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1. List of abbreviations

ADC Apparent Diffusion Coefficient
AFI Actual Flip angle Imaging
FA Flip Angle
FLASH Fast Low Angle SHot
FFT Fast Fourier Transform
GRE GRadient Echo
IVIM Intra Voxel Incoherent Motion
MR Magnetic Resonance
MRI Magnetic Resonance Imaging
MRS Magnetic Resonance Spectroscopy
NMR Nuclear Magnetic Resonance
MT Magnetisation Transfer
NSLBP Non Specific Low Back Pain
OA OsteoArthritis
PGSE Pulsed Gradient Spin Echo
qMRI quantitative Magnetic Resonance Imaging
ROI Region Of Interest
RF Radio Frequency
Rx Receive
SE Spin Echo
TE Echo Time
TR Repetition Time
Tx Transmit
UTE Ultrashort Echo Time
VFA Variable Flip Angle
VTR Variable Time Repetition
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2. Summary
Magnetic Resonance Imaging (MRI) has established itself as a very reliable non-invasive
imaging method for a large part of the musculoskeletal system (de Mello et al., 2019).

Traditionally, the examination of the musculoskeletal system has been limited to qualita-
tive MRI sequences. However, as the interest in musculoskeletal MRI application has kept
growing over the years (Solomon et al., 2003), an emerging field is quantitative MRI (qMRI).
QMRI lends itself as a complementary tool to the standard qualitative diagnostic imaging
methods by providing quantitative values of various MR-related parameters. These param-
eters have been shown to aid in early disease detection, enable comparative studies and
treatment monitoring (Mosher, 2006; Ahn and El-Khoury, 2007; de Mello et al., 2019). Yet,
despite this increased interest, numerous areas still remain relatively underresearched.

The primary goal of this work was to contribute to this quantification effort in such less
well researched areas, by providing reference values and improving existing MR techniques.
Specifically, qMRI methods were applied on tendons of the knee and the lumbar back mus-
cles at rest, which constitute crucial components of the musculoskeletal system and are often
considered together as the muscle-tendon unit.

Due to microstructural differences between tendons and muscles, different challenges
remained to be addressed in their quantification: in tendons, the main challenge is the very
fast decay of the MR signal, which has significantly hindered qMRI applications in these
tissues in the past. Only with recently developed Ultrashort Echo Time (UTE) sequences,
it has become feasible to capture signal in tendons, opening the door to qMRI applications
(Qian et al., 2012). Similarly, the (more subtle) long-term effects of exercise on the lumbar
back muscle, have rarely been analysed with qMRI at rest, instead the majority of research
focuses on measuring the more prominent changes of MR quantitative parameters imme-
diately after a strenuous exercise session (Fleckenstein et al., 1988; Hiepe et al., 2012; Hata
et al., 2019; Zaeske et al., 2022).

In this work, different MRI methods were used to address aforementioned challenges.
UTE sequences were used for the knee tendons applications, whereas a pilot study on the
lumbar back muscle was conducted with a combination of conventional MR techniques.

The difficulties in obtaining signals from tendons limits the available literature on the
values of qMRI parameters in these tissues. To tackle this issue the UTE results obtained in
this work were validated in phantoms (where the expected values of the relaxation param-
eters are known a priori) and by comparing different methods to measure T1 (see 5.1).

In order to achieve accurate and reliable values of T1, B1 field inhomogeneities had to
be taken into account. Mapping and correcting for these inhomogeneities is essential for
achieving accurate quantification of T1 relaxation parameter values. However, most of the
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well established B1-field mapping methods are not compatible with UTE acquisition due to
its short echo times. While the Actual Flip angle (AFI) method can be implemented with
UTE acquisition, it is very time consuming and dependent on multiple spoiling parameters
(Yarnykh, 2007; Nehrke, 2009). In this work, an original improvement of the AFI method
is used, which allows for faster acquisition times and greater robustness against spoiling
parameters compared to the previous implementations (see 5.2).

Expanding upon the previously investigated qMRI parameters, a pilot study in the lum-
bar back muscles (see 5.3), was conducted. This study encompassed a comprehensive multi-
parametric MR protocol. This protocol included not only T2, and B1-corrected T1 (as in the
aforementioned knee results) but also fat fraction, and IVIM diffusion parameter values,
which are essential for quantitative muscle tissue characterisation. This protocol was ap-
plied to three healthy, differently trained cohorts. With the help of a group analysis, it
was possible to determine that the physiological changes resulting from repetitive long-
term physical activity indeed impact the qMRI parameters listed above. This approach also
helped to identify which of those demonstrated the highest sensitivity to these training-
induced changes. The results indicated significant differences between trained and un-
trained subjects for T2, fat fraction and IVIM perfusion fraction, while the longitudinal com-
ponent of the diffusion tensor effectively differentiated between the two athletes cohorts.

In conclusion, this work aims to fill gaps in qMRI for musculoskeletal applications in
vivo, with a specific focus on tendons and muscles. For tendons of the knee, this work not
only contributed to establish a baseline of quantitative MR values but also supported the ef-
fort for accurate T1 quantification. To tackle this latter challenge, a novel implementation of
a UTE compatible B1-field mapping method was developed. Additionally the application of
multiparametric methods was extended to assess training induced adaptations in the lum-
bar back muscle, specifically targeting the less well researched context of resting conditions.
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2. Zusammenfassung
Die Magnetresonanztomographie (MRT) hat sich als sehr zuverlässige nicht-invasive Bildge-
bungsmethode für einen großen Teil des Bewegungsapparats etabliert (de Mello et al., 2019).

Traditionell war die Untersuchung des Bewegungsapparats auf qualitative MRT Sequen-
zen beschränkt. Neben dem allgemein steigenden Interesse an der Anwendung der MRT für
den Bewegungsapparat (Solomon et al., 2003), hat sich mit der quantitativen MRT (qMRT)
zusätzlich ein neuer Bereich etabliert. QMRT ist eine hervorragende Erweiterung der stan-
dardmäßigen qualitativen diagnostischen Bildgebungsverfahren, da es verschiedene MR-
bezogener Parameter quantifiziert. Die Quantitativen Parameter helfen nachweislich bei
der Früherkennung von Krankheiten, ermöglich vergleichende Studien und die Behand-
lungsüberwachung (Mosher, 2006; Ahn and El-Khoury, 2007; de Mello et al., 2019). Trotz der
bekannten Schwierigkeiten quantitativer Analysen in der MRT nimmt das Interesse qMRT
gerade auch für den Bewegungsapparat stark zu.

Das Hauptziel dieser Arbeit war es, durch die Bereitstellung von Referenzwerten und die
Verbesserung bestehender MR-Techniken einen Beitrag zu den Quantifizierungsbemühun-
gen in diesen weniger gut erforschten Bereichen zu leisten. Konkret wurden qMRI-Methoden
an den Kniesehnen und der lumbalen Rückenmuskulatur im Ruhezustand angewandt, die
wichtige Komponenten des Bewegungsapparats darstellen und oft als Muskel-Sehnen- Ein-
heit betrachtet werden.

Aufgrund der mikrostrukturellen Unterschiede zwischen Sehnen und Muskeln waren
bei ihrer Quantifizierung verschiedene Herausforderungen zu bewältigen: Bei Sehnen
besteht die größte Herausforderung im sehr schnellen Abklingen des MR-Signals, was in der
Vergangenheit qMRT-Anwendungen in diesen Geweben erheblich behindert hat. Erst mit
den kürzlich entwickelten Sequenzen mit ultrakurzer Echozeit (UTE) ist es möglich gewor-
den, Signale in Sehnen zu erfassen und damit die Tür für qMRI-Anwendungen zu öffnen
(Qian et al., 2012). In ähnlicher Weise wurden die (subtileren) langfristigen Auswirkungen
von Training auf den lumbalen Rückenmuskel nur selten mit qMRI im ausgeruhten Zus-
tand analysiert; stattdessen konzentriert sich die Mehrheit der Forschung auf die Messung
der auffälligeren Veränderungen der quantitativen MR-Parameter unmittelbar nach einer
anstrengenden Trainingseinheit (Fleckenstein et al., 1988; Hiepe et al., 2012; Hata et al., 2019;
Zaeske et al., 2022).

In dieser Arbeit wurden verschiedene MRT-Methoden verwendet, um die vorgenannten
Herausforderungen zu bewältigen. Für die Kniesehnen wurden UTE-Sequenzen verwen-
det, während eine Pilotstudie an der lumbalen Rückenmuskulatur mit einer Kombination
aus konventionellen MR-Techniken durchgeführt wurde.
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Die Schwierigkeiten bei der Gewinnung von Signalen aus Sehnen limitiert die verfüg-
bare Literatur über die Werte der qMRT-Parameter in diesen Geweben . Um dieses Problem
anzugehen, wurden die in dieser Arbeit erzielten UTE-Ergebnisse in Phantomen, mit a pri-
ori bekannten Relaxationsparametern, und durch den Vergleich verschiedener Methoden
zur Messung von T1 (see 5.1) validiert.

Um zuverlässig genaue T1-Werte zu erhalten, mussten B1-Feld-Inhomogenitäten berück-
sichtigt werden. Die Erfassung und Korrektur dieser Inhomogenitäten ist eine wesentliche
Voraussetzung für eine genaue Quantifizierung der T1-Relaxationsparameterwerte.

Die meisten der etablierten B1-Feld-Mapping-Methoden sind jedoch aufgrund der kurzen
Echozeiten nicht mit der UTE-Methode kompatibel. Die Actual Flip Angle (AFI)-Methode
kann zwar bei UTE-Akquisition implementiert werden, ist aber sehr zeitaufwändig und von
mehreren Spoiling-Parametern abhängig (Yarnykh, 2007; Nehrke, 2009). In dieser Arbeit
wird eine selbstentwickelte Verbesserung der AFI-Methode eingesetzt, die im Vergleich zu
den bisherigen Implementierungen eine schnellere Akquisition und eine größere Robustheit
gegenüber Spoiling-Parametern ermöglicht (see 5.2).

Zusätzlich zu den zuvor untersuchten qMRT-Parametern wurde eine Pilotstudie an der
Lendenwirbelsäulenmuskulatur (see 5.3) durchgeführt. Diese Studie umfasste ein multi-
parametrisches MR-Protokoll, nicht nur T2 und B1-korrigiertes T1 (wie in den obigen
Knieergebnissen), sondern auch den Fettanteil und die IVIM-Diffusionsparameterwerte, die
für die quantitative Charakterisierung des Muskelgewebes wesentlich sind. Dieses Pro-
tokoll wurde auf drei gesunde, unterschiedlich trainierte Kohorten angewandt. Mit Hilfe
einer Gruppenanlayse konnte gezeigt werden, dass die physiologischen Veränderungen
aufgrund wiederholter, langfristiger körperlicher Aktivität, tatsächlich Auswirkungen auf
die oben genannten qMRT-Parameter haben. Mit Hilfe dieses Ansatzes konnte auch ermit-
telt werden, welche dieser Parameter die höchste Empfindlichkeit für diese trainingsbed-
ingten Veränderungen aufweisen. Die Ergebnisse zeigten signifikante Unterschiede zwis-
chen trainierten und untrainierten Probanden für die qMRT Parameter T2, Fettanteil und
IVIM-Perfusionsanteil, während die longitudinale Komponente des Diffusionstensors ef-
fektiv zwischen den beiden Sportlerkohorten differenzierte.

Zusammenfassend schliesst diese Arbeit Lücken des qMRT für muskuloskelettale An-
wendungen in vivo, wobei der besondere Anwendungsschwerpunkt auf Sehnen und
Muskeln liegt. Für die Sehnen des Knies hat diese Arbeit nicht nur dazu beigetragen, eine
Referenz quantitativer MR-Werte zu erstellen, sondern auch die genaue T1-Quantifizierung
verbessert. Für letzteres wurde eine neuartige Implementierung einer UTE-kompatiblen B1-
Feld Mapping-Methode entwickelt. Darüber hinaus wurde die Anwendung
multiparametrischer Methoden erweitert, um trainingsbedingte Anpassungen im lumbalen
Rückenmuskel, insbesondere im weniger gut erforschte Kontext der Ruhebedingungen, zu
bewerten.
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3. Introduction

3.1 Quantitative MRI

While MRI is used daily in the clinical practice as a diagnostic imaging method, the major-
ity of its applications rely on the use of MRI as a qualitative tool (Cashmore et al., 2021).
In such instances, the MRI images are represented by grayscale values and evaluated by
trained radiologists. The crucial aspect for diagnosis revolves around the relative intensity
differences, i.e., the contrast between various tissues or between healthy and pathological
areas.

The focus of this work, instead, is on the use of MRI as a quantitative tool to aid in the
characterisation of musculoskeletal tissues. Quantitative MRI focuses on extracting abso-
lute values of parameters that depend on the biophysical properties of the tissues and can
be obtained by fitting the behaviour of the MR signal in each voxel to known mathematical
models. This shift is fundamental for data-driven diagnosis, and it supports the move to-
wards precision medicine, which is based on (more) objective metrics (Keenan et al., 2019).
Some of the benefits of this approach (Granziera et al., 2021) range from early disease detec-
tion - before any visual changes are visible in the qualitative grayscale images (Bydder et al.,
1982) - to tissue characterisation (Bennett et al., 2019) to assessment of treatment response,
without the need of more invasive procedures such as biopsies (Keenan et al., 2021).

3.2 Musculoskeletal system

The musculoskeletal system is composed of bones and muscles along with connective struc-
tures, such as tendons (which link bones to muscles), ligaments (which join bones to other
bones), cartilage (which provides cushioning at the joints) and connective tissues. Its unique
functions are postural support, movement and protection against injuries (Kucharz, 1992).

Muscles and tendons (which are the focus of this work) are sometimes referred to as the
muscle and tendon unit (Finni, 2006), due to their interconnected and interdependent roles
in producing movement and transmitting forces. The muscle-tendon unit plays a central role
in human movement and physical function, facilitating the transmission of forces generated
by muscle contractions to produce joint motion and perform mechanical work (Finni, 2006;
Tadros et al., 2018).

The knee is the largest joint in the body (Affatato, 2015) and plays a crucial role in sup-
porting a significant portion of the body weight and facilitating a broad range of motion
with six degrees of freedom in its range of motion (Hirschmann and Müller, 2015). More
precisely the knee is a double-joint structure – the tibio-femoral joint and the patello-femoral
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joint – and is composed by four bones (tibia, femur, patella, fibula) and a complex system
of soft tissues, tendons, ligaments and muscles (see Figure 3.1, left). For the sake of this
work, the focus is going to be on tendons and ligaments, in particular on the patellar and
quadriceps tendons. The patellar tendon starts at the bottom of the patella and connects it
to the front of the tibia. Functionally, since it connects two bones, it is by definition a liga-
ment, but more often referred to as a patellar tendon, reflecting its role in transmitting forces
from the quadriceps muscle to the tibia via the patella (Hansen et al., 2006). The quadriceps
tendon attaches the quadriceps muscles group (one of the largest in the body) to the patella.
Interestingly, the patellar bone is embedded in the quadriceps tendon allowing for better
force transmission (Márquez-Flórez et al., 2018). In the realm of quantitative MRI, unique
challenges arise because of the heterogeneous nature of musculoskeletal tissues in the knee:
ranging from the dense mineralized matrix of bone to the fibrous architecture of tendons, to
the soft contractile features of muscles, which leads to very different MRI signal behaviours,
and requires specialized sequences to investigate them.

Quadriceps
tendon

Posterior cruciate

Patella

Medial collateral
ligament

Patellar tendon
(Ligament)

Quadriceps
muscles

Femur

ligament
Anterior cruciate
ligament
Lateral collateral
ligament

Fibula

Tibia

Bone

Tendon

Muscle

Fascicle
Myofibre

FIGURE 3.1: On the left: Illustration of the human knee: the bones, tendons, ligaments and muscles
of the knee are outlined and labelled. On the right: the main components of skeletal muscles along
with the muscle-tendon unit are shown. The muscle image is adapted from "Muscle schematic.svg"

© Tomáš Kebert CC-BY-SA-4.0

Muscles are considered the largest organ in the body (Pedersen, 2011), and the focus of
this work is on skeletal muscles of the knee and the Erector Spinae and Multifidus muscles,
of the lumbar spine. Skeletal muscles are highly organised tissues (see Figure 3.1, right)
composed by several bundle of myofibres. Myofibres are the cell unit of muscles and con-
tain chains of myofibrils. Myofibres group together to create fascicles, and bundle of fasci-
cles compose the muscle tissue. A comprehensive review of skeletal muscle function and
structure is given by (Mukund and Subramaniam, 2020). Muscles are themselves heteroge-
neous tissues due to the presence of fascia, connective tissues, and notably, in the lumbar
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spine region, fat infiltrations (Damon et al., 2016). Such diversity constitutes a challenge in
qMRI to properly differentiate the different components of the analysed region.

Nonetheless, despite these challenges, qMRI remains the primary imaging approach to
research the musculoskeletal system by providing a non-invasive and versatile tool which
combines the soft-tissue contrast with a variety of sequences and parameters that can be
optimised to answer many different clinical and research questions. This adaptability has
led to improved musculoskeletal tissues characterisation (Mazzoli et al., 2016; Kalia et al.,
2017), a deeper comprehension of biomechanical mechanisms (Eck et al., 2023) as well as
diagnostic tools (such as multi parametric protocols) for early diagnosis and better prognosis
of both acute and degenerative musculoskeletal illnesses (Stahl et al., 2009).

Relevancy of musculoskeletal qMRI for the clinical practice

Even tissues, previously considered very difficult to image, such as tendons and ligaments
can now be investigated due to the introduction of Ultrashort Echo Time sequences (Du et
al., 2010; Du and Bydder, 2013; Matzat et al., 2013). A comprehensive review of such recent
advancements in qMRI and UTE sequences for musculoskeletal applications is presented in
(Bydder et al., 2012; Visser et al., 2020; Afsahi et al., 2022) and in section 3.8 of this thesis.

In clinical practice, one example of how these advancements have proven to be useful,
is in the diagnosis and management of rotator cuff tears. Traditional diagnostic methods
such as physical examination or ultrasound may give preliminary information, but MRI is
preferred for surgical planning and is more reliable in the estimation of tears size, depth
and location (Zlatkin et al., 1989; Okoroha et al., 2017; Zoga et al., 2021). Another example
is patellar tendinopathy: quantitative UTE MRI methods have been proposed, showing the
potential of the relaxation parameter T⇤

2 in assessing the hydration state (Argentieri et al.,
2017; Breda et al., 2020) and collagen matrix structure for the patellar tendon, which act as
markers for degenerative processes that characterise this painful condition.

Another example of the significance of musculoskeletal MRI in the clinical practice is in
the diagnosis of muscular distrophies. These disorders are characterised by progressive fat
replacement of the muscle tissues. While qualitative MRI can be used as a initial tool to
asses muscular distrophies (Marden et al., 2005), qMRI has the advantage to provide precise
quantification of the fat fraction in the muscle tissue, thus allowing non-invasive measure-
ment of the disease progression and treatment response (Burakiewicz et al., 2017). QMRI
has also been shown to be able to detect very early signs of the disease - even before they
become apparent on qualitative images (Wokke et al., 2013) - and is the preferred methods
in the analysis of distrophies that affect deep muscle layers (Janssen et al., 2014).
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3.3 History of the project

The Medical Physics group at the University Hospital Jena (IDIR) has a long-established
track record of developing and pioneering quantitative methods for biomedical applications
(Haacke et al., 2004; Schweser et al., 2011; Reichenbach et al., 2015). Another research focus
of the Medical Physics group is: radial, non cartesian MRI sequences for characterisation of
different tissues. This lead to the development of UTE sequences (Herrmann et al., 2016),
paving the way for investigating and quantifying MRI parameters in tendons, which had
only rarely been imaged before due to their fast-decaying signal that is very difficult to
record with conventional MRI sequences.

MRI has widely been used to characterise the skeletal muscle response to exercise, and re-
trieve muscle activation patterns. While studies have focused mostly on the calf (Varghese et
al., 2015) and hamstring (Mendez-Villanueva et al., 2016), the Medical physics group’s con-
tribution has demonstrated significant changes of qMRI parameters, specifically in the less
researched area of the lumbar spinal muscles, immediately after a training session (Hiepe
et al., 2012; Hiepe et al., 2014). Moreover, (Green and Wilson, 2000) have reported that the
values of those parameters are differently affected depending on the degree of training of
the subjects. However, little is known regarding whether differences in baseline MRI quan-
titative parameters are distinguishable at rest among differently trained cohorts. Some pre-
clinical results (Lyu et al., 2021) hint at exercise-induced muscle damage (and subsequent
inflammation) being responsible for different baseline values, even at rest, for differently
trained groups. But only very recently a study has explored this aspect in vivo for muscles
of the leg (Keller et al., 2020).

3.4 Fundamentals of MRI physics

In the next sections, the fundamentals of MRI physics and the most important quantita-
tive MRI parameters will be briefly introduced. A more comprehensive introduction to the
physics of MRI is available in the book (Haacke, 1999).

Origin of the MR signal

MR imaging relies on the physical phenomenon of nuclear magnetic resonance (NMR),
which arises from the intrinsic magnetic moment of nuclei with a spin angular momen-
tum (Bloch, 1946; Purcell et al., 1946). Spin is a quantum property, conventionally denoted
by the letter I. Only nuclei with non-zero I are relevant for NMR, because they possess a
nuclear magnetic dipole moment ~µ:

~µ = gh̄~I (3.1)
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where h̄= h
2p is the reduced Planck’s constant and g is the gyromagnetic ratio. The nuclei

imaged in MRI are mostly hydrogen protons, because of their abundance in the human body,
found both in water (H2O) and lipid molecules (the latter containing long CH2 chains). In
the presence of an external magnetic field ~B, the potential energy E of a magnetic moment
can be expressed as:

E = �~µ~B. (3.2)

For a spin I, the direction of the angular momentum is quantized, resulting in 2I + 1 possible
orientations. For the 1H nucleus (with spin of 1/2) there are two available states in the
presence of an external static magnetic field ~B, oriented along the z direction (B=B0 ẑ). These
two states are: a high energy state | � 1/2 > (anti parallel to B0 ) and a low energy state
|+ 1/2 > (parallel to B0). The energy gap between these two states is:

DE = DE�1/2 � DE+1/2 = h̄gB0. (3.3)

In order to transition between these two states an energy transfer is required, as follows:

DE = h̄w0 (3.4)

where w0 is the resonance frequency. The combination of the last two equations 3.3 and 3.4
leads to the Larmor equation:

w0 = gB0 (3.5)

the equation above highlights the condition between the resonance frequency and the field
strength of the external magnetic field. Furthermore, when transitioning from a single spin
to an ensemble, as is the case in a sample, we can define ~M as the net (macroscopic) magneti-
sation that arises as a consequence of the superposition of the magnetic moments of many
spins. If the lattice (i.e. the surroundings) is at equilibrium (in the presence of an external
magnetic field), there is a nearly equal probability for the jump between the two available
energy states, which results in a dynamic balance of the number of spins that populate the
energy states, with a slightly higher amount of spins in the low energy state according to the
Boltzmann distribution. At equilibrium, the net magnetisation ~M has only a longitudinal
non zero component, M0, which is aligned with ~B.

RF excitation

In order to generate a MR signal, the net magnetisation needs to be tipped away from equi-
librium (by a flip angle a), this is achieved through the application of an oscillating magnetic
field ~B1, perpendicular to ~B (Figure 3.2). ~B1 needs to match the Larmor frequency in order
to be able to tip away the net magnetisation. In MRI, for protons and typical clinical field
strengths, this matching condition lies in the radio frequency (RF) range, so the ~B1 field is
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also referred to as RF pulse. The application of the RF pulse causes more spins to absorb the
energy required to jump to the higher energy state and exerts a torque on the net magnetiza-
tion ~M causing it to spiral away from the longitudinal direction. For this reason it is useful
to break down the magnetisation vector in its longitudinal and transverse components as
shown in Figure 3.2. The precession of ~M produces a magnetic field oscillating with the
Larmor frequency, that, in turn, induces an alternating electric voltage in the receiver coil,
allowing detection of a signal.

~M

y

x

z

y

B1

B0

x

z
~M

B0

~Mz

~Mxy

FIGURE 3.2: Illustration of the magnetization vector ~M before and after the application of a rotating
field of magnitude B1, which tilts ~M away from the z axis. The transverse and longitudinal compo-

nents (Mxy and Mz) of the net magnetisation are also shown.

After the RF pulse is turned off, the spins start to return to their equilibrium state (aligned
with the external static field) from the higher energy level to the lower. The evolution of
the net magnetisation in time (after the application of the RF pulse) is phenomenologically
described by the Bloch equations (Bloch, 1946):

dMx
dt

= w0My �
Mx
T2

(3.6a)

dMy

dt
= �w0Mx �

My

T2
(3.6b)

dMz
dt

=
(M0 � Mz)

T1
(3.6c)

where T1 and T2 are the longitudinal and transverse relaxation rates, respectively.

3.5 Relaxation and relaxation constants

T1 and T2 are considered fundamental MRI parameters: T1 also known as the spin-lattice
relaxation, T2 also known as the spin-spin relaxation.
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Longitudinal relaxation parameter: T1

The dynamics of the longitudinal magnetization Mz(t) towards recovery to the initial value
M0 at thermal equilibrium in the presence of B0 is described by equation 3.6c, (as illustrated
in Figure 3.3). The solution of the differential equation 3.6c after an RF pulse is:

Mz(t) = M0 + (Mz(0)� M0)e
� t

T1 . (3.7)

When spins in the high-energy state return to the low-energy state, they release energy to the
surrounding lattice. T1 is the time needed after an RF pulse for the longitudinal magnetiza-
tion to recover 63% of its initial equilibrium magnetization. Different tissues, characterised
by different microstructural surroundings, have different T1 relaxation times.

Transverse relaxation parameter: T2

Immediately after the RF pulse, the transverse component of the magnetisation Mxy has its
maximum value. However, each spin is exposed to an effective magnetic field composed
by the external magnetic field B0 and the local fields created by the magnetic moments of
neighbouring atoms. Thus, rather than precessing at a singular resonance frequency, the
spins in the sample precess at slightly different frequencies, resulting in loss of phase coher-
ence. This, in turn, leads to dephasing and a decrease of the Mxy transverse magnetisation
(as illustrated in Figure 3.3). For the sake of convenience, we define a rotating frame with
the direction of the constant magnetic field ~B as rotation axis and the Larmor frequency (w0)
as the rotation frequency, the evolution of Mxy in time in this rotating reference system can
be described as:

dMxy

dt
= �

Mxy

T2
(3.8)

which can be solved as:

Mxy(t) = Mxy(0)e
� t

T2 . (3.9)

T2 is the time of the decay of the transverse magnetisation after an RF pulse when 37% of
the initial transverse magnetization remains. The micro structural characteristics of tissues
impact their T1 and T2 values. For example cortical bone (a very dense tissue, with min-
imal water content (Fernández-Seara et al., 2002)) or tendons (highly ordered structures)
have lower values of T1 and T2 when compared to muscles, which are less homogeneous
structures and characterised by higher perfusion values.

Effective transverse relaxation parameter: T⇤
2

Another source of transverse magnetisation dephasing are inhomogeneities of the exter-
nal magnetic field ~B. This effect becomes particularly prominent for gradient echo (GRE)
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FIGURE 3.3: Magnitude of Mz and Mxy during relaxation for different values of the longitudinal
relaxation parameter T1 (left) and of the transverse relaxation parameter T2 (right). Please note that

the reference frame used is the rotating frame.

acquisition (see 3.7) where the residual mesoscopic inhomogeneities are not refocused, dif-
ferently from a spin echo (SE) acquisition (see 3.7). This additional relaxation sources are
characterised by the time constant T2

0. The effective transverse relaxation time T⇤
2 , instead,

includes all the contributions that decrease the transverse magnetisation. T⇤
2 can be derived

as follows:
1

T⇤
2
=

1
T2

+
1

T2
0 . (3.10)

For perfectly homogeneous B0 fields the T⇤
2 approximates T2. For any other experiment, the

Bloch equations still hold while replacing T2 with T⇤
2 .

3.6 From signal to image

In order to correctly localize where the excited spins are spatially located MRI uses addi-
tional magnetic field gradients. The gradients alter the main magnetic field linearly along
the x, y and z directions and are transiently turned on and off during the imaging process.

~G = (Gx, Gy, Gz) = (
dBz
dx

,
dBz
dy

,
dBz
dz

) (3.11)

Under the influence of the gradients, the information encoded in the MR received signal
from the sample S(x, y, z) are encoded as spatial frequencies in k-space as follows:

s(kx, ky, kz) =
Z

x

Z

y

Z

z
S(x, y, z)e�i2p(kxx+kyy+kzz)dxdydz (3.12)
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Image Domain K-space

FFT�1

FFT

kx

ky
x

y

FIGURE 3.4: Magnitude image of a volunteer’s knee and corresponding magnitude data in k-space.
The application of a Fast Fourier Transform (FFT) enables the conversion between the image domain

and k-space and vice versa.

where kx,ky,kz represent the spatial frequencies

kx = g
Z t

0
Gx(t)dt

ky = g
Z t

0
Gy(t)dt

kz = g
Z t

0
Gz(t)dt

(3.13)

The image of the sample in the spatial domain is obtained applying an inverse Fourier trans-
form to the signal in k-space as shown in Figure 3.4. Many different sampling schemes can
be used for filling k-space such as cartesian, spiral and radial (Bernstein et al., 2004).

3.7 Fundamental MRI pulse sequences

In MRI, the term "sequences" refers to a series of RF pulse and magnetic field gradient ap-
plications accompanied by specific settings of parameters such as echo time (TE), repetition
time (TR) and flip angle (FA) to acquire images with the targeted contrast. Although there
is a vast array of different sequences, some common characteristics help distinguish MRI
sequences in two main categories. A more comprehensive introduction to the different MRI
sequences is available in the book (Bernstein et al., 2004).
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90�

RF

Spin Echo

Gx

Gy

Gz

RF

Gx

Gy

Gz

90� a180�

ADC

a

TEADC

TR

TE

TR

Gradient Echo

FIGURE 3.5: On the left: sequence diagram of a Spin Echo (SE) sequence; on the right: sequence
diagram of a spoiled Gradient Echo sequence (GRE). Note the shorter echo time possible in the GRE
sequence, due to the lack of the 180� refocusing pulse. TR is the repetition time, TE stands for the
echo time and ADC for the time window in which the signal is recorded. Gx is the read-out gradient
while Gy is the phase encoding gradient and Gz is the slice select gradient. The vertical dashed lines

serve to emphasize center of the RF pulses or ADC, delineating the TR and TE accordingly.

Spin Echo Imaging Sequences

The signal in SE sequences is produced by pairs of RF pulses. Often, the first is a 90 degree
pulse (i.e. a RF pulse with a 90 degree flip angle) followed by a 180 degree refocusing pulse.
The second pulse is surrounded by crusher gradients, as shown in Figure 3.5. The first
crusher gradient assures that the refocused spins still maintain phase coherence, while the
latter spoils any undesired new signal contributions from spins that might have moved into
or out of the slice selected with Gz due to physiological motions.

spoiled Gradient Echo Imaging Sequences

GRE sequences, differently than SE sequences, are characterised by a single radio frequency
pulse, per k-space line, thus allowing for shorter echo times, and are often applied with
low flip angles and short TRs. This regime is also called Fast Low Angle SHot (FLASH). In
spoiled GRE sequences, dephasing effects resulting from magnetic field inhomogeneities are
not eliminated as they would be with a SE sequence. Furthermore, spoiler gradients and the
introduction of a carefully selected RF phase offset between two consecutive repetitions are
used to avoid the signal of the current repetition to be affected by remnants of the transverse
magnetisation from previous repetitions (Zur et al., 1991). FLASH sequences are GRE imag-
ing sequences that allow for a significant reduction of the measurement time (Haase et al.,
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1986). The FLASH equation (which describes the steady state signal under FLASH condi-
tions) can be derived starting from equation 3.7, which provides the time dependent signal
of Mz(t) after an RF pulse. If RF pulses are applied sufficiently quickly: the magnetization
does not recover fully between pulses and develops a steady-state magnetisation Mss that is
distinct from M0. After n RF pulses (played out every TR), the longitudinal magnetization
can be expressed as:

Mz(tTR+1) = Mz(tTR)e
� TR

T1 cos(a) + M0(1 � e�
TR
T1 ) (3.14)

when a steady state for the longitudinal magnetisation is reached Mz(tTR) = Mz(tTR+1) =
Mss, yielding:

Mss =
M0(1 � e�

TR
T1 )

1 � cos(a)e�
TR
T1

(3.15)

Mxy = Mss sin(a) =
M0(1 � e�

TR
T1 )

1 � cos(a)e�
TR
T1

sin(a). (3.16)

Taking into account T⇤
2 relaxation leads to:

Mxy(t) = Mss sin(a) =
M0(1 � e�

TR
T1 )

1 � cos(a)e�
TR
T1

sin(a)e
� TE

T⇤2 . (3.17)

T⇤
2 and T1 maps can be obtained by acquiring several dataset with varying values of the

echo time (for T⇤
2 ) or repetition time (TR) or the flip angle (a) and fitting the acquired data in

a non-linear fashion voxel-by-voxel with the relevant part of equation 3.17. The two different
methods for T1 quantification are called Variable Repetition Time (VTR) and Variable Flip
Angle (VFA), respectively (Christensen et al., 1974).

3.8 Ultrashort Echo Time Sequences

This section provides an introduction of Ultrashort Echo Time sequences as well as their use
and differences from standard MRI sequences (Bergin et al., 1991; Tyler et al., 2007; Qian
et al., 2012).

The need for UTE sequences arises because the main source of signal collected with stan-
dard MRI sequences used daily in the clinical practice, are free or loosely bound water pro-
tons. However, it has been estimated that 20 % to 30 % of the hydrogen signal (i.e. signal
originating from tightly bound water protons) remains undetected with clinical MRI (Duck,
2013).
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As a result, tissues containing high amounts of tightly bound water, as is the case with
water bound to collagen fibres (or in cortical bone), are very challenging or nearly impos-
sible to image using standard MRI sequences. The difficulty in imaging tendons lies in the
presence of highly ordered collagen fibres, which causes a non isotropic tumbling motion
that results in the destruction of the coherent magnetisation due to rapid dephasing, yield-
ing very short values of T⇤

2 . A comprehensive review of the physical principles of the MRI
signals of so-called "short T⇤

2 tissues" and the sequences used for imaging them is presented
in the book (Bydder et al., 2012).

UTE sequences employ extremely short excitation pulses and echo times, thus allowing
to capture the signal of short T⇤

2 tissues. As the name suggest, they are characterised by a
short Echo Time (calculated as the time interval from the end of the RF excitation pulse and
the beginning of the acquisition) smaller than 1 ms. Both 3D and 2D acquisition schemes
are available: a 3D acquisition scheme provides more efficient RF excitation but it requires
more acquisition time. On the other hand, a 2D scheme is faster but prone to slice profile
inaccuracies (Johnson et al., 2013).

TR

RF

Gx

Gy

Gz

TE1

ADC

TE2

FIGURE 3.6: Sequence diagram of an echo train shifted 3D Ultrashort Echo Time sequence. The 3D
radial "spikey ball" sampling scheme is represented by the different shading of the gradient ampli-

tudes.

For the 3D acquisition, the excitation pulse is typically a hard non-selective pulse, fol-
lowed by 3D encoding gradients. A detailed sequence diagram is shown in Figure 3.6. For
2D acquisition the excitation pulse is typically a half-pulse: i. e. two consecutive excitations
with the second one having its gradient polarity reversed. The data from both excitations
are then combine to encode a single line in k-space. For both 2D and 3D sequences the ac-
quisition scheme is non-Cartesian. For 3D sequences different approaches ranging from a
radial inside out spokes (spikey ball) (Herrmann et al., 2016; Krämer and Maggioni et al.,
2019), spiral (Gurney et al., 2006) or stack of stars (Kronthaler et al., 2021) are available. An
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additional advantage of the the non-cartesian k-space sampling is the oversampling of the
centre of the k-space which increases protection against motion and fold-over artifacts.

3.9 B1-field mapping and correction

B1-field mapping refers to the need to appropriately map the spatial distribution of the trans-
mitted RF field, because its inhomogeneities can affect the final quantification of T1. This
section introduces the concept of B1-field mapping and describes the most commonly used
techniques for this application. In the following section, the magnitude of the ~B1 vector field
will be indicated as B1.

These inhomogeneities arise due to interactions between the RF field and the measured
subject or sample, and have a much greater effect at higher field strengths (� 3T) due to a
reduction of the RF wavelength with increasingly larger magnetic field strengths. If the RF
wavelength is in the same order of magnitude as the imaged object, constructive or destruc-
tive interferences of the transmitted RF field occur in the measured sample (Collins et al.,
2005). These interferences lead to spatially varying amplitude and phase of the transverse
magnetic field (so called B1 inhomogeneities) which, in turn, cause spatially varying flip
angles, ultimately causing erroneous T1 parameter estimation and inhomogeneous signal
intensity. FLASH sequences in particular are affected by B1 inhomogeneities (Zelaya et al.,
1997; Dietrich et al., 2008) because their T1-weighting, besides TR, depends on the flip angle,
as shown in equation 3.17.

B1-field mapping sequences can be divided in two main subcategories: phase-based and
magnitude-based methods.

Signal phase-based B1-field mapping

The Bloch-Siegert method (Bloch and Siegert, 1940; Sacolick et al., 2010) is a well known
example of a phase-based B1 mapping method. This approach uses a Gradient Echo (GRE)
acquisition with a strong off-resonance pulse after the initial excitation and before acqui-
sition (Figure 3.7): the first RF pulse creates a transverse magnetisation, while the second
creates an incremental phase in the transverse magnetisation, which is B1-dependent.

Conceptually, the resonance frequency of a spin experiences a shift when a strong enough
off-resonance RF pulse is applied. This causes the spin to precess at a frequency that depends
on the magnitude of B1 and the difference between the spin resonance and the RF frequency
(wRF). After the application of the off resonance RF pulse the effective B1 field for an on-
resonance spin is (Sacolick et al., 2010):

gBe f f
1 =

q
wRF(t)2 + (gB1(t)2). (3.18)
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a

RF

ADC

awRF

TE

FIGURE 3.7: Bloch-Siegert sequence diagram, note the off resonance (Fermi) pulse (wRF) after the
initial RF excitation, which encodes the B1 inhomogeneities into the phase of the signal. However,
the additional pulse results in a long echo time (TE) before acquisition. Note that no spatial encoding

is shown in this sequence diagram.

Please note that equation 3.18 is given in the rotating frame of the RF pulse. If the applied
pulse is strongly off-resonance, we can assume wRF >> gB1, thus leading to the approxima-
tion of 3.18 as:

gBe f f
1 ⇡ wRF(t) + wBS(t) (3.19)

where wBS= (gB1)
2

2wRF
is the small off-resonant contribution along the direction of Be f f

1 . The
effective frequency due to the Bloch-Siegert phenomenon causes spins to accumulate a phase
as:

fBS =
Z t

o
wBS(t) dt (3.20)

where t is the duration of the off-resonance pulse. The expected phase shift can be cal-
culated from 3.20 for any pulse B1(t) with frequency offset wRF. Undesired phase sources
are removed by taking the phase difference between two images acquired one with the off-
resonance frequency of the Bloch Siegert pulse set to wRF and one with -wRF.

Signal magnitude-based B1-field mapping

In contrast to the Bloch-Siegert method, the Actual Flip Angle Imaging method (AFI) is a
signal magnitude-based B1-field mapping technique (Yarnykh, 2007). This method employs
a dual steady state acquisition characterised by two interleaved TRs, where the B1 map can
be calculated by the ratio of the two signals.

As illustrated in Figure 3.8, the acquisition is GRE with RF pulses of flip angle a separated
by interleaved TRs: TR1 and TR2. Similar to many GRE sequences, the underlying assump-
tion is that: after a number of sequence repetitions, the magnetisation reaches a steady state.
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TR1
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ADC

a a a

Gx

Gy

Gz

FIGURE 3.8: AFI sequence diagram with interleaved RF pulses, all with the same flip angle a, char-
acterised by two different repetition times T1 and T2. Note the large gradient spoiler along the z

direction necessary to achieve "perfect spoiling" conditions.

However, the distinctive aspect of the AFI method is the use of a pulsed steady-state signal
acquisition (Nehrke, 2009), where both TR1 and TR2 are shorter than T1. This approach cir-
cumvents the limitation present in prior methods that required prolonged relaxation delays
between sequence repetitions.

Under the assumption of ideal spoiling, a consecutive solution of the Bloch equations
results in expressions for the longitudinal components of the magnetisation (Yarnykh, 2007):

Mz1 = M0
1 � E2 + (1 � E1)E2 cos a

1 � E1E2 cos2 a

Mz2 = M0
1 � E1 + (1 � E2)E1 cos a

1 � E1E2 cos2 a

(3.21)

where Ei=e(�
TRi
T1

). After a RF pulse, the received signal is:

Si = Mz,ie
(� TRi

T2
) sin a. (3.22)
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Assuming that TRi � T1 and applying first order approximation, it follows:

Ei = e(�
TRi
T1

) ⇡ 1 � TRi
T1

. (3.23)

Inserting 3.23 in 3.22 and taking the ratio of S1 and S2 leads to:

r =
S2
S1

⇡ 1 + n cos a

n + cos a
, (3.24)

where n= TR2
TR1

. Which allows to calculated the actual flip angle (a) as follows:

a ⇠ arccos
rn � 1
n � r

. (3.25)

The GRE acquisition of the AFI method makes it compatible with UTE sequences, but its
effectiveness fully depends on achieving "perfect spoiling" conditions, which (in the cur-
rent implementations) results in extremely long acquisition times. Furthermore, the method
provides limited accuracy for tissues with very short T1.

3.10 Diffusion and fat-water signal separation

In this section the fundamentals of two additional quantitative MRI parameters will be ex-
plored. These parameters are diffusion and fat-water quantification, which have a variety
of uses in MRI but are of particular interest for the quantification of parameters in muscles
as they can indirectly provide informations about muscles’ composition and structure. This
is due to the fact that the values of these quantitative parameters are influenced by factors
such as muscle fibres’ size, orientation and composition.

Diffusion Weighted Imaging

Diffusion is defined as the stochastic motion of molecules or atoms in fluids or gases as a
consequence of random movements due to thermal energy, T. According to the Einstein-
Stokes equation (Einstein, 1905) the diffusion coefficient (which is a measure of the mobility
of a particle in a medium) can be expressed as:

D =
kBT

6phr
(3.26)

where kB is the Boltzmann constant, h the viscosity of the medium and r the radius of the
particle. Diffusion can be investigated by diffusion sensitized MRI sequences, where D can
be extracted by taking into account the signal attenuation caused by diffusion. After the ap-
plication of a 90 degree RF pulse the water protons start to dephase as described in section
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3.5. If a subsequent 180 degree pulse is applied, in the absence of diffusion, it would re-
establish phase coherence resulting in maximum signal intensity. However, in the presence
of diffusion, the protons will have moved, experiencing slightly different local fields dur-
ing dephasing than during rephasing. This discrepancy leads to a signal decay as follows
(Stejskal and Tanner, 1965):

S(g) = S0e(�Dg2g2d2(D� d
3 )) (3.27)

where g is the amplitude, d the duration of the gradient and D the interval between the first
and second diffusion gradient, Gdi f f (as shown in Figure 3.9). Equation 3.27 can be rewritten
as:

S(b) = S0e(�bD) (3.28)

where b = g2g2d2(D � d
3) represents the so-called b-value: it stands for the strength of the

diffusion weighting, created by the diffusion gradients. By acquiring multiple images with
varying b-values, and fitting the data to 3.28, the value of the diffusion coefficient D, in a
given tissue, can be estimated and parametric maps can be computed enabling quantitative
assessment of the diffusion values (Portakal et al., 2018).

RF

Gdi f f

ADC

TE

90�

d

180�

D

TE/2TE/2

FIGURE 3.9: Pulse Gradient Spin Echo (PGSE) sequences. The phases of stationary spins are un-
affected by the diffusion gradients (Gdi f f ), in contrast the diffusing spins experience a mismatch
between the phases acquired during each gradient pulse, leading to a loss of coherence and diffusion

dependent signal attenuation.

Thus far, only isotropic diffusion has been considered, yielding a scalar value of the dif-
fusion coefficient. However, in biological tissues the diffusion of free water molecules is
hindered by the presence of macromolecules, fibres, cell membranes and other sub cellular
structures. For this reason, it is beneficial to introduce the concept of the Apparent Diffusion
Coefficient (ADC). Typically smaller than the value of the self diffusion coefficient D, the
ADC accounts for these obstructions.

Moreover, in biological samples, the aforementioned constraints on the water molecule
movement tend to lack spherical symmetry. Instead, they exhibit a preferred direction along
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which the diffusion coefficients are significantly higher compared to the other directions.
Which leads to the expression of D as tensor to account for different diffusion coefficients
along different directions.

D =

2

64
Dxx Dxy Dxz

Dxy Dyy Dyz

Dxz Dyz Dzz

3

75 (3.29)

Intra Voxel Incoherent Motion (IVIM) (Le Bihan et al., 1988; Le Bihan, 2019) is an ex-
tension of diffusion MRI, which allows differentiation between free water diffusion and
perfusion-related signal attenuation due to blood circulation in capillaries. This differen-
tiation provides additional insights into the micro circulation of the investigated tissues and
can be beneficial for the characterisation of healthy tissue such as muscle (Filli et al., 2015) as
well as to highlight a pathological state. A comprehensive review of IVIM for skeletal mus-
cle analysis is presented by (Englund et al., 2022). The signal decay in IVIM can be described
by (Le Bihan et al., 1988):

S = S0( f e�b(D+D⇤)) + (1 � f )e�bD) (3.30)

where D⇤ is the additional attenuation coefficient as a consequence of perfusion and f is the
perfusion fraction (i.e. the fraction of the signal originating from protons in blood vessels).

Fat-water signal separation

The chemical shift phenomenon describes a small shift in the resonance frequency of a pro-
ton due to its partial shielding from the external magnetic field by the surrounding electron
cloud. For instance, a proton within a lipid molecule (characterised by long hydrocarbon
chains) feels a slightly weaker magnetic field than a proton in a water molecule. For a field
strength of 3T this corresponds to a shift in the resonance frequency of about 428 Hz, which
causes water and fat protons to precess at slightly different frequencies. The resonance fre-
quency shift causes the magnetisation vectors of water and fat protons to be aligned (or in
phase) or anti-aligned (or out of phase) depending on how much time has passed since the
RF excitation (see Figure 3.10).

By acquiring images at different echo times (both in phase and out of phase) and lin-
early combining them it is possible to generate separate water (Sw) and fat (S f ) images and
calculate the percentage of fat in the investigated tissues as follows (Ma, 2008):
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fat
water

t=0 ms t=0.58 ms t=1.16 ms

t=1.74 ms t=2.32 ms

FIGURE 3.10: Behaviour of the water and fat magnetisation vectors after a RF pulse. Immediately
after the RF pulse the two vectors are in phase, since the water protons are less shielded than the
lipid protons, they process slightly faster, leading to both destructive (circa 1.16 ms after the pulse)

and constructive interferences.

SF =
Sin phase � Sout of phase

2

SW =
Sin phase + Sout of phase

2

(3.31)

This method of fat-water signal separation is called Dixon method (Dixon, 1984), and is
widely applied for musculoskeletal applications due to its robustness and the ability to be
combined with both GRE and SE acquisitions (Lins et al., 2020). However, it is important
to point out that this method is sensible to B0 field inhomogeneities, which could lead to
incorrect quantification of fat for some voxels.
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4. Objectives of the work
The primary goal of this work was to evaluate and optimise quantitative MRI techniques
for less well researched areas of the musculoskeletal system. The applications of these tech-
niques were in two distinct areas: the tendons of the knee and lumbar back muscles, each
posing unique challenges due to their microstructural characteristics.

The knee application focused on quantitative methods in previously scarcely imaged and
highly ordered collagen rich areas, such as tendons of the knee. These tissues, traditionally,
are known to be difficult to image with conventional MRI due to their fast decaying signal.
The goal was to assess the feasibility of employing UTE sequences (Qian et al., 2012) to
enable quantitative T1 and T⇤

2 analysis in these tissues. Given the difficulties in imaging of
tendons there is a scarcity of literature available for comparison and testing the robustness
of accurate quantification (Kijowski et al., 2017; Ma et al., 2019). The strategy to address
this gap included using values in other (better researched) areas for indirect validation and
employing two different methods to measure the values of T1, and compare their results.

The lumbar back muscle pilot study aimed at developing a protocol to investigate whether
physiological adaptations caused by different training routines are reflected in changes of
MR quantitative parameters. While these differences have been previously detected with
a variety of invasive (such as biopsies (Flück et al., 2019)) and non invasive (such as elec-
tromyography (Schönau and Anders, 2023)) methods, incorporating an imaging approach
would aid in the understanding of such physiological adaptations. The pilot study’s focus
was on potential differences at rest, stemming from long-term sports practice, contrasting
with the immediate consequence of an exercise intervention most commonly investigated
in literature. For this purpose, a multi parametric protocol was developed, expanding upon
the parameters used in the knee application, to investigate which quantitative parameters
were more sensitive to these changes and could be used to help interpret changes in healthy
muscle tissues.

One common challenge in the first two objectives is accurate quantification of T1 in the
presence of B1 inhomogeneities. To address this issue, B1 correction is necessary. Therefore,
an overarching goal is to implement B1 correction methods with existing state of the art
techniques (Sacolick et al., 2010), wherever feasible, while also proposing optimised meth-
ods addressing the unique challenges of B1 mapping with UTE acquisition. In conclusion,
the goals of this work were to evaluate state of the art quantitative MRI methods, demon-
strate the feasibility of the use of such methods in short T⇤

2 tissues and develop optimizations
where necessary, to provide insights in different tissues of the musculoskeletal system.
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A B S T R A C T

Quantification of magnetic resonance (MR)-based relaxation parameters of tendons and ligaments is challenging
due to their very short transverse relaxation times, requiring application of ultra-short echo-time (UTE) imaging
sequences. We quantify both T1 and T2* in the quadriceps and patellar tendons of healthy volunteers at a field
strength of 3 T and visualize the results based on 3D segmentation by using bivariate histogram analysis. We
applied a 3D ultra-short echo-time imaging sequence with either variable repetition times (VTR) or variable flip
angles (VFA) for T1 quantification in combination with multi-echo acquisition for extracting T2*. The values of
both relaxation parameters were subsequently binned for bivariate histogram analysis and corresponding cluster
identification, which were subsequently visualized. Based on manually-drawn regions of interest in the tendons
on the relaxation parameter maps, T1 and T2* boundaries were selected in the bivariate histogram to segment the
quadriceps and patellar tendons and visualize the relaxation times by 3D volumetric rendering. Segmentation of
bone marrow, fat, muscle and tendons was successfully performed based on the bivariate histogram analysis.
Based on the segmentation results mean T2* relaxation times, over the entire tendon volumes averaged over all
subjects, were 1.8ms± 0.1ms and 1.4ms±0.2ms for the patellar and quadriceps tendons, respectively. The
mean T1 value of the patellar tendon, averaged over all subjects, was 527ms± 42ms and 476ms± 40ms for
the VFA and VTR acquisitions, respectively. The quadriceps tendon had higher mean T1 values of
662ms± 97ms (VFA method) and 637ms± 40ms (VTR method) compared to the patellar tendon. 3D volu-
metric visualization of the relaxation times revealed that T1 values are not constant over the volume of both
tendons, but vary locally. This work provided additional data to build upon the scarce literature available on
relaxation times in the quadriceps and patellar tendons. We were able to segment both tendons and to visualize
the relaxation parameter distributions over the entire tendon volumes.

1. Introduction

Patellar tendinopathy often affects athletes of various disciplines
and is mainly caused by tendon overuse, although the origin of the
pathology is still incompletely understood [1]. Thus, insight into the
MR relaxation properties of tendons and ligaments may be highly va-
luable to detect and potentially understand possible pathological

developments due to the intricate interplay between water molecules
and tendon tissue [2]. Conventional MR imaging protocols commonly
applied in clinical practice are typically only able to detect later stages
of the diseases, as direct imaging of ligaments and tendons by means of
magnetic resonance imaging (MRI) is challenging due to the short T2*
relaxation times in compact tissues, typically ranging between 0.5ms
and 2.5ms [3–6]. With such fast decaying transverse magnetizations,
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tendons and ligaments appear characteristically black with no mea-
surable signal on the images when data are acquired with conventional
MRI sequences. However, with recent advances in ultra-short echo-time
(UTE) imaging sequences, direct imaging of tendons has become pos-
sible, offering the possibility to quantify their relaxation parameters.
Typically, UTE imaging sequences use 2D half pulses [7,8] or non-se-
lective short rectangular radiofrequency (rf) pulses [9–12] for excita-
tion to achieve echo times (TE) below 1ms. With the introduction of
UTE sequences, interest in the quantitative analysis of tendons tissues
has been steadily increasing. Previous studies have demonstrated re-
levant changes in the T2* relaxation time as a consequence of loading
[13], disease (e.g., diagnosed patellar tendinopathy [6]) and physical
activity [14]. While the relevance of identifying changes of T1 [5] is
currently still under discussion, this work nevertheless explores the
possibility of creating a single imaging protocol to quantify both
parameters, T2* and T1.

Various methods have been proposed to quantify T1 relaxation time
constants. Most methods combine an inversion pulse with fast low-
angle shot (FLASH) or spin-echo based acquisition modules [15–17].
With UTE imaging, however, applying any spin-echo based technique in
tissues with very short T2/T2* relaxation times is challenging because
the necessary time span between excitation and formation of a spin-
echo initiated by the refocusing rf-pulse is usually too long. Further-
more, combining 3D-UTE imaging with hard pulse excitation, as used in
this study, with an inversion pulse is not convenient because truly in-
verting short T2* components is challenging and total acquisition time
would be considerably increased. For these reasons, estimation of T1
with UTE sequences typically applies either the variable flip angle
(VFA) [18,19] or the variable repetition time (VTR) [20] technique.
Both methods exploit the fact that the steady state magnetization of a
gradient-echo FLASH based UTE sequence can be deliberately modified
by changing either the acquisition flip angle or the repetition time (TR).

So far, quantification of relaxation parameters in ligaments and
tendons has focused mostly on the Achilles tendon [3,4,21–23], while
only few studies have focused on tendons of the knee [6,24]. It was thus
the aim of this work to apply isotropic, 3D, multi-echo UTE imaging
with both VFA and VTR techniques to estimate T1 in the patellar and
quadriceps tendons and to compare the extracted values between the
two methods. Implementing the sequence as a multi-echo, gradient-
echo sequence enabled us to also extract effective transverse relaxation
times T2*. Due to the isotropic spatial resolution, 3D visualization of the
relaxation time parameters of the patellar and quadriceps tendons was
facilitated.

2. Material and methods

2.1. T1 estimation with VFA and VTR

UTE imaging sequences typically use gradient-echo based, FLASH-
type, acquisition schemes with short repetition times in combination
with low flip-angles for fast acquisition. The equilibrium signal in such
sequences is given by:

=S M sin exp TR T
exp TR T cos

TE T( ) 1 ( / )
1 ( / )· ( )

·exp( / )0
1

1
2 (1)

with initial magnetizationM0, flip angle α, repetition time TR and echo-
time TE. While the three parameters T1, T2*, and M0 in Eq. (1) are
object-specific, the three parameters, TR, TE and α, can be controlled
directly via the imaging sequence parameter settings. Considering only
data acquired at a particular echo time removes the dependency from
T2* as a fit parameter and reduces Eq. (1) to an equation containing
only two parameters, p0 and T1:

=S TR p sin exp TR T
exp TR T cos

( , ) ( ) 1 ( / )
1 ( / )· ( )0

1

1 (2)
where the termsM0 and exp TE T( / )2 have been merged together into a

single fit parameter p0. Data acquired with a set of different flip angles
in case of VFA or a set of different repetition times in case of the VTR
method can then be fitted to Eq. (2) for extracting T1.

2.2. UTE imaging protocol

A radial 3D-UTE sequence with non-selective hard pulse excitation
and center-out spikey-ball trajectory was applied [12]. To avoid digital
filtering artifacts affecting the first sampling points, the data sampling
was switched on 20 μs before ramping-up the gradients. Constant z-
spoiling was applied at the end of each repetition in order to spoil re-
sidual magnetization. Multi-echo acquisition was performed in a
monopolar fashion during one readout train by using rephasing gra-
dients between the echoes.

Measurements were performed on five volunteers aged between 24
and 50 years old (three male and two female) without known pathol-
ogies on a 3 T whole-body MRI scanner (Magnetom PRISMA, Siemens
Healthineers, Erlangen, Germany) using a 16-channel NORAS Variety
flex coil (NORAS MRI products GmbH, Höchberg, Germany). All vo-
lunteers gave written informed consent following the guidelines of the
institutional ethics committee. Imaging data were acquired with a field-
of-view (FoV) of (160× 123× 100) mm3 and an acquisition matrix
size of 80× 61× 50, resulting in an isotropic spatial resolution of
(2.0× 2.0× 2.0) mm3. For each filled k-space, a total of 12,590 radial
spokes were acquired with a readout bandwidth of 125 kHz. The
duration of the rectangular excitation pulse was 150 μs. VTR acquisition
was performed using five different repetitions times of 8ms, 16ms,
30ms, 50ms and 80ms, and a constant flip angle of 25°. VFA data were
acquired with five different flip angles of 5°, 12°, 20°, 30° and 38°, and
TR of 20ms. Both VTR and VFA protocols acquired 3 echoes with echo-
times of 0.10ms, 2.48ms and 4.90ms to allow extracting of T2*. The
total acquisition time was 63min (41min of VTR and 22min of VFA,
respectively). The multi-echo 3D-UTE sequence and the order of the
VFA and VTR acquisitions are depicted in Fig. 1.

2.3. Image reconstruction and relaxation parameter fitting

Images were reconstructed offline using MATLAB (The MathWorks,
Inc., Natick, Massachusetts, United States of America) using re-gridding
with iterative sampling density compensation and an optimized kernel
[25]. Using the first echo of the VFA or VTR data series, spatial maps of
the T1 relaxation time were created by fitting the data to Eq. (2) voxel-
by-voxel. To extract T2* relaxation times, all VFA and VTR datasets
were exponentially fitted to corresponding power images computed
from the magnitude data [26]. To account for a potential noise bias
[27], the squared exponential fitting was performed with an additional
offset parameter. Reconstructed mid-sagittal slices from the isotropic
3D-UTE datasets were used to draw regions-of-interest (ROI) manually
in the mid-tendon regions of the patellar and quadriceps tendons. The
ROIs were drawn on difference images calculated between the first and
second echoes, and subsequently applied to both the T2* and T1 maps.
The extracted relaxation times were averaged over all voxels of the
ROIs and compared between both tendons as well as the VFA and VTR
techniques. On average, the ROIs included 38 and 57 voxels for the
patella and quadriceps tendon, respectively. Fig. 2 shows the ROIs and
the fit curves in the quadriceps tendon for one single subject. Finally,
the average relaxation times were used as boundary parameters for the
subsequent bivariate histogram analysis.

2.4. Bivariate histogram analysis

Prior to the calculation of bivariate histograms between T2* and T1,
the 3D relaxation parameter maps were masked to exclude contribu-
tions from noise regions outside the knee. Masking was performed by
intensity thresholding of the magnitude image of the first echo, fol-
lowed by erosion and dilation to remove outliers. To refine the mask, a
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connectivity analysis was performed to find the connected components
in the binary mask with the largest volume. Following extraction of the
largest connected component, the resulting binary mask was further
processed by closing all holes within the mask with an inverse flood fill
operation, i.e., all voxels that cannot be reached by flood filling from
the edges of the FoV [28]. The masking process is illustrated for one
dataset in Fig. 3.

After masking the 3D relaxation parameter maps, bivariate histograms
were calculated by binning the T1 and T2* relaxation times of all voxels
into equally sized bins. Because the T1 relaxation times extracted from the
VFA and VTR datasets were very similar (see Fig. 4), only the T1 values
from the VFA method were used for creating the histogram as this method
has a shorter acquisition time and is therefore better suited for clinical
applications. Clearly visible clusters in the histograms were manually

Fig. 1. (a) Sequence diagram depicting the 3D multi-echo UTE acquisition using rectangular excitation pulses with flip angle αn, echo times TE1, TE2 and TE3, and
repetition time TRm. (b) The course of the experiment showing the order of the different flip angles (VFA method) and repetition times (VTR method).

Fig. 2. Placement of tendon ROIs in a single subject for the quadriceps (blue) and patellar (green) tendons (upper left). The three plots show the measured signal and
the fit results for T2* (upper right), T1 (VFA) (lower left) and T1 (VTR) fitting (lower right), averaged over the ROIs of the quadriceps tendon. The colored bands depict
the standard deviation over the ROIs.
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outlined by drawing ROIs around them, and subsequently visualized using
3D surface reconstruction. To improve the masks resulting from this his-
togram analysis and to remove outliers, a connectivity analysis similar to
that described above was performed prior to visualization, retaining only
the largest connected components of the masks. Since no prominent
cluster was found in the bivariate histogram located in the range of the

extracted T1 and T2* times of the patellar and quadriceps tendons, a ROI
was placed in the histogram encompassing a rectangular region in the
ranges of 1.0ms<T2*<3.0ms and 350ms<T1<900ms. Finally, the
masks of those cluster ROIs corresponding to bone marrow and the pa-
tellar and quadriceps tendons were visualized using a T1- and T2*-based
color-encoded semi-transparent 3D volumetric rendering.

Fig. 3. Illustration of the masking process for the input data to remove outliers prior to bivariate histogram calculation. (Top row) Processing steps for obtaining
masked data, including thresholding, erosion and dilation, connectivity analysis and inverse flood filling, applied to a single slice. (Bottom row) Results of the
individual processing steps projected over the entire slice stack.

Fig. 4. Left: T2*-map of a single subject, scaled between 0ms and 12ms. Middle and right: T1-maps of the same subject, scaled between 100ms and 1800ms, for both
the VFA and the VTR methods, respectively. In both maps the patellar and the quadriceps tendons are easily identified by their different relaxation times to the
surrounding tissues.

Fig. 5. Box plots of the T2* relaxation times derived from manually drawn ROIs in the patellar and quadriceps mid-tendons, obtained from all multi-echo 3D-UTE
acquisitions with different flip angles (VFA) and repetition times (VTR).
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3. Results

As shown in Fig. 4, both the patellar and quadriceps tendons were
clearly identifiable on the calculated T2* maps due to their short T2*
relaxation times. Since the longest echo-time acquired was only 4.9ms,
the numerical values obtained for other tissues with longer T2* re-
laxation time constants are more uncertain and likely underestimated
and should thus be compared with caution to values from the literature.
By comparing the inter-individual mean T2* values, extracted from the
manually drawn ROIs in the mid-tendons, for a wide range of acquisi-
tion parameters of the VTR and VFA approach (Fig. 5), several effects
are observed: (1) the patellar tendon reveals a broader inter-individual
variation of T2* values (ranging from 1.2ms to 1.9ms) compared to the
quadriceps tendon with a range of 1.2ms to 1.6ms; (2) averaged over
the VFA and VTR acquisitions and all subjects, the mean T2* of the
quadriceps tendon is slightly lower (1.4ms±0.2ms) compared to the
patellar tendon (1.6ms± 0.2ms); (3) for the different flip angles and
repetition times, the intra-individual T2* variation was up to 15% for
VFA and 9% for VTR, suggesting only small multi-compartment effects
on T2* within the tendons; (4) in the patellar tendon, the VFA-based T2*
values were slightly higher compared to the VTR-based results.

Fig. 4 also displays maps of the T1 relaxation times for both
methods. Both the quadriceps and patellar tendons have distinctly
different T1 relaxation times compared to their surrounding tissues,
making it easy to identify them. The visual appearance as well as the
numerical T1 values of the tendons derived from the mid-tendon ROIs
are comparable between the two methods, with the T1 values obtained
with the VFA method being slightly higher than those obtained with the
VTR method. The mean mid-tendon T1 values of the patellar tendon,
averaged over all subjects, were 501ms± 67ms and 453ms±59ms
for the VFA and VTR acquisitions, respectively. Compared to the pa-
tellar tendon, the quadriceps mid-tendon had higher mean T1 values of
716ms±131ms and 670ms±82ms for VFA and VTR, respectively.
The differences in T1 between the patellar and quadriceps mid-tendon
ROIs were statistically significant (p<0.05) in a two-sided Wilcoxon
rank sum test with p-values of 0.02 (VFA) and 0.01 (VTR), respectively.

The bivariate histogram (Fig. 6) revealed several well-delineated
clusters, exhibiting similar relaxation parameters in the range of
150ms<T1<450ms and 3ms<T2*< 7ms. Also visible is a broader
cluster in the range of 800ms<T1<1500ms and
5ms<T2*< 11ms. In the specific relaxation time range for the pa-
tellar and quadriceps tendons, estimated from the previous mid-tendon
ROI analysis (1.5ms<T2*< 2.5ms and 400ms<T1< 850ms), no

distinct clusters were visible. By separating and masking the bivariate
histogram, the tissue types underlying the clusters became evident
(Fig. 7). The narrow and sharp clusters between 150ms<T1< 450ms
and 3ms<T2*< 7ms mainly reflect bone marrow (Fig. 7, blue), as
well as fat and skin (Fig. 7, green), while the broader cluster with
higher T1 values (Fig. 7, yellow) can be primarily attributed to muscle
tissue. By placing an ROI in the range of 1.0 ms<T2*< 3.0ms and
350ms<T1< 900ms in the bivariate histogram, the patellar and
quadriceps tendons could also be extracted (Fig. 7, red). The boundaries
of this ROI were extended from the previously obtained mid-tendon
values to allow inclusion of more voxels in the transitory regions of the
tendons, specifically the patella and tibia entheses.

Average relaxation parameter distributions obtained after seg-
menting the entire tendon volumes from the bivariate histograms are
shown as box plots in Fig. 8 and Fig. 9 for T2* and T1, respectively.
Compared to the ROI-based, mid-tendon results (see Fig. 4), the vo-
lume-averaged T2* values show less variation between both subjects
and methods. The mean T2* value in the patellar tendon was
1.8 ms±0.1ms, which was again longer compared to the quadriceps
tendon (mean T2*= 1.4ms± 0.2ms). Overall, volume-based mean T2*
values were approximately 10% to 15% larger compared to ROI-based
mid-tendon results.

Volume-based, average T1 relaxation times were 527ms± 42ms
(VFA) and 476ms± 40ms (VTR) in the patellar tendon, and
662ms±97ms (VFA) and 637ms±40ms (VTR) in the quadriceps
tendon. Again, the VTR method consistently resulted in shorter T1 re-
laxation times compared to the VFA method. Compared to the mid-
tendon ROI analysis, the T1 relaxation times averaged over the entire
tendon volume were comparable within 10%.

Based on the segmentation of the patellar and quadriceps tendons
(Fig. 7, red), a color-coded 3D volumetric rendering was created to
visualize the distributions of T1 and T2* values over the entire tendon
volume (Fig. 10), including parts of the tendons entheses. Inspection of
these volumetric renderings indicates that T1 is not constant over the
volume of the tendons but contains “hot spots” in some subjects as well
as an increase in the relaxation time towards the entheses. On the other
hand, T2* shows stronger variations between subjects, which may be
related to magic angle effects [2,22] due to possible different knee
orientations with respect to B0. Another reason for these higher varia-
tions could be partial volume effects due to the limited spatial resolu-
tion.

Fig. 6. Bivariate histogram (left) and logarithmically-scaled bivariate histogram (right) of T1 and T2* showing the color-coded number of voxels corresponding to the
respective relaxation times. Several clusters are identifiable in the histogram on the left, corresponding to different tissues. The logarithmic scaling on the right
visualizes broader clusters otherwise hidden in the background.
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4. Discussion

The mean T2* relaxation time of 1.8 ms for the patellar tendon is
comparable with the only known literature reference of 2.0 ms [4].
Similar to the current work, data in that study had also been acquired in
vivo and with a 3 T field strength. Although it is conceivable that dif-
ferent tendons in the body should have comparable T2* relaxation
times, no reference data could be found in the literature for the quad-
riceps tendon. With T2* being much longer than the duration of the
short rectangular rf-pulse used for excitation (1.8 ms≫ 0.15ms), re-
laxation effects during the rf-pulse [19,29] should be negligible for the
analysis of the VFA and VTR data in estimating T1. The observed dif-
ferences in T2* between the VFA and VTR methods in the patellar
tendon (Fig. 5) might be related to subject motion and partial volume
effects due to the limited spatial resolution. Since the datasets were

acquired sequentially, even small movements of the subjects between
the scans can cause changes in T2* as the ROIs shift out of their mid-
tendon position. This effect should be more pronounced with the pa-
tellar tendon as it is thinner than the quadriceps tendon and thus more
susceptible to motion. The higher volume averaged T2* values com-
pared to the mid-tendon ROI analysis might be related to the decreases
of T2* towards the center of the tendons. The intra-individual variation
of T2* with changing flip angle (VFA) or repetition time (VTR) indicates
the presence of multiple compartments with different T1 relaxation
times. Such compartments could be collagen bound water and free
water, having different T1 and T2* relaxation times. However, the
overall influence of the different T1 weightings on T2* was <15% of the
mean T2* for all subjects and measurements.

Since the VTR and VFA techniques both resulted in comparable T1
relaxation times in both tendons, future studies are likely to favor the

Fig. 7. Based on the bivariate histogram displayed in Fig. 6, clusters were manually selected (top left) and visualized as a 3D surface (bottom left). The colors
correspond to bone marrow (blue), patellar and quadriceps tendons (red), muscle (yellow), as well as skin and other fatty tissue (green). On the right, a combination
of all extracted surfaces is shown.

Fig. 8. Box plots of the T2* relaxation times, averaged over the entire patellar and quadriceps tendons after segmentation, and obtained from all multi-echo 3D-UTE
acquisitions with different flip angles (VFA) and repetition times (VTR).
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VFA technique due to its shorter acquisition time. Due to the already
long total acquisition time, we restricted the maximum TR in our study
to 80ms with the VTR technique. Considering that the T1 relaxation
times in both tendons are significantly longer, more extended TRs
would have been necessary for optimal sampling of the T1 saturation
recovery curves with VTR. Consequently, the T1 relaxation times ob-
tained with the VTR technique in our study are most likely under-
estimated, especially since additional water compartments with longer
T1 relaxation times might exist in tendons. This assumption of under-
estimation is further supported by the fact that the VFA-based T1 values
were slightly longer for both tendons and all subjects than the VTR
results. The VTR technique, on the other hand, could be of advantage
when performing T1 mapping on high field (preclinical) systems, for
which the rf-pulse performance may be inferior regarding stability of
flip-angles or B1 inhomogeneity effects may be stronger. In the present
study, B1 inhomogeneities were not taken into account for several
reasons. Mapping of B1 in tendons or tissues with very short T2* re-
laxation times is generally challenging because standard B1 mapping
techniques [30–32] do not show signal in such tissues and calibrate

their flip angles consequently on long T2 tissues, or require very long
TRs, which are impractical for isotropic 3D acquisitions. One promising
approach for B1 mapping is the actual flip angle imaging (AFI) method
[33,34], which uses an interleaved acquisition with two different re-
petition times. This method has only recently been demonstrated to
work with 3D UTE acquisition; however, with an anisotropic resolution
[24,35]. A major limitation of UTE-AFI based B1 mapping is a highly
prolonged total acquisition time when applied with isotropic high re-
solution, as is advantageous for 3D segmentation and visualization.
Because B1 inhomogeneities were not corrected in this study, the ob-
tained T1 values of the patellar and quadriceps tendon could be over- or
underestimated, where the over- or underestimation may also depend
on blurring from surrounding tissues and chemical shift artifacts.

The only known reference data for T1 values in the patellar and
quadriceps tendons are 656±43ms and 800± 66ms, respectively
[24]. While comparable, these values are slightly higher than those
found in the current study. As outlined above, these differences are
likely due to the application of B1 correction based on UTE-AFI in ref.
[24], which could result in increased T1 values. Another reason for the
discrepancy may be ROI placement. As demonstrated by the 3D vi-
sualization (Fig. 10), T1 varies within the tendons on the individual
level, implying that placement and size of ROIs can affect the mean
values. The differences in T1 between both tendons could be due to the
fact that the patellar tendon is a ligament connecting bone to bone (i.e.,
patella to tibia), whereas the quadriceps tendon connects bone to
muscle (patella to quadriceps). Available 3D segmentation techniques,
and thus 3D mapping of T1 and T2* distributions, should enable future
studies to investigate physiological influences, such as age, physical
training or pathologies, on changes in these distributions of relaxation
parameters over the entire tendon volume.

The bivariate histogram analysis of the relaxation time maps ap-
plied in the present work is limited by three major factors. First, only
three echoes with short echo times (4.9ms being the longest) were
acquired, from which T2* was estimated. This could have resulted in
underestimation of the values derived for tissues with longer T2* re-
laxation times, and therefore, caused the clusters in the histogram to be

Fig. 9. Comparison between T1 relaxation times obtained from VFA and VTR in
the mid-tendon regions (blue) of the patellar (left) and quadriceps tendon (right)
and the entire tendon volumes after segmentation (red).

Fig. 10. Color-coded volumetric 3D renderings of T1 (top) and T2* (bottom) for all five subjects. For geometrical reference, the segmented bones are also shown semi-
transparently with gray levels.
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compressed in the range along the T2* axis. Second, the spatial re-
solution of 2.0× 2.0× 2.0mm3 is relatively low, which is due to the
fact that both VFA and VTR were acquired for comparing the T1 map-
pings, and total measurement time was limited to approximately 1 h to
reduce motion between separate scans with different flip angles and
TRs. Future experiments should not only omit the VTR scan entirely,
but should also combine the 3D-UTE acquisition and reconstruction
with acceleration techniques, such as SENSE [36,37] or compressed
sensing [38], to benefit from reduced scan time and increased spatial
resolution. Lastly, by combining the VFA acquisition with B1 mapping
and inhomogeneity compensation, and using advanced shimming for B0
homogenization, the extent of the T1 and T2* clusters in the bivariate
histogram may be reduced, potentially leading to a more robust and
fully-automatic 3D segmentation.

By comparing the relaxation times obtained from the manually
drawn mid-tendon ROIs with the values averaged over the segmented
tendon volume, we could show that placement of ROIs is crucial for
obtaining consistent and trustworthy results. Although the obtained
relaxation times were comparable for both T2* and T1, the inter-in-
dividual variations were reduced by averaging over the entire seg-
mented tendon volumes. Variations in the mid-tendon ROIs might have
been caused by partial volume effects, motion between the separate
VFA and VTR scans or by errors in drawing the manual ROIs.

In conclusion, we have demonstrated similar T1 relaxation para-
meters extracted from 3D-UTE VFA and VTR acquisitions for knee
tendons, and contributed additional reference data to the currently
sparse literature regarding relaxation times in the quadriceps and pa-
tellar tendons. Furthermore, by combining 3D isotropic T1 and T2*
mapping of the entire knee with a bivariate histogram analysis, we were
able to segment the quadriceps and patellar tendons, and visualize the
relaxation parameter distributions over the entire tendon volume.
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A B S T R A C T   

Quantifying T1 relaxation times is a challenge because inhomogeneities of the B1 field have to be corrected to 
obtain proper values. It is a particular challenge in tissues with short T2* values, for which conventional MRI 
techniques do not provide sufficient signal. Recently, a B1-field correction technique called AFI (Actual Flip angle 
Imaging) has been introduced that can be combined with UTE (ultra-short echo-time) sequences, which have 
much shorter echo times compared to conventional MRI techniques, allowing quantification of signal in short T2* 
tissues. A disadvantage of AFI is that it requires very long relaxation delays between repetitions to minimize the 
influence of imperfect spoiling of transverse magnetization on signal behavior. In this work, we propose a novel 
spoiling scheme for the AFI sequence that efficiently provides accurate B1 correction maps with strongly reduced 
acquisition time. We validated the method with both phantom and preliminary in vivo results.   

1. Introduction 

With MRI being certainly one of the most versatile and powerful 
diagnostic imaging modalities, the evolution toward quantification has 
further increased its potential by enabling non-invasive quantitative 
mapping of various parameters [1]. Basic quantitative parameters 
include the relaxation time constants T2, T2* and T1. Accurate mapping 
of these parameters and their subsequent careful analysis promises a 
possible assessment of early stages of degeneration in tissues [2,3]. This 
is of particular importance in the field of musculoskeletal MRI, for 
example in the diagnosis of osteoarthritis or anterior cruciate ligament 
injury, as changes in tissue composition may be manifested in these 
parameters prior to structural degradation [1–4], allowing early diag-
nosis and treatment. 

In contrast to T2/T2* quantification of musculoskeletal tissues, for 
which there are a large number of methods in the literature, T1 quan-
tification has always been considered much more difficult, since in-
homogeneities of the B1 field (reflected in the flip angle estimates) are 
one of the major sources of uncertainty in T1 estimation [5,6]. This is 
especially true for the often used VFA (Variable Flip Angle) method. 
While this method is time efficient [4], it is highly susceptible to inac-
curacies in the excitation flip angles. This problem becomes even more 
relevant with clinical high-field MRI systems, for which B1 variations 
can lead to T1 estimation errors of up to 30% [5,6]. This, in turn, 

requires spatial B1 field maps to correctly quantify T1; however, there is 
no direct way to measure the B1 field distribution for a given rf- 
excitation coil. Consequently, many “indirect methods” have been pro-
posed, most of which are based on acquiring two consecutive mea-
surements and calculating the B1 field correction map from signal ratios. 
One of the simplest ideas is the so-called Double Angle Method (DAM) 
[7,8], where images with two different flip angles (ϑ and 2ϑ) are ac-
quired and then combined. However, this method results in long 
acquisition times, high rf-power deposition, and potential registration 
problems between the two separately acquired images [9]. Other, phase- 
based, methods employ composite RF pulses [10] or apply off-resonance 
pulses to generate a phase shift with an associated phase accumulation 
that has been shown to encode the B1 field [11,12]. 

However, most of these methods have shown a dependence on the T1 
value [13] and suffer from extremely long acquisition times, which often 
makes them unsuitable for clinical applications. Furthermore, all of 
these methods perform poorly when applied to tissues with short T2* 
values, whose transverse relaxation times range from about 100 μs or 
less to a few ms at most. For echo-times of at least a few milliseconds, as 
used by the above techniques, the signal is almost completely decayed in 
short T2*-tissues, such as tendons, ligaments or compact bone. Conse-
quently, B1 maps extracted from conventional B1 mapping techniques 
contain missing or erroneous values for such tissues. With recent ad-
vances in ultrashort echo-time (UTE) imaging and its increasing use 
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[14–16], a robust B1-mapping technique that can be easily combined 
with UTE acquisition would greatly improve the applicability of T1 
mapping of short T2* tissues. 

One B1 mapping technique that can be combined with UTE acqui-
sition is the recently proposed Actual Flip angle Imaging (AFI) [17]. The 
AFI sequence [17,18] acquires two signals (S1 and S2) with different 
repetition times (TR1 and TR2) but constant flip angle in an interleaved 
manner and has been shown to be suitable for in vivo applications. One 
particular advantage of AFI is that it does not require preparation pulses 
or spin-echoes [19] and can therefore be combined with UTE imaging. 

The main disadvantage of AFI is that it uses a pulsed steady-state 
signal that has been shown to be strongly affected by incomplete 
spoiling [18,20–23], potentially leading to incorrect B1 correction fac-
tors. The latter can be improved by “perfect” spoiling of the residual 
transverse magnetization by combining large gradient spoiler areas [18] 
with optimized values of the radiofrequency phase increment [20–23]. 
RF spoiling is achieved by varying the phase of the RF pulse between 
each TR by a specific phase increment φ, for which different values have 
been proposed for different applications [17]. In the works of Yarnykh 
[17,18] and Nehrke [23] it has been discussed that a diffusional 
dephasing effect, caused by large gradient spoiler areas, contributes to 
the stabilization of the AFI method. This is beneficial to make the 
method more robust, as the dephasing of the residual transverse 
magnetization becomes less dependent on the actual, commonly fixed, 
value of the phase increment used by the vendors. The latter can differ 
due to differently implemented rf-spoiling schemes. Often these fixed 
values can only be modified by the user if there is access to the source 
code of the sequence. On the other hand, the large gradient spoiler areas 
associated with the additional dephasing can lead to prohibitively long 
acquisition times, since a long TR is required to accommodate the 
gradient spoilers in the sequence. Long acquisition times can further 
lead to substantial heating of the gradient system, which in turn can 
cause B0-drifts [24] during the AFI measurement. 

In the present study, an alternative gradient spoiling scheme for a 
UTE-AFI sequence is proposed that allows smaller gradient spoilers by 
introducing randomization of the direction of the spoiler gradients in the 
x-y plane. The method is applied to UTE based Variable Flip Angle T1 
quantification, compared with current literature, and validated with a 
comprehensive phantom analysis and an in vivo example. 

2. Materials and methods 

2.1. Theory of AFI 

Consider an MRI gradient echo sequence characterized by identical 
RF pulses and two alternating repetition times TR1 and TR2; assuming 

that the latter are short compared to T1 of the tissue under study, a 
pulsed-steady-state condition is reached. In the pulsed steady state, the 
longitudinal magnetizations Mz1, 2 before the next pulse are obtained 
from a consecutive solution of the Bloch equations [25], as shown by 
Yarnykh [17]: 

Mz1 = M0
1 − E2 + (1 − E1)E2cosϑactual

1 − E1E2cos2ϑactual
(1)  

Mz2 = M0
1 − E1 + (1 − E2)E1cosϑactual

1 − E1E2cos2ϑactual
(2)  

E1, 2 stands for e
−TR1,2

T1 , respectively, and the two signals S1 and S2 can be 
expressed as follows: 

S1,2 = Mz1,2e
−TE
T*

2 sinϑactual (3) 

A B1 field correction map can be calculated from the ratios r and n 
between the two signals S1 and S2 and the repetition times TR1 and TR2 
as follows: 

r = S2
S1

= 1 − E1 + (1 − E2)E1cosϑactual

1 − E2 + (1 − E1)E2cosϑactual
(4)  

n = TR2
TR1

(5) 

Assuming that TR1 and TR2 are short compared to the measured T1, 
the term r can be simplified applying a first order exponential 
approximation: 

r = 1 + ncosϑactual

n + cosϑactual
(6)  

from which ϑactual can be derived 

ϑactual = arccosr∙n − 1
n − r (7)  

ϑactual is the actual flip angle that deviates from the nominally selected 
flip angle, ϑnominal, due to B1 inhomogeneities. Consequently, a map of 
the B1-field correction factor can be calculated for each voxel: 

B1 corr.fact. = ϑactual
/

ϑnominal (8) 

From Eqs. (6)–(7) it can be seen that increasing n translates to 
increased variability of r, allowing smaller changes in flip angle to be 
measured (higher dynamic range). However, there is a trade-off between 
increasing n and acquisition time constraints. In the literature [17], 
values for n between 4 and 6 have been found to be optimal when 
coupled with a nominal flip angle (ϑnominal) range between 40◦-80◦ for 

Fig. 1. Sequence diagram of the proposed AFI methods. A short delay is implemented between data acquisition and the ramping up of the gradients [26]. Note that 
the spoiling gradients in the z direction are kept constant [26], while the direction of the spoiling gradients in the x-y-plane is random (represented by the different 
line styles). 
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AFI acquisition. 

2.2. Imaging sequence 

The AFI sequence was implemented by adding two adjustable 
interleaved TRs to a 3D radial center-out UTE sequence with hard pulse 
excitation [27]. Further modifications included the introduction of 
gradient spoilers in all three spatial directions with adjustable gradient 
areas for TR1 and TR2. While in the z-direction the gradient spoilers were 
played out alternately with the two different preselected gradient areas, 
the direction of the gradient spoilers in the x- and y-plane was addi-
tionally randomized for each TR. A sequence diagram is shown in Fig. 1. 
The randomized x-y spoiling was achieved by using the rand() function 
of the C++ standard library to choose a random rotation angle of the 
spoiling gradient between 0 and 360◦ in the x-y-plane. This randomi-
zation yields different rotation angles for each run of the sequence. The 
goal of changing the direction of the x-y spoiling with each TR was to 
scramble the residual transverse magnetization to stabilize the steady- 
state of the sequence. To investigate the influence of the RF phase 
increment φ on the AFI derived B1 maps and its dependence on the 
gradient spoiling, the sequence also allowed repetition of data acquisi-
tion for different values of φ (sweep from 0◦ to 180◦ in steps of 4◦), thus 
ensuring that a full RF phase increment sweep was performed in a single 
sequence run without intermediate scanner readjustments. All mea-
surements were performed on a clinical 3 T whole-body MRI scanner 
(Magnetom PRISMA, Siemens Healthineers, Erlangen, Germany) using 
the vendor supplied single channel transmit and receive knee coil. The 
proposed method, characterized by constant z-spoiling and additional 
randomized gradient spoilers in the x- and y-direction, was optimized 
and validated with both phantom and in vivo experiments on two 
phantoms. One phantom consisted of two cylindrical tubes (diameter: Ø 
2 cm), while the other one was composed by a roll of adhesive tape 
(known to be a short T2* material [28]) and four cylindrical tubes. The 
tubes were filled with agar and aqueous solutions with different 
Gadovist concentrations (0.6 mM, 0.5 mM, 0.19 mM, 0.04 mM) to mimic 
typical T1 values of in vivo tissues (estimated nominal T1 of 450 ms, 550 
ms, 1200 ms and 2800 ms, respectively). In addition, T1 quantification 
in the knee of a healthy volunteer (f., 27 y) was performed as an in vivo 
application of the proposed method. 

2.3. Optimization of the proposed method 

A phantom experiment was performed to explore the influence of TR, 

spoiler gradient area (AG) and RF phase increment value on the 
extracted T1 values after B1 correction to optimize the proposed method. 
A total of 15 AFI measurements were acquired with different TR1/TR2 
and AG1/AG2 combinations (see Table 1). Each measurement was 
repeated with a sweep of the RF phase increment (ranging from 0◦ to 
180◦ in steps of 4◦) to investigate the effect on the final T1 maps. Each 
AFI B1-field correction map (see Eq. (8)) was used to correct the T1 maps 
of the same phantom obtained from a VFA acquisition [27] with a set of 
different flip angles (5◦, 9◦, 11◦, 15◦, 22◦, 25◦, 30◦, 35◦, 40◦) and three 
different TRs of 20 ms, 15 ms and 10 ms to match the TR1 of the cor-
responding AFI scan (Table 1). The acquisition time of the AFI mea-
surement (for a single φ value) was 6.58 min, 5.12 min and 3.29 min for 
TR of 20 ms, 15 ms and 10 ms, respectively. 

2.4. Comparison with other B1-mapping techniques 

To test the validity of the proposed method and to demonstrate its 
ability to retrieve signal in short T2* species, an experiment was per-
formed on a “short T2* phantom”. Three different AFI measurements 
were acquired: one with the parameters proposed by Yarnykh [18] and 
two with the proposed method with TR1/TR2 of 10/50 ms and gradient 
areas of 27/130 ms∙mT/m and 55/280 ms∙mT/m, respectively. The AFI 
measurements were used to correct a UTE VFA-based T1 quantification. 
For comparison, a vendor supplied gradient echo sequence was used to 
implement a VFA-based T1 mapping, which was corrected with a vendor 
supplied TurboFLASH B1 mapping sequence [29]. The flip angles used 
were (5◦, 8◦, 11◦, 15◦, 20◦, 24◦) and the TR was 10 ms for both the UTE 
and standard GRE sequence. The TurboFLASH B1 mapping method is 
characterized by a slice-selective preconditioning pulse that precedes 
the FLASH acquisition. This slice-selective pre-pulse was acquired with a 
nominal flip angle of 80◦, whereas the FLASH acquisition used a flip 
angle of 8◦. Other acquisition parameters that were kept consistent be-
tween the VFA, AFI and Cartesian GRE acquisition were (2 × 2 × 2) mm3 

isotropic resolution with an acquisition matrix size of 64 × 64 × 64. 

2.5. Comparison with literature 

In a subsequent phantom experiment using the tubes with nominal 
T1 values of 450 ms and 1200 ms, those combinations of TRs and spoiler 
gradients that had provided the most stable quantitative T1 results in the 
previous AFI measurements were compared with existing methods 
proposed in the literature. These methods included: (I) constant spoiling 
in z-direction and TR1/TR2 of 20/100 ms to accommodate the large 
gradient areas of 447/2236 ms∙mT/m [18,22]; (II) randomized RF 
phase and constant spoiling along the z-direction [30,31], (III) random 
spoiling along the z-direction [32], and (IV) randomized RF phase with 
additional randomized spoiling along the z-direction [33]. Table 2 
summarizes these methods and the abbreviations used to refer to them 
in the following. The implementation of the methods (III) and (IV) 
required additional sequence modifications to allow for both random-
ized spoiling along the z-direction and a random RF phase value at the 
end of each TR. Furthermore, the measurements with method (IV) were 

Table 1 
List of scans acquired during the first phantom experiment. The first column 
denotes the scan number (same Roman numbering is used in Fig. 2), the second 
lists the common settings of some of the sequences, while the last column con-
tains the areas of the spoiling gradients (note that the values of the gradient 
areas AG1 and AG2 are the same for the spoiling gradient in z-direction and in the 
randomized direction in the x-y-plane for a selected scan). The TRs are in ms and 
the areas of the gradients are in mT⋅ms/m.  

Scan Sequence characteristics Spoiler gradient areas 

I zconst, TR1/TR2 = 20/100 447/2236 
II 55/280 
III zconst, xyrand TR1/TR2 = 20/100 447/2236 
IV 55/280 
V 27/130 
VI 11/60 
VII 5/33 
VIII zconst, xyrand TR1/TR2 = 15/75 55/280 
IX 27/130 
X 11/60 
XI 5/33 
XII zconst, xyrand TR1/TR2 = 10/50 55/280 
XIII 27/130 
XIV 11/60 
XV 5/33  

Table 2 
Summary of AFI-based B1 correction methods from the literature tested against 
the proposed method, with the corresponding references and the abbreviations 
and Roman numerals used to refer to them in the text.  

Sequence characteristics Abbreviations References 

Constant z-spoiling (I) zconst [Yarnyk] [18] 
Constant z-spoiling & random rf 

phase (II) 
zconst, ϕrand [Zur et al.] [Freeman and 

Hill] [30,31] 
Random z-spoiling (III) zrand [Darrasse et al.] [32] 
Random z-spoiling & random rf 

phase (IV) 
zrand, ϕrand [Lin and Song] [33] 

Constant z-spoiling & randomized 
x-y-spoiling (V) 

zconst, xyrand Proposed method  
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repeated 45 times in order to test the robustness and repeatability of the 
RF phase randomization. Both the proposed method (V) and the 
methods from the literature (I–IV) were used to acquire AFI maps and 
correct VFA-based T1 quantification performed with the corresponding 
TRs and acquisition parameters as described before using the same 
phantom. 

Further sequence parameters, specific for all AFI phantom experi-
ments, were n = TR2/TR1 of 5, FA of 45◦ and 600 dummy cycles. For 
both the AFI and VFA acquisitions, an isotropic spatial resolution of (2.5 
× 2.5 × 2.5) mm3 with an acquisition matrix size of 48 × 48 × 48, 1200 
Hz/pixel bandwidth, and 100 μs pulse duration was chosen. 

For comparison, 2D multi-slice inversion recovery data were ac-
quired using a vendor-supplied Cartesian sequence to generate T1 maps 
of the phantom as ground truth. The inversion times used were: 50 ms, 
100 ms, 200 ms, 300 ms, 400 ms, 500 ms, 800 ms, 1200 ms, 1800 ms, 
2500 ms, 3000 ms, 3900 ms. Other acquisition parameters were (0.6 ×
0.6 × 1) mm3 anisotropic resolution and TR of 16 s. 

2.6. In vivo experiment 

As a proof of concept, an AFI-based B1 correction map was created to 
correct the VFA-based T1 estimates in the knee of a 27-year-old healthy 
volunteer with no known pathologies after the subject provided written 
informed consent following the institutional ethics committee guide-
lines. The knee is a good candidate for validation of our proposed 
method because it contains tissues with a wide range of T1 values 
originating from short T2* species that can only be quantified with UTE, 
such as tendons and cortical bone, but also from longer T2* tissues such 
as muscle, fatty tissue and bone marrow. A vendor supplied gradient 
echo sequence was used for VFA-based T1 mapping as a comparison of 
the proposed UTE AFI method, and a TurboFLASH B1 map with the same 
acquisition parameters as in the “short T2* phantom” experiment was 
used to correct the standard GRE VFA acquisition. The VFA dataset was 

acquired with 6 different flip angles (5◦, 8◦, 12◦, 14◦, 22◦, 25◦) and TR =
10 ms, while the AFI-sequence parameters were TR1/TR2 = 10/50 ms (i. 
e., n = 5), flip angle = 45◦, and dummy cycles = 600. All datasets were 
acquired with the same anisotropic resolution of (1.8 × 1.8 × 3.8) mm3. 

3. Results 

3.1. Phantom experiments 

Boxplots of T1 relaxation times for the tube with a nominal T1 value 
of 1200 ms are shown in Fig. 2 for the different TR combinations, 
gradient spoiling schemes and RF phase increment values. With the 
largest values for AG1 and AG2 of 447 mT⋅ms/m and 2236 mT⋅ms/m, 
respectively, and TR1/TR2 of 20/100 ms (ratio n = 5), as suggested by 
Yarnykh [18], a small residual dependence of T1 on the RF phase 
increment was observed (I). As expected and known from literature, a 
reduction of the gradient area values (with almost unchanged ratio) led 
to a significantly stronger dependence of T1 on the RF phase increments 
(II). With additional randomized spoiling in x- and y-direction, this 
phase increment dependence was effectively eliminated, resulting in a 
consistent T1 estimation independent of φ (III). Most importantly, this 
observation persisted as AG1 and AG2 were progressively reduced to 27 
mT⋅ms/m and 139 mT⋅ms/m (IV & V). The latter values are a factor of 
16 smaller than the original spoiling values suggested by Yarnykh [18] 
(I). With further reduction of the gradient pulse areas down to 11 
mT⋅ms/m and 69 mT⋅ms/m (VI) or even lower (VII), the variations in T1 
again became strongly dependent on the RF spoiling phase increment. 
When reducing the repetition times TR1 and TR2 to values of 15 ms and 
75 ms (VIII to XI) or 10 ms and 50 ms (XII to XV) while applying the 
same spoiling gradients as in scans IV to VII, the same effects in T1 
variation were observed. These results suggest that TR1 and TR2 in the 
AFI-sequence can be reduced to 10 ms and 50 ms and the spoiling 
gradient pulse areas to 27 mT⋅ms/m and 139 mT⋅ms/m, respectively, 

Fig. 2. Boxplots of the estimated T1 relaxation times for different repetition time combinations (TR1/TR2) and gradient spoiling schemes (AG1/AG2). The different 
values for the RF phase increment (ranging from 0◦ to 180◦ with a step size of 4◦) are visualized as horizontal spread within each block. Results are shown for the tube 
with water doped with a concentration of 0.19 mM Gadovist (nominal T1 = 1200 ms). The dashed vertical black lines separate the different measurements by 
grouping them according to the spoiling scheme and the TRs used for the acquisition (see also Table 1). 
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while maintaining the independence of the T1 estimate from the RF 
phase increment and providing results comparable to the highest gra-
dients amplitudes and longest TR values. Ultimately, this leads to 
significantly shorter total acquisition times (a scan acquired with TR 20 
ms takes 6.58 min, whereas a scan acquired with TR 10 ms requires only 
3.29 min). We also tested sequences with lower gradient areas and 
different TR combinations (see VI, VII, X, XI, XIV, XV), but these were 
considered too unstable due to the large fluctuation in the estimation of 
the T1 values. 

Fig. 3 displays the T1 results for the different spoiling methods re-
ported in the literature for the phantom tube with a nominal T1 value of 
450 ms for two different combinations of AG1/AG2 and TR1/TR2 (Fig. 3a 
and b; see also Table 3 for a summary of the results for both phantom 
tubes). Both parameter combinations were compared with the reference 
[18] (first panel in Fig. 3). The methods (II, IV) with randomized RF 
phase increments, ϕrand, still show significant fluctuations of T1 between 
the different repetitions of the measurements, which is more pro-
nounced for the lower gradient pulse areas in Fig. 3b and reflected in the 
increased standard deviation of the estimated T1 values (Table 3) 
compared to the corresponding values in Fig. 3a. In contrast, the pro-
posed zconst, xyrand method with constant spoiling in randomized di-
rections in the x-y-plane (V) not only effectively eliminated the RF phase 
increment dependence of the T1 estimation, but also provided quanti-
tative results with a maximum error of 2%. Furthermore, the results 
obtained by the proposed method (V) were in good agreement with the 
T1 values of the conventional inversion recovery sequence used as 

Fig. 3. Estimated T1 relaxation times for TR1/TR2 and AG1/ 
AG2 ratios of (a) 15/75 ms and 55/280 mT⋅ms/m and (b) 10/ 
50 ms and 22/111 mT⋅ms/m, along with the reference with 
TR1/TR2 and AG1/AG2 ratios of 20/100 ms and 447/2236 
mT⋅ms/m. Results shown are calculated for the tube containing 
0.6 mM Gadovist (nominal T1 = 450 ms). From left to right are 
shown different spoiling schemes as proposed in the literature 
(the rightmost panel presents the results of the method pro-
posed in this work). The different values for the RF phase 
increment (ranging from 0◦ to 180◦ with a step size of 4◦) or 
the repeated acquisitions for the measurements with random 
RF phase are visualized as horizontal spread within each block. 
The green colored area in (a) and (b) indicates the reference T1 
value obtained from the inversion recovery sequence including 
a single standard variation over the used ROI as width. (For 
interpretation of the references to colour in this figure legend, 
the reader is referred to the web version of this article.)   

Table 3 
Summary of T1 estimates after AFI B1 correction for the tubes of the phantom for 
the different methods used. Each column corresponds to a method (see Table 2), 
with the rightmost column showing the results of the inversion recovery method 
used as ground truth. The results are given as mean value ± std. (in ms) derived 
from corresponding regions-of-interest (ROIs). The upper part of the table refers 
to the experiment with TR1/TR2 and AG1/AG2 ratios of 15/75 and 55/280 (see 
Fig. 3a), while the lower part refers to the experiment with TR1/TR2 and AG1/ 
AG2 of 10/50 and 22/111 (see Fig. 3b).  

TR1/TR2 = 15/75, AG1/AG2 = 55/280 

Method 
tube 

I zconst II zrand, 
ϕrand 

III zrand IV zconst, 
ϕrand 

V zconst, 
xyrand 

Inv-Rec 

1 467 ±
6 

465 ± 6 465 ±
12 

462 ± 9 462 ± 2 463 ± 7 

2 1174 
± 18 

1193 ±
27 

1185 ±
80 

1165 ±
57 

1165 ± 6 1176 ±
18  

TR1/TR2 = 10/50, AG1/AG2 = 22/111 
Method 

Tube 
I zconst II zrand, 

ϕrand 

III zrand IV zconst, 
ϕrand 

V zconst, 
xyrand 

Inv-Rec 

1 468 ±
6 

472 ±
15 

488 ±
44 

482 ± 40 465 ± 3 463 ± 7 

2 1167 
± 18 

1203 ±
42 

1279 ±
120 

1298 ±
117 

1174 ±
12 

11 76 
± 18  
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ground truth. This is true for both gradient and TR combinations chosen 
according to the optimization experiment. 

3.2. Comparison with other B1-mapping techniques 

Fig. 4 shows, in the top row, the B1 maps for the “short T2* phantom”. 
The first three B1 maps were obtained using the UTE AFI method. Here, 
the implementation proposed by Yarnykh [18] is compared with two 
different gradient combinations of our proposed method (27/130 
ms∙mT/m and 55/280 ms∙mT/m, respectively). The AFI maps were 
smoothed with a Gaussian filter of 2 × 2 mm2 [34]. The last map is the 
result from a vendor supplied TurboFLASH B1 mapping sequence. The 
bottom row shows the B1 corrected T1 maps for both the AFI and regular 
GRE acquisition. For both the B1 and T1 maps, it is apparent that UTE 
sequences, while able to retrieve signals in short T2* species (in this case, 

the circular roll of tape around the tubes) where standard GRE acqui-
sition fails, still provide robust T1 quantification in agreement with more 
conventional sequences. Results for T1 quantification in each tube can be 
found in Table 4. A comparison of the two B1 maps obtained with the 
proposed implementation of the AFI method reveals slightly higher level 
of noise for the map obtained with a lower gradient combination (27/ 
130 ms∙mT/m), which is reflected in the slightly increased standard 
deviation values for the calculated T1. Although this does not signifi-
cantly affect the B1 correction and subsequent T1 quantification, it can 
be speculated that this reduction of SNR stems from the reduction in the 
acquisition TRs. 

3.3. In vivo experiment 

Fig. 5 shows T1 maps (before and after B1 correction) of a midsagittal 
slice of the knee together with the corresponding B1 maps of the same 
slice. The top row shows the result from a conventional acquisition, 
while the bottom row represents the UTE results corrected by the pro-
posed method. The lower T1 values toward the edge of the FoV in the 
uncorrected maps (left) are corrected by applying the B1 correction 
(center) for both the standard and UTE acquisition. However, it is visible 
that the conventional acquisition contains erroneous values for the B1 
map in the short T2* tissues (such as tendons and cortical bone), whose 
values appear abnormally high, resulting in an incorrect estimate of the 
T1 of such tissues. T1 values were determined in several selected regions- 
of-interest (ROIs) and are listed in Table 5 and compared with literature 
values. 

4. Discussion and conclusion 

The addition of randomized x-y-spoiling to the AFI-sequence resulted 
in a more consistent T1 estimate independent of the RF phase increment 
compared to other methods previously presented in the literature. At the 
same time, smaller spoiling gradients could be used, which allowed us to 
reduce TR, which is not possible with the very large spoiling gradients 
proposed by Yarnykh [18]. This resulted in a significant reduction of 

Fig. 4. Top row: B1 maps of the “short T2* phantom”. The first three maps (a-c) are based on a UTE AFI sequence, while the last map (d) was derived from a 
conventional GRE acquisition. Bottom row: Corresponding T1 maps derived from the UTE and GRE acquisitions. The UTE AFI maps were acquired with (a) zconst, TR1/ 
TR2 = 20/100 ms and AG1/AG2 = 447/2236 mT∙ms/m; (b) zconst, xyrand, TR1/TR2 = 10/50 ms and AG1/AG2 = 27/130 ms∙mT/m; and (c) zconst, xyrand, AG1/AG2 =
55/280 ms∙mT/m, respectively. 

Table 4 
Summary of T1 values extracted from different ROIs in the “short T2* phantom” 
after B1-field correction for both the AFI method and standard Cartesian GRE. All 
the results are quoted as mean ± std. dev. and provided in ms.  

Tissue UTE T1 VFA- 
AFI zconst, 
AG1/AG2 =
447/2236 

UTE T1 VFA- 
AFI zconst, 
xyrand AG1/ 
AG2 = 27/130 

UTE T1 VFA- 
AFI zconst, 
xyrand AG1/ 
AG2 = 55/280 

GRE T1 VFA 
After B1 
correction 

Tube 1 
(0.5 
mM) 

497 ± 3 496 ± 5 496 ± 3 505 ± 32 

Tube 2 
(0.04 
mM) 

2868 ± 157 2852 ± 189 2840 ± 152 2851 ± 347 

Tube 3 
(0.6 
mM) 

388 ± 3 387 ± 4 387 ± 3 385 ± 13 

Tube 4 
(0.19 
mM) 

1224 ± 22 1212 ± 32 1218 ± 24 1234 ± 50 

Tape 378 ± 12 375 ± 16 374 ± 12 –  
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acquisition time by a factor of up to two, while the estimation accuracy 
of T1 still remained in an acceptable range (below 2% error). 

The reason why our proposed method is more stable is due to both 
the specific acquisition scheme and the additional randomization 
implemented in the x-y-plane spoiling. In the literature, only constant 
and random z-spoiling have been previously combined with either 
constant or random RF phase increments [30–33]. This differs from our 

method proposed here, where constant z-spoiling acting in one spatial 
direction was combined with additional randomized spoiling in the x-y- 
plane to effectively destroy residual transverse magnetization. One dif-
ference from other studies using randomized spoiling [32,33] is that in 
our work only the direction, but not the strength of the spoiling gradi-
ents was randomized. We implemented and tested the proposed ran-
domized x-y-gradient spoiling for a 3D radial center-out UTE 
acquisition. Although it seems plausible that the proposed method also 
works for Cartesian sequences, it has been shown [33] that the center- 
out implementation of the 3D-UTE sequence is beneficial for the 
added randomized x-y spoiling and thus could contribute to the stability 
of the method. This is because from radially acquired data, the recon-
structed k-space is obtained by combining data from readouts that all 
pass through the center of k-space, effectively averaging smaller signal 
fluctuations. This potentially adds increased protection to the 3D AFI- 
based B1-field correction against artifacts that could have resulted 
from the additional randomization due to x-y-spoiling. 

Our method of AFI-based B1-field correction was also applied to knee 
data in vivo, where the effect of the correction was clearly seen. The 
corrected T1 values were quantitatively consistent with current litera-
ture [34–38], including short T2* tissues such as tendons and ligaments. 
Since UTE-AFI has emerged as one of the few methods capable of 
providing B1 correction for short T2* species in vivo [34], the ability to 
reduce acquisition time while maintaining the accuracy of T1 estimation 
may lead to wider application of UTE-based T1 quantification sequences. 

In conclusion, the proposed method is able to achieve stable B1 
mapping to correct VFA-based T1 estimation and outperforms alterna-
tive methods in the literature in terms of acquisition time. In our setting, 
we were able to reduce the latter by half. Further studies are needed and 

Fig. 5. Left: T1 maps before B1 correction of a VFA knee image of a 27-year-old volunteer (conventional acquisition in the top row, UTE-based acquisition in the 
bottom row). Center: T1 maps after B1 correction (scaled between 0 ms and 1500 ms). Right: B1 correction maps acquired with vendor supplied TurboFLASH 
acquisition (top row) and with the proposed zconst, xyrandAFI method acquired with TR1/TR2 = 10/50 ms and AG1/AG2 = 55/280 ms∙mT/m (bottom row). ROIs used 
to extract representative T1 values are superimposed on the TurboFLASH B1 map. 

Table 5 
Summary of T1 values extracted from different ROIs in the knee of a volunteer 
before and after B1-field correction. All values are quoted as mean ± std. dev. 
and given in ms.  

Tissue UTE T1 
VFA 

UTE T1 
VFA-AFI 

GRE T1 
VFA 

GRE T1 
VFA 

T1 from 
literature 

Before AFI 
correction 

zconst, 
xyrand 
TR1/ 
TR2 =
10/50 

Before B1 
correction 

After B1 
correction 

Patellar 
tendon 

600 ± 59 640 ±
56 

1103 ±
620 

1135 ±
950 

~ 637 
[34] 

Quadriceps 
tendon 

592 ± 30 768 ±
38 

766 ± 189 908 ± 223 ~ 779 
[34] 

Bone 
marrow 

313 ± 5 337 ± 8 332 ± 16 335 ± 21 ~ 135 
[35] – 381 
[36] 

Muscle 1424 ±
112 

1411 ±
156 

1544 ±
162 

1442 ±
138 

~1256 
[36] – 
1420 [37]  
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should be performed to explore the scope of the method and to better 
understand the relationship between randomized x-y-spoiling and 3D 
radial radial-out k-space acquisition. 
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[16] Krämer M, Herzau B, Reichenbach JR. Segmentation and visualization of the 
human cranial bone by T2* approximation using ultra-short echo time (UTE) 
magnetic resonance imaging. Z Med Phys 2020;30:51–9. https://doi.org/10.1016/ 
j.zemedi.2019.06.003. 

[17] Yarnykh VL. Actual flip-angle imaging in the pulsed steady state: a method for 
rapid three-dimensional mapping of the transmitted radiofrequency field. Magn 
Reson Med 2007;57:192–200. https://doi.org/10.1002/mrm.21120. 

[18] Yarnykh VL. Optimal radiofrequency and gradient spoiling for improved accuracy 
of T1 and B1 measurements using fast steady-state techniques. Magn Reson Med 
2010;63:1610–26. https://doi.org/10.1002/mrm.22394. 

[19] Nehrke K, Börnert P. DREAM—a novel approach for robust, ultrafast, multislice B1 
mapping. Magn Reson Med 2012;68:1517–26. https://doi.org/10.1002/ 
mrm.24158. 

[20] Yarnykh VL. Effect of the phase increment on the accuracy of T1 measurements by 
the variable flip angle method using a fast RF spoiled gradient echo sequence. In: 
Proceedings of the 15th Annual Meeting of ISMRM, Berlin, Germany; 2007 
(Abstract 1796) n.d.:1. 

[21] Yarnykh VL. Improved accuracy of variable flip angle T1measurements using 
optimal radiofrequency and gradient spoiling. In: Proceedings of the 16th Annual 
Meeting of ISMRM, Toronto, Ontario, Canada; 2008 (Abstract 234) n.d.:1. 

[22] Yarnykh VL. Optimal spoiling of the transverse magnetization in the Actual Flip- 
angle Imaging (AFI) sequence for fast B1 field mapping. In: Proceedings of the 16th 
Annual Meeting of ISMRM, Toronto, Ontario, Canada; 2008 (Abstract 3090) n.d.:1. 

[23] Nehrke K. On the steady-state properties of actual flip angle imaging (AFI). Magn 
Reson Med 2009;61:84–92. https://doi.org/10.1002/mrm.21592. 

[24] Benner T, van der Kouwe AJW, Kirsch JE, Sorensen AG. Real-time RF pulse 
adjustment for B0 drift correction. Magn Reson Med 2006;56:204–9. https://doi. 
org/10.1002/mrm.20936. 

[25] Bloch F. Nucl Induct Phys Rev 1946;70:460–74. https://doi.org/10.1103/ 
PhysRev.70.460. 
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Abstract 
Adaptations in muscle physiology due to long-term physical training have been monitored 
using a variety of methods: ranging from invasive techniques, such as biopsy, to less invasive 
approaches such as electromyography (EMG), to a variety of quantitative magnetic resonance 
imaging (qMRI) parameters. Typically, these latter parameters are assessed immediately after 
exercise. In contrast, this work assesses such adaptations in a set of qMRI parameters obtained 
at rest in the muscles of the lumbar spine. 

To this end, we developed a multiparametric measurement protocol to extract quantitative 
values of relaxation time constants T2 and T1, fat fraction, and IVIM diffusion parameters in 
the lumbar back muscle from the acquired data. The protocol was applied to 31 subjects divided 
into three differently trained cohorts: two groups of athletes (endurance athletes and 
powerlifters) and a control group with a relatively inactive lifestyle. 

Significant differences in T2, fat content, and perfusion fraction were found between the trained 
and untrained cohorts, while the components of the diffusion tensor provided additional 
differentiation between the two groups of athletes. The observed decrease in the axial diffusion 
and the trend of increasing radial diffusion in the strength-trained cohort, compared to the 
endurance-trained athletes, may be indicative of muscle hypertrophy.  

In conclusion, the use of multiparametric information helps to provide new insights into the 
potential of quantitative MR parameters to detect and quantify long-term effects in differently 
trained cohorts, even at rest. 
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Introduction 
Physical activity and muscle training have several positive effects, such as improving 
cardiovascular health 1, increasing muscle resistance to fatigue 2, and reducing the risk of 
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developing diseases such as type II diabetes 3 or colorectal cancer 4. The fact that consistent 
physical activity modifies skeletal muscle morphology is widely accepted 5, but assessing and 
quantifying these modifications usually requires invasive techniques such as biopsies. Biopsy-
based studies have demonstrated significant adaptation of muscle tissue to long-term physical 
activity, including changes in muscle fiber type and size 6,7. They have also successfully 
demonstrated distinct effects of different training regimens on muscle tissue 5,8. 

A prominent non-invasive tool for studying the activation of muscle tissue is electromyography 
(EMG). EMG records the electrical activity that leads to muscle contraction 9 and has been 
shown to aid in both diagnosis and the study of muscle function, although caution should be 
exercised in interpreting it in terms of muscle force or timing of contraction 10. A recent surface 
electromyography (SEMG) study observed a significant difference in muscle activation in 
subjects with different exercise routines 11. In this study, both endurance athletes and controls 
performed better than strength athletes in a 10-minute back muscle endurance test at a load of 
50% of upper body weight.  

Possible long-term effects of regular training, detectable by EMG or biopsy, are less well- 
researched with quantitative magnetic resonance imaging (qMRI). There are only a few MRI-
based studies on this topic 12–14, each generally focusing on only a few parameters, but 
highlighting the possible impact of exercise-induced muscle damage, affecting the transverse 
relaxation time T2 and significant changes in the fat fraction between the trained and untrained 
cohorts 15.  

T2 has been shown to increase after exercise, and the origin of this phenomenon has been linked 
to an accumulation of osmolytes as a result of increased fluid influx 16,17. Apparent diffusion 
coefficients (ADC) have also been shown to increase after exercise 18,19, which is thought to be 
due to the increase in fluid in muscles during and after a strenuous exercise session. Other 
studies, using Intra Voxel Incoherent Motion (IVIM) MRI sequences, have also demonstrated 
increased blood flow after exercise 20–22. 

Two other MRI parameters that have been used to characterize muscle tissue morphology are 
fat content and T1 relaxation time constant. Changes in T1 immediately after exercise have been 
associated with increased blood perfusion and temperature 23,24, but the origin of this 
phenomenon is not fully understood. Furthermore, increased fat content has been associated 
with reduced power output per muscle unit and low back pain 25,26. The level of fat infiltration 
into muscle tissue can be quantitatively assessed by MRI, exploiting the chemical shift between 
the proton signals of fat and water. 

Most of the qMRI literature on skeletal muscle has focused on measuring changes in some 
well-established MRI quantitative parameters such as T2 and diffusion immediately after a 
strenuous exercise session 17,18. However, the long-term effects of regular physical activity on 
qMRI parameters appear to be relatively understudied 27. 

To bridge this gap, we developed a multi-parametric protocol to comprehensively characterize 
back muscle morphology and to investigate whether the effects of long-term physical activity 
and type of training are reflected and detectable in changes in quantitative MRI parameters. 
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This protocol included both well-established parameters, such as T2 and fat fraction, which 
have been used before to characterize skeletal muscle (even at rest), as well as less well-studied 
parameters such as T1 and diffusion-related parameters.  

The protocol was applied to the muscles of the lumbar spine rather than the more commonly 
investigated skeletal muscles of the calf and thigh. This choice was made because the lumbar 
back muscles are involved in nonspecific low back pain (NSLBP), which is one of the most 
common causes of disability worldwide 28. The exact causes behind this condition are not yet 
fully understood, and although physical activity has been shown to be a viable treatment, there 
is still debate about which type of physical activity is most beneficial 29. Evaluating long-term 
effects of training in healthy cohorts and at rest using the proposed protocol may pave the way 
for treatment monitoring in low back pain. 

In this work, we show that although parameters such as T2 and fat fraction can capture 
differences between trained and untrained cohorts even at rest, additional insights from 
diffusion coefficients and perfusion fraction values help to differentiate between different types 
of training. 

Materials and methods 
Participants 

Three cohorts of male subjects were studied: Endurance athletes (long-distance runners and 
cyclists n=10), strength athletes (powerlifters, n=11), and a control group (n=10) with a non-
athletic lifestyle. All subjects were between 20 and 30 years of age. The study was approved 
by the institutional ethics committee. All participants provided written informed consent. 
Athletes were recruited through advertisements in local sports clubs and gyms. They were 
considered eligible to participate if they trained at least four times per week. Control 
participants were not expected to exercise regularly and had largely inactive lifestyles that did 
not exceed normal daily activities. MRI scans were performed at rest and at least 48 hours after 
the last exercise session to exclude exercise-related parameter changes. Subjects underwent 
MRI examinations in supine position for approximately one hour.  

MRI Protocol 

The MRI protocol included sequences that allowed the determination of relaxation parameters 
(i.e., T2 and T1), fat content and IVIM parameter values. Quantitative T2 values were 
determined using a turbo spin echo (TSE) sequence with 32 echo times ranging from 7 ms to 
218 ms, while the T1 relaxation time constants were determined using a variable flip angle 
(VFA) gradient echo sequence 30 with five different flip angles (5°, 11°, 18°, 24°, 32°). For 
accurate VFA-based T1 determination, especially at higher field strengths and in areas where 
the RF signal is attenuated (e.g., lower lumbar and abdominal regions), correction of the B1-
field is essential, which was performed here by acquiring an additional B1 calibration scan 
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using the Bloch-Siegert method 31. Fat content was determined using a 2-point Dixon sequence 
32 with echo times (TE) of 2.46 and 3.69 ms. The in-plane spatial resolution was (1.5 ×1.5) 
mm2 for all sequences and the slice thickness was 3 mm (except for the TSE sequence, which 
used a slice thickness of 6 mm). 

Diffusion-weighted images (DWI) were acquired with a multi-slice spin-echo EPI (echo planar 
imaging) sequence with TR/TE=1600/63 ms using four averages and three orthogonal 
directions of diffusion encoding aligned with the right-handed RAS system (each direction was 
repeated twice with opposite polarities).  For each direction, the following 19 b-values were 
used: 0, 5, 15, 20, 30, 40, 45, 55, 60, 70, 75, 90, 105, 120, 135, 150, 300, 450, 600 s/mm2. The 
resolution for the DWI data was (2.3 × 2.3 × 8) mm3. SPectral Attenuated Inversion Recovery 
(SPAIR) fat saturation was used. 

Multi-slice images (from L4 to L5) were acquired in axial orientation. The muscles included 
in the field of view were multifidus (MF), erector spinae (ES), psoas major, and quadratus 
lumborum. However, the latter two muscles could not be evaluated consistently due to artifacts 
caused by respiration and bowel motion and were excluded from the analysis. All 
measurements were performed with the vendor’s spine coil on a 3T Magnetom Prisma fit 
scanner (Siemens Healthineers, Erlangen, Germany). The total acquisition time was 45 
minutes. All relevant acquisition parameters can be found in Table 1 in the Appendix. 

MRI data processing and analysis 

Regions of interest (ROIs) were manually drawn to segment the multifidus and erector spinae 
muscles based on apparent diffusion coefficient (ADC) maps for each individual subject, 
avoiding fascia, connective tissue and subcutaneous fat. Given the absence of noticeable 
differences between the left and right sides across all participants, the voxels from both sides 
were pooled together. 

The T1, T2 and fat fraction maps were calculated by fitting the expected physical signal model 
to the measured signals. For T1 quantification,  the values of the input flip angles were corrected 
using the B1 maps prior to fitting 31. Differences in T1, T2 and fat fraction between the sedentary, 
endurance and strength cohorts were tested using a non-parametric Wilcoxon signed-rank test. 
Statistical significance was considered at p < 0.05. 

Preprocessing of the IVIM diffusion data included denoising (using Mrtrix3 31 ), averaging of 
the repetitions and geometric averaging of the opposite polarities of the diffusion gradients to 
correct for cross-terms between the imaging and diffusion gradients 32,35. No corrections were 
made for susceptibility-induced distortions or eddy currents. Importantly, neither the full rank-
2 diffusion tensor nor its eigenvectors could be reconstructed using the three orthogonal 
diffusion gradient directions. Instead, we considered the diagonal components of the diffusion 
tensor in the base spanned by the three applied gradient directions: anterior-posterior (AP), left-
right (LR) and inferior-superior (IS). Although these three directions do not generally coincide 
with the eigenvectors of the diffusion tensor, we chose to use them in this work due to the 
predominant orientation of the muscle fibers in the back, to report the component associated 
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with the IS axis ("!) as the axial diffusion coefficient (by analogy with the axial diffusivity 
defined through the principle eigenvalue of DTI, #") and an average of the components 
associated with the AP axis ("#) and the LR axis ("$) as the radial diffusion coefficient "% 	=
&"# + "$(/	2 (cf. radial diffusivity). To pool the data across the gradient encoding directions, 

we used the IVIM signal model, which assumes isotropic perfusion and anisotropic diffusion 
36: 

+(-&) = 	+'	[	0	 123 (−-&"∗) 	+	(1 − 0) 123 6−-& 	7&) 	"8	7&9	]						(1),		 

where +(-&) and +' are the signal intensities at the ith b-value and b=0, respectively, 0 is the 

perfusion fraction, "∗ is the scalar perfusion coefficient, "8 is the diffusion tensor, and 7& 

represents the direction of the ith diffusion gradient encoding. Given the choice of the gradient 

scheme in this study, the product 7&) 	"8	7& reduces to either "#, "$ or "! component (cf. eq. 

A2). 

IVIM fitting in back muscle and skeletal muscles in general is challenging due to the low 
perfusion fraction (<10%) 22. For this reason, fitting of the IVIM signal model (Eq. 1) was 
performed after averaging the signal over each ROI, resulting in only one set of IVIM 
parameters per muscle and subject. Furthermore, we used partial pooling of data across subjects 
within each cohort using a multilevel Bayesian model 37–39. "#/$/! were assigned cohort-level 

priors, which were also estimated from the data. This structure allowed data fitting procedures 
at the individual subject level to simultaneously benefit from the fitting of other subjects in the 
same cohort and inform a global posterior distribution at the cohort-level. Additionally, 
estimating such cohort-level posterior allows cohort comparisons to be performed 
simultaneously with model fitting.  
The scalar perfusion coefficient, "∗, being the most challenging parameter to estimate reliably 
from the selected set of b-values, was pooled across all subjects without group discrimination. 
In contrast, +' as the intercept of a nonlinear regression proved to be sufficiently well-
conditioned not to require hyper-priors. The full hierarchical model, together with the prior 
parameters, is given in equations A1–11 in Appendix A, where some of the methodological 
choices are explained in more detail. 
It is worth noting that a number of publications have successfully applied hyper-priors (also 
known as shrinkage priors, as they can reduce the dispersion of individual estimates around the 
group mean) to regularize IVIM estimation, albeit at different levels, but mainly to regularize 
the fit per voxel within individual subjects 40–43. The Bayesian model used in this work was 
defined in numpyro (0.13.0 44) and fitted using MCMC (see Appendix A for details). To 
compare IVIM parameters between groups, the effect size < = 	 (=+,-,./ 	− 	=+,0/.,1)	/
	>(?+,-,./2 	+ 	?+,0/.,12 )/2	 45 was computed using samples from the posterior, and its marginal 

distribution was reported together with its 95% highest density interval (HDI) as a means of 
assessing significance consistently at the  α = 5% level mentioned above. Specifically, effects, 
for which more than 97.5 % of the posterior probability lies on one side of 0 are considered 
significant, by analogy with the two-sided t-test 45. 
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Results 
Figure 1 shows example images and parameter maps from a single subject for all analyzed 
qMRI parameters of the proposed multi-parametric MR protocol. As shown in the top row of 
the figure, application of the B1-field inhomogeneity correction removed large inhomogeneities 
in the T1 map that might otherwise mask true T1 differences between subjects. Despite such 
precautions, however, even after implementing B1 correction, no significant difference in T1 
relaxation times was found between the cohorts (see Figure 2). 

Figure 2 summarizes the results of the quantitative ROI analyses for both muscles and all 
cohorts, including the transverse and longitudinal relaxation parameters T2 and T1, as well as 
the fat percentage calculated using the 2-point Dixon approach. For both the multifidus and 
erector spinae muscles, control subjects had significantly higher T2 values, whereas both athlete 
cohorts had significantly lower fat percentages compared to the control group, with particularly 
low fat percentages in the multifidus of the endurance cohort. The mean values of all quantified 
parameters for each group are shown in Table 2 in the Appendix. 

Figure 3 shows the marginal posterior distributions of the cohort means of 0 and "$/! and the 

pooled "∗. The estimated perfusion fraction in both training cohorts (0 ≈ 5– 6%) was higher 
than that in controls (0 ≈ 2– 3%), with the erector spinae (ES) consistently showing higher 
perfusion than the multifidus (MF). Such a difference is most confidently identified between 
strength training and controls, as indicated by non-overlapping posterior maximum 
(maximum-a-posteriori, MAP) estimates and HDIs, and reflected in the effect sizes in Figure 
4. Finally, the fact that the axial diffusion coefficient ("!) reported in this work is still 
consistently higher than the radial diffusion coefficient, is consistent with the natural 
orientation of muscle fibers 46. Note that while axial diffusivity #"is greater than the radial 
diffusivity (#2 + #3)/2 by definition, due to the sorting of the diffusion tensor eigenvalues, 
no such sorting takes place with regard to the diffusion coefficients "! and "%.  

It should be emphasized that the spread of the distributions in Figure 3 represents the 
uncertainty in the estimation of the group means using the Bayesian statistical procedure 
employed. To place these group means in the context of the spread observed in each cohort, 
Figure 4 presents the effect sizes associated with each of the training cohorts for the perfusion 
fraction as well as the radial and axial diffusion coefficients. Based on the marginal posterior 
distribution of the effect sizes, it is reasonable to assume that perfusion fraction and the axial 
diffusion coefficient were significantly different in the strength cohort compared to the control 
cohort. Besides, the perfusion fraction showed an increase (although not statistically 
significant) in both muscles and cohorts with a substantial MAP effect size of 0.7–1.0. Both 
radial and axial diffusion coefficients show consistent trends in both regions of interest. The 
radial diffusion coefficient tends to be increased in the strength training cohort compared to 
both the controls and the endurance athletes (the two of which show approximately the same 
"% values). The axial diffusion coefficient, on the other hand, when compared to controls 
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shows different trends in the two athlete cohorts: the endurance cohort shows an increase in "! 
(with an effect size of 0.3–0.8 [-0.6, 1.7]), whereas the strength cohort shows a decrease, which 
is especially evident in the erector spinae (<4! of -1 [-2.3, -0.3] in ES). 

Discussion 
Among the numerous musculoskeletal studies using MRI, our study appears to be the first, to 
the best of our knowledge, to use a comprehensive multiparametric MRI protocol to investigate 
the long-term effects of different exercise conditions on MRI parameters determined in the 
lumbar spine at rest. There are a limited number of studies conducted at rest, but they have 
either focused on only selected parameters at a time, such as T2 and diffusion or T1 and T2, or 
on athlete cohorts without including a control group 14, or by considering only a single athlete 
group 13,27 without including a differently trained cohort. Based on the synopsis and analysis 
of the different parameters (i.e., T1 and T2 relaxation times, fat fraction and IVIM-based 
diffusion parameters), our results suggest that these parameters, with the exception of the 
longitudinal relaxation time constant T1, can be used to identify physiological and tissue 
differences of the lumbar back muscle under different regular training conditions.  

Although transverse relaxation time T2 and fat fraction alone could not distinguish between the 
two differently trained cohorts, the addition of the IVIM-based parameters perfusion fraction 
and diffusion coefficient helped to highlight differences between the two cohorts of athletes. 
In contrast, as mentioned above, no differences in T1 relaxation time were found between the 
three groups. The control group showed a slightly (although not significantly) shorter T1 value, 
which could be explained by the higher fat content of this cohort, as the T1 relaxation time of 
fat is significantly shorter than that of muscle. Thus, the discriminative power of the T1 
parameter between the different conditions may not be sufficient to detect training-induced 
changes in healthy lumbar muscles under resting conditions. 

The observation of lower T2 values in the athletes is consistent with the findings of Le Rumeur 
et al. 11 and Sun et al. 12, but contradicts those of Keller et al. 27 who examined the calf muscle 
of sedentary controls and compared them to triathletes at rest (and after exercise). They 
reported higher T2 values in the endurance athletes at rest. However, it should be emphasized 
that all these results were obtained in leg skeletal muscles, which tend to have a lower fat 
content than the back muscles studied in this work 15.  

The higher fat content in the control cohort is in line with the work of Emanuelsson et al. 15 
who evaluated the multifidus and erector spinae as a single ROI. It is worth noting that such a 
difference in fat content may affect other parameters such as T2, as higher fat content has been 
shown to correlate with higher T2 in other types of skeletal muscle 47 and is expected to increase 
the apparent T2 in a multi-compartment model 48.  

IVIM parameters were fitted using a hierarchical Bayesian model that pooled data from 
individual subjects within their respective groups by imposing learnable hyper-priors. Such a 
design allowed to regularize the individual subject fits and to perform the group comparison at 
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the same time. Both athlete cohorts showed an increasing trend in perfusion fraction 0, 
consistent with previous results in leg muscles 49 and suggesting increased capillary density 
and perfusion as a long-term consequence of training. Notably, the perfusion fraction in the 
strength cohort appears to be consistently higher across both ROIs, which may be a 
consequence of the targeted repeated exercises that powerlifters perform with the lumbar back 
muscle. Interestingly, the endurance cohort also shows an increase in 0 in each ROI, 
corresponding to the effect size of 0.7 [-0.3, 1.8]. Although this result is not significant (in the 
sense defined above), it suggests a possible effect of non-targeted training on perfusion and 
appears to be in agreement with Hoier et al. 50. 

Strength athletes consistently showed increased perfusion fraction and T2 values for both 
muscles compared to endurance athletes. This trend of correlation between T2 and perfusion 
fraction has frequently been shown in post-exercise results 22,51 and has been attributed to an 
accumulation of osmolytes as a result of increased fluid influx 16,17. However, the fact that these 
results were obtained at rest suggests that this explanation may not fully capture the biological 
processes behind this phenomenon. In contrast, the sedentary subjects had elevated T2 values 
and lower values of f, suggesting that the T2 values in this group may have been influenced by 
the higher fat content in particular. The athlete cohorts, on the other hand, had comparable fat 
content, which allowed to highlight the aforementioned positive correlation between T2 and f.  

The two diffusion coefficients paint a more nuanced picture of different effects across cohorts 
and muscles. Specifically, while "% shows an increasing trend that is most pronounced in the 
strength-training group, "! shows effects of different sign in the two cohorts. In general, DWI 
has been shown to be sensitive to microstructural alterations and adaptations in muscle tissue 
52, although the full extent of how various muscle features affect DWI is not fully understood. 
Flück et al. 5 performed a thorough analysis of very similar cohorts, but their focus was on 
biopsies of a muscle group in the thigh (vastus lateralis). They reported an increase in the 
myofibrillar volume density and muscle fiber cross-sectional area (MCSA) in their powerlifter 
cohort. Monte-Carlo simulations have revealed that muscle fiber diameter has the highest 
impact on diffusion anisotropy and mean diffusivity 53. Thus, it could be speculated that the 
muscle hypertrophy observed by Flück et al. 5 in the strength-training cohort is due to larger 
muscle fiber diameters, which in turn contributes to the increase in transverse diffusion "% 
when compared to the control group and the endurance cohort. Similarly, the observed decrease 
in the value of the longitudinal diffusion coefficient "! in the strength cohort could be attributed 
to the higher macromolecular content (also due to hypertrophy), a factor not present in the 
endurance cohort 54. 

Finally, previous studies have indicated that the value of the pseudo-diffusion coefficient F∗ 
in muscles has very limited reliability due to the low perfusion and low signal-to-noise ratio of 
these tissues 22,55. This may explain the wide range of reported F∗ estimates in paraspinal 
muscles alone, spanning !" − $"	 ×	!"!" mm²/s with large uncertainties. A Bayesian approach 
is well suited for parameter estimation under such constraints and was able to demonstrate a 
marginal posterior of the pooled F∗, which appears to be consistent with results in the literature 
56,57. 
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Limitations 

Our study has several limitations in that only male subjects were analyzed and the size of each 
cohort was relatively small, which affects statistical power. Although subjects were all 
measured at the same time of the day and were asked not to train for 48 hours before the 
measurements, some studies have indicated 58,59 that the effect of strenuous exercise sessions 
could alter qMRI parameters to some extent for up to 72 hours after the session. However, such 
a long rest period was not feasible due to the tight training schedule of the athlete cohorts.  

The limited diffusion gradient scheme in our DWI acquisition did not allow the extraction of 
diffusion tensor eigenvalues, and instead a limited set of diffusion components in the scanner 
coordinate system was used as an approximation to the diagonal components in the fiber 
coordinate system. All regions of interest were hand-drawn with care to exclude fat 
infiltrations, which are often present in the back muscle. Nevertheless, partial volume effects 
may have affected some voxels, especially in the case of TSE and DWI acquisitions due to 
their low spatial resolution in the inferior-superior (IS) direction.  

Conclusion and outlook 

To the best of our knowledge, this study is the first to analyze the long-term effects of exercise 
on the lumbar back muscle using multiparametric MRI. For this purpose, a comprehensive 
protocol was designed that provided a variety of parameters, including T1 and T2 relaxation 
times, fat fraction and IVIM-based diffusion parameters. Application of this protocol to a 
population of athletes revealed significant differences in T2 and perfusion fraction, which we 
believe represents a valuable contribution to a growing (and at times discrepant) body of qMRI 
results reflecting long-term effects of exercise in skeletal muscles. Furthermore, the diffusion 
tensor components reported in this work, despite the limitations of the DWI protocol employed, 
suggest a viable route to further evaluate differences caused by long-term effects of different 
types of training, potentially reflecting underlying microstructural changes. Given that T1 
mapping, carefully corrected for possible B1 contamination, appears to provide little insight 
into the effects of exercise, it may be interesting for future research to abandon the VFA 
approach used in this protocol and employ more advanced diffusion models of microstructure 
(e.g. NODDI or HARDI, as shown in the preliminary results of Adluru et al. 60). Alternatively, 

future research efforts could focus on exploring additional parameters such as T1r. T1r values 
have been shown to be significantly influenced by macromolecular concentration and may be 
related to intervertebral disc degeneration, which is also implicated in non-specific low back 
pain. Finally, the ability of the proposed protocol to capture adaptations at rest may offer new 
perspectives in the evaluation of training-induced changes in skeletal muscle and may aid in 
the treatment monitoring of NSLBP patients who may not be able to undergo examinations 
after a strenuous exercise session. 
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Figures 

 

Figure 1. Example images and parameter maps from one subject of the endurance cohort. In 
the corrected T1 relaxation time map, the successful B1-field inhomogeneity correction is 
clearly visible compared to the uncorrected map (top row). Both maps are scaled between 0 
and 3000 ms. Images of the fat and water distribution resulting from the Dixon sequence are 
shown in the second row. The T2 map (third row) is scaled between and 0 and 80 ms. The 
bottom row shows the ADC map (left) scaled between 0 and 20x10-4mm2/s and with 
superimposed ROIs in the multifidus (blue) and erector spinae (red) muscles used for 
quantitative analysis (right).  
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Figure 2. Boxplots of T2, fat fraction, and T1 in the multifidus (top row) and erector spinae 
(bottom row) muscles of the three cohorts analyzed in this work. * indicates significance at 
p<0.05 between indicated cohorts. 
 
 

 

 

Figure 3. Marginal posterior distributions of the cohort means 0,	"%, 	"!		and "∗ in the 
multifidus (top row) and erector spinae (bottom row; all subplots in each column have the same 
axis scale). Posterior probabilities are cropped to their 95% intervals, dots at the bottom of each 
plot indicate the maximum of the corresponding posterior (MAP).  
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Figure 4. Marginal posterior distribution of effect sizes associated with cohort-level 
differences. The vertical dashed lines indicate the effect size of 0. Filled posteriors highlight 
effect sizes where the 95% HDI excludes 0 (significance criterion used for the Bayesian cohort 
comparison). 
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Appendix 

Appendix A: Multilevel Bayesian IVIM model 
Prior to averaging the diffusion signal across left and right ROIs, the signal was independently 
averaged within each ROI and then scaled by the signal intensity at -	 = 	0 to minimize the 
potential effect of large-scale intensity inhomogeneities.  

The following equations capture the complete Bayesian multilevel model used for the IVIM 
evaluation. 
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where equations A1 and A2 capture the likelihood of the i-th observation (under Rician noise 
distribution), while the remaining equations define the (hierarchical) prior placed on the model 

parameters. "5(&)
89:; in A6 represents a component of the diffusion tensor corresponding to the 

direction of the diffusion gradient used in the i-th observation. 

All standard deviations, namely the standard deviation of the Rician noise ?89:; and the spread 
of the cohort-level distributions for 0 and "5 are given exponential priors parameterized with 
the rate parameter #: H(?; 	#) 	= 	# 123 (−#?), where higher # places more probability on 
lower values. The choice of the exponential distribution was guided by the principle of 
maximum entropy, and the exact parameterization was chosen based on prior predictive 
simulations. 

Both subject- and cohort-level perfusion fractions receive truncated normal priors constrained 
to intervals between 0 and 1. Similarly, all diffusion coefficients at each level receive the same 
truncated normal priors constrained to the positive domain. In addition, in the interest of 
numerical stability, all b-values were divided by 1000, effectively changing the units of both 
diffusion and perfusion coefficients to 10<3 mm²/s. +' also received a normal prior, truncated 
to the positive values, with a mean of 1 due to the aforementioned normalization by the mean 
signal at - = 0. 

Of note, given the high SNR of the averaged signal, the use of a Rician distribution in the 
likelihood does not change the results compared to using the normal distribution, given that the 
average estimated SNR is 10. 

Sampling from the posterior was performed using the No-U-Turn Sampler61 using ten 
independent chains consisting of 1000 samples each (with the first 50% discarded as burn-in). 
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It was found that under certain overly broad priors, some chains can detect modes of "∗ of the 
same order of magnitude as D, characterized by substantially increased f. MCMC chains ending 
in such modes (mean "∗ < 5×10-3 mm²/s) were manually discarded as representing non-
physical local minima.  

 
 
Table 1. Parameters of the MRI protocol  

 VFA GRE B1 map VIBE Dixon TSE Diffusion 
EPI 

TR [ms] 16 20 6.1 5 1600 

TE [ms] 2.4 1.76 2.46, 3.69 7.8 – 218.4 63 

Voxel [mm3] 1.5×1.5×3 1.5×1.5×3 1.5×1.5×3 1.5×1.5×6 2.3×2.3×8 

Averages - - - - 4 

Slices 40 40 40 20 10 

TA 15 min 40 s 2 min 16 min 12 min 

 
 
 
Table 2. Summary of the values of fat fraction, T1 and T2 extracted using the MRI protocol. 
Values are given as mean ± standard deviation for each cohort. MF — M. multifidus; ES — M. 
erector spinae. 

Cohort T2 

(ms) 

MF 

T2 

(ms) 

ES 

T1 

(ms) 

MF 

T2 

(ms) 

ES 

Fat content 

(%) 

MF 

Fat content 

(%) 

ES 

Control 40 ± 3 39 ± 2 1400± 100 1400 ± 120 5 2 

Endurance 37 ±1 37 ± 1 1420 ± 40 1440 ± 60 <1 1 

Strength 37 ± 1 38 ± 1 142 ± 60 1430 ± 80 1 1 
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Table 3. Summary of the different parameters extracted using the MRI protocol. Values are 
given as posterior mode with the 95% HDI in brackets for each cohort. MF — M. multifidus; 
ES — M. erector spinae 

Cohort f	 
(%) 
MF 

f	 
(%) 
ES 

D#  
(× 10!" mm/s²) 

MF 

D#  
(× 10!" mm/s²) 

ES 

D'  
(× 10!" mm/s²) 

MF 

D'  
(× 10!" mm/s²) 

ES 

Control 2.3 
[0.0, 4.5] 

3.0 
[0.9, 5.1] 

1.45 
[1.41, 1.48] 

1.43 
[1.40, 1.46] 

1.82 
[1.78, 1.87] 

1.80 
[1.76, 1.86] 

Endurance 5.3  
[2.2, 7.5] 

4.8 
[2.8, 7.2] 

1.45 
[1.41, 1.48] 

1.45 
[1.41, 1.48] 

1.85 
[1.81, 1.90] 

1.85 
[1.80, 1.89] 

Strength 4.9 
[2.8, 7.7] 

5.6 
[3.9, 7.8] 

1.46 
[1.43, 1.50] 

1.48 
[1.44, 1.51] 

1.79 
[1.74, 1.83] 

1.74 
[1.69, 1.78] 

 

 

Table 4. Summary of effect sizes associated with different parameters extracted using the MRI 
protocol. Values are given as posterior mode with the 95% HDI in brackets for each cohort. 
Values in bold are considered significant. MF — M. multifidus; ES — M. erector spinae 

Cohort <= 
MF 

<= 
ES 

<4" 
MF 

<4" 
ES 

<4! 
MF 

<4! 
ES 

Endurance 0.6 
[-0.2, 1.9] 

1 
[-0.3, 1.7] 

-0.2 
[-1.1, 0.9] 

0.5 
[-0.4, 1.6] 

0.3 
[-0.6, 1.4] 

0.8 
[-0.3, 1.7] 

Strength 0.9 
[-0.1, 2.0] 

1.0 

[0.1, 2.1] 

1.0 
[-0.2, 1.7] 

0.3 
[-0.5, 1.4] 

-0.5 
[-1.6, 0.3] 

-1.0 

[-2.3, -0.3] 

 

List of abbreviations: 
   
ADC Apparent Diffusion Coefficient 
AP Anterior-Posterior 
DWI Diffusion Weighted Imaging 
EMG Electromyography  
ES Erector Spinae (muscle) 
HARDI High Angular Resolution Diffusion Imaging 
HDI Highest Density Interval 
IVIM Intra Voxel Incoherent Motion 
IS Inferior-Superior 
LR Left-Right 
MAP Maximum A Posteriori 
MCSA Muscle Cross Sectional Area 
MCMC Markov chain Monte Carlo 
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MF Multifidus (muscle) 
NODDI Neurite Orientation Dispersion and Density 

Imaging 
NSLBP Non-Specific Low Back Pain 
RAS Right, Anterior, Superior 
ROI Region Of Interest 
SEMG Surface Electromyography 
SPAIR SPectral Attenuated Inversion Recovery 
TSE Turbo Spin Echo 
VFA Variable Flip Angle 
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6. Discussion

6.1 Summary of the results

The focus of the first published work (Krämer and Maggioni et al., 2019) (see also section
5.1) was to show the feasibility of in vivo UTE-based T1 and T⇤

2 quantification for short T⇤
2

tissues of the knee. Since there was only a single reference (Ma et al., 2019) on the quantifica-
tion of T1 for tendons of the knee, T1 values were acquired using two distinct methods. The
employed methods were: Variable Flip Angle (VFA) (Christensen et al., 1974) and Variable
Repetition Time (VTR), which were then compared, as illustrated in Figure 6.1. The compar-
ison demonstrated good agreement between the methods: T1 with VFA was 450±40 [ms],
and with VTR was 430±60 [ms] for the patellar tendon, while T1 with VFA was 689±127
[ms] and T1 with VTR 676±80 [ms] for the quadriceps tendon. Additionally, it was con-
sistently observed that the quadriceps tendon had higher T1 values than the patellar ten-
don, this discrepancy could reflect the physiological distinctions between these tissues: the
patellar tendon is known to have a much higher fibril-interstitium ratio than the quadriceps
tendon (Hadjicostas et al., 2007), leading to a denser collagen network, which shortens the
value of T1. Figure 6.1 illustrates the T1 and T⇤

2 maps calculated for the knee. The T⇤
2 values

for both tendons in the knee closely matched those reported in the literature. Specifically,
the patellar tendon exhibited a value of 1.8±0.2 ms, the quadriceps tendon had a value of
1.6±0.4 ms, and the sole reference available (only for the patellar tendon), reported a value
of 2±0.4 ms (Kijowski et al., 2017). However, the T1 values for the patellar and quadriceps
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FIGURE 6.1: Parameter maps of T1 and T⇤
2 of a volounteers knee, the two T1 maps have been acquired

with different methods: VFA and VTR respectively. The T1 maps are scaled between 0 and 1800 ms,
while the T⇤

2 maps between 0 and 12 ms. Image is adapted from (Krämer and Maggioni et al., 2019)
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tendon were slightly underestimated when compared with the only reference available at
the time (Ma et al., 2019).

The second published work (Maggioni et al., 2021b) (see also section 5.2) built upon the
T1 quantification introduced in the previous manuscript. The reason behind the underesti-
mated T1 values was the absence of B1 correction. To address this, an existing B1 correction
method (Yarnykh, 2007), which was shown to be compatible with UTE acquisitions (Ma et
al., 2018), was improved: making it faster and less dependent on RF phase increment factor.
The B1 correction maps obtained with the proposed improvement were validated both in
phantom and in vivo showing high accuracy when estimating the T1 of different phantom
tubes and tissues of the knee. The results of the T1 maps before and after B1 correction are
shown in Figure 6.2.

FIGURE 6.2: Parameter maps of T1 before and after the proposed B1 correction of a volounteers knee.
Note the drop of signal at the edge of the field of view in the uncorrected map. The T1 maps are

scaled between 0 and 1500 ms.

In the (submitted) work on the lumbar back muscle (see section 5.3) a range of MRI
parameters (T1, T2, fat fraction and IVIM diffusion, as depicted in Figure 6.3) was measured
in three different cohorts, of 31 subjects in total, characterised by different levels of physical
activity. Among the parameters analysed, T2 and fat fraction exhibited the most significance,
highlighting a difference between the athletes’ cohorts and the (non-active) control group.
Moreover, both diffusion and perfusion results also revealed a significant difference between
the cohorts, and the diffusion coefficient was able to distinguish between the two athletes’
groups. It is worth noting that differences in diffusion parameters of skeletal muscles have
been only shown after a strenuous exercise session (Hiepe et al., 2014; Hata et al., 2019;
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Fleckenstein et al., 1988) but never at rest for the Multifidus and Erector Spinae muscles.
T1 values weren’t able to distinguish between the three cohorts, but were consistent with
established findings in the literature (Gold et al., 2004).

FIGURE 6.3: Results of the MR acquisition protocol of the multiparametric lumbar back muscle study.
All the acquired parameters for one exemplary volunteer (of the endurance cohort) are included.
Note the need for B1 correction of the T1 map. Superimposed on the IVIM ADC map are the ROIs,
used to extract values of the qMRI parameters, for one slice in the muscles for this particular subject.

Image is from the submitted manuscript.

Thus, all three manuscripts contributed to quantify MRI relaxation parameters in areas
of the musculoskeletal system. The first two focused on T⇤

2 and T1 UTE-based quantification
in tendons of the knee. The third manuscript broadened this scope by assessing training
adaptations in the lumbar back muscle, including additional quantitative parameters.

6.2 Quantitative MRI

Quantitative MRI allows to translate physiological and potentially pathological changes into
measurable changes of MRI quantitative parameters (Cashmore et al., 2021; Cristinacce et
al., 2022) that can be detected before they are visible on qualitative grayscale images. Along
with all the benefits, however, comes a new set of challenges regarding the range of normal
physiological values versus pathological abnormalities, accurate quantification of parame-
ters and the choice (and sensitivity) of said parameters.

Towards the establishment of a baseline

Typically, the accuracy of a newly introduced technique in qMRI is gauged by its ability to
accurately measure known quantitative parameter values. However, significant challenges
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emerges when such a baseline of agreed upon quantitative reference values is missing. This
situation applies to tissues like tendons, ligaments, and other short T⇤

2 tissues. Hence, the
first and second published articles (Krämer and Maggioni et al., 2019; Maggioni et al., 2021b)
are both focused in establishing accurate values for T⇤

2 and T1 relaxation parameters for the
tendons in the knee, thus contributing to the establishment of said baseline.

The absence of reference values for T1 and T⇤
2 in tendons and ligaments of the knee is

due to the limitations of standard MRI techniques, which can’t effectively capture signal in
such short T⇤

2 species. In the first of the two works (Krämer and Maggioni et al., 2019), two
different methods (VTR and VFA) were used to obtain the reference values of T1 and their
results were compared, adding a first layer of internal validation to the results. Furthermore,
the knee is composed by many different types of tissues, some of which can be analysed
with standard sequences. Building upon prior experience, regions of interest within muscle
and bone marrow, which have been more extensively investigated with conventional MRI
methods, were analysed. The accurate estimation of T1 in those tissues, allowed an "indirect"
(second layer of) validation of the values that were estimated in the tendons.

At time of publication of the 2019 manuscript, there was only one other research group
that had reported T1 values in tendons in the knee (Ma et al., 2019) and later confirmed
their findings (Wu et al., 2020). The results of our study, while comparable, consistently
underestimated T1 when compared with this reference. This was an expected results because
the T1 results presented in this work weren’t yet B1 corrected. Since B1-field correction affects
T1 quantification also in the lumbar back muscle, this topic will be discussed more in detail
in section 6.3.

Evaluation of physiological tissue changes

The work in section 5.3 addressed whether the known physiological adaptations that occur
in skeletal muscle as a consequence of repeated physical activity (Thompson, 1994; Nygren
et al., 2000; Marini and Veicsteinas, 2010) manifest in changes of quantitative MRI parame-
ters, and which (of those) parameters are more sensitive to those changes. Differently from
the majority of studies that have investigated acute, pronounced changes, which immedi-
ately follow a strenuous exercise session, (Fleckenstein et al., 1988; Hiepe et al., 2012; Hata
et al., 2019; Zaeske et al., 2022) this study focused on the potential to detect more subtle,
long term effects (that are associated with a variety of positive effects (Pinckard et al., 2019))
at rest. Investigating quantitative MRI parameters of skeletal muscle at rest is a less well
researched topic in the field. Additionally, the lumbar back muscle region, in particular,
has been the subject of fewer MRI studies due to challenges posed by (respiratory and peri-
staltic) movement artifacts, and the presence of a high degree of fat infiltrations, which can
bias accurate quantification of quantitative parameters. The choice to focus on muscles of
the lumbar spine (specifically targeting Multifidus and Erector Spinae) is motivated by their
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involvement in non specific low back pain (Sions et al., 2017). Non specific low back pain
is a leading cause of disability worldwide (Balagué et al., 2012), and physical activity has
demonstrated its efficacy as a viable treatment option for this condition (Van Middelkoop
et al., 2010). However, which type of physical activity is the most beneficial continues to be
a subject of discussion. Thus, evaluating long-term effects of training in healthy cohorts and
at rest using the multiparametric protocol may pave the way for treatment monitoring for
low back pain patients.

Three cohorts of subject were chosen for the study: two (differently trained) athletes co-
horts and one control group. The athletes were divided in a strength training group (power-
lifters) and an endurance group (long distance runners and cyclists), while the control group
was composed of individuals with a relatively sedentary lifestyle. The athletes groups were
characterised by very different training routines, in order to examine whether the type of
training also manifested in changes to the MRI quantitative parameters. Prior MRI studies
conducted at rest have focused separately on endurance athletes (Keller et al., 2020), healthy
sedentary subjects or even compared the latter to pathological subjects (Hooijmans et al.,
2015), with no previous MRI investigation into the potential long-term influence of the type
of training for the back muscle.

The choice of a multi-parametric protocol was because the MRI examination was con-
ducted at rest where the differences between cohorts might be less pronounced and affect
a wider range of different parameters rather than the well-established post intervention in-
crease of the values of T⇤

2 and diffusion coefficients (Fleckenstein et al., 1988; Hiepe et al.,
2012; Hata et al., 2019; Zaeske et al., 2022). This choice was also motivated by the goal to
investigate some well established parameters such as T⇤

2 and fat fraction, but also some less
well researched parameters such as T1 and IVIM diffusion.

6.3 B1-field correction

As previously mentioned, B1-field correction is crucial to retrieve correct T1 values both in
the tendons and lumbar back muscles, however the sources of the B1-field inhomogeneities
and the strategies to address them depends on the characteristic of the investigated tissue
and its surroundings.

The tendons of the knee lie close to the surface of the skin, thus are not affected by the
most common sources of B1 inhomogeneity such as RF penetration and conductivity issues
(previously introduced in section 3.9), differently from the lumbar back muscle where these
factors play a more significant role. However, in the knee, another source of B1 inhomo-
geneity arises, not related to the characteristics of the tissue, but due to the type of coil often
used for the measurements. As shown in paragraph 3.4, the signal is generated by the ap-
plication of an oscillating B1 field, and detected by a receiver RF coil. The additional source
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of B1 inhomogeneity for knee applications can arise when a transmit/receive (Tx/Rx) coil is
used for knee imaging. In a Tx/Rx coil, both the transmission and reception of the B1 field
are performed by the coil itself, as opposed to a receiver-only coil where the transmission is
done by the body coil or dedicated RF transmit coils. This results in the transmit field being
influenced by the coil’s sensitivity profile, which can be observed in the left image of Figure
6.2 as a drop of signal towards the edge of the field of view.

Furthermore, B1-field correction for short T⇤
2 species is particularly challenging because

most of the well established methods, aren’t compatible with UTE acquisition, and the pre-
vious implementations of the AFI methods suffer from very long acquisition times and are
strongly dependent on the choice of the RF phase increment (Yarnykh, 2007). Currently, the
proposed implementations (Ma et al., 2019) of the AFI method rely on a careful choice of the
RF phase factor and the use of large spoiler gradients to make sure that the "ideal spoiling"
condition is met. However, the RF phase factor value is not readily accessible at most MRI
scanners, and the use of large spoiling gradients (together with the TRs requirements intro-
duced in section 3.9) result in extremely long acquisition times that hinder the applicability
of this method in vivo. Moreover, the work of Nehrke (Nehrke, 2009) showed the impor-
tance of the diffusion coefficient of the measured sample to dephase residual transverse
magnetisation. This coefficient not only influences the AFI method’s dependence on the RF
phase factor but is also influenced by temperature, potentially hindering the repeatability
of the AFI method. To address this issue, an improvement on the existing AFI method was
proposed (Maggioni et al., 2021b), making it quicker and more robust against spoiling issues
with the addition of randomised gradient spoiling in the x and y directions. These modi-
fications made the method more robust in that the dependence on the RF phase increment
was completely eliminated, which consequently allowed for the removal of the method’s
dependency on the tissues’ diffusion coefficient. This increased robustness also allowed the
use of shorter gradient spoilers and shorter TR, reducing the acquisition time by a factor up
to two, while keeping the quantitative T1 values within an acceptable range (below 2 % of
error).

The additional speed brings this method closer to in vivo applications, although still not
in range of clinical routine. In a follow-up work, the AFI protocol was further accelerated
by undersampling the acquisition of the 3D radial k-space (Maggioni et al., 2021a). This
reduction in acquisition time enabled an AFI-based B1 map to be acquired in just 2 minutes,
thus allowing the AFI correction to be used for a wider range of applications (including
dynamic and in vivo studies).

B1-field correction in the lumbar muscle differs in some regards from knee applications.
In this case, B1-field inhomogeneities arise from two main physical properties of the imaged
sample (Franklin et al., 2008): conductivity and permittivity. In a conductive sample, the
oscillating B1 field induces opposing currents, partially shielding deeper tissues from the
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RF field. Furthermore, a strongly dielectric sample (as, for example, most tissues containing
water) will cause the wavelength of the RF pulse to be reduced, leading to the formation of
a standing wave pattern, with constructive and destructive interferences. The focus of the
(third) submitted work (section 5.3) was the lower trunk of volunteers. In this body area,
B1-field correction is an especially challenging task because standing waves, RF penetration
and conductivity issues combine resulting in signal inhomogeneities (Sled and Pike, 1998;
Hoult, 2000; Fernandez-Seara et al., 2001). This signal inhomogeneity is clearly visible in
Figure 6.3 where the overestimated T1 values in the map before B1 correction are corrected
by the application of a B1 map, leading to a more homogeneous distribution in the T1 map.
In this case the Bloch Siegert method (see section 3.9), which is routinely used for research
applications and has been shown to work for a variety of tissues in the body, but has mostly
been optimised for neuroimaging applications (Sacolick et al., 2010), was adapted for use
in the area of the lumbar spine. This marked the first application of the method to correct
T1 in back muscle, displaying its versatility and ability to function in different body areas.
However, this application faced additional challenges due to movement artifacts and the
nature of the investigated tissues.

6.4 Challenges in quantifying MRI parameters in
musculoskeletal tissues

There are a number of challenges associated with quantitative MR imaging of muscle and
tendons. Firstly, both tendons and muscles are fibrous structures, which needs to be taken
into account during MRI measurements. It is well known (Fullerton and Rahal, 2007) that
the orientation of the fibres (with respect to the external magnetic field) can influence and
bias the quantification of T⇤

2 and T2. This is the so-called "magic angle" phenomenon, which
arises due to dipolar interactions of neighbouring nuclear spins in structured tissues. On
the other hand, some quantitative parameters such as diffusion coefficient values can offer
insights into the organization of these tissues. Thus, they provide indirect information about
the tissue ordering degree, which has been shown to be a marker for ageing (Jerban et al.,
2019) and early disease detection in both muscle (Forsting et al., 2022) and tendon (Robson
et al., 2004), as well as a mean to characterise healthy muscle tissue. Diffusion studies in
tendons, however, are much more challenging due to the fast decay of the signal in these
tissues, which requires positioning the investigated tendon at the magic angle (Wengler et
al., 2020). In this work, great care was taken to align both tendons and muscle tissue as
closely as possible with the main magnetic field in order to reduce the influence of fibre
orientation.
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Secondly, a variety of musculoskeletal tissues, but muscle in particular, are intrinsically
heterogeneous (for example: even healthy muscles contain small fractions of fat and connec-
tive tissue). This heterogeneity poses a challenge in accurately quantifying qMRI parameters
in these structures. One, possible, approach would be to filter out all fat-containing voxels
from the data (manually or automatically using sequences to separate fat from water as best
as possible). However, this diversity in fat content has also been shown to be an impor-
tant marker for muscle health and functions: (Burakiewicz et al., 2017) used it to asses the
progress of muscular distrophies, and in our study (5.3) and others (Emanuelsson et al.,
2022) it was shown that the fat fraction correlated with a sedentary lifestyle.

Moreover, motion artifacts are another source of uncertainty that can affect correct quan-
tification of parameters in a given ROI. The performed knee based studies were less suscepti-
ble to these artifacts due to the inherent protection offered by the 3D UTE radial application.
The radial UTE acquisition is also robust against flow artifacts (Feng et al., 2016). However,
the lumbar back muscle area is affected by both respiratory and peristaltic movements (Bel-
lon et al., 1986). In this latter case, the surface coils were placed in a way to receive most of
the signal only from the lumbar muscle and acquisition parameters were chosen to mitigate
the artifacts.

Finally, ROI-based analysis always carry the risk of user bias due to the choice of the
hand drawn ROI on a 2D slice. This is especially true for tendons, where the investigated
structures on the image are small and comprise only a few voxels. To address this issue, it
was decided to not restrict the analysis to a single slice, but to construct a volume ROI by
drawing regions across multiple slices for the lumbar back muscle study. Moreover, in the
2019 work (Krämer and Maggioni et al., 2019), it was demonstrated that by combining the
information from accurate UTE-based T1 and T⇤

2 maps, a semi-automatic bivariate histogram
based segmentation method could be developed, thus eliminating the need for 2D hand-
drawn ROIs.

6.5 Outlook

The 2019 and 2021 works (Krämer and Maggioni et al., 2019; Maggioni et al., 2021b) pro-
vided accurate values of the T1 and T⇤

2 relaxation parameters in the tendons of the knee.
These values were rarely and, in the case T⇤

2 of the quadriceps tendon, never quantified be-
fore. Quantifying such values in healthy subject constitutes the first step towards setting
a standard range for these parameter values. This baseline was expanded in subsequent
works that investigated (both in vivo and in animal models) the influence of age and gender
on T⇤

2 (Loegering et al., 2021; Pownder et al., 2022). These advances could pave the way
for more advanced studies, where musculoskeletal pathologies such as tendinopathy or os-
teoarthritis (OA) could to be detected earlier by the use of UTE sequences (Agergaard et al.,
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2021). Furthermore, dynamic studies (Aleksiev et al., 2022), investigating changes in knee
morphology during movement, could benefit from quantitative mapping to explore how
physiological movements affect the values of the quantitative parameters and try to identify
early markers for OA developments. OA is known to disproportionally affect individuals
that had a history of anterior cruciate ligament surgery and may be linked to biomechanical
adaptations (Azus et al., 2018). Finally, dynamic mapping could be used to quantify athletes
performance and assess injury risks, allowing for prompt intervention and treatment.

The work on lumbar back muscles in athletes demonstrates the potential of the multi
parametric protocol to highlight adaptations of the muscle structure to known external stres-
sors (in this case, long term effects of physical activity), even when the studies are performed
at rest. The benefits of such an approach are twofold especially relating to non specific low
back pain (NSLBP) patients. Firstly, since physical activity is a recognised treatment for
NSLBP, MRI could be used as a non-invasive tool to track treatment progress, secondly,
the investigation at rest is particularly beneficial for NSLBP patients, that cannot always be
subjected to strenuous exercise interventions. Furthermore, the multi parametric protocol
could be used as a non-invasive screening tool to evaluate the development and progres-
sion of occupational injuries in known at-risk groups. Finally, exploring more parameters
such as Magnetisation Transfer (MT) (Sinclair et al., 2012) and T1r (Wáng et al., 2015; Wang
and Regatte, 2015) could enhance the understanding of structural and biophysical changes
in tendons and muscles. The work in this thesis focused mostly on T1 and T2, which are the
fundamentals MRI relaxation parameters and are predominately influenced by tissue water
(and fat) content. However, recent studies have shown that the values of MT and T1r are sig-
nificantly influenced by macromolecules concentration and the chemical exchange process
between bound and free water proton pools in tissues (Elliott et al., 2018; Noehren et al.,
2021). This aspect opens up new diagnostic possibilities, because alteration in the macro-
molecules concentration or water proton pools can function as an early marker of a number
of musculoskeletal pathologies such as tendinopathy, muscle atrophy and fibrosis (Abate
et al., 2009; Menon et al., 2019; Kollmer et al., 2021).
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7. Conclusions
Quantitative MRI for musculoskeletal applications has been shown to improve the diagno-
sis, tracking of disease progression and monitoring of treatment in musculoskeletal applica-
tions. Additionally, it also provides a non invasive tool for the characterisation of healthy tis-
sue. However, significant challenges are present before clinical translation can be achieved,
such as identifying the range of normal quantitative values in healthy tissues as well as ac-
celerating sequences and providing accurate quantification in previously scarcely imaged
areas.

In this work, multiparametric analysis was conducted for tissues in the knee and lumbar
back muscle. The UTE-based knee studies, showed that a quantitative analysis is possible
even in areas that were previously very difficult to analyse (as tendons) and constituted
some of the first reference values of T1 and T⇤

2 available for these tissues. However, the
use of UTE requires novel methods also for B1 quantification, which is crucial to retrieve
correct T1 values. The UTE compatible B1 mapping methods available in the literature have
been shown to be both strongly dependent on the values of several different parameters and
characterised by very long acquisition times. In this work, an improvement of the current
AFI method was proposed that manages to remove its dependency on the RF phase factor
and, consequently, reduce the acquisition time. The acquisition time was further reduced
with undersampling leading to an accurate and robust B1 mapping sequence that can be
acquired in under 2 min.

Furthermore, differences in lumbar back muscles parameter values due to different train-
ing routines were analysed. It was shown that: T2, fat fraction and diffusion are able to dis-
tinguish between trained and untrained subjects as well as between athletes with drastically
different training routines, even when the measurements are performed at rest. This opens
the door to characterise training induced-changes in muscles not only after strong physical
exertion as it is commonly done in literature. Since T1 is unable to detect differences between
the three cohorts it may not be a parameter of choice to characterise the low back muscles.
On the other hand, the T2 values of the back muscles, especially for the normal cohort, may
have been biased by the increased fat fraction. This suggests that in future studies more
complex data acquisition strategies (such as a 6-point Dixon approach (Grimm et al., 2019))
and fitting models (including a multi-peak fat model (Wang et al., 2016)) might be needed
to ensure accurate distinction of the signal originating from fat and water protons.

In conclusion, this work showed that multiparametric MRI studies of the musculoskele-
tal system have the potential to quantitatively assess tissues in the knee and lumbar back
muscle. This work contributed to setting a baseline of parametric values for tendons of
the knee, where qMRI methods are not yet fully established, and thus reliable reference
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values aren’t available. For accurate T1 quantification, this required the development of a
novel spoiling scheme for a fast and accurate B1 mapping method, compatible with UTE
acquisition. The multiparametric approach was further extended to investigate the long
term effects of training in the lumbar back muscles. During this investigation, additional
quantitative parameters such as fat fraction and diffusion were incorporated to analyse the
muscle tissues. This demonstrated that, with qMRI’s is possible to identify adaptations even
at rest, highlighting which parameters were more sensitive to training-induced adaptations
in muscle fibres. It was possible to relate these results with known physiological adapta-
tions resulting from training, thus showing the potential of this multiparametric protocol to
characterise muscle tissues.
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M. Krämer, M. B. Maggioni, J. R. Reichenbach. (2019) MRT basierte Segmentierung
des Kniegelenkes durch bivariate Analyse gewebespezifischer Relaxationsparameter,
26th Erfurter Tage of the BGN.
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M. B. Maggioni, M. Krämer, C. Anders, J. R. Reichenbach. (2022) Investigations of the
effects of differently trained subject cohorts on T1 and T ⇤

2 of the lumbar spine muscles.
Proc. Intl. Soc. mag. Reson. Med. 2885.
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