration, hence the stochastic nature, and that the search space is increasingly constrained at

each iteration, leading to the contraction of the region where a solution is searched for.

Based on our own experience and parameters suggested in another study [121], we used Nsamples = 4000,

Nt = 50 and ε = 0.5. When searching in a 22-dimension space (10 ∆, 10 αMT and 2 TRs), we obser-

ved that approximately 150 iterations were required to reach convergence. The computation time was

approximately 5 hours (performed in MATLAB 2016a on a 3.5 GHz Core i7 processor with 32 Gb of

RAM).
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Although T2f was fixed in this work, the optimization was made with respect to QMT parameters F ,

kf , T1f , T2f and T2r, as future studies should evaluate T2f in cartilage and meniscus because no current

values are available. To evaluate the Fisher information matrix, we used the same QMT parameters

as the ones in chapter 3 for menisci simulations. The MT pulse duration was fixed to 8 ms, a Fermi

pulse shape was used and the flip angle of the excitation pulse was 10◦. For initial boundaries, αMT was

bounded between [150◦, 1550◦] and ∆ between [1.5, 50] kHz. TR was bounded between [20,70] ms.

The maximum MT pulse angle was limited to 1550◦ following the maximum angle found in the lite-

rature for QMT in cartilage [6], and the minimum was set to 150◦. Practically, no optimal MT angle was

found under 200◦. The lower bound for ∆ was set to 1.5 kHz following our own observations that Sled

and Pike’s model of MT inaccurately represents the solution to the Bloch-McConnell equations under

1.5 kHz. The upper bound was initially set at 100 kHz where the MT effect becomes negligible, but then

refined to 50 kHz following the observation that no optimal offset was found over 45 kHz. For TR, the

boundaries were initially first fixed to 8 and 100 ms. No optimal TR was found outside of the range

[25,65] and the boundaries were then refined to [20, 70] ms.

5.3 Results and discussion

As the SRC algorithm is stochastic in nature, running the algorithm multiple times can give different

solutions. In figure 5.1, we present the final value of the objective function V at the solution for 28 distinct

evaluations of the algorithm using the final boundaries for sequence parameters defined in the previous

paragraph. Each of the 28 distinct evaluations is referred to as a "design". Each design is a combination of

10 Z-spectrum points at possibly different ∆, αMT and TR. A sampling scheme is a synonym for design,

but we use design to identify optimal sampling schemes obtained with the methodology presented here.

Each value of V corresponds to the minimum at which the algorithm converged. 13 designs were produ-

ced while optimizing two TRs (in blue, on the left part of figure 5.1) and 15 were produced optimizing

a single TR (in red, on the right). Because the algorithm is stochastic and the search space has a large

number of dimensions, local minima are expected. For example, designs #3 and #4 provided a value

of V around 4 × 105, close to half the value of 10.5 × 105 of design #10. Between the two categories of

schemes explored (one TR and two TRs), similar values of V were obtained, although a slightly lower

minimum was reached for the single TR case (SRC design #21, at 3.5×105). In some cases (SRC designs

1 and 2, 3 and 4, as well as 5 and 6), the algorithm converged to the same local minimum.
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Figure 5.1 – Value of the objective function V for different optimal designs.

Based on figure 5.1, one may wonder if a noticeable difference in precision and accuracy of QMT pa-

rameter would arise when using different optimized sampling schemes. We decided to evaluate how

three optimal schemes obtained from SRC designs (#3, #10 and #21) perform in the presence of noise

(SNR=100). Designs #3 and #21 were chosen as they provided the minimum value of V of all designs

respectively for two TR and single TR experiments. Design #10 was chosen to compare directly with

design #3 to see if an optimized sampling scheme with a higher value of V still provided an improvement

over the quality of fits. In table 5.1, we present the optimal sampling scheme parameters for the 3 chosen

design. Offsets are in kHz, angles are in degrees and TR is in ms.

Table 5.1 – Optimized sampling schemes for QMT in the meniscus.

Design #3 Design #10 Design #21
∆ αMT TR ∆ αMT TR ∆ αMT TR

11.87 808 33 35.05 746 38 29.93 435 34
8.67 522 33 24.48 1010 38 7.10 1204 34
10.08 635 33 2.13 1031 38 6.88 450 34
1.67 1263 33 22.04 1169 38 39.49 356 34
36.56 526 33 16.06 771 38 20.59 943 34
37.42 559 52 6.74 1210 45 6.60 1209 34
9.34 1206 52 28.07 761 45 22.91 1073 34
25.52 1104 52 11.54 1192 45 8.42 1255 34
7.23 1215 52 10.21 715 45 8.23 467 34
24.44 1038 52 17.13 574 45 1.53 1321 34

In addition, we show in figure 5.2 how the values of table 5.1 are distributed in a (∆, αMT ) space.
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Figure 5.2 – Distribution of Z-spectrum sampling points for various SRC designs.

It can be noted that all 3 design sample a similar high power, close to resonance Z-spectrum point. There

was no optimal Z-spectrum point between 3 and 7 kHz. In addition, the three optimal schemes often

sample two Z-spectrum points in proximity, in agreement with the results of Cercignani and Alexander

[85].

In figure 5.3, we show the distribution of QMT parameters obtained from Monte Carlo simulations

with 10,000 repetitions for the 3 optimized schemes presented in table 5.1. For comparison, we also

included the sampling scheme used the data acquisition for this study (see chapter 4).
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Figure 5.3 – Distribution of QMT parameter estimates for various sampling schemes obtained
from Monte Carlo simulations.
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Figure 5.3 shows that design #21 provides sharper QMT parameters distributions for all QMT parame-

ters. Table 5.2 presents the coefficient of variance (COV) in percentage of each QMT parameter for the

4 sampling schemes. The COV is defined as the standard deviation of the distribution divided by the

mean value.

Table 5.2 – Coefficient of variance (in percentage) of QMT parameters for various sampling
schemes obtained from Monte Carlo simulations.

QMT parameter Design #3 Design #10 Design #21 Current scheme
F 10.2 11.4 7.1 13.7
kf 12.2 11.9 6.5 53.0
T1f 2.8 2.9 2.6 2.7
T2f 9.5 15.8 8.3 119.6
T2r 4.6 5.1 4.3 9.9

Design #21, which provided the lowest value of V in the 28 designs obtained, greatly reduces the COV

when compared to the sampling scheme used in the rest of this work. The only parameter unaffected by

the optimization is T1f , most likely because the VFA measurement is the most important determinant

of that parameter.

When compared with the sampling scheme used experimentally, design #21 reduces the variance of

parameters F and T2r approximately by half, and approximately by a factor of 10 for kf and T2f . With

the optimized sampling schemes, the evaluation of all QMT parameters, including T2f , becomes feasible

with a 10-point sampling of the Z-spectrum. It should be noted that to obtain robust estimates of T2f ,

when using off-resonance pulses above 1.5 kHz, most of the Z-spectrum points must be acquired at

high powers : indeed, the most optimal design, #21, has 60% of the Z-spectrum points acquired with

αMT > 900◦. Frequency offsets closer to zero should not be added due to the inaccuracies of the model

closer to resonance, which could lead to a biased evaluation of T2f .

Overall, there are minimal differences between designs #3 and #10, both of where two TRs were opti-

mized, but where the former (#3) yielded a slightly lower value of V . Although we recommend always

using the scheme that provides the minimal value of V , the gain in accuracy and precision is small when

comparing two well-optimized sampling schemes. Ideally, one can repeat the SRC optimization multiple

times, as it was done here, and take the scheme with the minimum V .

There is a noticeable reduction in the COV of F and kf when comparing design #21 (which was a

single TR optimization) with the other designs. The values of V were similar for designs #3 and #21,

but design #21 shows a reduced COV for all QMT parameters. These results suggest that a scheme with
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a single TR (as opposed to two TRs) provides a better precision in all QMT parameters, in agreement

with the work of Cercignani et al. [85] and contrasting with the recommendation of Sled and Pike [17]

and the findings of Levesque et al. [97]. However, it is unclear if this conclusion holds for other QMT

parameters than those of meniscus and if the use of a different number of Z-spectrum points would lead

to similar conclusions. We did not seek to optimize the number of Z-spectrum points in this preliminary

work. Such an optimization would need to take into account the added scan time and overall SNR benefit

of additional data samples by weighting the additional scan time in a negative way in the optimization

procedure.

5.4 Conclusion

The results from this chapter demonstrate that the QMT sampling scheme can be optimized by approxi-

mating the variance of parameters with the Cramér-Rao lower bound and seeking a variance-optimal

solution with the stochastic region contraction algorithm. Specifically, the optimized design #21 detailed

in table 5.1 provided the sharpest theoretical QMT parameters distributions and the smallest coefficients

of variance for a model of meniscus. With an optimized scheme, robust estimates of all QMT parameters

can be obtained in Monte Carlo simulations, while robust estimates of T2f and kf had not been obtained

with the scheme used experimentally in chapters 3 and 4.

This chapter offers a limited contribution to the optimization of MRI acquisitions for QMT. The opti-

mization could have been done with respect to a subset of QMT parameters instead of F , kf , T1f , T2f

and T2r. Optimization could also be performed by preferentially weighting certain parameters more than

others. The sequence could also be optimized with respect to the MT pulse duration, pulse waveform and

excitation pulse flip angle, for example. Schemes with fewer than 10 QMT points should also be conside-

red to reduce scan time if the method ultimately becomes used in the clinic. For the SRC algorithm, the

impact of choosing different values of Nsamples, Nt and ε were not investigated and are left as future work.

However, the objective of presenting a methodology to optimize the sampling scheme was reached,

and preliminary results show that optimization can greatly reduce the coefficient of variance of QMT

parameters.

While it was concluded in chapter 4 that robust estimates of F , T1f and T2r could be obtained with the

sampling scheme used experimentally, we have shown here that this scheme is far from optimal, and that

future studies must explore optimized schemes such as the ones proposed in table 5.1. The optimized

schemes can lead to robust fits of T2f , which is critically important in future QMT studies of articular
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cartilage for the early evaluation of OA. Using an optimized scheme that can provide robust fits of all

QMT parameters would remove the additional variability in QMT parameters caused by the fixed T2f

and allow a more precise comparison between in situ and ex situ specimens to quantify the effect of ex-

traction and conservation. In addition, using an optimal scheme such as the one presented in this chapter

seems the best current solution to improve estimates of T2f . While UTE measurements conjugated with

multi-component T2 fits can be performed in order to extract T2 relaxation times of tissues with small

T2 values [122] (such as the menisci), as discussed in chapter 2 there remains an unexplained discrepancy

between T2f and direct T2 measurements (T2obs).
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6
Conclusion

This thesis presented and characterized an adapted framework for quantitative magnetization transfer

imaging in joint tissues as well as the QMT analysis of 4 knee joint samples. We also presented an opti-

mization technique to maximize the quality of the data acquired in QMT.

The objectives of this thesis were to develop a feasible method for the evaluation of MT parameters

in the whole knee joint, to perform measurements in situ and ex situ to evaluate how extracting and

immersing tissues influence QMT parameters, and to evaluate MT parameters in cartilage and compare

these with published studies.

A modified technique for QMT estimation based on Sled and Pike’s approach for pulsed MT expe-

riments. In this technique, we fix T2f to a specific ratio of T1f and the other QMT parameters are

obtained by simultaneously fitting the VFA and MT-SPGR datasets. We have shown that a robust es-

timation of F , T1f and T2r was possible, and that measurement noise as well as the choice of the ratio

T1f/T2f that fixed T2f has a minimal impact on those parameters. It was demonstrated in simulations

that fits of kf are not as accurate and show more variability. This might be explained partially by an

inability of the model to constrain kf with the current scheme.

With this modified technique for QMT estimation, we obtained a QMT analysis of 4 knee joint samples.

Our study showed that, in meniscus, there was a statistically significant decrease in the restricted pool

fraction F and increase in T1f and T1obs after the meniscus were extracted and immersed in perflubron

before scanning. This is currently attributed to the diffusion of perflubron into the ex situ samples, al-

though further studies are required to understand the interaction of tissues with perflubron. Other QMT

parameters did not significantly vary after the extraction.

The analysis of the 4 knee joint samples also provided QMT parameters in cartilage that were mostly

consistent with the literature. In addition, we obtained the first estimates of F in the meniscus, which

are consistent with the composition by wet weight of the meniscus. We have observed other trends in the

in situ joint tissue datasets, notably an increase of F with depth in patellar cartilage, and a significantly
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higher F in medial meniscus. These observations suggest that QMT imaging can evaluate the macro-

molecular content of cartilage tissue and meniscus and identify changes in the macromolecular matrix.

Overall, QMT may be used to identify early cartilage and meniscal degeneration and is an interesting

candidate as a potential biomarker for OA.

We investigated if the current issues with the QMT framework, such as the inability to constrain ade-

quately T2f and kf , which must be solved for future QMT studies, could be resolved with an optimized

sampling scheme. In chapter 5, we have shown that the sampling scheme can be optimized by using the

Cramer-Rao lower bound and seeking a variance-optimal solution with a stochastic region contraction

algorithm. Robust estimates of all QMT parameters could be obtained with a 10-point sampling scheme.

The use of QMT in articular cartilage, especially as a potential biomarker for the disease of osteoar-

thritis, seems promising. However, many improvements must be made to the QMT framework. Ideally,

an optimized sampling scheme that can provide values of T2f should be used. More comparisons with his-

tological and biochemical markers are required, and the impact of perfluorochemicals used for scanning

ex situ samples should be investigated further.
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A
Derivation of the signal equation in

the RP model

The Bloch equations 2.18 to 2.21 can be rewritten in the matrix form

dM(t)
dt

= A(t)M(t) + BM0 (A.1)

More explicitly,



dMx,f

dt
dMy,f

dt
dMz,f

dt
dMz,r

dt


=



− 1
T2f

−∆ −Im(ω1) 0

∆ − 1
T2f

Re(ω1) 0

Im(ω1) −Re(ω1) −kf −
1
T1f

kf
F

0 0 kf − 1
T1r
− kf
F
−W





Mx,f

My,f

Mz,f

Mz,r


+



0 0 0 0

0 0 0 0

0 0 1
T1f

0

0 0 0 1
T1r





M0,x,f

M00,y,f

M00,z,f

M00,z,r


(A.2)

In the situation of free precession of the magnetization, the MT pulse is not considered (ω1,∆ and W

are set to 0) and the transverse magnetization is neglected. RedefiningM(t) as [Mz,f Mz,r]T , the Bloch

equations have the form

dM(t)
dt

= AfpM(t) + BM0 (A.3)

With

Afp =

R1f + kf −kr

−kf R1r + kr

 (A.4)

Because the coefficients in the equations A.3 are time-independent, the general solution to the set of

differential equations A.3 can be obtained and is of the form

Ffp(M, τ) = e−AfpτM +
[
I− e−Afpτ

]
M0 (A.5)
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Where e−Afpτ denotes the matrix exponential. The magnetizationM0 is by definition [1 F ]T , assuming

that the acquired data is normalized. In the CW irradiation of the semi-solid pool, we consider the

saturation of the semi-solid pool through the instantaneous saturation rate W . The solution is of the

same form as the free precession case, that is :

Fcw(M, τ) = e−AcwτM +
[
I− e−Acwτ

]
Mss

cw (A.6)

With

Acw =

R1f + kf −kr

−kf R1r + kr +We

 (A.7)

In the RP model,We is equal to the instantaneous saturation rate 〈W 〉 for an equivalent rectangular pulse

that replaces the actual pulse waveform. To calculate the duration of the equivalent pulse, one assumes

a rectangular waveform and finds the pulse duration that leads to equal powers for both rectangular and

actual pulses. Mss
cw is defined as the steady state of the magnetization established after a long period of

CW-irradiation of the semi-solid pool,

Mss
cw =

 M0,f ·
(

R1rfkf +R1rfR1f +R1fkf +WefR1f

R1rfR1f +R1rfkf +R1fkf +WefR1f +Wefkf

)
M0,f · f ·

(
R1rfkf +R1rfR1f +R1fkf

R1rfR1f +R1rfkf +R1fkf +WefR1f +Wefkf

)
 (A.8)

For the RP model of MT-SPGR, the pulse sequence is approximated with the following steps : instant

saturation of the free pool from MT and excitation pulses, CW-irradiation of the semi-solid pool for a

time τ/2, a period TR − τ of free precession and a final CW-irradiation period of τ/2. Following the

nomenclature of Sled & Pike [17], the magnetization M after one repetition of the sequence is obtained

through the concatenation of these steps :

M = Fcw

(
Ffp

(
Fcw

(
S2S1M−,

τ

2

)
, TR− τ

)
,
τ

2

)
(A.9)

Where M− is the magnetization at the beginning of the sequence, S1 represents the instantaneous

saturation by the MT pulse [Sf 1]T and S2 is the instantaneous saturation due to the excitation pulse,

[cos(α) 1]T . The solution is obtained by solving M(t) = M(t+ TR), that is M− = M :

M = Fcw

(
Ffp

(
Fcw

(
S2S1M, τ

2

)
, TR− τ

)
,
τ

2

)
(A.10)

Using equations A.5 to A.8, one can isolateM and obtain an expression for the longitudinal magnetiza-

tion of the free pool :
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Mz,f

Mz,r

 = inv

I− e(−Acw· τ2 ) · e(−Afp·(TR−τ)) · e(−Acw· τ2 ) ·

Sf cosα 0

0 1


·
(
I + e(−Acw· τ2 ) · e(−Afp·(TR−τ))

)
·
(
I + e(−Acw· τ2 )

)
Mss

cw

+e(−Acw· τ2 ) ·
(
I− e(−Afp·(TR−τ))

)
M0

(A.11)

The final signal equation is the transverse magnetization that arises from the steady-state longitudi-

nal magnetization. Transverse relaxation is neglected, because the signal is normalized with a volume

acquired without MT :

Mxy,f = Mz,f sin(α)Sf (A.12)

Equation A.12 is the signal equation from a pulse sequence with parameters αMT , ∆, TR and α. The MT

pulse shape and duration also influences the value ofW . While complex, equation A.12 is straightforward

to compute numerically, as software such as Matlab can evaluate exponential matrices. The dependence

on T1f , F and kf is explicit in matrices Afp and Acw, while the dependence in T2f is implicit within

Sf . The dependence in T2r comes from the lineshape G(∆), which influences the value of W .
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B
Removal of low SNR data in ex

situ meniscus

This appendix describes in more detail the procedure for the removal of low SNR data in ex situ menis-

cus, which was mentioned briefly in chapter 4.

The ex vivo menisci datasets have very different signal intensities throughout the images due to the

use of a surface coil. Therefore, the SNR shows a large variation and this results in a large fraction of

QMT parameters fits that are presumed to be more biased. It was shown in previous chapters that the

SNR influences largely the quality of fits.

The idea is to identify a threshold SNR in the ex situ datasets under which the QMT parameters

from the voxels with a SNR lower than the threshold are not taken in account when calculating mean

values. This is because the quality of fits is severely reduced at low SNR with Sled and Pike’s model

of MT. To choose a correct threshold, the distribution of the SNRs in the in situ and ex situ meniscus

datasets was first evaluated. To calculate the distribution of the SNR, at each slice k, a ≈ 30×30 voxels

noise region was selected and the standard deviation of the signal, σk, was calculated. Then, at each

voxel (i, j) on the slice k, the SNR was evaluated as [114]

SNRi,j,k = Sk(i, j)√
2

4−πσk
(B.1)

Where Sk(i, j) is the signal, on slice k, of voxel located at indexes (i, j). The factor in front of σk takes

in account the Rayleigh distribution of background noise in magnitude images. The distribution of noise

for in situ and ex situ menisci (4 specimens) is shown in figure B.1. In figure B.1, a threshold SNR in

red (83) was identified. It was decided that the best practice was to use similar SNRs when comparing

QMT values of the in situ and ex situ menisci. Therefore, the first percentile of the SNR distribution for

in situ menisci was chosen as the threshold and set as a minimum SNR to consider an acceptable QMT

fit in the ex situ datasets. The first percentile was taken instead of the minimal value in case there were

outliers with very low SNR in the in situ datasets.
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Figure B.1 – Distribution of the SNR for in situ and ex situ menisci.

Thus, only the voxels in the ex situ datasets which satisfy the following inequality were considered :

SNRk,ex situ(i, j) ≥ percentile(SNRin situ, 1) (B.2)

Where the percentile is evaluated over all voxels of all in situ samples. Figure B.2 shows the distributions

of QMT parameters for the ex situ voxels with a voxel-wise SNR higher or lower than the threshold :
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Figure B.2 – Distribution of fitted QMT parameters for the ex situ menisci datasets for voxels
with higher and lower SNR than the selected threshold.
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The first observation made from figure B.2 was that this procedure removes roughly 40% of QMT fits

in the whole datasets. This is a large number, but is a consequence of the extremely non uniform SNR

provided by the surface coil.

The distributions of QMT parameters for ex situ menisci are sharper when only considering the va-

lues with a SNR higher than the threshold. For F , a tail of large values is removed and, accordingly, this

removes a large number of smaller T1f values. These results support earlier conclusions from chapter 3

that using a low SNR will result in an overestimation of F . For T2r, the procedure removes a very large

number of low T2r, which could possibly not be well fitted. For kf , a tail of larger values and some very

small values (< 1 s−1) are removed.

Additionally, figure B.3 shows two typical slices of the ex situ menisci. The pixel values are not the

signal intensities but the SNR. Regions where the SNR is over the threshold are superposed in red. As

discussed, about 40% of the image is kept in the analysis.

Figure B.3 – Typical SNR maps of an ex situ meniscus. The red area shows where the SNR
is higher than the threshold.
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C
T2 values in joint tissues at 3.0 T

Here, we report T2 values (T2obs) in healthy cartilage and meniscus (with standard deviations ∆T2 and

N samples) from various sources at 3.0 T. The mean values are reported in chapter 3.

Table C.1 – T2 values in healthy meniscus at 3 T

T2 ∆T2 N ROI Source
11.4 3.9 23 Both menisci Rauscher et al, 2008 [109]
10.8 4.1 23 Lateral meniscus Rauscher et al, 2008 [109]
11.8 3.5 23 Medial meniscus Rauscher et al, 2008 [109]
11.2 1.5 23 Both menisci Stehling et al, 2011 [112]
10.9 1.9 23 Lateral Meniscus Stehling et al, 2011 [112]
11.5 1.9 23 Medial Meniscus Stehling et al, 2011 [112]
11 2.5 34 Lateral Meniscus Wang et al, 2015 [111]
11 2.5 34 Medial Meniscus Wang et al, 2015 [111]
10.5 1.5 60 Both menisci Chiang et al, 2013 [113]
10.1 1.5 60 Lateral Meniscus Chiang et al, 2013 [113]
10.9 1.5 60 Medial Meniscus Chiang et al, 2013 [113]

For cartilage, because of the broader range of T2 values, we also report extra information about the

sequence and the fitting technique used in the study when available. Some acronyms are used in table

C.2. MESE : Multi Echo Spin Echo, ETL : Echo Train Length, MSME : Multi Spin Multi Echo, CPMG :

Car-Purcell Meiboom Gill sequence, NLLS : non linear least squares fitting algorithm, SE : spin echo.

The symbol " denotes the same extra information as the previous.

We tried to evaluate if correlations existed between T2 and TR, T2 and the number of TE, T2 and

the values of TE, and T2 with the minimal or maximal TE used. No significant correlation was found.

Therefore, the mean T2 reported in chapter 3 was the average of all values in table C.2.
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Table C.2 – T2 values in healthy cartilage at 3 T

T2 ∆T2 N ROI Extra information Source

34.7 2.4 16 Whole Cartilage Spiral sequence, TR/TE = 2000/6.7,
12, 28,60 ms [100]

37.8 3.3 11 Patellar Cartilage TR/TE = 2100/13 to 150 ms. [101]

36.9 3.81 5 Whole Cartilage Spiral sequence, TR/TE = 3000/ 5.4,
17, 27.6, 38.3, 54.3, 102 ms [102]

30 5 42 Patellar Cartilage MESE, TR/TE = 1200/ 13.8, 27.6,
41.4, 55.2, 69, 82.8, NLLS [103]

44.4 7 10 Femoral Cartilage SE TR/TE1/TE2 3600/8.5/34.1 ms,
ETL 6.

[104]

37.8 7 10 Tibial Cartilage " [104]

40 5 43 Femoral Cartilage MESE, TR/TE = 1650, 12.9, 25.8,
38.7, 51.6, 65.5, 77.4 ms [105]

33 3 450 Patellar Cartilage MSME, TR = 2700 ms, TE = 20 - 70
ms. "Noise correction algorithm". [106]

36 3 450 Femoral Cartilage " [106]

31.75 3 450 Tibial cartilage " [106]

30 - 10 Patellar Cartilage Spiral sequence, TR/TE = 2000/6.7,
12, 28, 60 ms [107]

33.8 2.8 17 Tibial Cartilage MESE (CPMG) TR/TE = 16 * n (n =
1 .. 7) ms/4, 613 ms [108]

27 - 23 Tibial Cartilage
Add a nonselective T2 preparation ima-
ging sequence to SPGR. TR/TE =
2000/4.1,14.5,25.0,45.9

[109]

31 - 23 Femoral Cartilage " [109]

39.1 1.3 5 Whole Cartilage
MESE, TR/TE = 4500/10, 20, 40,
80,160,320,640. NLLS fitting M0, T2,
T1.

[110]
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D
Ethics approval for the cadaver

work

Cadaver work was done at Stanford University, where no ethics is required. Only living subjects require

institutional review board approval. This is stated in page 2 of the document from Stanford’s Research

Compliance Office available at the following url :

http://humansubjects.stanford.edu/research/documents/HSresearch_definitionsAID03H11.pdf
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