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Musculoskeletal diseases affect more than one out of every two persons aged 18 and
over, and nearly three out of four aged 65 and over (23). A broad range of different
musculoskeletal pathologies have been discovered and categorized, all sharing the
symptoms of pain and limited physical function. Trauma, back pain, and osteoarthritis
(OA) are the three most commonly reported musculoskeletal conditions. OA is
currently the most common cause of disability in adults in the United States. Although
the mortality associated to musculoskeletal diseases is in general quite low compared
to cardiovascular diseases and cancer (10), they present a higher incidence and in
general higher treatment costs. OA alone accounts for nearly half of the causes of
hospitalization in the US for the population aged 65 and higher.
In addition to the considerable decrease in quality of life induced by musculoskeletal
disease, hospitalization and treatment for musculoskeletal conditions also pose a great
economic burden. It is known that the prevalence of these diseases, especially OA,
increases dramatically with increasing age and it is strongly linked to overweight and
obesity. Due to the general trend of aging population and the increased number of
people that are overweight or obese, the expected impact of musculoskeletal disease
will keep increasing. In fact, by 2030, the number of adults affected with clinically
diagnosed OA is projected to reach 25% of the adult population in the western world.
Due to socioeconomic burdens posed by musculoskeletal diseases, interest is growing
in basic science, prevention, as well as methodologies to improve treatments and
rehabilitation. In particular, computer models that can be used to simulate normal and
abnormal function, as well to predict the effect of intervention, are becoming
increasingly popular (1).
The work in this thesis relates to the use of Magnetic Resonance Imaging (MRI) in
diagnosis, characterization, and follow-up of musculoskeletal diseases. In the following
sections, I will briefly discuss functional MRI in the lower extremities, and subsequently
I will discuss its possible applications in biomechanical models, as well as in diagnosis.
Finally, I present the aims and outline of my thesis.

Functional MRI
Magnetic Resonance Imaging (MRI) is a non-invasive imaging modality that exploits
magnetic properties of water protons contained within the human body. As compared
to other imaging modalities, MRI is characterized by excellent soft tissue contrast.
Furthermore, MRI does not involve the use of ionizing radiation and, for most of the
applications, it does not rely on the injection of a contrast medium. This makes MRI a
2
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highly suitable option for routine clinical evaluation of many diseases and a common
imaging choice in biomedical research, both in clinical and preclinical settings.
MRI is one of the most used imaging modalities to detect abnormalities and
pathologies in the lower extremities, together with ultrasonography imaging, CT and Xrays. MRI scans used in the musculoskeletal field allow for depiction of human
anatomy with relatively high spatial resolution and for discrimination between
different soft tissue structures in great details as a consequence of their different
magnetic properties.
Most of the currently used MRI sequences for the evaluation of lower extremities are
acquired in a static and unloaded configuration. Therefore, conventional imaging
techniques primarily focus on accurate anatomical representation of the tissues of
interest, rather than on their actual function.
As opposed to conventional anatomical imaging, functional imaging refers, within the
context of this thesis, to a collection of imaging techniques that allow to obtain
information on the biomechanical status of a certain tissue within the human body or
to measure changes following a certain event. A review about state-of-the-art
functional MRI in the lower extremities will be presented in Chapter 2.

A biomechanics perspective
The etiology of many musculoskeletal diseases is related to biomechanical factors.
Currently used imaging diagnostic tools include ultrasound, CT, X-rays and MRI. While
these methods can provide detailed information on tissue anatomy, they typically fail
to provide adequate assessment of the musculoskeletal status of patients. Imagebased techniques are often just “static pictures” and do not provide functional
information.
Functional analysis of patients with musculoskeletal pathologies can be done using
kinematic analysis. In a clinical environment these analysis are usually performed in a
highly subjective manner (based on pure observation or on manual assessment, thus
with a high level of variability). In a research environment the functional analysis are
more sophisticated and performed using gait laboratory equipment (9, 12, 18). These
gait analysis systems are able to quantify kinematic and kinetic parameters of the
subject, but a downside is that these methods are scarcely accessible and rather
expensive. Furthermore, gait analysis systems based on motion captures provide only
limited information as they are based on surface anatomy, while fluoroscopic imaging
does not provide information on soft tissues and it involves ionizing radiations.
3
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Figure 1: Traditional (a) and future (b) musculoskeletal modeling pipelines proposed by Blemker et al. (3).
Functional MRI techniques, coupled with high-resolution anatomical MRI scan, can be introduced in the
musculoskeletal modelling pipeline, both to provide input data to create the models, as well as to validate
their outcome. The image is reproduced with permission.

Biomechanical models are used to obtain a high level of understanding of the
functioning of the lower extremities (5, 7). Biomechanical computational models are
of fundamental importance to simulate specific surgical approaches and to predict the
4

Introduction

(long-term) effects of interventions. Models have been used to simulate surgical
procedures such as total knee replacement (14, 15, 17), total hip replacement (19),
and to gather inside into tissue degeneration (13, 16). Computer simulations can
provide more insight into cause-effect relationships, and allow to isolate the role of
individual tissues and/or tissue interactions in motion impairment and motion
abnormalities.
Despite the great potential of computer modelling in orthopedic biomechanics, the
typical output of current models has still limited applicability in individual patients (3).
This is because the input data for models often are derived from cadaver
measurements (22), which are therefore not specific to a particular patient and not
reflecting important features such as geometrical aspects, soft-hard tissue interaction
and adequate muscle activation patterns. Although big efforts have been made in
order to make use of in vivo data in the musculoskeletal modeling pipeline, these
models still present a number of heavy simplifications, since several parameters
cannot be currently measured in vivo in a non-invasive way.
MRI is a very attractive tool to enhance the imaging-based musculoskeletal pipeline,
due to its non-invasive nature and excellent soft tissue contrast with a large field-ofview, which can allow to simultaneously monitor different tissues during motion
and/or loaded situations (3).

A radiology perspective
Besides biomechanics, also the field of radiology could benefit from functional MRI. In
fact it is believed that pathologies may be missed if the joint is not assessed in
different and/or functional conditions (8).
Many musculoskeletal pathologies originate from abnormal loading and motion
patterns, and can in turn induce abnormal motion and loading abnormalities (20). For
instance, anterior cruciate ligament (ACL) reconstruction has been shown to induce
abnormal joint mechanics (11, 21), which is believed to lead to OA (2, 4). Another
example is the connection between abnormal patellar kinematics and patellofemoral
pain (6). Techniques that facilitate quantification of joint kinematics, tissue
deformation, and interactions between different (soft) tissue structures would enable
measurement of normative values in the healthy population and diseased population
and enable comparisons with pathological cases to accurately quantify the severity of
the pathology relative to healthy conditions. Subsequently, the same technique can be
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used to compare a post-surgical case to the normative data to assess whether
intervention has normalized the pathology to the physiological level.
Furthermore, dynamic and stress MRI (MRI performed under load and/or in unusual
patient positions) of the musculoskeletal system could provide information beyond
conventional static imaging to understand the cause of pain. In fact, pain is often
absent in static conditions and only presented during a specific movement or in loaded
and weight bearing situations. The ability of performing this specific movement, or to
apply a specific load inside the MRI scanner, could provide the radiologist with
additional tools to understand the cause of pain and adapt treatment accordingly (8,
20).
Functional MRI suffers from many limitations, such as general low image resolution
compared to the typical resolution that is usually achieved in conventional clinical MRI
scans. As a consequence, small lesions or abnormalities are not easy to observe in
typical functional MRI scans. Therefore, we do not expect functional protocols to
replace conventional high-resolution static imaging. However, the addition of dynamic
or loaded scan protocols to the existing static high-resolution clinical protocols may
add important clinical information to aid in treatment decision.

This thesis
Non-invasive in vivo functional techniques are of great importance in the field of
orthopedics and biomechanics. In vivo measurements can be used to gather input data
for biomechanical models, as well as to test the outcome of the models. Furthermore,
functional imaging techniques can play an important role in radiology.
This thesis aimes at developing new MRI-based techniques to obtain functional
information of the human lower extremities. To this end, several novel strategies with
regard to MRI measurements were developed. These included development of MRI
sequences, loading devices and state-of-the-art image reconstruction techniques as
well as image processing pipelines to extract the parameters of interest from the
acquired data. Each tool implemented in this thesis was designed to measure a
particular functional characteristic of the lower extremities. All the developed
techniques were successfully tested in healthy volunteers.

6
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The first part of my thesis provides a review of MRI-based methods that can be
exploited to obtain functional information on the human lower extremities in vivo and
in a non-invasive fashion. The current state-of-the-art technology for functional MRI of
the lower extremities, including dynamic MRI, Diffusion Tensor MRI, and stress MRI, is
provided in Chapter 2.
The other chapters of this thesis are divided in three sections, each one dealing with
tools to visualize a particular functional aspect of the lower extremities: “skeletal
muscle function and structure using Diffusion Tensor MRI”, “dynamic imaging of bone
and soft tissues in the lower leg using MRI” and “stress MRI.”
The first section describes the use of Diffusion Tensor MRI (DT-MRI) as a tool to
investigate the structural changes occurring in human skeletal muscles during passive
contraction. In Chapter 3, a method was developed to (semi)automatically determine
the length of muscle fibers in the lower leg from DT-MRI data. In Chapter 4, the
changes in the amount of diffusion of water molecules within muscle tissue in the
lower leg were measured at different foot flexion positions and the results were
correlated with the changes in fiber length.
The second section of this thesis deals with MR imaging of the lower extremities during
movement. In Chapter 5, we developed a method to obtain fat-suppressed single slice
images of moving knees with high temporal resolution, using a Phase Sensitive
Balanced SSFP (PS-bSSFP) approach. This allowed the visualization of soft tissue
structures such as ligaments and cartilage that are usually difficult to visualize due to
the hyperintense signal of the surrounding fat. In Chapter 6, a method was developed
to obtain 4D (3D + time) images of the human knee during flexion extension, with high
temporal and spatial resolution. For this purpose, a stack-of-stars k-space sampling in
combination with Compressed Sensing reconstruction was implemented. Finally,
Chapter 7 deals with the development of an accelerated Phase Contrast MRI protocol
to determine 4D velocity fields in skeletal muscles during active muscle contraction.
Thanks to the use of state-of-the-art acceleration techniques, displacement fields and
strain could be obtained in the full volume of the lower leg of healthy volunteers
during dorsi/plantarflexion, in a clinically feasible scan time.
In the last section, we present experimental results in the field of stress MRI in the
meniscus. In Chapter 8, the response of T2 and T1ρ to compressive load in the in vivo
human meniscus was investigated. For this purpose, two MRI compatible loading
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devices were designed, built, and applied to a healthy subject cohort and to human
cadaveric knees, respectively.
Finally, Chapter 9 concludes this thesis with a summarizing discussion and future
perspectives.
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Magnetic Resonance Imaging (MRI) has become a routine clinical imaging modality to
gather information on pathological conditions in the lower extremities. Conventional
MRI is usually performed while the subject lies motionless in the scanner, producing
static anatomical images. While these static images are diagnostic for many conditions,
they fail to depict problems that only reveal during the complex interaction of bone
and soft tissue structures when joints and muscles move during normal functional
activities. New advanced MRI tools for obtaining functional information of the lower
extremities are rapidly developing. These methods will help to better reveal motion
and deformation abnormalities, as well as provide input for patient-specific
biomechanical models.
The purpose of this chapter is to review recent technical advances in the field of
functional imaging of the human musculoskeletal system, with special emphasis on the
lower extremities.
First, we will present the recent technical advances in the field of dynamic
musculoskeletal imaging using several MRI-based techniques, including dynamic real
time MRI, dynamic CINE MRI, phase contrast, MR tagging and displacement encoding
(DENSE). Subsequently, we will discuss the functional information that can be obtained
in human muscles by combining Diffusion tensor MRI (DT-MRI) and motion encoding
techniques (i.e. MR tagging, phase contrast, DENSE). To conclude, we will describe the
potential role of quantitative imaging for the assessment of the functional status of
soft tissue structures such as cartilage and menisci.
We believe that functional imaging of the lower extremities will be a useful tool to
improve our knowledge of the musculoskeletal system and could aid in radiological
diagnosis. Further technical improvements are needed to translate functional MRI of
the lower extremities into a routine clinical and research tool.
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Introduction
MRI provides excellent soft tissue contrast, thus enabling the assessment of soft tissue
structures such as muscles, tendons, ligaments, and cartilage. These structures play a
fundamental role in movement and load bearing, but currently imaging is mostly
restricted to static and unloaded scans, which provide limited information on the
biomechanical functioning of the lower extremities. This is an important shortcoming,
since many musculoskeletal disorders, including osteoarthritis (OA) and patellofemoral
pain (14, 15), are strongly linked to abnormal loading and abnormal motion patterns.
Therefore, a single static scan in an unloaded situation may not be representative of
the complex deformation and motion patterns occurring in vivo during daily activities.
For instance, it has been shown that imaging during muscle contraction can modify
patellar alignment (45) and that dynamic scans of the patella performed in an upright
weight-bearing position can provide significantly different results in terms of bone
kinematics as compared to conventional unloaded supine imaging (32).
Functional MRI of the musculoskeletal system refers to a broad collection of MRI
techniques that allow measurements under physiological relevant loading conditions.
However, clinical acceptance and broader routine application of functional imaging is
still hampered by technical challenges and the lack of clinical validation studies in
larger groups of patients. In this review, we highlight recent advances in the field,
current limitations, and the open challenges that remain to be addressed in the future.
We will mainly focus on topics of relevance to this thesis, in particular dynamic MRI,
Diffusion Tensor MRI (DT-MRI) and stress MRI.

Functional imaging of joints
Dynamic MRI
Dynamic MRI of the lower extremities refers to a collection of fast imaging techniques
that allow for acquisition of several images at different time points during a motion
task. As opposed to conventional static imaging, which only provides a fixed snapshot
while the patient is not moving, dynamic imaging allows to observe a joint during a
realistic motion task and/or under a physiologically relevant loading condition. The
principal acquisition strategies used in static and dynamic imaging of joints are
summarized in Figure 1.

13
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Figure 1: acquisition strategies in MRI of joints. In conventional static MRI, used in clinical practice, the
subject is asked to keep the joint still while MR acquisition takes place. In quasi-static MRI, the subject is
asked to lay still during image acquisition, but in between acquisitions, the joint is moved. The result is a
series of fixed snapshots, where the joint is imaged at different static positions. In CINE MRI, different parts
of k-space are acquired at different motion cycles. All the data corresponding to the same frame within the
cycle are combined to create images of a single motion cycle. In real-time MRI, only a single motion cycle is
needed to collect the k-space data. The results are several time frames over the motion cycle.
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A number of studies (24, 76, 106) have obtained information about bone kinematics
using a series of static postures. Images acquired at different joint positions are often
played in a loop, suggesting the idea of joint motion. Therefore, quasi-static imaging is
often considered a dynamic imaging technique, although it does not actually allow to
image the joint during motion. While these quasi-static approaches present less
technological challenges related to MRI acquisition and are therefore appealing for
bigger studies, it has been shown that kinematic parameters are different during
dynamic task as compared to a series of static positions, suggesting that static images
are unable to capture the dynamic muscle and inertial effects that arise in
active/voluntary motion and affect joint mechanics (25).
Dynamic MRI was originally developed for cardiac applications, but some peculiar
differences between cardiovascular and musculoskeletal tissues prevented a
straightforward translation of dynamic cardiac MRI protocols to study joint motion. In
fact, the musculoskeletal system is characterized by very short transverse relaxation
times of fibrous tissue, and this poses a number of challenges in MRI data acquisition.
Furthermore, the anatomy of the musculoskeletal system is complex and contains
several small structures, which require high-resolution 3D imaging techniques.
Another challenge in the field of dynamic imaging of the musculoskeletal system is
synchronizing the data acquisition with the motion of the joint of interest. In fact,
unlike electrocardiography (ECG) signal in a cardiac scans, the definition of a reliable
signal to be used for triggering in musculoskeletal applications is not a trivial task.
Moreover, while cardiac motion is involuntary, the acquisition of dynamic
musculoskeletal MRI data requires the subject to actively and voluntarily perform a
certain motion task inside the scanner, and often the task needs to be repeated
several times. The difficulty for some subjects to perform a cyclic motion task
consistently several times is one of the main challenges related to data acquisition.
Dynamic imaging can be performed following two main approaches: real time or in a
segmented (triggered) fashion, often referred to as CINE (kinematic) MRI. Real-time
imaging only requires a single repetition of the motion task and offers the ideal
framework to study sudden or non-repetitive events (i.e. dislocation, (sub)luxation)
and to evaluate subjects with poor coordination skills or suffering from conditions
preventing them from repeating certain movements consistently. In general, real-time
MRI offers great advantages in functional musculoskeletal MRI, as it makes subject
fatigue less of a concern, and can also allow to test higher loads, which can be of
interest to elucidate some abnormalities. Real-time imaging does not require any
additional sensors or other hardware for triggering and it can be performed with a
15
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temporal resolution as high as 20 ms (102). However, the acquisition speed of realtime MRI comes at the expenses of limited coverage and limited spatial resolution. In
fact, the acquisition is usually performed in 2D in a single slice only (31) or in 3D with
very coarse resolution (77). Real-time single slice imaging has been used, inter alia, to
measure patellofemoral kinematics in subjects with patellofemoral pain (32, 33) and to
measure femoral rotation (96). Although measurements were reported to have
excellent intraobserver repeatability and relatively good tracking accuracy for the
patella (2 mm accuracy for 6.25 s cycle duration) (34), much larger errors were
reported for higher motion speeds, indicating that even higher temporal resolution
may be required if one wants to investigate motion patterns occurring at the typical
cycle durations involved in walking (~1.2 cycle/s). Another inherent limitation of real
time approaches is the lack of accurate 3D information. In fact, since real time
approaches are often limited to a single imaging slice, they can only provide 2D
kinematic information (12, 32–34). 3D bone kinematics can be derived indirectly from
a single slice real-time MRI data set through image registration to a 3D high-resolution
volume, but this process is prone to error (43). Recent studies showed the feasibility of
3D real time MRI to assess 3D shoulder kinematics, although at low temporal and
spatial resolution, especially in the slice direction (77, 100). However, while single slice
and low-resolution 3D imaging techniques can allow for calculation of 3D kinematics
when used in conjunction with appropriate image registration techniques, they offer
limited value for radiological diagnosis, since the motion of most structures cannot be
correctly depicted in a single plane. Moreover, movement and deformation of small
structures such as ligaments, tendons, and cartilage cannot be appreciated if the voxel
size exceeds a few mm due to partial volume effects with surrounding tissues.
As opposed to real-time imaging, where a single image can be acquired at once, in
CINE MRI the image acquisition is gated or synchronized with the motion cycle. Using
this approach only part of the k-space (the “raw” MRI data, which are subsequently
Fourier-transformed to obtain the MR image) is acquired within each motion cycle,
and k-space data acquired during multiple motion cycles are combined to create a
single motion cycle dataset. CINE MRI offers higher bone tracking accuracy (0.5 mm
error (50) as compared to 1.5 mm error for CINE MRI at 2 s cycle duration (34)).
CINE MRI approaches can be combined with Phase contrast (PC-CINE) to measure
bone kinematic in the joints (14, 79, 82, 105). The PC technique relies on the
application of motion sensitizing gradients, which result in the accumulation of the
phase of moving spins proportional to their velocities and to the magnitude of velocity
encoding magnetic field gradients (VENC). Gradients can be applied in three
orthogonal directions, allowing for evaluation of tissue velocities in a time-resolved 3D
16
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fashion. The velocity information obtained from PC data acquisition can then be
integrated over time to obtain displacement information. PC acquisition aimed at
determination of bone kinematics usually relies on the acquisitions of a high-resolution
static scans and three single-slice dynamic scans, each with velocity encoding in three
orthogonal directions. The typical processing pipeline used to obtain 3D kinematics
from PC-CINE data is shown in Figure 2. The accuracy of PC-CINE in tracking bone
kinematics has been reported to be 0.33 mm for translational degrees of freedom and
0.97° for rotational degrees of freedom (6).

Figure 2: Schematic flowchart of the approach used to derive tibiofemoral kinematics from Phase Contrast
(PC) MRI data. Regions of interest (ROIs) are initially defined in each bony segment. Subsequently, the
segment translational (v), and angular (ω) velocities that best agreed with measured pixel velocities (vp) are
determined. Subsequently, the velocity data are numerically integrated to determine the subsequent
position and angular orientation of the segments, and the location of the ROIs. This process was repeated
across all frames, thereby producing the 6 degree-of-freedom (6 DOF) segment kinematic trajectories over
the flexion/extension cycle. Taken from (105) with permission.

PC-CINE MRI has also been applied to measure patellofemoral contact mechanics (10,
11) and to measure patellar tendon strain by tracking the tendon insertion points on
the bone (86) as well as patellar tendon moment arm (85). While bone kinematics can
be accurately determined using this approach, it is intrinsically unsuitable for 3D
visualization of soft tissue motion. Furthermore, since PC-CINE techniques encode
velocity, they require integration to obtain displacement, which is a procedure prone
to computational error.
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Gated (CINE) approaches generally provide a higher spatial and temporal resolution
(meant as number of frames that can be reconstructed during the motion cycle) as
compared to real-time imaging. However, a drawback of all CINE MRI approaches,
including PC-CINE, is that they heavily rely on the motion task being well repeatable
and performed exactly in the same way during each repetition. Problems with
reproducing the motion task consistently during data acquisition may result in image
blurring, streaking, and ghosting, which obviously can hinder subsequent data analysis.
Due to the strong dependence on the subject’s ability to perform the given motion
task in a repetitive way, CINE MRI studies are typically limited to “low-load” conditions
and to healthy subjects having no pain or difficulties in performing the motion task.
One of the other major challenges in dynamic MRI of the lower extremities is related
to difficulties in obtaining physiologically relevant ranges of motion within the bore of
a typical MRI scanner (60 cm) due to geometrical constrains. Although the major
vendors offer nowadays wide-bore scanners (70 cm), full range of motion is difficult to
achieve for some joints, including the knee and the shoulder. When the knee joint is of
interest, placing the subjects in a lateral position maximizes the range of motion, but
may produce different results as compared to the more standard flexion/extension
performed in a supine position. Some authors have investigated big ranges of motion
of knee motion by limiting the analysis to small subjects. Fiorentino et al. (41) used
real-time MRI to image a single sagittal slice of the knee joint while the subjects
performed a loaded flexion extension task of the knee joint in lateral position and
could achieve a flexion angle up to 120 degrees. This was made possible by the
relatively low height of the subjects imaged (mean height=161 cm). Open-bore
scanners, composed of two big flat magnets and open on three sides, are available in
most hospitals and could be a viable option to increase the range of motion in dynamic
MRI studies. However, the maximum field strength reached by these systems is
typically 1T or lower, which leads to limited image resolution and higher errors in
bone tracking for the determination of bone kinematics. In fact, it has been shown that
measurement errors in bone kinematic are lower at higher field strengths (34).
Besides range of motion, also loading conditions during data acquisition play a
fundamental role. An great challenge in dynamic MRI of the lower extremities is the
difficulty in reproducing physiological postures and simulating a standing (loaded)
position while the subject lays supine or in the lateral position. In order to overcome
this limitation, dedicated MRI-compatible loading devices have been proposed (25, 90)
to simulate typical upright activities while the subjects are supine inside the scanner
bore. A more comprehensive description of loading devices will be provided in a
separate section. However, while well-designed loading devices do increase the
18
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physiological value of data obtained from dynamic MRI, they are still remote from
mimicking the physiological conditions occurring in the lower extremities during daily
activities. Additionally, when used in combination to the existing MR data acquisition
approaches, these devices could potentially even worsen the repeatability of the
motion task due to muscle fatigue, and this is a major concern with (prospectively
gated) CINE MRI.

Figure 3: Schematic flowchart of the approach used to derive tibiofemoral kinematics from 3D dynamic MRI
data. Static images are segmented to create volumetric bone and cartilage models. Subsequently, the
volumetric models are registered to the dynamic 3D MRI dataset obtained from the same subjects. The final
result is a 3D reconstruction of tibiofemoral kinematics. Reproduced from (49) with permission.

Recent advances in image acceleration techniques could potentially lead to faster data
acquisition, that can decrease the number of motion repetitions needed in gated
imaging, or ideally allow for real-time 3D imaging. One of the techniques used to
accelerate data acquisition is parallel imaging. This technique can significantly reduce
scan time, provided that a radiofrequency (RF) coil with sufficient receiver elements is
available. Ideally a coil should have a large coverage and good signal reception,
without restricting the range of motion (25, 73). Prospective trigger approaches in
combination with acceleration techniques such as Compressed Sensing (CS) MRI (59)
showed very promising results in cardiac and abdominal real time imaging, and could
be translated in the musculoskeletal field to provide images with higher spatial and
temporal resolution obtained with less repetitions of the motion task. Kaiser et al. (49,
50) developed a CS image acquisition and reconstruction pipeline, in combination with
an external sensor for retrospective sorting of the data into different motion phases,
to obtain high temporal (60 frames per cycle) and spatial (1.5 mm isotropic) resolution
3D images of the moving knee. The combination of 3D dynamic imaging with highresolution static images can be used to measured 3D bone kinematics (Figure 3) and
determine cartilage contact patterns in the tibiofemoral joint. However, a drawback of
this approach is the need for an external optical sensor placed inside the MRI bore,
which is not available in many hospitals.
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Functional imaging of Muscles
2

Muscle structure (DT-MRI)
Diffusion Tensor MRI (DT-MRI or DTI) is an MRI-based technique that allows to
measure the diffusion anisotropy of water molecules in biological tissues. In muscle
DT-MRI acquisitions, the random motion of water molecules due to self-diffusion can
be probed in several directions using diffusion encoding gradients, and these data can
be used to reconstruct a diffusion tensor. The three eigenvectors obtained from the
diffusion tensor indicate the principal directions of diffusion. The diffusion in biological
tissues has a strongly anisotropic behavior: the direction of the first eigenvector
corresponds to the direction of the muscle fibers, and can be used for fiber
tractography as shown in Figure 4, while the second and third eigenvectors represent
diffusion in the cross section of the fiber.

Figure 4: Fiber tractography reconstruction of the lower leg of a healthy volunteer, obtained from DT-MRI
data. In the image the 3D reconstructions of the Tibialis Anterior (yellow), Gastrocnemius Lateralis (dark
brown), and Gastrocnemius Medialis (light brown) muscles are shown.

DT-MRI can non-invasively provide in vivo information on tissue architecture, either
normal or in a diseased state. For the interested readers, the technical aspects of DTMRI acquisition and post processing, and its clinical applications are summarized in
recent review articles (28, 74).
DT-MRI has been shown to be sensitive to transient changes in skeletal muscles such
as contraction status and joint position (38, 81, 93). Furthermore, correlation has been
shown between DT-MRI-derived parameters and maximum muscle power (80). DT20
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MRI also allows to measure the pennation angle (27), the angle between the muscle
fiber and the tendon it attaches to, which plays a fundamental role in determining
muscle function and force production. Despite the relatively good performance of DTMRI in quantifying biomechanically relevant parameters such as pennation angle and
fiber length (28), the extraction of these parameters is still time consuming and poorly
standardized. Furthermore, the physiological interpretation of some of the DT-MRIderived parameters is unclear. Advances in image processing techniques, as well as
basic research on the physiological origin of the DT-MRI data, are needed in order to
obtain accurate geometrical information that can be readily used as input for
biomechanical models of the lower extremities.
Despite the limitations, due to its ability to depict and characterize complex muscle
architecture of deep and superficial muscles with a large field of view (FOV), DT-MRI is
a very promising technique towards the implementation of patients specific muscle
architecture into biomechanical models (7).

Muscle function (Phase contrast, MR tagging, DENSE)
Besides accurate 3D representation of muscle architecture, MRI is also a promising
tool to provide biomechanical information on muscle function. Dedicated MRI
techniques have been developed to observe and quantify muscle deformation during
contraction (78). Dynamic muscle imaging, similarly to dynamic imaging of the joints,
could either be performed in a real time (3) or in a triggered fashion (23). Real-time
imaging can be performed either in a 2D single slice approach, or in 3D fashion at
lower resolution, but it is limited to displacement encoded in one single direction (3,
66). When the motion task can be consistently repeated, displacements (or velocities)
can be encoded in three orthogonal directions, leading to the possibility to determine
volumetric deformation patterns.
The MRI techniques used for dynamic muscle contraction imaging can be categorized
in three main groups: MR tagging (SPAMM), Phase Contrast (PC), and displacement
encoding with stimulated echoes (DENSE). In MR tagging, two preparatory RF pulses
are usually applied, separated by a dephasing gradient (the so-called 1-1 module). As a
result of the application of the MR tagging module, the acquired magnitude images
result spatially modulated with a sinusoidal function. Following the distortion of these
tag lines over time allows to measure soft tissue deformation. This technique has been
used to monitor tissue displacement and deformation during active isometric
contraction in humans (91, 94), as well as during muscle indentation both in rats (19)
and in healthy humans (65, 66).
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The PC technique, already introduced in the context of bone kinematics determination,
allows to obtain 3D velocity information in each individual image voxel over time. This
method has been used in the musculoskeletal field to quantify muscle inertial forces
(104), as well as changes in muscle fascicle length (88) and strain rate (94). DENSE is
conceptually similar to PC, as it encodes displacement on the phase of the signal, but it
is based on the acquisition of stimulated echoes. One of the advantages of DENSE over
PC is that it allows to encode motion over longer time intervals, which is especially
beneficial for skeletal muscles, which are characterized by low velocities. DENSE has
been successfully applied to the study of muscle contraction (107) and cartilage
deformation under cyclic loading (21, 22, 69). One drawback of DENSE acquisition is
the 50% reduction in SNR due to the use of stimulated echoes instead of primary
echoes.
All the displacement and velocity techniques previously mentioned allow for
quantification of tissue displacement and strain through post processing. However,
techniques that directly encode displacement such as DENSE and MR tagging are more
suitable if one wants to calculate strain. On the other hand, strain rate is often
calculated from phase contrast data, since this does not involve integration in the time
domain and does not require the definition of a reference frame, which is required for
calculating strain.
MR tagging, PC and DENSE can be performed in a real-time fashion. However, since
real time imaging only allows to study motion along one predefined direction, multiple
repetitions of the motion are needed if a representation of displacement and strain is
required in more than one direction. To that aim, several approaches have been
implemented in order to perfectly synchronize the imaging sequence with the motion
task. Sinha et al. (92) proposed a computer controlled foot pedal device, which is
equipped with a force sensor that can be used to provide real time feedback to the
subject performing the motion task. This allows for more consistent reproducibility of
foot dorsi/plantarflexion (52, 94).
Another interesting approach for consistent muscle contraction is to induce passive
contraction by using electrical stimulation (1). Deligianni et al. (30) developed a system
with Electrical Muscle Stimulation (EMS) electrodes that can induce periodic muscle
contraction synchronized with MRI acquisition, allowing for virtually artifact free scans.
The idea of using electrical stimulation synchronized with MRI acquisition is appealing,
but its value in assessing abnormalities in patients still has to be proven and the
comparison with active muscle contraction should be investigated in more details.
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Despite the technical advances in this field, muscle contraction imaging is still limited
to a single slice, with velocity or displacement typically encoded along two orthogonal
directions. In fact, 3D coverage of the full muscle volume with sufficient spatial and
temporal resolution, in combination with 3D displacement or velocity encoding, can
only be achieved by gated (CINE) acquisitions during many repetitions of a motion task,
thus resulting in long scan times, which in turn can lead to muscle fatigue and poor
repeatability in performing the task. For future widespread application of muscle
contraction imaging, fast imaging techniques should ideally be employed, in order to
reduce scan time and extend the imaging volume from a single slice to a full 3D
volume.
Dynamic MRI techniques offer great opportunities in the field of musculoskeletal
models of skeletal muscles. PC MRI in skeletal muscles showed non-uniform strain in
the biceps brachii during elbow flexion (75). A later study (8) combined these results
with Finite Element modeling and confirmed that a different fascicle length and
curvature within the muscle are the main cause for non-uniform strain. Non-uniform
strain was also reported in the tibialis anterior (35) and in the gastrocnemius muscle
(61). In order to simplify calculations and decrease computational time,
musculoskeletal geometry is often heavily simplified in musculoskeletal models. In
fact, muscles are typically not described in a 3D fashion, but reduced to one or more
line segments. (47). However, the complex muscle deformation highlighted in previous
dynamic MRI studies, and the highly non uniform strain measured within individual
muscles, motivate the development of more detailed and 3D muscle models.
When structural imaging is coupled with contraction imaging, the full complexity of
muscle contraction mechanism can be studied in great details. Felton et al. (37)
combined architectural information of muscles in the tongue with strain rate and
strain derived from 2D PC MRI during swallowing.
Englund et al. (35) analyzed the spatial orientation of the main muscle fiber direction in
a voxel-by-voxel basis. They compared it with the shortening direction derived using
MR tagging and showed a significant angular discrepancy between the two (24.0±1.3°
and 39.8±6.1° in the deep and superficial compartments, respectively). Sinha et al. (94)
found significant differences in strain rate derived from 2D PC between young and
elderly subjects in the medial gastrocnemius, as well as smaller angles between the
strain rate and the fiber direction in the older cohort. Since acquisition was limited to a
single slice, the out-of-plane component of the strain rate could not be measured, and
was estimated under the assumption of volume incompressibility (44, 99). The ability
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of performing contraction imaging in a 3D fashion could shed more light on whether
this assumption is justified.

2

Figure 5: Overview of motion encoding techniques used in skeletal muscles. a) MR tagging images of part of
the Tibialis Anterior muscle (indicated by the blue box), with displacement encoding in the z (first row) and
yz (second row) direction, acquired in the contracted state (first column) and following relaxation (second
column). Yellow points indicate the detected tag positions. Adapted from (35) with permission. b) PC-CINE
images of the lower leg acquired during isometric plantarflexion contraction. The images show the time
evolution of velocity values encoded in the feet-head direction over time. Black regions indicate tissue
velocity in the foot direction, while white indicates tissue velocity in the head direction. Adapted from (39)
with permission. c) DENSE-CINE MR imaging of the arm in the sagittal view (left) and axial (right) at maximal
elbow flexion. The displacement was encoded in the vertical direction. The opposite signs of the biceps and
the triceps muscles indicate the muscles working in opposite directions. Adapted from (107) with
permission.
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The non-collinearity of the strain directions and fiber directions and the non-uniform
strain observed within a muscle are believed to be caused by architectural
heterogeneity in terms of fiber lengths and pennation angles (35). Since DT-MRI
acquisition, in combination with appropriate post-processing, allows for determination
of fiber lengths (9, 46), fiber curvatures (29, 42) and pennation angles (46), this
method could provide complementary information to dynamic muscle imaging.
The combination of the architectural parameters, obtained from DT-MRI, with local 3D
strain measurement could lead in the future to a better understanding of mechanisms
of muscle force production and lateral force transmission in healthy subjects, as well as
in disease conditions such as dystrophy and aging. Additionally, the combination of the
two imaging techniques could provide the basis for patient specific musculoskeletal
models.

Functional imaging of collagen-rich structures
Cartilage
Osteoarthritis is a complex disease, originating from biological tissue modifications
which are closely linked to cartilage loading (36). Quantification of cartilage thinning
under load can be determined from anatomical high resolution scans acquired in the
deformed and undeformed configuration (54) although the typical resolution
achievable with the current MRI scanners limits the maximal achievable precision.
Furthermore, the internal deformation of cartilage cannot be extrapolated from a
simple thickness measurement performed on anatomical images. Combination with
biomechanical calculations using, for example, Finite Element Modeling (FEM) can be
used to infer internal tissue deformation given a deformed and an undeformed tissue
state, but they are based on a series of assumptions and do not measure the actual
deformation behavior of tissues. Therefore, current research is focusing on novel
methods to directly estimate local mechanical behavior of cartilage in vivo and during
physiologically relevant loading conditions.
Chan et al. (20) have developed a method based on DENSE MRI to quantify
deformation and strain in human cartilage in vivo during cyclic loading with a precision
of 0.3% (21). This was achieved by applying a single slice displacement encoding MRI
technique based on DENSE, which was synchronized with the application of a cyclic
externally applied load.
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In addition to displacement encoding techniques to measure internal deformation and
strain, MR relaxometry has also been proposed as a surrogate measurement of
mechanical properties (70) and tissue response to load (68). MR relaxometry refers a
number of quantitative MRI techniques such as T 1, T1ρ, and T2 that have been show to
provide information on cartilage beyond morphology and allow for prestructural
cartilage assessment (57). T2 relaxation time is related to water content and collagen
integrity, while T1ρ is sensitive to proteoglycans content (2).
T2 has been shown to correlate with Body Mass Index (BMI) in patellar cartilage (53) as
well as in tibiofemoral cartilage (83) and was shown to return to normal values upon
substantial weight loss (83). Furthermore significant decrease in cartilage T2 was
reported after running (58) and following repeated knee bent exercise (56). These
findings suggest the sensitivity of the parameters to different applied loads.
Although a unifying framework is still lacking, evidence has been provided that MR
relaxometry is sensitive to (changes in) mechanical properties. Subburaj et al. found
correlation between cartilage deformation patterns and relaxation times (T2 and T1ρ) in
articular cartilage (98). Furthermore T2 was shown to correlate with Young’s modulus
and dynamic modulus in human patellar cartilage explants (72). In a more recent
study, strong correlation was measured in patellar cartilage explants between the
T1ρ/T2 ratio and elastic modulus (51). Irrechukwu et al. (48) performed
multiexponential analysis of T2 in cartilage explants following enzymatic degradation,
and revealed the presence of four separate water compartments, with compartment
fractions strongly correlating to material stiffness measured with mechanical testing.
While additional experiments will be needed to understand the link between MR signal
and mechanical properties of collagen-rich tissues, these preliminary results warrant
further investigation.
Another technique that can potentially provide functional information on cartilage
biomechanics is dGEMRIC (T1 mapping after injection of a gadolinium-based contrast
agent). dGEMRIC has shown high correlation with proteoglycans content (101).
Mayerhoefer et al. (64) have measured a significant decrease in cartilage dGEMRIC T1
values from the unloaded condition to loading with 50% body weight (63). This was
interpreted as an increased concentration of gadolinium as a consequence of reduced
cartilage thickness under compression. Interestingly, the load bearing areas of cartilage
showed higher decrease in T1 as compared to non-weight bearing areas.
For an extensive description on functional imaging of cartilage, we refer the interested
reader to the review paper by Neu (68).
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Meniscus
The meniscus is a fibrocartilaginous tissue pad with a semilunar shape. In humans,
each knee contains two menisci, which are important for load transmission, shock
absorption, stability, nutrition, joint lubrication, and proprioception in the knee joint.
Compared to articular cartilage, the meniscus is more difficult to image, due to its very
short T2 and T2* relaxation times, which are reported to be 5-8 ms at 3T (5). Bae et al.
(4) observed a correlation between mechanical properties (stiffness derived from
indentation) of temporomandibular joint (TMJ) meniscus and UTE T1ρ, suggesting a
potential role of T1ρ as a useful biomarker to detect softening due to degeneration.
MacLeod et al. (60) measured meniscus deformation in healthy and OA subject (based
on image registration) and found bigger displacements in OA subjects as compared to
healthy controls. Calixto et al. (13) measured T2 and T1ρ under compressive 50% body
weight. Increases in both relaxation times were observed in healthy controls, while the
changes were less consistent in OA. The regional dependent behavior was interpreted
as a possible marker of load transmission. Son et al. (95) found significant correlation
between relaxation times and mechanical properties of human menisci obtained from
patients who underwent total knee arthroplasty (TKA).
Quantitative mechanical properties obtained from MRI, for cartilage, meniscus, other
soft tissue structures such as ligaments, and tendons, will find an important application
in the field of FEM for biomechanics application. Ideally material properties would be
obtained in each node in the image, in a similar way as it is now currently done for CTbased FEM models (16). Although quantitative MRI correlated well with certain
mechanical properties and provided a strong response under functionally loaded
activities, the link between changes in quantitative MRI values and mechanical
properties is still poorly understood. We foresee that experiments on cadaveric
specimens or explants will be needed to increase our understanding and to lead to the
use of quantitative MRI parameters in the computer modeling pipeline.

Loading devices
The dynamic MRI techniques introduced in the previous sections can be coupled with
the use of appropriate loading devices to increase the physiological value of the
measurement.
Loading devices to be used in conjunction with MRI need to be made of MR
compatible materials (26) and they should ideally provide no detectable signal, in
order to avoid common artifacts such as foldover in the acquired images.
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Several loading design for dynamic imaging have been designed. Silder et al. (90)
designed a loading device that could be used to generate either elastic or inertial loads
on the harmstring and quadriceps muscle during knee flexion/extension. The device
was subsequently used for measurements of tibiofemoral and patellofemoral
kinematics (40, 49, 55, 89, 105). D’entremont et al. (25) proposed a relatively simple
loading rig that allowed free leg motion with a force of 8% body weight applied in the
ankle hip direction.

Figure 6: a) Static loading device. Weights are hung behind the patient in the MRI system, and a set of
pulleys and a loading plate transfer the force into a compressive load at the foot. b) Static image of the knee
in full extension c) static image of the knee at maximum flexion. After registration of the tibia models
obtained at both positions, the femoral kinematics can be derived. Adapted from (17) with permission.

Besides providing assessment of the musculoskeletal system under conditions that can
better represent daily tasks, MRI loading devices can also provide mechanical
restriction of movement, which is beneficial to increase consistency during the
repetitions of the motion task in dynamic imaging.
In addition to their use in dynamic imaging, loading devices are also of paramount
importance in the field of loaded or stress MRI. Stress MRI has received growing
interest in the last two decades, and has mostly been performed using an open MRI
scanner (32, 62, 84), but this type of scanners usually has a very low main magnetic
field strength and the images produced concomitantly suffer from very low signal-tonoise ratio (SNR). Therefore, efforts have been made to design an optimal joint loading
set-up to simulate static upright stance in a typical close bore scanner (1.5T or 3T).
Previously, several approaches have been reported, but only those devices designed
for mechanical compressive loading of the knee joint are discussed. Nag et al. (67)
designed a mechanical advantage pulley system which in essence was the precursor to
later loading devices. In 2008, Nishii et al. (71) designed a set-up to measure cartilage
thickness and T2 in response to loading. Shefelbine et al. (87) also made a device,
which has been used extensively to investigate the effects of loading on the knee joint
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in healthy volunteers and in patients (13, 17, 60, 87, 97, 98). The basic device was at a
later stage coupled with a rotational device (18), in order to assess rotational stability
of the knee. Several other groups have taken different approaches. These include load
cells (103), pneumatic devices (20) and mechanical foot plates connected to a pulley
for load application (54, 64).
For a more extensive description of loading devices used for dynamic and quasi-static
studies, we refer to a review paper on this topic (26).

Conclusions
In this work, we provided an overview of several MR-based techniques, which provide
functional information of the musculoskeletal system, including bone kinematics,
muscle structure and contraction, and tissue deformation under load. Functional
imaging of the musculoskeletal system is a relatively new, yet fast growing, field of
research. The techniques presented in this review have already shown potential in
advancing our knowledge of the musculoskeletal system and in providing useful
functional information for creating and validating biomechanical models. However,
applications are yet confined to mostly healthy subjects and in a research setting. We
believe that recent advances in MRI techniques, especially in the field of accelerated
imaging, can facilitate a more widespread application of these methods.
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Abstract
3

Introduction: Musculoskeletal (dys-)function relies for a large part on muscle
architecture, which can be obtained using Diffusion Tensor MRI (DT-MRI) and fiber
tractography. However, reconstructed tracts often continue along the tendon or
aponeurosis when using conventional methods, thus overestimating fascicle lengths. In
this study, we propose a new method for semi-automatic segmentation of tendinous
tissue using tract density (TD). We investigated the feasibility and repeatability of this
method to quantify the mean fascicle length per muscle. Additionally, we examined
whether the method facilitates measuring changes in fascicle length of lower leg
muscles with different foot positions.
Methods: Five healthy subjects underwent two DT-MRI scans of the right lower leg,
with the foot in 15° dorsiflexion, neutral, and 30° plantarflexion positions.
Repeatability of fascicle length measurements was assessed using Bland-Altman
analysis. Changes in fascicle lengths between the foot positions were tested using a
repeated multivariate analysis of variance (MANOVA).
Results: Bland-Altman analysis showed good agreement between repeated
measurements. The coefficients of variation in neutral position were 8.3%, 16.7%,
11.2% and 10.4% for Soleus (SOL), Fibularis Longus (FL), Extensor Digitorum Longus
(EDL) and Tibialis Anterior (TA), respectively. The plantarflexors (SOL and FL) showed
significant increase in fascicle length from plantarflexion to dorsiflexion whereas the
dorsiflexors (EDL and TA) exhibited a significant decrease.
Conclusions: The use of a tract density for semi-automatic segmentation of tendinous
structures provides more accurate estimates of the mean fascicle length than
traditional fiber tractography methods. The method shows moderate to good
repeatability and allows for quantification of changes in fascicle lengths due to passive
stretch.
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Introduction
The architectural parameters of muscle-tendon units determine the function that
these have within the musculoskeletal system. Among these parameters, we find most
importantly: the optimal fiber length, the physiological cross-sectional area (PCSA) and
the pennation angle. For instance, fascicles within long muscle-tendon units can
sustain longer excursions during daily activities than short muscles having a large PCSA,
which are instead optimized to produce high forces within a limited range of fascicle
lengths (27).
It is well known that these architectural properties may change due to (patho-)
physiological conditions such as aging, exercise, disease, or surgical intervention (23,
40), which has an influence on muscle function (23, 34). For example, it was shown
that muscle fascicle length decreases due to inactivity and lengthens after exercise, but
it has also been shown that fascicle length directly correlates with performance in
athletes (23, 31, 34). Therefore obtaining architectural properties such as fascicle
length in a reliable fashion is of vital importance to understand skeletal muscle
function and alterations therein due to (patho-)physiological conditions.
Quantitative values for architectural parameters, are often estimated from available
data obtained on dissected cadaveric specimens or from bright mode ultrasound (24,
25, 44). However, these methods have serious limitations. Cadaveric material does not
provide patient-specific information. Ultrasound is limited to superficial muscles and
offers mostly 2D measurements in a narrow field-of-view (FOV) (24). A few studies
exploited conventional anatomical magnetic resonance imaging (MRI) to derive muscle
architecture (1, 3). Anatomical T1- and T2-weighted scans provide sufficient contrast for
quantification of muscle volume (1, 43), but fascicle orientations and pennation angles
cannot be inferred from these scans.
Muscle fascicle architecture characterization by DT-MRI does not suffer from the
above-mentioned shortcomings, as it can be applied to quantify subject specific in vivo
3D muscle architecture in a large FOV (18, 42). DT0-MRI is a specialized MRI technique,
capable of quantifying the self-diffusion of water molecules in tissue. Water diffusion
in skeletal muscles is highest along the axis of the fascicles and lowest perpendicular to
the axis of the fascicles. Although a definitive model underlying this diffusion
anisotropy in skeletal muscle is lacking, it is generally accepted that diffusion
perpendicular to the muscle fascicle axis is lower because water diffusion in this
direction is hindered by intra- and extracellular tissue constituents (5, 33). Using the
diffusion tensor, the muscle fascicle orientation can be quantified in each imaging
41
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voxel. Tractography combines this information in 3D to obtain whole-muscle fascicle
architecture (33). DT-MRI and tractography have been applied to visualize muscle
architecture in various regions in the human body, including leg, forearm, heart, spine,
pelvis, and tongue (8, 10, 11, 37, 46).

3

It has been shown that tractography provides a useful visual representation of muscle
architecture in which pennation angles could be measured accurately (12, 36).
However, measurements of fascicle length proved more challenging due to the
presence of artificially long fascicles as tractography continued beyond the muscle
origin and insertion due to partial volume effects with tendons and fascia (36, 39).
Additionally, unrealistically short fascicles were observed near the borders of the
segmented muscle volumes as a result of suboptimal segmentation and limited
resolution (36).
Thus, accurate and automatic determination of fascicle lengths and pennation angles
not only depends on accurate segmentations of the individual muscles, but also on the
accurate segmentation of tendons, fasciae and (internal) aponeuroses (12, 39).
However, due to their limited resolution, segmentation cannot be performed reliably
on DT-MRI images (5, 33), therefore, segmentation has to be performed on high
resolution co-registered anatomical scans. While this process is laborious and time
consuming, it is also prone to errors due to difficulties in achieving a perfect
registration between the anatomical and DT-MRI scans.
The purpose of this work is to introduce a novel method for semi-automatic
segmentation of tendinous structures directly from the DT-MRI data, facilitating
accurate and repeatable quantification of muscle fascicle lengths without the need for
laborious segmentation and avoiding registration errors. We have explored this new
method to quantify muscle fascicle lengths in several muscles of the human lower leg
and we assessed changes in fascicle length due to passive ankle motion.

Methods
MRI
Five healthy male volunteers were scanned with a 3T Achieva MRI scanner (Philips)
using a 6 channel torso coil. This study was approved by the local IRB and written
informed consent was provided by all subjects prior to the study. A custom-built device
was used to immobilize the foot in 3 different positions: 15° dorsiflexion, neutral
position, and 30° plantarflexion. MRI measurements of the lower leg for all 3 foot
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positions were performed in one examination. Each subject was measured twice on
the same day in two separate MRI sessions, with at least 30 minutes in between. The
MRI protocol consisted of an mDixon scan, for anatomical reference, and a DT-MRI
scan. The following scan parameters were used for 3-point mDixon: sequence = FFE,
2
FOV = 192x156 mm , TR = 7.7 ms, TE1/ΔTE = 2.1/1.7 ms, matrix size = 192x192,
3
number of slices = 100, voxel size = 1x1x2.5 mm . The following scan parameters were
2
used in the DT-MRI scan: sequence = SE-EPI, FOV = 192x156 mm ; TR = 11191 ms, TE =
3
51.63 ms, matrix size = 64x52, number of slices = 50, voxel size = 3x3x5 mm , SENSE
acceleration factor = 1.5, number of gradient directions = 12, diffusion b-value = 400
2
s/mm ; Slice-selection gradient reversal (SSGR) was used for fat suppression, in
combination with spectrally adiabatic inversion recovery (SPAIR) for aliphatic fatsuppression and spectrally selective suppression of the olefinic fat peak (15). The scan
time for each foot position was 11 minutes, resulting in a total scan time of 33 minutes
per session. Additionally, for each DT-MRI scan a noise scan was also performed in
order to calculate SNR maps.

Data processing
Tensor calculation
DT-MRI data were processed using DTITools for Mathematica 10.3 (8). Data preprocessing comprised three steps: 1) Rician noise suppression (9), 2) affine registration
of the diffusion weighted images to the non-weighted image to correct for motion and
eddy current deformations (26), and 3) b-spline registration of the diffusion data to the
mDixon water images to correct for susceptibility induced EPI deformations (16, 17,
45). In the last processing step, the resolution of the diffusion data was increased to a
3
voxel size of 1.5x1.5x3.0 mm . Directional diffusion data were fitted to a tensor model
using a Weighted Least Linear Square (WLLS) algorithm, from which the principal
direction of diffusion was determined. SNR (Signal to Noise Ratio) was defined as the
2
ratio of the mean muscle signal in the DT-MRI images acquired with b=0 s/mm and the
standard deviation of noise, calculated from the noise scan.

Muscle segmentation
Muscle segmentation was done by manual delineation of the 11 muscles in the lower
leg (i.e. Tibialis Anterior, Tibialis Posterior, Extensor Digitorum Longus, Flexor
Digitorum Longus, Flexor Hallucis Longus, Extensor Hallucis Longus, Gastrocnemius
Medialis, Gastrocnemius Lateralis, Soleus, Fibularis Brevis and Fibularis Longus). The
delineation was performed in the out-of-phase mDixon images of the first
measurement session with the foot in neutral position. These mDixon images were
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first down-sampled to a resolution of 1x1x10 mm3, which resulted in only 25 slices for
delineation. The segmentations were then transformed to all 6 datasets (3 positions, 2
measurements) by registering the down-sampled out of phase mDixon images to full
resolution out-of-phase mDixon images using rigid registration followed by non-linear
b-spline registration with Elastix (20).

Tractography
Muscle tractography was performed using the vIST/e toolbox. Tractography was
performed with an allowed FA range of 0.1 to 0.7, a maximal allowed angle change per
step-size of 20° and a minimal fiber length of 0.2 cm. Seed points from which tracts
continued bidirectionallly were evenly spaced throughout the whole leg volume (seed
distance = 1 mm) and a deterministic algorithm was used for tractography. This initial
whole volume tractography was subsequently used to determine tract density maps,
as explained in the next section.

Tract density and fascicle length
Tract density
The automatic segmentation of tendinous tissue is based on the notion that most
muscle fibers have a well-defined origin and insertion and have a relatively constant
density in the muscle body. As a consequence, the tract density (TD) of reconstructed
muscle fascicles – from DT-MRI – should remain constant within the muscle volume
(Figure 1A). However, muscle fascicle tracts reconstructed from DT-MRI data may
artificially extend along tendons, aponeuroses, and fasciae, due to partial volume
effects and diffusion anisotropy in these tendinous tissues (Figure 1B). As a
consequence, the fascicle TD in voxels containing tendinous tissue is higher than those
in the muscle belly (Figure 1C). Thus, voxels containing tendinous tissue can be
segmented based on their higher TD value as compared to muscle tissue.

Tractography based on tract density
TD maps were made by volume seeding of tracts in the whole leg with a seeding
3
distance of 1x1x1 mm . TD was defined as the number of tracts crossing each voxel.
The TD values were normalized to the mean TD of the entire volume, which contains
mostly muscles, consequently TD ≈ 1 for muscle tissue. After the construction of the
TD maps, a second tractography step is performed for each individual muscle, with
step length = 0.2 max angle/step = 10°, and minimum fiber length = 20 mm, using the
TD value as stopping criterion. If the TD value exceeds 1.5 tractography is halted,
because this indicates the presence of a tendon, aponeurosis, fascia, or artifacts. Seed
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points for tractography based on TD values were equally spaced within a volume
obtained by eroding the segmented volume for each muscle to about 90% of its
original size.

3

Figure 1: Schematic explanation of partial volume at muscle/tendon intersection. Schematic drawings of
muscle and tendon in a pennate muscle with the artificial elongation. A) The in vivo situation in which the
muscle fascicles (grey) attach to the tendon (black). B) When the voxel contains both tendon and muscle the
average direction for tracking is along the tendon. C) Therefore tractography will continue along the tendon,
leading to artificially long fascicles.

Fascicle length measurements
The mean fascicle length for each muscle was derived from a fit of a skewed Gaussian
distribution to the fascicle length distribution of all tracts of that muscle.
Reconstructed fascicle tracts that terminated proximally or distally at the edges of the
FOV were excluded from analysis, since these do not represent the full muscle fascicle
length. As a comparison, our new method using TD maps was compared to two
conventional tractography methods for determining fascicle lengths in the TA muscle.
The first method used FA as a tracking stopping criterion with an allowed range of FA =
0.15 to 0.65 (32, 39, 41). The second one involved an accurate manual segmentation of
the TA muscle and halting tractography at segmented boundaries of the TA muscle (13,
19, 36).
In-depth analysis of fascicle lengths and changes therein upon passive plantar- and
dorsiflexion was restricted to the Soleus (SOL), Fibularis Longus (FL), Extensor
Digitorum (EDL), and the Tibialis Anterior (TA).
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Statistical analysis
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Repeatability of fascicle length measurements of the SOL, FL, EDL, and TA was
investigated using Bland-Altman plots and reported as the coefficient of variation (CV).
CV is defined as 100%*SD/Mean, where SD is the standard deviation of the paired
difference and Mean is the mean value calculated for the two repeated datasets. The
CV is reported per muscle and position as well as for the 4 muscles combined. The
minimal detectable difference (MDD) is calculated for each of the 4 muscles. The MDD
is equal to 1.96 times the SD of the paired differences and represents the smallest
difference in fascicle length that, with a 95% confidence interval, can be attributed to a
true change in fascicle length rather than to a measurement error.
Significance (P < 0.05) of changes in parameter values between the three ankle
positions and repeated measurements were tested with a multivariate analysis of
variance (MANOVA) (SPSS v. 22; IBM, Armonk, NY) with a Bonferroni post hoc test. For
each variable, the assumption of sphericity was tested with the Mauchly test. If the
sphericity assumption was violated, one of three corrections was used based on the
Mauchly test output: the Greenhouse-Geisser, the Huynh-Feldt, or the lower-bound
correction.

Results
The five healthy males which were included in this study had a mean age of 27 years
(range 24-29 years), a weight of 78 kg (range 62-89 kg), a length of 181 cm (range 171189 cm), and a tibia length of 42 cm (range 37-47 cm). All DT-MRI scans were
completed successfully (see Figure 2A-D) and were of sufficient quality to allow
accurate tensor calculation.
For all scans, the average signal-to-noise (SNR) of muscle in the non-weighted images
was at least 30 (range 30-70). For all subjects the muscle segmentation using the
down-sampled out-of-phase mDixon images could be well aligned with the up-scaled
diffusion data (see Figure 2E-H).
Figure 3A is a representative TD map of the lower leg in axial orientation. The image
shows that muscle tissue has constant TD values (red; TD ≈ 1 by normalization).
Boundaries between muscles are characterized by pixels with considerably higher TD
values (white; TD > 1.5). Figure 3B is the mDixon water image of the same slice, in
which tendons and fasciae are hypo-intense. The overlay of TD on the mDixon water
image (Figure 3C) shows that high TD pixels spatially correspond to mDixon water
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hypointense pixels. High TD pixels can thus generally be ascribed to tendons and
fasciae, with the exception of artifacts or low SNR regions.

3

Figure 2: Transverse slice in a volunteer: raw MRI data and muscle segmentation. A) DT-MRI image obtained
with b=0 s/mm2; B) DT-MRI image obtained with b=400 s/mm2; C) Water image from the mDixon scan; D)
Fat image from the mDixon scan; E) Muscle segmentation overlaid to the out-of-phase mDixon image; F, G,
H) Muscle segmentation obtained using the down-sampled out-of-phase mDixon images overlaid to the upscaled diffusion data. F) 15° dorsiflexion; G) Neutral position; H) 30° plantarflexion.

Figure 3: Tract density (TD) map and corresponding anatomical image. A) Axial tract density map of the
lower leg of one subject in neutral position. High values of normalized tract density are represented in white
and indicate tendons, while low values in red can be assigned to muscle tissue. B) Water image determined
from the mDixon scan and C) the previous two images overlaid. There is good anatomical agreement for the
tendons between the two images.

Comparisons of tractography methods with different stopping criteria, including TD,
are shown in Figure 4. When comparing the conventional tractography methods,
which are based on FA or using the muscle boundary as stopping criteria, it can be
seen that non-Gaussian distributions of muscle fascicle lengths are obtained. When
using FA as the sole stopping criteria, fascicles tend to extend into adjacent muscles
and tendons (Figure 4B). As a consequence, the mean value of fascicle length is shifted
towards artificially larger values (Figure 4A). When using muscle boundaries as a
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cutoff, the reconstructed fascicle lengths near the muscle boundary terminate
prematurely (Figure 4F), resulting in a skewed distribution towards short fascicle
lengths (Figure 4E). Using the TD based method, both long and short fascicles are
avoided (Figure 4D) and a normal distribution can be appreciated for all investigated
muscles (Figure 4C).

Figure 4. Comparison between tractography based on Tract Density, on FA and on muscle boundary. A, C, E)
Histograms of fascicle length in 4 muscles (Extensor Digitorum Longus (EDL), Fibularis Longus (FL), Soleus
(SOL) and Tibialis Anterior (TA)) in one volunteer with the foot in neutral position, using tracking stopping
criteria based on FA, TD, and muscle segmentation volume respectively. The dotted lines represent the
histogram of fascicle count, and the solid line indicates the fitted distribution. Values of fascicle count are
normalized so that the total area under the curve is equal to 1. B, D, F) Tractography in the Tibialis Anterior
colorcoded by fascicle length (in mm) in the same volunteer in neutral position.

Bland-Altman plots for fascicle length for SOL, FL, EDL, TA, and for all muscle together
are shown in Figure 5. The graphs show that the differences between the two
repeated measurements are distributed around a mean value of zero, indicating the
absence of any systemic differences between sessions. Different limits of agreement
were observed for different muscles, with the SOL showing overall the best
reproducibility and TA showing the worst. The CVs were 8.3%, 16.7%, 11.2%, 10.43% in
the neutral position, for the SOL, FL, EDL, and TA respectively (see Table 1). The CVs
and MDDs per muscle and position are listed in Table I, showing a broad range for CVs
(5.3 – 18.7%) with the repeatability being worst in dorsiflexion.
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Figure 5: Bland-Altman of fascicle length measured in two different sessions. A-D) Bland-Altman plots for the
Soleus (SOL), Fibularis Longus (FL), Extensor Digitorum Longus (EDL), and Tibialis Anterior (TA). E) Combined
Bland-Altman plot for the four muscles. The dashed lines represent the mean difference, and the solid lines
indicate 1.96 times the standard deviation.

Figure 6 shows the fascicles of the SOL and TA color-coded for fascicle length in the
three positions. In this figure, the fascicle length changes can be appreciated.
Furthermore, none to very little artificially elongated or shortened fascicles are seen.
The values of average fascicle lengths for SOL, FL, EDL, and TA and different positions
are presented in Table 1. Figure 7 shows the fascicle length as a function of ankle
position for SOL, FL, EDL, and TA per subject; the black line indicates the mean
calculated over the 10 measurement. Significant (P < 0.05) change of the fascicle
length was observed from dorsiflexion to neutral for SOL and EDL, from neutral to
dorsiflexion for SOL, FL and EDL. From dorsiflexion to plantarflexion the change was
significant for SOL, FL, EDL and TA (Figure 7).
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Figure 6: Fascicle tracts in Soleus and Tibialis Anterior muscle color-coded by fascicle length. Tractography in
(A and D) dorsiflexion, (B and E) neutral, and (C and F) plantarflexion for the (A-C) Soleus and (D-F) for the
Tibialis Anterior of one subject. No to very little artificially long and short fascicles were reconstructed.
Differences in fascicle lengths are visible from the different color of the fascicles in the 3 positions.

Dorsiflexion

Neutral

Plantar flexion

SOL

FL

EDL

TA

6.4±0.7

5.9±0.7

5.8±0.9

5.7±0.7

CV (%)

10.6

10.5

16.3

18.7

MDD (cm)

1.3

0.8

1.7

2.3

5.7±0.3

5.9±0.6

6.8±0.8

6.6±0.7

CV (%)

8.3

16.7

11.2

10.4

MDD (cm)

0.4

0.8

0.9

0.6

4.9±0.4

5.2±0.9

6.3±0.7

6.8±0.6

CV (%)

5.3

11.8

11.2

11.1

MDD (cm)

0.6

0.6

1.7

0.7

Mean±SD (cm)

Mean±SD (cm)

Mean±SD (cm)

Table 1: Mean values of fascicle length and intersession repeatability. Mean and standard deviation (SD) of
the fascicle length, coefficient of variation (CV) and minimal detectable difference (MDD) per position
indicated for 4 different muscles: Soleus (SOL), Fibularis Longus (FL), Extensor Digitorum Longus (EDL), and
Tibialis Anterior (TA).
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Figure 7: Mean muscle fascicle length in dorsiflexed, neutral, and plantarflexed foot position. Length (cm)
plotted as a function of foot position for all separate scans for the Soleus (SOL), Fibularis Longus (FL),
Extensor Digitorum Longus (EDL), and the Tibialis Anterior (TA). The mean value per muscle is indicated with
the thick black line and the dotted lines indicate the mean and standard deviation found in literature (44).
Furthermore, significance (p < 0.05) is shown by the thick straight dotted lines above the data.

Discussion
In this work, we introduced a novel method for automatic segmentation of tendinous
structures directly from DT-MRI data, facilitating accurate and repeatable
quantification of muscle fascicle lengths. The resulting fascicle lengths, obtained by
excluding tendinous structures from tractography, are in agreement with previously
reported muscle fascicle lengths in cadaveric specimens (44). Furthermore, fascicle
length measurements showed good to moderate repeatability (CV of 5.3 – 18 %) and
quantification of changes in fascicle length due to changes in ankle position proved
possible.
The proposed method effectively avoids the reconstruction of artificially long and short
fascicles, and the overall normalized counts of fascicle length within a muscle
approached a Gaussian distribution, which is agreement with findings in cadaveric
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material (36). The problem of artificially long fascicles along the aponeurosis and
tendons, which bias the mean fascicle length towards higher values, was already
addressed in a previous study by manual editing of fascicles (39). While manually
editing results in correct fascicle lengths, it is a very time consuming process.
Furthermore, it requires accurate tendon segmentation from high-resolution
anatomical scans and/or careful visual inspection of all reconstructed fascicles. The
strength of our method is that it facilitates automatic and user independent
segmentation of tendons and estimations of muscle fascicle lengths.
The presented fascicle lengths are in agreement with literature (21, 24, 44). Ward et al.
(44) reported fascicle length values for SOL, FL, EDL, and TA of cadaveric specimens in
neutral position of 4.7 ± 1 cm, 5.1 ± 0.6 cm and 7.0 ± 1.1 cm and 6.8 ± 0.8 cm,
respectively. We found average values of 5.7 ± 0.3 cm, 5.9 ± 0.6 cm, 6.8 ± 0.8 cm and
6.6 ± 0.7 cm, respectively, in neutral position. Our results are also in agreement with
ultrasound values of TA fascicle length in neutral position, which range from 5.5 - 8 cm
(2, 6, 22). However, most ultrasound studies have studied active contractions and
small parts of the muscle only.
We found a wide range of reproducibility indices between muscles (see supplemental
material) as well as between foot positions. In particular, an overall increased CV is
observed for the dorsiflexed position, most likely caused by the fact that the position
was not well tolerated by a few subjects resulting in some active involuntary muscle
contraction. However, the repeatability of fascicle length measurements in our study is
better compared to previous DT-MRI studies (4, 12) in which only the neutral position
for a single muscle was measured.
The changes in fascicle length with respect to neutral foot position obtained in this
study are in agreement with the known antagonistic function of muscles. In fact, the
TA and the EDL, that play a role in dorsiflexing the foot, present a reduced fascicle
length in the dorsiflexed foot position, when compared to the plantar flexed position,
with the biggest change between dorsiflexion and the neutral position, being
significant for the EDL. On the other hand, the SOL and the FL muscles, which are
plantarflexor muscles, present the opposite behavior, with significant shorter fascicles
in the plantarflexed position compared to the dorsiflexed position, with the biggest
change between the plantarflexed and neutral position and which was significant for
both SOL and FL.
With the new method we measure realistic fascicle lengths for all muscles (see
supplemental material). For some muscles, specifically for GCM and GCL, fascicle
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lengths changes from dorsi- to plantarflexion were small and not significant. We
believe this is because for these muscles the change of length in the total muscletendon complex is partially attributed to stretch of the tendon during passive motion.
As shown by Herbert et al. the contribution of tendon stretch in the total variation in
length of the muscle-tendon complex is much larger for the GCM and GCL than for the
TA (14). In individual cases, shortening of a muscle was observed where a lengthening
was expected. We believe that this is in part due to tendon compliance, but most due
to active contraction of these muscles in dorsiflexed position, which was perceived as
uncomfortable by some of the volunteers.
Nevertheless, our study shows that the new method can be used to obtain reliable
patient specific fascicle lengths, which ultimately might be used as geometrical input
for biomechanical models (25, 29, 30, 38). More important, our study shows fascicle
length measurements can be applied to monitor disease, therapy or training. As an
example, previous studies reported that 90 days of bed rest caused a 10% decrease in
fascicle length of the GCM and GCL (35), opposing to an 11% increase of the fascicle
length of the Vastus Lateralis muscles (VL) of the upper leg in elderly people after
training (34). Moreover, in competitive sprinting, fascicle length was found to be the
main determinant of the performance (23). The reported changes of fascicle length
observed in those studies were all in the range of the MDDs found in all of the muscles
in our study, and therefore could also be determined using our new method.
Our method also opens the possibility to do longitudinal studies of the response in
fascicle lengths to therapies or diseases. Furthermore, the automated tendon
segmentation fascicle tractography could be extended with quantifications of
pennation angles and muscle volumes. This should be possible in an automated
fashion as we identified the voxels belonging to tendinous structures as well as the
voxels which consist purely of muscle tissue.

Limitations
This study has a few limitations. First of all, the number of subjects was limited to 5.
However, for proof-of-concept and assessing repeatability of fascicle length
quantification in various muscles in the lower leg, this proved sufficient. A second
limitation was that the 15° dorsiflexion position was not always well tolerated and may
have caused compensatory muscle contractions in some of the subjects. In general,
complete passive stretch might be hard to achieve. Although our fascicle length
estimates were in good agreement with cadaveric and ultrasound studies, we did not
validate in vivo fascicle length measurement directly on the same muscles. This could
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be done in animal studies, where after in vivo measurements the muscle could be
dissected for ex vivo validation.

3

Another potential limitation is the positioning of the subject with the calf resting on
the coil, rather than being suspended. While this set-up is favorable for maximizing
SNR in the posterior compartment, it also leads to deformation and compression of
the gastrocnemius muscles. If interested in these muscles, a set-up with the calf
suspended would be preferable (7, 28).

Conclusions
In conclusion, we presented a novel in vivo approach for skeletal muscle fascicle length
measurement using DT-MRI. This method showed good to moderate repeatability and
enabled quantification of changes in muscle fascicle lengths with passive stretch of
lower leg muscles. Ultimately, validation of fascicle length estimations could be
obtained by comparing post mortem DT-MRI with anatomical dissection.
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Abstract
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Introduction: In this study we investigated the changes in fiber length and diffusion
parameters as a consequence of passive lengthening and stretching of the calf
muscles. We hypothesized that changes in Radial Diffusivity (RD) are caused by
changes in the muscle fiber cross sectional area (CSA) as a consequence of lengthening
and shortening of the muscle.
Methods: Diffusion tensor MRI (DT-MRI) measurements were performed twice in 5
healthy volunteers, with the foot in three different positions (30° plantarflexion,
neutral position and 15° dorsiflexion). The muscles of the calf were manually
segmented on co-registered high resolution anatomical scans, and maps of radial (RD)
and axial diffusivities (AD) were reconstructed from the DT-MRI data. Fiber
tractography was performed and mean fiber length was calculated for each muscle
group.
Results: Significant negative correlations were found between the changes in RD and
changes in fiber length in the dorsiflexed and plantarflexed positions, compared to the
neutral foot position. Changes in AD did not correlate with changes in fiber length.
Assuming a simple cylindrical model with constant volume for the muscle fiber, the
changes in the muscle fiber CSA was calculated from the changes in fiber length. In line
with our hypothesis, we observed a significant positive correlation of the CSA with the
measured changes in radial diffusivity.
Conclusions: In conclusion, we showed that changes in diffusion coefficients induced
by passive muscle stretching and lengthening can be explained by changes in muscle
CSA, advancing the physiological interpretation of parameters derived from skeletal
muscle DT-MRI.
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Introduction
DT-MRI (Diffusion Tensor MRI) is a MRI-based technique which allows measuring the
diffusion anisotropy of water molecules in biological tissues. DT-MRI can non-invasively
provide in vivo information on tissue architecture, either normal or in a diseased state.
Using DT-MRI, the muscle fiber orientation can be quantified in each imaging voxel and
used in combination with fiber tractography to reconstruct whole-muscle fiber
architecture in 3D. In short, diffusion along multiple directions is probed with diffusion
encoding gradients. The signal attenuation as a result of diffusion encoding can be
geometrically described by a rank-2 tensor. When the tensor is diagonalized, its
diagonal terms (λ1, λ2, λ3, where λ1≥ λ2≥ λ3) represent the diffusion coefficients along
the principal directions of diffusion. Diffusion in skeletal muscles is shown to be highest
along the axis of the fibers (Axial Diffusivity (AD) or λ1) and lowest perpendicular to the
axis of the fibers (λ2, λ3 and Radial diffusivity (RD) = ( λ2+ λ3)/2).
Since the first measurements and applications of skeletal muscle DT-MRI, a number of
papers have addressed the physiological interpretation of the diffusion tensor
eigenvalues and eigenvectors. Although DT-MRI in skeletal muscles has found to be
feasible and reproducible, the physiological correlation between muscle tissue
properties and the derived parameters remain unclear (23). Generally it is agreed upon
that diffusion perpendicular to the muscle fiber axis is lower since diffusion in this
direction is hindered by cell membranes and intra- and extracellular tissue
constituents. Simulation studies have shown that λ2 and λ3 in skeletal muscles are
extremely sensitive to the SNR of the measurements and may be affected by sorting
bias if the SNR is below a threshold value (2, 5). However previous studies performed
at SNR>100 (10) have shown that the difference in the secondary and third eigenvalues
in skeletal muscles are maintained even at very high SNR, suggesting that the
difference has a physiological origin rather than a methodological origin. This was also
confirmed by studies demonstrating that the second and third eigenvectors can be
tracked independently and consistently (13). Galban et al. (7) hypothesized that λ2
relates to the cross sectional area (CSA) of the endomisium, while λ 3 correlates with
CSA of the single fiber unit. This hypothesis has partly been confirmed by histological
studies (11, 19). Furthermore, the relation of λ2 and λ3 with CSA is thought to be the
basis for the sensitivity of DT-MRI to histo-pathological changes, but also to transient
changes such as the relative stretch of the muscle fibers. It is known that passive
stretch causes a decrease in diffusion in the muscle fiber (25) and several studies
showed a dependency of the RD with stretch. Scheel et al. (18) measured maximal
mechanical power in the soleus muscles during isokinetic plantarflexion and observed
a positive correlation between RD and maximum muscle power, which was partially
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explained with an increased ratio of type 2 fibers, which have a bigger diameter when
compared to type 1 fibers. This would suggest that also in vivo the RD may (partially)
reflect muscle fiber radius. Schwenzer et al. (21) measured the lower leg of healthy
volunteers with their foot in 40° plantarflexion, neutral position and 10° dorsiflexion.
They observed a significant increase in λ2 and λ3 in the soleus and gastrocnemius
muscles during plantarflexion, and a significant increase in the same parameters in the
tibialis anterior (TA) muscle in the dorsiflexed position. Similar findings were reported
by Sinha et al. (25). The observed increased RD in the shortened muscle groups was
empirically explained with an increased CSA of the muscle fibers, while the decrease
observed in the RD in the non-shortened muscle state would be explained with a
decrease in CSA as a consequence of fiber lengthening. Although this effect was
hypothesized by several authors, no further evidence has been provided.
To further explore the physiological framework presented by Schwenzer et al. we
utilize a recently described method for extracting fiber lengths from DT-MRI data (17).
The aim of this work is to measure changes in fiber lengths for different foot positions
using DT-MRI and correlate these with changes in diffusion parameters in the lower
leg. We hypothesized that diffusion in the radial direction of the fibers would decrease
with increasing fiber length, since it reflects a decrease in cell diameter or CSA.
Furthermore, we interpret the changes in diffusivity using a cylindrical model of muscle
fibers with constant volume, where the changes in radius caused by fiber
stretching/lengthening can be inferred from the changes in RD.

Methods
Study population
Five healthy male subjects were included in the study. The subjects had a mean age of
27 years (range 24-29 years), a mean weight of 78 kg (range 62-89 kg) and a mean
length of 181 cm (range 171-189 cm). None of the subject had any history of muscle
diseases or injury. The study was approved by our local IRB and all subjects provided
informed consent prior to the study.

MRI protocol
All MRI scans were performed on a 3T Achieva MRI scanner (Philips) using a cardiac
coil, composed of 3 posterior and 3 anterior elements. A custom device was used to
immobilize the foot in 3 positions: 15° dorsiflexion, neutral (0°) position, and 30°
plantarflexion (see Figure 1). MRI measurements of the calf were performed twice for
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each position. Both measurement sessions were carried out on the same day, with at
least 30 minutes in between the different sessions. The MRI protocol included an
mDixon scan for anatomical reference and a DT-MRI protocol. For the 3-point mDixon
2
scan the following parameters were used: sequence = FFE, FOV = 192x156 mm , TR =
7.7 ms, TE1/ΔTE = 2.1/1.7 ms, matrix size = 192x192, number of slices = 100, voxel size
3
= 1x1x2.5 mm . For the DT-MRI scan the scan parameters were: sequence = SE-EPI,
2
FOV = 192x156 mm ; TR = 11191 ms, TE = 51.63 ms, matrix size = 64x52, number of
3
slices = 50, voxel size = 3x3x5 mm , Parallel imaging acceleration factor = 1.5, 12
2
gradient directions, diffusion b-value = 400 s/mm ; fat-suppression = spectrally
adiabatic inversion recovery (SPAIR) and slice-selection gradient reversal (SSGR) for
suppression on the aliphatic fat peak and spectrally selective suppression (SPIR) of the
olefinic fat peak. The scan time was 8.5 minutes for DT-MRI, 1.5 minutes for mDixon
and 1 minute for the noise scan. In addition to the DT-MRI scan and the Dixon scan, a
noise scan was performed by repeating the DT-MRI scan with a single volume and
setting the power of the RF to zero. The DT-MRI scan, the mDixon scan, and the noise
scan were acquired with exactly the same FOV and orientation. The total scan time for
each position (mDixon, DT-MRI and noise scan) was 11 minutes, resulting in a total
scan time of 33 minutes per session.

Figure 1: Schematic representation of the experimental setup. The right lower leg of the volunteers was
scanned twice with the foot fixed in neutral, dorsiflexed, and plantar position.

Data analysis
The DT-MRI data was analyzed using DTITools for Mathematica 10.3 (4). First, to assess
data quality, SNR maps were calculated. SNR was defined as the ratio of the mean
2
signal in the DT-MRI images acquired with b=0 s/mm and the standard deviation of
noise corrected for the Rician distribution, calculated from the noise scan.
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Prior to tensor fitting, the data was preprocessed using a Rician noise suppression
algorithm and registered to the corresponding anatomical scan.

4

The registration pipeline consisted of three separate steps: first, all diffusion scans
were registered to the corresponding non-weighted image using affine registration, in
order to correct for eddy currents-induced deformations and motion. As a second step,
3
we rescaled the mDixon data to a voxel size of 1.5x1.5x3 mm . Finally, we performed
b-spline registration of all DT-MRI data to the water image obtained from the mDixon
scan. This last step was performed in order to correct for deformations arising from
the single-shot EPI acquisition. All registration steps have been performed using Elastix
(16). For the b-spline registration we used the b-spline algorithm of Elastix with the
metric AdvancedMattesMutualInformation and a b-spline interpolation order of 3. As
an optimizer we have used an AdaptiveStochasticGradientDescent method. For more
information, we would like to refer to the Elastix manual.
After image registration, the DT-MRI data was fitted to a tensor model using a
Weighed Linear Least Square (WLLS) algorithm, from which λ2, λ3, AD and RD were
determined. These parameters were calculated for each muscle group individually, and
indicated as mean over the full muscle volume. Subsequently, muscle fiber
tractography was performed using the vIST/e toolbox.
All the muscle groups in the calf (Extensor Digitorum Longus (EDL), Extensor Hallucis
Longus (EHL), Flexor Digitorum Longus (FDL), Flexor Hallucis Longus (FHL),
Gastrocnemius Medialis (GCM), Gastrocnemius Lateralis (GCL), Soleus (SOL), Tibialis
Anterior (TA), Tibialis Posterior (TP), Fibularis Brevis (FB) and Fibularis Longus (FL))
were manually segmented on the out-of-phase mDixon images using ITK-SNAP. Slicewise segmentation of the entire muscle was performed for the dataset scanned with
the foot in neutral position. First, the mDixon out-of-phase images were downsampled to a resolution of 1x1x10 mm3. Delineation of the muscles was done in the
resulting 25 slices. The segmentations were then transformed to all six datasets (3
positions, 2 measurements) by registering the down-sampled mDixon images to full
resolution out-of-phase mDixon images using rigid registration followed by non-linear
b-spline registration.
Fiber length was calculated after automatic tendon segmentation, using a method
previously described (17). In short, the method relies on the notion that due to partial
volume effects, reconstructed fiber tracts are observed to continue along tendons,
rather than stopping at the tendon insertion. This leads to an increased number of
reconstructed tracts in voxels containing tendons, when compared to voxels
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containing muscle fibers only. Consequently, the tract density (TD) allows
segmentation of the non-muscle voxels and provides a stopping criterion for
tractography. Fiber tractography was performed on the full leg volume in order to
obtain tract density maps. Seed points were equally spaced within the leg volume, with
a distance of 1 mm. Fiber tractography was performed in two steps. The first step
consisted of whole-volume tractography to determine the tract density maps. For this
initial step, the maximum allowed angle change per step was 20° and the minimum
fiber length was set to 2 cm. Tract density was defined as the number of reconstructed
tracts crossing each voxel, normalized to TD=1 for muscle tissue. Subsequently,
tractography was performed a second time using TD>1.5 as the primary stopping
criterion, with maximum angle step size 100, and minimum fiber length 2 cm. Seed
points were placed equally spaced in the muscle belly. This second tractography step
resulted in fibers that run the full distance from origin to insertion. For each muscle, a
single value of fiber length was derived by performing a skewed Gaussian fit of the
fiber length distribution of all tracts reconstructed in that muscle.

Correlations between fiber length and diffusion parameters
Relative changes in fiber length were calculated for the dorsiflexed and plantarflexed
position with respect to the neutral foot position according to:
Δldorsiflexion=ldorsiflexion-lneutral
Δlplantrflexion=lplantarflexio-lneutral
where l represents the mean value of fiber length for a given muscle group.
RD was calculated as the average of λ2 and λ3. The relative change in diffusion
parameters from dorsiflexion and plantarflexion was calculated in the same way as for
changes in fiber length:
ΔXdorsiflexion=Xdorsiflexion-Xneutral
ΔXplantrflexion=Xplantarflexio-Xneutral
where X represents RD or AD.
Pearson’s correlation was used to determine the relation between changes in fiber
length and changes in RD and AD respectively for each individual muscle. Post-hoc
Bonferroni correction was used to correct for multiple comparisons. An adjusted pvalue p<0.05 was considered statistically significant.
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Cylindrical model
Next, muscle fibers were modeled as cylinders with constant volume, hence a Poisson
ratio of 0.5 was assumed (see Figure 2). In order to test this model, the relative
changes in fiber length in the dorsiflexed and plantarflexed foot positions were
calculated as:

4

%𝛥𝑙𝑑𝑜𝑟𝑠𝑖𝑓𝑙𝑒𝑥𝑖𝑜𝑛 =
%𝛥𝑙𝑝𝑙𝑎𝑛𝑡𝑎𝑟𝑓𝑙𝑒𝑥𝑖𝑜𝑛 =

𝑙𝑑𝑜𝑟𝑠𝑖𝑓𝑙𝑒𝑥𝑖𝑜𝑛 − 𝑙𝑛𝑒𝑢𝑡𝑟𝑎𝑙
∗ 100
𝑙𝑛𝑒𝑢𝑡𝑟𝑎𝑙
𝑙𝑝𝑙𝑎𝑛𝑡𝑎𝑟𝑓𝑙𝑒𝑥𝑖𝑜𝑛 − 𝑙𝑛𝑒𝑢𝑡𝑟𝑎𝑙
∗ 100
𝑙𝑛𝑒𝑢𝑡𝑟𝑎𝑙

The calculated percentage changes in fiber length were subsequently used to calculate
2
the expected percentage change in r (square of the radius) assuming the muscles to
2
be described by a cylinder with constant volume (V = π r l = constant).
According to Einstein’s equation of diffusion:
< r 2 >= 2Dt
2

where D is the diffusion coefficient, t the experimental diffusion time and <r > is the
mean squared displacement of the water molecules. Although Einstein’s equation is
only strictly valid in the condition of free diffusion, we can assume that the lower
diffusion coefficient measured experimentally in muscle tissue when compared to free
diffusion of water in water would reflect the presence of membranes or barriers that
hinder water displacement. Under this assumption, the mean squared displacement in
the direction perpendicular to the axis of the fiber can be considered as a surrogate
measure of the fiber radius. If the cylindrical model is suitable for describing muscle
2
fibers, the calculated percentage changes in r are then expected to be linearly related
to the changes in diffusion in the radial direction (%ΔRD). This correlation was tested
with Pearson’s regression in each muscle individually. Post-hoc Bonferroni correction
was used to correct for multiple comparisons. An adjusted p-value p<0.05 was
considered statistically significant.
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Figure 2: Schematic drawing of a muscle fiber. In the hypothesis that muscle fibers can be described as
cylinders with constant volume, an increase in fiber length as a consequence of passive stretch would result
in a decrease in radius (r) and cross sectional area (CSA).

Results
All DT-MRI scans were successfully completed, and visual inspection did not show the
presence of artifacts in the raw DT-MRI data preventing data processing and analysis.
All datasets were of sufficient quality to allow accurate tensor calculation.
For all scans, average SNR of the non-weighted images was at least 30 (range 30-70).
For all muscles in all subjects, automatic tendon segmentation based on TD threshold
was successful. A typical transverse DT-MRI image of the lower leg with and without
diffusion encoding is shown in Figure 3, together with muscle segmentation in the
same slice, a typical SNR map, as well as fiber tractography of the Soleus, Tibialis
Anterior and Gastrocnemius Lateralis. The coronal reconstruction (Figure 3 h and i)
shows that the SNR was constant along the entire lower leg muscle volume.
Image registration could be successfully performed for all datasets. Typical registration
results are presented in Figure 4. Almost perfect alignment between the anatomical
mDixon scan and the DT-MRI dataset was observed after image registration, and little
to none EPI distortion were present in the final images.
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EDL

EHL

FB

FDL

FHL

FL

GCL

GCM

SOL

TA

TP

5.78
Dorsi Fiber
flexion Length (0.55)

5.70
(1.45)

5.35
(0.63)

5.48
(0.62)

5.87
(0.34)

5.81
(0.42)

6.62
(1.0)

6.13
(0.34)

6.31
(0.63)

6.00
(1.19)

4.58
(0.58)

λ1

2.61
(0.32)

2.60
(0.27)

2.34
(0.15)

2.38
(0.18)

2.21
(0.08)

2.52
(0.22)

2.55
(0.21)

2.55
(0.12)

2.29
(0.10)

2.64
(0.36)

2.33
(0.07)

λ2

1.67
(0.12)

1.83
(0.20)

1.54
(0.04)

1.60
(0.08)

1.56
(0.03)

1.54
(0.06)

1.48
(0.04)

1.51
(0.05)

1.55
(0.04)

1.75
(0.17)

1.61
(0.06)

λ3

1.42
(0.08)

1.59
(0.17)

1.37
(0.04)

1.38
(0.06)

1.35
(0.03)

1 .34
(0.06)

1.28
(0.03)

1.29
(0.05)

1.38
(0.03)

1.49
(0.13)

1.39
(0.04)

RD

1.54
(0.10)

1.71
(0.18)

1.45
(0.04)

1.49
(0.07)

1.46
(0.04)

1.44
(0.05)

1.38
(0.03)

1.40
(0.05)

1.46
(0.03)

1.62
(0.14)

1.50
(0.05)

FA

0.31
(0.05)

0.26
(0.04)

0.28
(0.03)

0.28
(0.03)

0.26
(0.02)

0.33
(0.04)

0.36
(0.04)

0.35
(0.03)

0.27
(0.02)

0.29
(0.06)

0.28
(0.02)

6.54
Neutral Fiber
(0.48)
Length

7.32
(1.31)

5.66
(0.67)

6.33
(1.17)

5.84
(0.37)

5.80
(0.45)

6.72
(1.06)

6.61
(0.08)

5.71
(0.25)

6.65
(0.67)

4.47
(0.31)

λ1

2.59
(0.24)

2.66
(0.24)

2.39
(0.10)

2.50
(0.18)

2.36
(0.09)

2.49
(0.12)

2.48
(0.15)

2.65
(0.17)

2.32
(0.05)

2.64
(0.27)

2.40
(0.06)

λ2

1.62
(0.09)

1.78
(0.19)

1.56
(0.05)

1.64
(0.08)

1.64
(0.05)

1.55
(0.08)

1.52
(0.09)

1.57
(0.05)

1.60
(0.04)

1.66
(0.07)

1.65
(0.05)

λ3

1.42
(0.07)

1.56
(0.14)

1.40
(0.04)

1.41
(0.06)

1.41
(0.05)

1.37
(0.08)

1.31
(0.05)

1.32
(0.06)

1.42
(0.04)

1.44
(0.07)

1.43
(0.05)

RD

1.52
(0.07)

1.67
(0.16)

1.48
(0.04)

1.53
(0.07)

1.53
(0.05)

1.46
(0.08)

1.41
(0.06)

1.44
(0.05)

1.51
(0.04)

1.55
(0.06)

1.54
(0.05)

FA

0.31
(0.03)

0.28
(0.01)

0.29
(0.02)

0.30
(0.03)

0.27
(0.01)

0.31
(0.04)

0.33
(0.02)

0.35
(0.04)

0.26
(0.01)

0.31
(0.05)

0.27
(0.02)

6.45
Plantar Fiber
flexion Length (0.49)

7.66
(0.71)

5.09
(1.56)

5.90
(0.70)

5.41
(0.50)

5.28
(0.71)

6.46
(1.10)

5.94
(0.46)

4.87
(0.37)

6.80
(0.61)

4.46
(0.48)

λ1

2.53
(0.15)

2.68
(0.28)

2.37
(0.11)

2.59
(0.33)

2.50
(0.17)

2.41
(0.08)

2.40
(0.12)

2.59
(0.22)

2.28
(0.09)

2.58
(0.19)

2.48
(0.08)

λ2

1.61
(0.09)

1.75
(0.23)

1.64
(0.14)

1.65
(0.10)

1.74
(0.09)

1.63
(0.10)

1.57
(0.04)

1.61
(0.07)

1.66
(0.07)

1.63
(0.08)

1.71
(0.05)

λ3

1.43
(0.06)

1.53
(0.17)

1.44
(0.09)

1.42
(0.08)

1.48
(0.06)

1.43
(0.08)

1.34
(0.01)

1.36
(0.05)

1.46
(0.05)

1.44
(0.06)

1.48
(0.05)

RD

1.52
(0.07)

1.64
(0.20)

1.54
(0.12)

1.54
(0.09)

1.61
(0.07)

1.53
(0.09)

1.46
(0.02)

1.49
(0.06)

1.56
(0.06)

1.53
(0.07)

1.59
(0.05)

FA

0.30
(0.02)

0.30
(0.02)

0.26
(0.05)

0.31
(0.05)

0.27
(0.02)

0.28
(0.03)

0.30
(0.02)

0.32
(0.04)

0.23
(0.01)

0.31
(0.03)

0.27
(0.01)
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Table 1: Diffusion parameters (λ1, λ2, λ3, radial diffusivity (RD) and fractional anisotropy (FA)) and fiber length
for the 11 muscles in the lower leg in different foot positions. Results are expressed as mean (SD).
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Figure 3: Raw (unregistered) data and SNR in a volunteer with his foot in dorsiflexed position. a) and f)
Images acquired without diffusion encoding in transverse orientation and reformatted in coronal
orientation, respectively. b) and g) Images acquired with diffusion encoding in transverse orientation and
reformatted coronal orientation, respectively. c) and h) SNR map for images acquired without diffusion
encoding. d) and i) SNR map for images acquired with diffusion encoding. e) Example of muscle
segmentation overlaid to the mDixon anatomical scan. j) muscle fiber tracking for Soleus, Tibialis Anterior
and Gastrocnemius Lateralis.

Figure 4: Registration results for a volunteer with his foot in dorsiflexed position. a), b), c) and d) transverse
slice. e), f), g) and h) Reformatted coronal slice. a) and e) Non-weighted images, b) diffusion-weighted scans,
c) and g) water image reconstructed from the mDixon scan, d) and h) overlay between the non-weighted
scan, plotted in red, and the mDixon water image. The alignment between the two scans is almost perfect
and no obvious residual EPI distortions are observed.
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A representative RD map for the same volunteer with his foot in 3 different positions is
shown in Figure 5. In general, an elevated RD value was observed in the anterior
compartment in the dorsiflexed foot position, while lower RD values were present in
the neutral and plantrflexed foot position.

4

Figure 6 illustrates typical histograms of fiber tract length, used for determination of
mean fiber length values, for the TA and SOL muscle. As can be observed, the peak of
the distribution in the TA (Figure 6a) is shifted towards shorter values in the
dorsiflexed position, while for the SOL (Figure 6b) a shift towards shorted fiber length
is observed as the foot is moved from dorsiflexed to neutral and plantarflexed foot
position. Dashed lines represent the data, while solid lines represent the fit with a
skewed Gaussian distribution.
The mean fiber lengths and diffusion parameters (λ1, λ2, λ3, RD and FA) for each muscle
volume and position are reported in Table 1. Results are indicated as mean ± standard
deviation (SD).

Correlations between fiber length and diffusion parameters
The mean λ2, λ3, RDs, and fiber lengths averaged over all measurements are shown in
Figure 7. For all investigated muscles an opposite behavior is observed for the
parameters indicating radial diffusion (λ2, λ3, and RD) and fiber length, suggesting an
inverse correlation between changes in fiber length and changes in diffusion in the
radial direction. In particular, in the EDL, EHL, and TA muscles an increase in λ2, λ3, and
RD and a decrease in fiber length were observed for the dorsiflexed foot position with
respect to the plantarflexed position. On the other hand, for the FB, FHL, FL, GCL,
GCM, SOL, and TP an opposite trend was seen, with an increase in RD and a decrease
in fiber length in the plantarflexed foot position with respect to the dorsiflexed food
position. No clear trend was measured for the FDL muscle. Figure 7 shows no
remarkable differences in the trend of change in λ2 and λ3 with foot position. For the
purpose of the current research, we therefore chose to analyze RD rather than λ2 and
λ3 separately.
The correlations between fiber length and diffusion parameters (AD and RD) for each
individual measurement are shown in Figures 8 and 9. Figure 8 shows the relative
changes in length and AD in dorsiflexion and plantarflexion position, with respect to
neutral foot position and Figure 9 shows the relative changes in length and RD. For
both figures, the line that best fits the data is indicated in red. The Pearson’s
correlation coefficients r and the p-values for correlation with changes in AD and RD
are presented in Table 2 for all 11 muscle groups.
70

Correlation between fiber length and diffusion coefficients

4
Figure 5: RD maps at different ankle joint positions (dorsiflexion, neutral position and plantarflexion).
Increased RD is observed in the anterior compartment in the dorsiflexed foot position.

Figure 6: Distribution of fiber tract length as a function of foot position in Tibialis anterior (a) and Soleus (b)
in the same volunteer. The dotted lines indicate the histogram of fiber length for each muscle in the
different foot positions, while the solid lines indicate the fitted distribution. A clear shift of the distributions
can be observed as a function of foot position.
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Figure 7: Diffusion parameters (red) and fiber length (black) for the 11 muscle groups of the lower leg as a
function of foot position. Values are averaged across 10 measurements (5 subjects measured twice).
Competing behavior is observed between radial diffusivity (RD) and fiber length. Dashed lines indicate λ 2,
dotted lines indicate λ3, and continuous lines indicate RD.

No significant correlation was observed between the changes in AD and the changes in
fiber length in the different foot positions for all the investigated muscles (see Table
2). On the other hand, strong negative correlations between changes in RD and
changes in fiber length were observed for EDL, FB, FL, SOL, and TA muscles. The
opposite behavior in antagonist muscles can be appreciated in Figure 8. The EDL and
the TA, which are dorsiflexor muscles, display a negative change in fiber length in the
dorsiflexed position with respect to neutral position, which is associated with a
positive change in RD. On the other hand, the FL and the SOL, which are involved in
plantarlexion of the foot, present a decrease in fiber length associated with increased
RD when the foot is in the plantarflexed position. The strongest correlation was
observed for the TA muscle, accompanied with the biggest change in length.
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Figure 8: Relative changes in axial diffusivity (AD) plotted against relative change in fiber length. Differences
are calculated with respect to the neutral foot position. The line that best fits the data is indicated in red.
Correlations between the variables are summarized in Table 2.

Figure 9: Relative changes in radial diffusivity (RD) plotted against relative change in fiber length. Differences
are calculated with respect to the neutral foot position. The line that best fits the data is indicated in red.
Correlations between the variables are summarized in Table 2.
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RD

Muscle

Pearson r

p value

Pearson r

p value

EDL

-0.31

0.8930

-0.62

0.0398

EHL

0.41

0.5457

-0.46

0.3488

FB

0.04

1

-0.64

0.0219

FDL

0.07

1

-0.11

0.9999

FHL

-0.45

0.3900

-0.47

0.3140

FL

0.31

0.8916

-0.62

0.0386

GCL

0.01

1

-0.22

0. 9921

GCM

0.28

0.9498

0.03

1

SOL

0.44

0. 8166

-0.62

0.0364

TA

-0.04

1

-0.77

0.0006

TP

0.15

0.9997

0.03

1

Table 2: Pearson correlation coefficient (r) and p-value (p) calculated between the relative change in fiber
length and axial diffusivity (AD), and radial diffusivity (RD) respectively. All p-values are Bonferroni-corrected.
Underlined values indicate a significant correlation (p<0.05) between the relative change in fiber length and
the relative change in diffusion parameters.

Cylindrical model
2

The relative changes in r derived from the cylindrical model to describe muscle fibers
as a function of relative changes of muscle RD is shown Figure 10. The Pearson’s
correlation coefficients and the p-values are summarized in Table 3. Red lines indicate
the best fit to the data. A significant and strong correlation was found for the changes
in r 2 (derived from the changes in fiber length assuming muscles fibers to be cylinders
with constant volume) and changes in RD for the EDL, FB, FL, SOL and TA. Correlations
2
of relative changes in RD vs. relative changes in r were stronger than the
corresponding correlations between absolute changes in fiber length and absolute
changes in RD.
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Figure 10: Relative percentage changes in radial diffusivity (RD) plotted against relative change in 𝑟 2 in the
different muscle groups. Changes in 𝑟 2 are calculated from the measured changes in fiber length, assuming
the muscle fibers to be cylinders with constant volume. The line that best fits the data is indicated in red.
Correlations between the variables are summarized in Table 3.
2

%Radius vs %RD
Muscle

Pearson r

P value

EDL

0.70

0.0057

EHL

0.5

0.2708

FB

0.78

0.0006

FDL

0.10

0.9999

FHL

0.52

0.1887

FL

0.60

0.0434

GCL

0.22

0.9897

GCM

-0.04

1

SOL

0.70

0.0078

TA

0.78

0.0006

TP

-0.04

1

Table 3: Pearson correlation coefficient (r) and p-value (p) calculated between the relative changes in 𝑟 2
(derived from the measured fiber length) and the measured relative changes in radial diffusivity (RD). All
values are calculated with respect to the neutral foot position. Underlined values indicate a significant
correlation (p<0.05). Significant correlation is observed for 5 of the 11 investigated muscles.
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In this work, we showed that changes in fiber lengths have a negative correlation with
changes in RD in the lower leg as a result of different foot positioning. We showed that
changes in RD induced by passive stretching are connected to changes in cross
sectional area derived from the fiber length changes using a cylindrical model with
constant volume to describe the muscle fibers.
Previous studies have shown that fiber tractography may artificially continue at muscle
origin, insertion, and along tendons and aponeurosis due to partial volume effects
leading to over-estimations of fiber length (20). Manual editing of the reconstructed
tracts in order to remove fibers that are too long has been suggested (26). However,
this is time consuming and prone to errors. In this study we have therefore used the
concept of TD as a stopping criterion, which has been shown to result in accurate fiber
reconstructions with fibers running from origin to insertion (17). Furthermore, since TD
is determined directly from the DT-MRI data, fiber length measurements do not
critically rely on accurate registration to high-resolution anatomical scans, which
makes the approach more robust to potential geometrical distortions and partial
volume effects in low-resolution EPI data.
Shin et al. (22) used water saturated 2D images to detect changes in fascicle length of
the gastrocnemius muscle during dorsiflexion/plantarflexion of the foot. Due to the
high contrast between the saturated muscle tissue and the hyperintense fatty layers
running parallel to muscle fascicles, tracking of fascicles endpoints proved to be
possible. While this analysis was not in the scope of this study, it could be an
interesting validation of the TD method for future studies. However, while 2D images
are inherently less affected by distortions and provide higher resolution when
compared to DT-MRI data, they are also only suitable for describing planar muscle
motion and deformation, since they lack 3D information.
Previous studies have reported significant changes in diffusion parameters in the calf
muscles as a function of the foot position. Sinha et al. (25) investigated the
plantarflexed position (26° to 30°) with respect to the neutral foot position and found
no significant difference in RD in the GCL and GCM and an average 8.3% decrease in RD
from neutral position to dorsiflexion for the TA, which is in agreement with the change
reported in this study (4.9%). The relative changes in RD reported by Schwenzer et al.
(21) in the plantarflexed position compared to the dorsiflexed position are -11.4,
+8.1%, +12.7 % and +10.8% for the TA, GCM, GCL and SOL respectively, which are in
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agreement with the values of -5.2%, +5.9%, +5.7% and +6.9% presented in this study
for the same muscles.
We found no significant changes in AD nor did we find a strong correlation with
changes in fiber length. These findings indicate that diffusion along the axis of the fiber
is mostly unaffected by lengthening or shortening. This is in agreement with the results
previously reported by Schwenzer et al. (21) and can be explained by the fact that the
fiber length and sarcomere length is too long to change the hindered diffusion of water
molecules in the axial direction. On the other hand, Hatakenaka et al. (9) reported
significant changes in AD in the TA muscle in different foot positions while no changes
were observed in RD. This was interpreted as a change in sarcomere length due to
contraction.
In our correlation analysis only the RD values of the muscles were investigated, rather
than λ2 and λ3 separately. The first order approximation of cylindrical symmetry was
assumed in order to simplify the model, and to avoid the risk of sorting bias between
the two eigenvalues. Furthermore, in our preliminary study, although a slightly
stronger correlation was observed for λ3 when compared to λ2, we did not observe
significant differences in the rate of change of λ2 and λ3 for different foot positions, and
this could justify a joint analysis for the two eigenvalues. In a previous study Galban et
al. (6) hypothesized that λ2 relates to the CSA of the endomisium, while λ3 correlates
with the CSA of the single fiber unit. Karampinos et al. (12) used a cylindrical model
with infinite length and elliptical cross sectional area to describe muscle fibers, thus
taking into account differences between λ2 and λ3. However, it is worth mentioning
that in Karampinos’ study a diffusion time of 40 ms was used, in comparison with 20
ms in our study. Since differences between the eigenvalues are expected to increase
for increasing diffusion times, it could be of interest to assess λ 2 and λ3 separately in
future studies using longer diffusion times during data acquisition (23).
In general, our results support the hypothesis that diffusion along the radial direction
in skeletal muscles relates to the CSA of the fibers. In particular, we observed that the
changes in average CSA of fibers in a voxel might predict changes in the diffusion
measured in the radial direction. These results are obtained under the assumption that
muscle fiber volume would stay constant in conditions of passive stretch. Within the
diffusion framework this would mean that cellular membranes and other structures
that hinder water diffusion in the radial direction can be modeled as impermeable or
in slow exchange with the extracellular space. In previous studies (7, 13) muscle fibers
were modeled using a bi-compartment model, in which intracellular diffusion was
considered as anisotropic and the diffusion in the extracellular space was modeled as
77

4

Chapter 4

4

isotropic, similarly to the ball-and-stick model used in brain DT-MRI (1). A singlecompartment model was used for interpretation of changes in RD upon muscle
stretching, thus neglecting the extracellular space and the exchange of magnetization
between intracellular and extracellular space. We believe this is justified since in
muscle the extracellular volume fraction is small, typically around 5-10% (28). Such a
small contribution would be hard to detect with our DT-MRI experiment with a single
short mixing time. Nevertheless, previous histological studies have shown that the
volume of extracellular space decreases with increasing axial strain (27). It would
therefore be interesting to study the role of the extracellular space using DT-MRI
sequences with multiple mixing-times and b-values.
The diffusion time used in our study was 20 ms, which would result in a displacement
of water molecules in the order of 10 μm. Considering that this size is much smaller
than the typical cellular size (~60 μm), we can infer that the changes in RD are not
determined by the cellular membrane alone, but are also affected by intra- and
extracellular structures, as already suggested in previous ex vivo studies (15). A regime
of restricted diffusion, which can be probed at long diffusion times, has been shown to
be beneficial for quantitative and modeling of structural properties in ex vivo
experiments on tongue and cardiac muscles (14). Sigmund et al. (23) showed that in
vivo RD of skeletal muscles is strongly time dependent, with a reduced RD measured
for prolonged diffusion times, for both control subjects and compartment syndrome
patients. In a follow-up study (24) significant differences were observed in terms of RD
pre and post exercise when comparing long (1.02 s) and short (30 ms) diffusion times,
suggesting the increased ability of longer diffusion times to probe transient effects
such as exercise and muscle contraction. We believe that increasing the diffusion time
in DT-MRI of skeletal muscles at different contraction status could provide a better
understanding of changes in diffusion properties and geometrical characteristics and
could potentially highlight the role of cellular membrane in the measured changes in
RD (24).
In our study, we observed small changes in λ2, λ3 in the gastrocnemius group (GCL and
GCM) which resulted in low or no correlation between changes in fiber length and
changes in diffusion parameters, while previous studies have shown significant
changes in these muscles as a function of different foot positions. However, unlike in
the previously mentioned studies, in our experimental setup the lower leg was not
suspended, but rather compressed between the anterior and posterior element of the
cardiac coil. We believe this compression might have caused deformation of muscle,
especially in the most posteriorly located muscle groups, as suggested by Hata et al.
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(8), who reported significant changes in RD and fractional anisotropy (FA) in the lower
leg between different externally applied pressure forces.
Accurate DT-MRI tensor fitting and tractography requires an SNR of the non-weighted
image of at least 25. In fact lower SNR could lead to more tortuous paths of tracked
fibers, thus artificially increasing fiber length, or could cause an overestimation of FA
and underestimation of λ2 and λ3, However, for SNR values above 25, the measured λ 2
and λ3 have been seen to deviate from the real value by only 5%, while the fiber length
was only overestimated by 1% (5). Since our reported changes in RD and fiber length in
different foot positions exceed these values, we believe that our results and
conclusions unlikely to be biased by SNR effects.
The repeated measures for all muscles were analyzed as independent measurements.
This enabled a repeatability analysis of diffusion coefficients and fiber length (data not
shown) in which a moderate repeatability was observed for both. The errors in
calculation of diffusion coefficients and the errors in the calculation of fiber length can
be assumed to be independent, therefore the strong correlations we found between
fiber length and diffusion coefficients suggests that poor repeatability reflects a
difference in contraction status being measured, rather than a measurement error.
This might be explained by the fact that some subjects experienced slight discomfort
during the scan session -especially in the dorsiflexed position- and might have
compensatively contracted their muscles in one of the repeated measures.
We therefore would like to emphasize the importance of consistent patient positioning
for DT-MRI studies of the lower leg, in terms of foot angulation and active contraction
needed to keep the position, especially when differences in diffusion parameters will
be used as a diagnostic tool or in longitudinal studies.
This study has a number of limitations. First of all, the number of subjects was small
(n=5). A bigger number of subjects in future studies could increase the statistical value
of the correlation. However, for the purpose of this merely explorative study, we
believe the number of experiments is sufficient.
Another limitation is the fact that perfusion effects were not taken into account.
Previous studies showed that diffusion-based methods as IVIM are sensitive enough to
show differences in skeletal muscle with exercise (3) . However, in our study,
movement was passive and therefore the effect of perfusion on RD would likely be
negligible.
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Despite the limitations of this study, we have shown that RD is sensitive to small
changes in cellular geometry. This suggests that in a controlled experiment, such as the
one we performed, changes in RD can be used to infer changes in fiber length.
Furthermore, RD could potentially be a useful biomarker for cellular size, in
longitudinal studies of muscle disease progression or healing.

4

Conclusions
In conclusion, we showed that changes in fiber length induced in skeletal muscles by
passive stretching significantly negatively correlated with changes in RD. The rate of
change in diffusivity perpendicular to the fiber is in agreement with expected changes
in the square of the radius, indicating that in first approximation muscle fibers can be
adequately described by a simple cylindrical model. Taken together, our data show
that changes in RD induced by passive muscle stretching/lengthening can be explained
with a change in muscle CSA, therefore advancing the physiological interpretation of
parameters derived using a diffusion tensor model.
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Abstract
Introduction: The aim of this work is to introduce a method for obtaining fatsuppressed images in real time MRI of moving joints at 3T using a bSSFP sequence with
phase detection to enhance visualization of soft tissue structures during motion.

5

Methods: The wrist and knee of 9 volunteers were imaged with a real-time bSSFP
sequence while performing dynamic tasks. For appropriate choice of sequence timing
parameters, water and fat pixels showed an out-of-phase behavior, which was
exploited to reconstruct water and fat images. Additionally, a 2-point Dixon sequence
was used for dynamic imaging of the joints, and resulting water and fat images were
compared with our proposed method.
Results: The joints could be visualized with good water fat separation and SNR, while
maintaining a relatively high temporal resolution (5 fps in knee imaging and 10 fps in
wrist imaging). The proposed method produced images of moving joints with higher
SNR and higher image quality when compared to the Dixon method.
Conclusions: Water-fat separation is feasible in real time MRI of moving knee and wrist
at 3T. PS-bSSFP offers movies with higher SNR and higher diagnostic quality when
compared to Dixon scans.
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Introduction
Dynamic imaging of joints in the musculoskeletal system allows observation of the
joint while in motion and to appreciate the relative displacement and interactions of
the different bony and soft tissue structures. The evaluation of a joint during
movement can add information over standard static images or series of static images
(6). Therefore, it could provide important diagnostic information for detailed
assessment of malformations and misalignment or better elucidate the cause of pain
that is only reported while performing dynamic tasks.
Magnetic Resonance Imaging of joints during dynamic tasks can be performed in two
different ways, namely with Cine MRI or using real-time techniques. In Cine, or
kinematic MRI, several repetitions of the same motion are needed in order to
completely fill the k-space for a given image frame. Cine MRI has been widely exploited
in literature to study patellofemoral contact mechanics (2), and to analyze alterations
in kinematics in pathological circumstances, such as ACL deficiency (1). Several
approaches have been reported for synchronizing the acquisition to the movement.
While the most common approach is prospective triggering, with the patient
instructed to move at a constant rate with the help of a metronome, retrospective
triggering based on the measurement of the knee flexion angle has also been used
(18). Although triggered acquisition may potentially provide advantages in terms of
spatial and temporal resolution and contrast manipulation, it is limited in its clinical
applicability due to the need for precise and reproducible repetition of the movement.
In order to overcome these limitations, real-time MRI has been proposed as a more
robust method to image joints in motion, especially in uncooperative subjects or
patients that experience pain during the motion tasks.
Real-time MRI was previously applied to image joint motion for the study of bone
kinematics (7–9) and muscle deformation in several joints such as knee (11) and wrist
(3). However, it has found so far limited applicability in the dynamic study of other soft
tissue structures such as ligaments and tendons, due to the difficulty in effectively
suppressing all signals from fat tissue surrounding these structures during movement.
Fibrous structures such as ligaments, menisci and tendons are hypointense in
conventional T2- and T1-weighted MRI due to the presence of collagen with short
T2/T2*. Several imaging strategies have been employed to obtain positive contrast
from fibrous tissue (22) since it is believed that this may help in early detection of
degenerative changes and may increase the structural information of the MRI scan.
Due to the high signal intensity of fat in bones and other anatomical areas around
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ligaments, tendons and cartilage, fat suppression is a main requirement in order to
achieve positive contrast.

5

Balanced SSFP (bSSFP, TrueFISP or bFFE) is a rapid and SNR efficient sequence already
widely used in static (12) and dynamic imaging (3, 24) of the musculoskeletal system.
However, due to the characteristic T2/T1 signal dependence, fat appears as
hyperintense, preventing positive contrast of tissue structures with short T2 such as
ligaments and tendons and obscuring clinically relevant features, thus enforcing the
need for robust fat suppression. Conventional fat suppression prepulses such as SPIR
and SPAIR are not suitable for bSSFP sequences since they interrupt the steady state
and cause changes in image contrast. Several methods have been proposed in
literature for suppressing the fat signal in bSSFP sequences without interrupting the
steady state, which mainly rely on repeated acquisitions, such as LAMA (25), Linear
Combination bSSFP (31) and Fluctuating Equilibrium bSSFP (30), or on modification of
the Frequency Response Function (FRF) to broaden the stopband that can be used for
fat suppression, such as the Alternating Repetition Time approach (14, 20, 27). While a
repeated acquisition approach is unfeasible in real-time imaging, the FRF manipulation
inherently involves lengthening of the TR. This is not desirable because it will degrade
temporal resolution and will also increase the sensitivity to B0 inhomogeneities,
making it unsuitable for imaging large joint motion when an optimal shim for every
joint position is hard to achieve.
Hargreaves et al. (15) proposed a method for water fat/separation based on a
standard bSSFP sequence at 1.5 T exploiting the phase difference between the water
and the fat peaks. This Phase Sensitive bSSFP (PS-bSSFP) technique, which does not
require any repeated acquisition and does not lead to increased sensitivity to offresonance effects, has been applied as a fast fat suppression method in the
musculoskeletal system (29) and in CINE imaging of the heart (13) at 1.5 T.
The main purpose of this study is to show the feasibility of using the bSSFP sequences
with phase sensitive reconstruction for doing fat-suppressed real-time MRI of moving
joints at 3 T and to obtain visualization of ligaments and cartilage during motion with
positive contrast. The performance of this sequence is compared to 2-point Dixon
water/fat separation in a phantom and in in vivo imaging of the knee. In order to
provide an additional application, the feasibility of the PS-bSSFP approach is also
shown in the moving wrist.
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Methods
Theory
The fat-suppression method used in this work is based on a standard bSSFP sequence
with TE = TR/2. In this condition, the phase of the signal is largely independent of the
local resonance frequency and of the flip angle of the excitation pulse (Figure 1) within
each passband. On the other hand, the signal intensity displays a periodic behavior as a
function of the resonance frequency with a period of 1/TR. Since at 3 T water and fat
peaks have resonance frequencies that are about 440 Hz apart, it is possible to choose
TR such that the water and the fat peaks will be in two different passbands of the
frequency response function. In this situation, the water and fat signals will be out-ofphase and this can be exploited to separate the complex signal into water-only and fatonly images.

Figure 1: Frequency response function of a bSSFP sequence. Parameters used for the simulation were TR =
2TE = 2.4 ms, T1 = 1100 ms and T2 = 25 ms. Magnitude and phase of the signal are shown as a function of the
resonance frequency. The phase of the signal is independent of the flip angle of the excitation pulse and all
curves therefore overlap.
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The optimal condition for robust water-fat separation and reduced sensitivity to offresonance effects is obtained when each passband has a maximum width. This is
obtained when TR=1/σ with σ the chemical shift difference between water and fat in
Hz. At 3 T this condition is achieved when TR = 2.4 ms.

Phantom MR experiment
All images were acquired using an Ingenia 3 T scanner (Philips Healthcare, Best, The
Netherlands) with a 70 cm bore and a Torso coil for signal reception.

5

For absolute comparison of PS-bSSFP and the 2-point Dixon method in terms of SNR,
phantom validation was performed. The phantom consisted of a set of 14 Falcon gel
tubes with longitudinal relaxation time T1 ranging from 150 ms to 1700 ms and
transverse relaxation time T2 ranging from 16 ms to 120 ms and one tube filled with
peanut oil. T1 and T2 of the Falcon tubes were adjusted by adding GdCl 3 and agarose
(16) and measured using a single slice Look-Locker sequence (TR/TE = 10/3.7 ms, ΔTI =
80 ms, α = 8°, cycle repetition time = 10 s) and a multislice CPMG sequence (TR = 2 s,
ΔTE = 6 ms), respectively (5).
Acquisition parameters common to all acquisitions in the phantom were: 2D single
2
slice acquisition, FOV = 400x400 mm , slice thickness = 5 mm, acquired pixel size = 2x2
2
2
mm , reconstructed pixel size = 1x1 mm . For the PS-bSSFP scan, TR was 2.4 ms and TE
was 1.2 ms. Parallel imaging acceleration (SENSE factor 2.4) was used, resulting in a
total scan time of 200 ms (5 fps). In order to optimize the protocol for the PS-bSSFP
sequence, 7 different flip angles (FA = 5°, 10°, 15°, 20°, 25°, 30° and 35°) were used.
For the shortest 2-point Dixon protocol (Dixon Short), the spatial resolution was kept
the same as in the PS-bSSFP scan. Other relevant imaging parameters were: TR = 3.4
ms, TE1 = 1 ms, TE2 = 1.8 ms. The effect of flip angle was investigated by performing 7
different scans with FA = 5°, 8°, 10°, 12°, 15°, 17° and 20°, respectively. In order to
achieve the same temporal resolution as the PS-bSSFP scan (200 ms), scan time was
reduced using partial Fourier encoding. The maximum investigated flip angle for the
Dixon scan was lower than for the corresponding PS-bSSFP scan because the Dixon
scan was based on an RF-spoiled sequence, for which the Ernst angle was expected to
occur at small excitation angles in the short TR regime. On the other hand, a broader
range of flip angles was investigated for the PS-bSSFP sequence because in this case
the excitation angle at which the maximum signal occurs does not depend on the TR of
the sequence, but only on T1 and T2.
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Two additional sets of Dixon scans were acquired in order to investigate the effects of
acceleration on the quality of water/fat separation and the resulting SNR. The Dixon
Long scan was the same as the Dixon Short scan, but without the use of Partial Fourier,
and resulted in a temporal resolution of 280 ms.
The effect of using in-phase and out-of-phase echoes in the resulting SNR of the water
image was also investigated. For these scans (Dixon IP) the relevant imaging
parameters were TR = 3.6 ms, TE1 = 1.15 ms, TE2 = 2.3 ms. Two different flip angles
were investigated: FA = 5° and FA = 10°.
All the relevant imaging parameters are summarized in Table 1. For each sequence,
twenty consecutive scans of the phantom were acquired for SNR calculation.

Scan
Type
Dixon
Short
Dixon
Long
Dixon IP

TR (ms)

TE1 (ms)

TE2 (ms)

Partial
Fourier

Temporal
resolution

Total
scan
time

3.4

1.00

1.8

71 %

200 ms

4s

3.4

1.00

1.8

0%

283 ms

5.7 s

3.6

1.15

2.3

71 %

213 ms

4.3 s

Table 1: Summary of scan parameters used for the 2-point Dixon scans.

Static in vivo MR experiment
Nine (n = 9) healthy volunteers were scanned in compliance with regulations of our
local institution. For the study of the knee (n = 5), the subjects were positioned
laterally with one of their knees on the coils embedded in the scanner table. For signal
reception a 16-channel torso coil was placed above the knee on top of a plastic
support. Subjects were positioned to maximize the achievable range of
flexion/extension. A single slice was planned with the knee in approximately 15
degrees flexion, which enabled visualization of both tibial and femoral attachment
point of the PCL.
Acquisition parameters for the PS-bSSFP acquisition in the knee were the same as used
2
in the phantom experiment: 2D single slice acquisition, FOV = 400x400 mm , slice
2
2
thickness = 5 mm, acquired pixel size = 2x2 mm , reconstructed pixel size = 1x1 mm ,
temporal resolution = 200 ms, TR = 2.4 ms, TE = 1.2 ms. For sequence optimization, the
flip angle was varied from 5° to 35°, in steps of 5°.
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To compare sequence performance, the following sequences were also used: Dixon
Short 5, Dixon Short 10, Dixon Short 15, Dixon Long 5, Dixon Long 10, Dixon IP 5 and
Dixon IP10. The scan parameters for these scans were the same as those used for the
phantom. Sequence optimization, already performed in the phantoms, was repeated
in vivo due to the fact that the relaxation times T1 and T2 of the phantom used did not
match exactly the expected relaxation times in the in vivo situation.

5

For the imaging of the wrist the subjects were positioned prone in the “superman
position”, with the arm extended in front of their head and the wrist inside a 16
channel head coil. A single slice was planned in the coronal plane. For imaging of the
2
wrist we used a smaller FOV = 200x200 mm which allowed a higher temporal
resolution (100 ms). All other imaging parameters were identical to the protocols used
for the phantom and the imaging of the knee.
For SNR quantification, twenty identical sets of images were acquired for each imaging
protocol.
Significance (p<0.05) of changes in SNR values between the Dixon and the PS-bSSFP
scans were tested using one-way ANOVA with a Bonferroni post hoc test.

Dynamic in vivo MR experiment
For dynamic imaging of the knee, a foam cushion was placed below the subject’s
lateral epicondyle to provide a pivot point for motion in the sagittal plane. The
maximum achievable knee flexion angle was dependent on the size of the subject and
ranged from 45 to 80 degrees. In order to minimize occurrence of bSSFP banding
artifacts in the patella area during motion, a pillow filled with pineapple juice was
placed on the anterior side of the lower leg.
For dynamic imaging of the wrist, the subjects were asked to perform a radial/ulnar
deviation manoeuvre.
A first order volume shim routine was executed before each dynamic scan, with the
joint approximately in the middle of the range of motion. For the dynamic in vivo scan
the PS-bSSFP sequence was used, with a flip angle of 25°, while for the Short-Dixon
scan a flip angle of 10° was used.

Image processing
For the bSSFP acquisitions, both on phantom and volunteers, magnitude and phase
images were exported and water and fat images were reconstructed using the
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algorithm proposed in (19) implemented in Matlab. Using a region-growing algorithm
on the complex image data, the phase information was corrected for a slowly varying
background phase component. After this, the water and fat components could be
separated by taking positive and negative real values of the resulting complex data.
The water and fat images from the 2-point Dixon method were reconstructed on-line
by the scanner software. For SNR calculation the twenty identically acquired wateronly images were combined following the “subtraction method” (26). In the knee
images, regions of interest (ROIs) in the SNR maps were drawn in the quadriceps
muscles, posterior cruciate ligament, and patellofemoral cartilage. In the wrist, images
SNR was calculated in two ROIs placed in articular cartilage and muscles respectively.

Image scoring
One radiologist (MM) with over 20 years of experience in MSK MRI and a radiologist in
training (RH) were blinded and scored the in vivo movies of the knee. The following
categories were scored: overall visibility of cartilage, overall visibility of PCL, overall
sharpness, overall contrast, and fat suppression in the area of interest. All categories
were scored on an ordinal 5-point scale. The following scoring was used: for overall
visibility of PCL and cartilage: 1 = the structure cannot be identified, 2 = poor visibility
of the structure, 3 = acceptable visibility, 4 = good visibility in most of the dynamic
frames, 5 = good visibility in all dynamic frames. For overall sharpness: 1 = no edges
can be detected, 2 = edges are mainly blurry, 3 = acceptable sharpness, 4 = good
sharpness in most of the dynamic frames, 5 = good sharpness in all dynamic frames.
For overall contrast: 1 = no contrast between structures, 2 = low contrast, 3 =
acceptable contrast for identification of structures, 4 = soft tissue is visible in some of
the dynamic frames and can be partially followed, 5 = soft tissue is visible in all of the
dynamic frames and can be fully followed. For fat suppression (in the area of interest):
1 = no fat suppression, 2 = some areas with fat suppression are present, 3 = fat is
mostly suppressed but still visible in some areas of interest, 4 = fat is mostly
suppressed in all area of interest and dynamic frames, 5 = excellent fat suppression.
Statistics analysis on image scoring was performed using IBM SPSS Statistics v.21. A
Wilcoxon Signed Rank Test was used to test for significance. A p value p<0.05 was
considered to be significant.
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Results
Phantom MR experiment

5

The water and fat images of the phantom are shown in Figure 2. The signal evolution
as a function of time showed that for all the dynamic frames a steady state condition
was reached (data not shown). For all the scans, correct separation of water and fat
components was obtained (Figure 2a-d). Residual signal from fat was observed in the
water images obtained with the Dixon method.
The resulting SNR of the water-only imaged showed a clear dependence on flip angle,
for both PS-bSSFP and Dixon sequences.
The optimal flip angle for the bSSFP was observed to be dependent on the T 2/T1 ratio.
The resulting SNR for the PS-bSSFP and Dixon sequences is shown in Figure 3a-c for
three different T2/T1 ratios. In agreement with the simulation performed for the same
relaxation times measured in the phantom (Figure 2e), the optimal flip angle for the
lower T2/T1 ratios in PS-bSSFP sequences is lower the for the high T2/T1 ratios.
However, for all the investigated ratios, the PS-bSSFP showed higher SNR when
compared to the all Dixon scans. As expected, higher SNR was observed in all the tubes
in the long Dixon scan when compared to the short Dixon scan. The IP-OP Dixon only
showed a minor improvement in SNR when compared to the short Dixon scans. Even
the IP-OP Dixon showed lower SNR than the PS-bSSFP. The difference in SNR between
the Dixon and the PS-bSSPF scans was more pronounced for the higher T2/T1 ratios.

Figure 2: MRI images of the phantom. a, b) water and fat images obtained with PS-bSSFP sequence (FA =
25°). c, d) water and fat images obtained with Dixon sequence. e) Simulations showing the maximum signal
obtained for the T2/T1 ratios of the phantoms measured experimentally. Data are plotted for a bSSFP
sequence with TR = 2TE = 2.4 ms.
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Static in vivo MR experiment
The SNR values calculated in vivo from the series of 20 static images are shown in
Figure 4. For the knee, three regions of interest were selected: quadriceps muscle, PCL
and patellofemoral cartilage (Figure 4a-c). The results are indicated as average over 5
subjects ± standard deviation.

5

Figure 3: a, b, c) Bar plots showing the SNR for tubes with different T2/T1 ratios, calculated from water
images obtained with different sequences. Light gray color indicated images obtained for PS-bSSFP
sequences, purple indicates the SNR for the Dixon Short sequence, yellow indicates the SNR for the Dixon
Long sequence and dark grey the Dixon sequence with in-phase and out-of-phase echoes.

Images of the knee obtained with the proposed method showed higher SNR of
posterior cruciate ligament, cartilage and muscles in the water-only image when
compared to the water-only image obtained from the Dixon reconstructions. For all
the investigated structures, slightly higher SNR was observed for IP-OP Dixon and the
long Dixon when compared to the short Dixon scan, although even in these cases the
SNR of the PS-bSSFP with the optimal flip angle was higher. The PCL showed lower
optimal flip angle for the PS-bSSFP sequence when compared to the cartilage and
muscle.
Similar results were obtained for the wrist (Figure 4d and e). The results are indicated
as average over 4 subjects ± standard deviation. The overall SNR for the structures of
the wrist were lower than in the knee, and the PS-bSSFP sequences were shown to
perform better than the Dixon scans.
The difference in SNR between the PS-bSSFP scan (FA=25°) and the Short Dixon with
(FA=10°) was statistically different for all the investigated structures in the knee:
p=0.0451 for the PCL, p=0.0006 for the muscle and p=0.0411 for the cartilage. On the
other hand, for the wrist scans, statistically significant differences in SNR were only
observed in the muscle (p=0.0003), while no significance difference was observed in
cartilage.
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Dynamic in vivo MR experiment
Good image quality of moving knees in real time was obtained using the proposed
method. The temporal resolution achieved (5 fps) allowed for good depiction of the
different anatomical structures without apparent motion artifacts.

5

Figure 4: a, b, c) Bar plots of SNR calculated in the knee of the 5 volunteers in the PCL, patellar cartilage and
quadriceps muscles respectively. d, e) Bar plots of SNR calculated in the wrist of the 4 volunteers in the
articular cartilage and muscles respectively. Results are expressed as mean ± standard deviation. Light gray
color indicates the SNR for the PS-bSSFP sequences, purple indicates the SNR for the Dixon Short sequence,
yellow indicates the SNR for the Dixon Long sequence and dark grey the Dixon sequence with in-phase and
out-of-phase echoes.

Movies of a moving knee obtained using the PS-bSSFP technique are presented in
Supporting Video S1 and S2. The separation of water and fat components in the
images allowed visualization of water structures with positive contrast. Water images
obtained with the PS-bSSFP method are shown in Figure 5a and e for two different
flexion positions of the knee. In the Dixon images presented for the same positions
(Figure 5c and g), residual signal from fat components around the PCL reduced its
contrast.
Water and fat tissues were occasionally misclassified in the PS-bSSFP images at the
locations in which banding artifacts were present in the original magnitude images.
These banding artifacts occur when the resonance frequency shift of water exceeds
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±220 Hz. However, these artifacts were mostly present at the edges of the field of view
and in the susceptibility-matching pillow, and did not hinder image analysis of the
relevant anatomical features of the knee. The presence of the pillow filled with
pineapple juice placed on the anterior side of the tibia was effective in reducing
artifacts in the leg and misclassification appeared to be mostly confined to the pillow
(Figure 5a and e).

5

Figure 5: Snapshots of the knee of a male healthy volunteer during flexion/extension. a, e) Water images
obtained with the PS-bSSFP approach. b, f) Fat images obtained with the PS-bSSFP approach. c, g) Water
images obtained with the Dixon method. d, h) Fat images obtained with the Dixon method. The bright signal
in front of the leg originates from a pillow filled with pineapple juice, used for susceptibility matching. The
Posterior Cruciate ligament (PCL) and patellofemoral cartilage are indicated by the white and green arrows,
respectively. In the PS-bSSFP images, incorrect water or fat assignment occasionally occurs outside the most
relevant areas in the knee, as indicated by the red arrow.

Dixon images also showed occasional water fat misclassification, which was mostly
obvious as the presence of signal from the susceptibility-matching pillow in the fat
images (Figure 5d and h) at all knee positions. However, as in the case of the PS-bSSFP
scans, with the water/fat swap outside the region of interest, the resulting overall
image quality was not compromised.
Tissue with short T2 components such as PCL and patellofemoral cartilage could be
visualized with positive contrast. Subtle details such as the movement pattern of the
PCL during motion could be appreciated, with high curvature at relaxed extension
(Figure 6l) and decreasing curvature for increasing flexion angle (Figure 6a), in
agreement with the hypothesis that the PCL is slack at full flexion and is increasingly
loaded for increasing flexion angles of the knee.
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The proposed method for fat suppression in real time MRI of moving joints is also
suitable for dynamic wrist imaging. The articular cartilage of the metacarpal bones
could be visualized in great detail during active wrist motion due to the suppression of
fat components in the bones in the PS-bSSFP scan (Figure 7a, b, e and f). On the other
hand, the Dixon sequence (Figure 7c, d, g and h) shows reduced SNR and overall image
quality, which does not allow for a good delineation of the cartilage.

5

Figure 6: a-l) Dynamic water images representing a flexion/extension movement. Images were obtained
using the PS-bSSFP method for water fat separation. The volunteer performed the flexion/extension
movement in 9.6 seconds. With the achieved temporal resolution (5 fps) the motion was captured in 48
frames. Here every fourth dynamic scan is depicted. m) Anatomical PD weighted scan (not from the same
subject). The PCL is indicated in red.

Image scoring
The results of the scoring by two musculoskeletal radiologists for the dynamic knee
scans are presented in Figure 8. The movies of water images obtained from the PSbSSFP sequence obtained higher scores than the corresponding movies obtained with
Dixon, although only the differences in overall visibility of PCL, overall sharpness and
overall contrast proved to be significant (p < 0.05).

Discussion
With the proposed method, dynamic images with fat suppression were obtained that
allowed to observe the knee and wrist joints during motion. Tissues with short T2 such
as cartilage and ligaments could be observed dynamically with positive contrast.
Thanks to the suppression of fat tissue surrounding the PCL, its pattern of motion and
stretching could be appreciated.
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5

Figure 7: Snapshots of the wrist of a female healthy volunteer during pronation/supination. a, e) Water
images obtained with the PS-bSSFP approach. b, f) Fat images obtained with the PS-bSSFP approach. c, g)
Water images obtained with the Dixon method. d, h) Fat images obtained with the Dixon method.

Figure 8: Boxplots for scores of a) overall visibility of PCL, b) overall visibility of cartilage, c) overall sharpness,
d) overall contrast and e) fat suppression in area of interest. Whiskers indicate the 95% CI and the black line
indicates the median value. Brackets mark significant differences (P < 0.05).
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Previous studies also aimed at characterizing the PCL behavior as a function of the
flexion angle of the knee. King et al. (19) used a series of 7 static datasets acquired at
different flexion angles of the knee and observed a change in shape and length of the
PCL between extension and flexion positions. However, the requirement of static
positions may provide a limited view relative to the true biomechanical function and
subsequent deformation of the PCL (e.g. due to inertia and visco-elastic effects within
the knee joint). Therefore, it is important to create technologies to assess the
deformation of tissues like the PCL under in vivo, dynamic conditions.

5

Although the main focus of the present study was the visualization of fibrous soft
tissue structures with positive contrast, the present technique could provide
advantages also for studies involving bone kinematics. Single slice real time MRI of
moving joints has already been employed in a number of studies to measure bone
kinematics. Draper et al. (8) measured patellar kinematics in subjects with
patellofemoral maltracking using a standing MRI. Patellar bone kinematics was here
quantified by manual identification of bony landmarks. The ability of separating fat and
water signal during real time MRI could potentially provide facilitated (semi)automatic
segmentation of bones, thus minimizing the user input in future dynamic MRI studies
using real time techniques.
To the best of our knowledge, the only attempt to increase tissue contrast through fat
suppression in real time MRI of moving joints was described by Uecker et al. (28). They
proposed the use of a FLASH-based sequence with Dixon water/fat separation.
However, the present study shows that, when compared to Dixon acquisition, images
obtained with PS-bSSFP show an increased SNR for the same scan time, both in vivo
and in the phantom experiments and an increased image quality, as assessed by
musculoskeletal radiologists.
One of the main advantages of using bSSFP sequences for real time imaging is that the
signal intensity in the steady state is largely independent on the TR of the sequence,
and this can allow the use of short TRs without compromising the SNR efficiency. On
the other hand, the SNR performance of standard RF spoiled gradient echo sequences,
as the ones used for the Dixon approach, is strongly dependent on the TR used. In this
case, a short TR, although beneficial for speed, results in suboptimal image quality.
Due to need to accommodate at least two echoes within each TR for obtaining
water/fat separation in the Dixon sequence, the minimum achievable TR is longer in all
the Dixon sequences when compared to bSSFP sequences. In order to compare scans
with the same temporal resolution, the scan time was reduced for the Dixon sequence
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by using partial Fourier encoding. As expected, this led to a reduction in SNR when
compared to the fully sampled k-space. Furthermore, in order minimize TR, the
shortest possible TEs were used (1.0 ms and 1.8 ms), which were not corresponding to
either spins being in-phase or out-of-phase. Although the original Dixon method and
most related algorithms for water/fat separation (21) require the use of perfectly inphase or out-of-phase echoes, our reconstruction algorithm was based on the use of
asymmetric echoes (10). It was showed that using this algorithm, the choice of
“suboptimal echoes” would only cause a decrease in SNR (~35%) without
compromising the image quality and the reliability of water and fat separation, which
is in agreement with our phantom and in vivo data. Furthermore, we emphasize that
even for the scans performed using no partial Fourier and exactly in-phase and out-ofphase echoes, the resulting SNR remains lower than in the PS-bSSFP sequence. This
suggests that for dynamic imaging of joint movement in real time, where temporal
resolution is a major constraint, a PS-bSSFP approach is advisable for water/fat
separation since it makes it possible to maintain a relatively high SNR and image
quality even at reduced scan time.
The PS-bSSFP approach is in general more sensitive to field inhomogeneities than the
Dixon method, since the Dixon algorithm for water/fat separation estimates B 0, while
the water/fat separation based on the phase of a bSSFP image assumes homogeneous
B0. For our application in knee and wrist motion, thanks to careful shimming, this did
not seem to create a major problem. However, for imaging other anatomical areas of
the body, that may present higher susceptibility-induced inhomogeneities, water and
fat could be misclassified using a PS-bSSFP approach. In these circumstances, a Dixon
approach would then be preferable, although it will result in a lower SNR.
Furthermore, while multi-echo approaches such as Dixon are able to differentiate
water and fat contributions to the signal within a voxel, the PS-bSSFP approach can
only identify water and fat based on their predominance in each voxel. Therefore,
voxels that contain predominantly fat will be classified as being fat-only voxels. While
some abnormalities such as bone marrow edema, tumors and fatty infiltrations in
muscles may produce mixing of water and fat, other situations in which water and fat
are mixed in a single voxel are relatively uncommon in the musculoskeletal system and
have not been previously reported in ligaments, tendons and cartilage. We therefore
do not foresee that this partial volume limitation may hinder visualization and analysis
of these structures.
It should be pointed out that both the PS-bSSFP and the Dixon method used in this
study assume a single peak model for fat, thus neglecting spectral complexity. While
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this assumption could potentially affect the accuracy of water/fat quantification, we
believe it will have negligible effect for the purpose of improved visibility of water
structures through fat suppression.

5

It was observed that the SNR obtained for the in vivo knee images is in general reduced
when compared to the phantom experiments. The determination of the correct T2/T1
ratios for some of the investigated structures (ligaments and cartilage) is not
straightforward due to the different effect of dipolar interactions on T1 and T2. It is
assumed in fact that while the change in orientation with respect to B0 has a strong
influence on T2 relaxation time, the effect on T1 is less evident (4). Nonetheless, we
expect that in the knee the T2/T1 ratio would typically be below 0.05 (17) and our
phantom and simulation experiments showed worse SNR in these conditions. For
T2/T1= 0.02 the phantom experiments showed that the ratio between SNR for the PSbSSFP water image and for Dixon was 2, which was reduced to 1.5 for the ligaments in
the in vivo knee scans. It has to be noticed in general that the SNR gain in the PS-bSSFP
scans when compared to the Dixon scans was seen to depend on the T2/T1 ratio, with
lower gain observed for lower rations. In the ligaments the T2/T1 ratio could be smaller
than 0.02, and this could explain the difference in SNR ration between the phantom
and the in vivo scans The generally lower SNR of the in vivo experiments when
compared to the phantom experiments can partially be explained by the fact that,
while for the dynamic imaging of the knee the Torso coil used for signal reception was
not in contact with the knee itself in order not to hinder the motion of the joint, for the
phantom experiments the coil was placed on top of the phantom, therefore higher
SNR is to be expected for the latter case. Future studies will focus on the use of a
flexible coil with multiple elements, as the one proposed by Nordmeyer-Massner et al.
(23) to improve SNR performance while not reducing the range of motion.
One possible limitation of the current approach is the limited spatial resolution. In fact,
due to the need of maintaining the repetition time constant at a value of 2.4 ms, the in
plane resolution and the slice thickness are consequently compromised. Although
water-fat separation based on phase detection would be possible even for longer TRs,
which would allow higher resolution, placing the water and the fat peaks in the center
of two adjacent passbands (TR = 2.4 ms) will ensure the greatest robustness against
spatial and temporal variation in resonance frequency (±220 Hz at 3 T). Robust
methods for dynamic shimming update could be a viable option if one wants to obtain
higher spatial resolution images, since it could allow for a longer minimum TR.
However, this will consequently lengthen the dynamic time for a single frame. In order
to maintain adequate temporal and spatial resolution in combination to high
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robustness against 𝐵0 inhomogeneities, a TR of 2.4 ms is the optimal choice for fat
suppression in dynamic imaging of moving joints at 3 T.
For SNR calculation in the in vivo images, a subtraction method based on twenty
identically acquired static images was used. A different approach would have been to
determine the SNR in the dynamic images, by calculating the ratio of the signal in a ROI
in the tissue and the standard deviation of noise from the background. However,
collagen-rich structures, such as ligaments, tendons and cartilage, are known to show
different signal intensity as a function of their orientation to the static magnetic field
as a result of different strength of dipolar interactions (“magic angle” effect) (4). Since
this effect is to be expected as the structures move during the dynamic task, SNR is
more reliable when calculated in the static images, although it may not take into
account possible changes over time as a function of local differences in B 0 and B1 as
the tissues move through the scanner bore. It is worth mentioning that misregistration
of the individual images used for SNR calculation would negatively affect the SNR
quantification. Although registration of the individual images was not performed in this
study, the difference between subsequent scans showed to be “noise-like” and did not
present any structure, indicating a negligible effect of subject movement in the
presented results.
Due to the speed and simplicity of the PS-bSSFP method for water-fat separation, this
could be useful in the future as a simple addition to clinical routine MRI protocols for
joints evaluation, in which currently the joints are only evaluated in a single static
position. This could provide additional tools to better understand the cause of pain or
impaired function in musculoskeletal diseases.

Conclusion
The proposed approach for fat suppression of moving joints in real time MRI using a
clinically available bSSFP sequence provided detailed information on wrist and knee
motion and superior results in terms of image quality and SNR compared to a Dixon
method. Ligaments and cartilage could be evaluated with positive contrast due to the
suppression of the surrounding fat. Further research on a larger number of subjects
and orthopedic patients is still needed to further assess the clinical potential of this
technique.
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Supporting Video S1: Knee of a healthy volunteer during flexion/extension task. Water images are obtained
using the PS-bSSFP techniques.
Supporting Video S2: Knee of a healthy volunteer during flexion/extension task. Fat images are obtained
using the PS-bSSFP techniques.
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Abstract
Introduction: Anatomical (static) MRI is the most useful imaging technique for
evaluation and assessment of internal derangement of the knee, but it does not
provide dynamic information and does not allow to study the interaction of the
different tissues during motion. Since knee pain is often only experienced during
dynamic tasks, the ability to obtain four-dimensional (4D) images of the knee during
motion could improve diagnosis and provide a deeper understanding of the knee joint.
In this work, we present a novel approach for dynamic, high-resolution 4D imaging of
the freely moving knee without a need for external triggering.

6

Methods: The dominant knee of 5 healthy volunteers was scanned during a
flexion/extension task. To evaluate the effects of non-uniform motion and poor
coordination skills on the quality of the reconstructed images, we performed a
comparison between fully free movement and movement instructed by a visual cue.
The trigger signal for self-gating was extracted using Principal Component Analysis
(PCA), and the images were reconstructed using a parallel imaging and compressed
sensing reconstruction pipeline. The reconstructed 4D movies were scored for image
quality and used to derive bone kinematics through image registration.
Results: Using our method, we were able to obtain 4D high-resolution movies of the
knee without the need for external triggering hardware. The movies obtained with and
without instructions did not significantly differ in terms of image scoring and
quantitative values for tibiofemoral kinematics.
Conclusions: Our method showed to be robust to extract self-gating signal even for
uninstructed motion. This can make the technique suitable for patients that due to
pain may find difficult to exactly comply with instructions. Furthermore, bone
kinematics can be derived from accelerated MRI without the need for additional
hardware for triggering.
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Introduction
Although anatomical magnetic resonance imaging (MRI) is the most commonly used
imaging technique for evaluation and assessment of the knee joint, it does not provide
dynamic information and therefore does not allow to study the interaction of the
different tissues during motion tasks.
The normal mechanism of motion in the tibiofemoral joint depends on both static and
dynamic factors. Dynamic interaction between the different tissues during motion
plays a fundamental role in the stability of the knee joint. For instance, one of the main
dynamic stabilizers of the patella is the quadriceps muscle group. Due to the
fundamental role of the musculature in the biomechanical behavior of the patella,
active quadriceps contraction is required to get a realistic assessment. This implies that
a series of static images is not appropriate for describing the real kinematic behavior.
The added value of dynamic imaging has been shown by d’Entremont et al. (7), who
compared dynamically acquired MRI datasets with a series of static scans at different
knee positions, and found significant differences in kinematic parameters.
Furthermore, dynamic MRI of the musculoskeletal system could provide information
beyond static imaging to understand the cause of pain. Pain is often absent in static
conditions and only present during a specific movement, as it is often the case with
impingements for example. The ability to perform this specific movement inside the
MRI scanner could provide the radiologist with additional tools to understand the
cause of pain and adapt treatment accordingly (14, 28).
Fluoroscopy (1) has been proposed as a powerful method to study bone kinematics.
Unlike MRI, it can provide bone kinematics under physiologically relevant loading
conditions and during daily motion tasks. However, since it requires ionizing radiation,
it is not an ideal candidate for longitudinal studies. Furthermore, fluoroscopy provides
very limited soft tissue contrast, thus preventing the study of the interaction of the
different soft tissue structures during motion.
MRI has been proposed as an alternative technique to assess tibiofemoral kinematic.
Unlike fluoroscopy, it does not make use of ionizing radiation and allows for
visualization of soft tissues such as cartilage and muscles. Draper et al. (9, 10) have
assessed patellar tilt in patellofemoral dislocation using single slice real-time MRI.
While a real-time approach is desirable, it does not allow for volumetric imaging and
thus does not provide 3-dimensional information. Joint motion can also be visualized
by Phase Contrast (PC)-CINE (synchronized) techniques (26, 27, 31). These methods
rely on the acquisitions of a high-resolution static scans and 3 single-slice dynamic
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scans. While bone kinematics can be accurately determined using this approach, it is
intrinsically unsuitable for 3D visualization of soft tissue motion. Furthermore, since PC
techniques encode velocity, they require integration to obtain displacement, which is a
procedure prone to error.

6

Kaiser et al. have developed a 4D MRI imaging technique to study tibiofemoral
kinematic in healthy subjects (17) and patients after Anterior Cruciate Ligaments
reconstruction (ACL reconstruction) (18). After ACL reconstruction altered kinematic
parameters were measured in comparison to the contralateral healthy knee. Abnormal
kinematic parameters are believed to induce abnormal cartilage loading patterns,
which could be a primary cause of osteoarthritis. Therefore, there is great clinical
interest in tools to quantify knee kinematic parameter. Kaiser et al. acquired data using
a 3D radial k-space encoding scheme. During data acquisition, the knee flexion angle
was constantly externally monitored and this information was used for retrospective
sorting of the k-space spokes into a desired number of 3D frames (17).
3D radial methods offer highly incoherent sampling of k-space, which is highly
beneficial for compressed sensing reconstruction, and are inherently insensitive to
motion artifacts within a given 3D time frame. However, eddy current related artifacts
pose a challenge and the image reconstruction is a computationally expensive process.
Stack-of-stars is an alternative 3D MRI acquisition scheme that consists of a radial
sampling pattern in the kx – ky plane, and a Cartesian encoding in the kz direction. Like
3D radial sampling, it is robust to motion artifacts (13) and appropriate for
undersampling and compressed sensing reconstruction. The stack-of-stars has some
added benefits compared to 3D radial sampling: a reduced sampling time (pi/2 times
fewer sampling points are required for a fully sampled image), and easier correction
strategies for eddy currents effects (4). Furthermore, the Cartesian encoding in the
stack direction enables different slices to be reconstructed in parallel, therefore greatly
reducing computation times. An advantage of stack-of-stars over Cartesian imaging is
that each readout for the central slice encode passes through the center of k-space,
thus facilitating retrospective self-gating (11) and eliminating the need for external
sensors and/or navigators.
Radial trajectories can be acquired following a golden angle ordering scheme (32),
where the angle between two consecutive radial spokes is increased by 111.246°. This
approach allows to obtain an almost uniform coverage of k-space for each given
number of consecutive spokes, which has the advantage of allowing continuous data
acquisition and retrospective sorting of the spokes into several motion frames. The
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uniform distribution of the spokes using a golden angle ordering scheme allows for
reconstruction of an almost arbitrary number of time frames, thus offering high
flexibility in terms of temporal resolution.
For dynamic MRI studies, the knee motion can either be externally imposed, making it
less suitable to assess contributions from active muscle contraction in the kinematics
(7), or be based on visual/audio instructions, synchronized with an external TTL
(transistor-transistor logic) trigger. The latter approach heavily relies on the perfect
execution of the motion task, which becomes problematic if the subject is not able to
comply with instructions due to poor coordination skills or pain. An alternative
approach is the use of an external sensor to continuously monitor the position of the
leg in the scanner (17). However this requires additional hardware which is not
standard available with clinical MRI scanners.
In this study, we have developed a self-gated 4D stack-of-stars protocol to facilitate 4D
imaging of the knee during uninstructed motion. We have performed measurements in
healthy volunteers during synchronized as well as free uninstructed movement of the
knee, compared image quality, and quantified the derived tibiofemoral kinematics. In
addition to dynamic bone imaging, we show feasibility for dynamic visualization of soft
tissue structures in the knee.

Methods
Subjects
We collected images of the dominant knee of five healthy female volunteers (age 28±1
2
y/o, weight 61±6 kg, BMI 22±3 kg/m ). None of the subjects had a history of knee
injury or knee pain. We received informed consent from all the subjects prior to the
study, according to our institution’s regulations.

Knee motion
The subjects were placed supine on the scanner table, with a triangular-shaped
support underneath their knee, and were asked to perform a knee flexion/extension
task. Two sand bags were placed laterally on each side of the knee, in order to prevent
sliding and rotation of the knee during the motion task. Three different experiments
were performed for each subject: in the first two experiments, the subjects were asked
to flex and extend their knee for about 5 minutes at a frequency of 0.67 Hz. In order to
improve the repeatability and consistency of the motion task, the subjects were shown
a video of a ball bouncing up and down with the required frequency while inside the
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scanner, and asked to follow the movement of the ball (“with instructions”). Prior to
the start of the experiments, subjects were instructed to always touch the support
when in the mostly flexed position, and to extend their knees until the edge of the
bore would be reached. Consequently, the amount of knee flexion was dependent on
the size of the subject, but was kept relatively constant between different repetitions
of the motion task for each subject. In order to simulate the effect of poor motor
coordination skills, a third experiment was performed without constraints on the
frequency of the motion. For this experiment, no instruction was shown and the
subjects were asked to move at their preferred pace (“without instructions”). For all
experiments, the subjects flexed and extended their knees without any external
weight.

Image acquisition
MRI image acquisition was performed with a 3T Philips Ingenia scanner (Philips, Best,
The Netherlands). All acquisitions were performed using a custom-built 15 channel
flexible coil array (MR Coils BV, Zaltbommel, The Netherlands). The coil array (3x5) was
placed around the knee with Velcro straps and centered around the patella. The scan
protocol consisted of five different datasets: two high-resolution anatomical datasets
to be used for segmentation, and three dynamic scans during the knee-movement
tasks previously described.
The first high-resolution anatomical scan was a Turbo Spin Echo (TSE) scan with proton
density contrast (TR=1000 ms and TE=29.9 ms, scan time=8 minutes). The second
anatomical scan was a Fast Field Echo (FFE) with ProSet fat suppression (TR=10 ms,
TE=4.5 ms, scan time 6 minutes). Both scans had a reconstructed matrix size of
3
352x352x230, and 0.68x0.68x0.7 mm image resolution.
The dynamic scans were obtained using a golden angle stack-of-stars sequence. A
spoiled gradient echo sequence was used for data acquisition. Sequence parameters
3
3
were: matrix size = 160x160x47, voxel size=1.5x1.5x3 mm , FOV=240x240x141 mm ,
TE/TR=1.3/3.9 ms. For Experiment 1 a flip angle of 20° was used, to obtain high SNR
from the bones. For Experiment 2 the same imaging sequence was used, with a flip
angle of 5° to enhance signal from collagen-rich structures such as ligaments and
cartilage. For Experiment 3 (movement “without instructions”) a flip angle of 20° was
used. The acquisition was performed with 47 radial stacks with 1.3x slice oversampling.
A zy ordering approach was used for the spoke acquisition, meaning that for each
radial angle, spokes from all stacks were acquired before advancing to the next radial
angle. A total of 1410 spokes was acquired for each stack, with a tiny golden angle
increment of 20.89°. A tiny golden angle increment was used instead of 111.246° in
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order to reduce eddy current effects, which could lead to artifacts in the reconstructed
images (33). Data were continuously acquired during 5min20s of knee
flexion/extension. All static and dynamic scans were acquired with readout in the
sagittal orientation.

Image reconstruction
The main steps used in the reconstruction process are summarized in Figure 1. Raw
scan data was exported and post-processed with MRecon (Gyrotools, Zürich,
Switzerland) and Matlab (The Mathworks Inc., Natick, MA). We applied a coil channel
compression routine, reducing the number of channels from 24 (15 ch flexible coil + 8
ch embedded in the scanner table + body coil) to 10 virtual channels (3). Eddy current
correction was performed offline (4, 24). An inverse fast Fourier transform (FFT) was
applied along the fully sampled z-dimension, resulting in a set of 2D k-spaces which
could be reconstructed in parallel (11).
The synchronization signal required for self-gating was derived from the center of kspace after FFT in the z-dimension. A principal component analysis (PCA) was
calculated on the data matrix from the k-space center of the middle three slices of 10
channels and 1410 spokes. The matrix on which PCA was performed had size 30*1410,
corresponding to 3 slices in 10 channels (rows) and 1410 radial spokes (columns). All
principal components were analyzed. We selected the principal components with the
highest signal power in the frequency bands [0.6-0.75] Hz, and [0.45-0.9] Hz for the
instructed and non-instructed motion respectively (11). Next, the self-gating signal was
filtered with a band-pass filter to suppress additional periodic signals not of interest
(such as the rotational frequency in k-space). The cutoff frequencies for the band-pass
filter were the upper and lower values of the corresponding frequency bands.
Subsequently, a peak-finding algorithm was applied to the filtered self-gating signal to
define a fixed time-point in each motion cycle. This was used to sort the measured
spokes into 20 motion states, each with an equal number of k-space spokes. This
resulted in 20 k-space frames containing 70 randomly angled spokes each, which
corresponds to an undersampling factor of 3.59 (with respect to a fully sampled radial
acquisition).
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Figure 1: Schematic overview of the image acquisition and reconstruction pipeline. All images were acquired
using a 15ch custom-built coil that could be wrapped around the subject’s knee, offering high signal-to-noise
ratio (SNR) without hindering the flexion/extension range of motion (Figure a). A stack-of-stars sampling
scheme was used (Figure b). The 3 center stacks were used to determine the gating signal, based on
Principal Component Analysis. The five first principal components are shown in Figure c, from bottom to top.
The first component, depicted in blue, represents the knee motion frequency. This component is filtered
(Figure d, middle row) and, after detection of minima and maxima, it is used to correctly assign each radial
spoke to a given time bin (Figure d, bottom row). The 20 sorted k-spaces, which will be used to reconstruct
20 time frames, have an equal number of uniformly distributed spokes (Figure e).
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A parallel-imaging compressed-sensing reconstruction was performed using the BART
toolbox [DOI: https://github.com/mrirecon/bart/releases/tag/v0.3.01]. Relevant
parameters were: total-variation L1-regularization (regularization parameters=0.01, in
the temporal and three spatial dimensions) and 100 iterations. Reconstructions were
performed in parallel for all slices. Dynamic sensitivity maps used for the
reconstruction were estimated using the ESPIRiT method (30). Sensitivity map
estimation was performed for each dynamic frame independently, based on a sliding
windows approach, in which the sensitivity map of frame m was constructed using klines from frame m-1, m, and m+1. The average reconstruction time for a dataset was
3 hours on a server with two Intel Xeon E5‐2690 processors and 256GB RAM. The
reconstruction resulted in a set of 20 3D images for each single flexion extension cycle.

Image scoring
The movies obtained with and without instructions (Experiment 1 and Experiment 3)
were scored in a blinded fashion by two independent musculoskeltal MR imaging
experts for sharpness, contrast, bone visibility, fluency of motion, and presence of
artifacts. The scores were assigned on a scale from 0 to 3, where 0 was insufficient and
3 was of diagnostic quality. One-way analysis of covariance (ANCOVA) was used to
compare the scoring obtained for the movies with instructions and without
instructions. The reviewer was set as a covariate and p<0.05 was considered to be
significant

Image segmentation
The femur and the tibia of the 5 volunteers were segmented from the high resolution
FFE scan using a semiautomatic algorithm based on region growing (ITK-snap (34)). The
contours were manually adjusted where necessary using the high-resolution proton
density weighted scan as an additional reference.

Determination of bone kinematics
After image reconstruction, a 3D registration pipeline was applied on the datasets
obtained from Experiment 1 and Experiment 3 to determine the bone kinematics. The
main registration steps are summarized in Figure 2. We used a rigid registration
pipeline implemented in Elastix (20), with 500 iteration steps and 2 levels of resolution.
First, the segmented bone masks were convolved with a Gaussian kernel, and then
dilated by a 3x3x3 cubic voxel to increase their volume. The dilation of the masks was
needed in order to include the interface between the bone and the adjacent tissues
into the registration target, which is the primary feature that drives the registration of
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the dynamic datasets. Subsequently, the dynamic datasets were reformatted to an
3
isotropic resolution of 1.5x1.5x1.5 mm . The femur in the first dynamic frame was
registered to the femur in the proton density weighted scans. The registered frame
was used as a registration target for the subsequent 19 dynamic frames over the
motion cycle. The results of this registration steps were 20 time frames with a static
femur, and a moving tibia. An automated selection routine based on minimum
detection of the femur translation curve was applied on this dataset to define the first
time frame in a consistent way across the volunteers. This corresponded to the knee in
full flexion. After femur registration, the same pipeline was repeated for the tibia,
using the images with the registered femur as target.

6

Figure 2: Image registration pipeline used to derive tibiofemoral kinematics from the reconstructed 4D
images. a) 3D bone masks are segmented from the high-resolution anatomical scans. b) Bone masks are
slightly dilated, in order to contain the interface between bones and other tissues (muscle and fat). c) A rigid
registration is performed with constraints on the femur, using the anatomical proton density weighted scan
as target. The result is a series of dynamic scans in which the femur is fixed. d) A second rigid registration
step is performed with constraints on the tibia. The first time frame of the previously determined dataset
with fixed femur was used as registration target. The result is a series of dynamic scans in which the tibia is
fixed. The registration parameters of the last registration steps represent the tibiofemoral kinematics (three
rotations and three translations).

The final result was a set of rigid-body trajectories (three rotations and three
translations) of the tibia with respect to the femur over the full motion cycle (20
dynamic frames). For each volunteer, the center of rotation was defined in the center
of mass of the high-resolution anatomical scan used for segmentation and the axis
parallel to the axis of the image. The angles presented refer to the roll pitch and yaw
convention, with rotations performed in the order roll, yaw and pitch. All kinematic
trajectories were subsequently smoothed using a Gaussian filter with a smoothing
factor of 2. Differences between the peak kinematics values measured at time frame
#10 (where peak flexion occurred in all the subjects), with and without instructions,
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were statistically evaluated using a paired t-test, where p<0.05 was considered to be
significant.

Results
All volunteers were able to perform the motion task very consistently when instructed
via a visual cue, which is illustrated by a narrow peak in the frequency spectrum of the
self-gating signal (Figure 3a and 4a). The typical spectra derived from the first principal
component for instructed motion are shown in Figure 3a (before filtering) and Figure
3b (after the application of a band pass filter) for one of the volunteers. On the other
hand, for uninstructed motion a worse repeatability of the motion task is observed in
the same volunteer, as indicated by the broadening of the motion peak in Figure 3c
(before filtering) and Figure 3d (after the application of a band pass filter).

Figure 3: First principal component for one volunteer before (figure a) and after filtering with a bandpass
filter (figure b). The main peak corresponds to the frequency of the visual cue (0.67 Hz). When no visual cue
is provided, a typical broadening of the motion peak is observed (Figure c and d, before and after filtering
respectively). The Fourier transform of the filtered spectra, shown in Figure b and d, are used as self-gating
signal.
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Figure 4a and Figure 4b show the mean self-gating signal averaged over the 5
volunteers. The agreement between the visual cue frequency and the self-gating
frequency spectra of all volunteers (Figure 4a) indicates a credible self-gating signal.
Without visual cue the peak of the motion frequency was different for the different
volunteers (Figure 4b) and the peak broadened indicating a larger variability in motion
during the ~5 min acquisition (Figure 4b and Figure 4c).

6

Figure 4: Mean self-gating signal, averaged over the 5 volunteers when instructions were given using a visual
cue (Figure a) and when the motion task was performed without instructions (Figure b). The frequency of
the visual cue, corresponding to 0.67 Hz, is indicated as dotted line for reference in Figure a, b and c,
although the visual cue was only used to acquire the data in Figure a. Figure c shows the representative
motion spectrum for one of the volunteers. In this case the frequency peak appears to be broader and at
average higher frequency, suggesting that the motion task performed without instruction could be a good
way to simulate the motion task performed by an orthopedic patient.

Figure 5: Two reconstructed dynamic frames (out of 20) representing the maximum achieved flexion and the
full extension for a volunteer. Sagittal, coronal, and transverse views are presented. The left images were
acquired when the subject was instructed to move at 0.67 Hz, while during the acquisition of the right
images the subject was free to move at his own preferred pace. For both datasets the flip angle used was
20°.

118

4D self-gated MRI of tibiofemoral kinematics

However, in both cases, the self-gating approach based on PCA analysis allowed for a
correct assignment of the motion states resulting in 3D movie frames of high quality
without significant motion-related blurring and artifacts (Figure 5). There was no
significant difference in the expert image scores for the movies reconstructed from the
instructed and uninstructed acquisitions (Table 1).
The range of knee flexion achieved in the scanner by the subjects was 16.2º±1.7º
(motion with instructions) and 14.5º±3.0º (motion without instructions) averaged over
the 5 subjects. The kinematic parameters representing tibiofemoral motion are
presented in Figure 6.

6

Criteria

With instructions

Without instructions

p

Sharpness

2.2

2.1

0.721

Contrast

2.3

2.2

0.692

Bone visibility

2.2

2.3

0.703

Fluency of motion

3.0

2.9

0.331

Artifacts

2.0

1.9

0.668

Table 1: Results of scoring of the 4D movies by two musculoskeletal imaging experts. Scores are indicated on
a scale from 0 to 3. No statistical difference (p>0.05) was observed in terms of sharpness, contrast, bone
visibility, fluency of motion and presence of artifacts when the instructed frequency was 0.67 Hz (“with
instructions”) as compared to free movement (“without instructions”).

A small tibial external/internal rotation was measured for all subjects with increasing
flexion angle. The peak tibial internal rotation across subjects was 3.4º±1.9º (motion
with instructions) and 2.8º±2.6º (motion without instructions). Bigger inter-subject
variation was detected for the translation degrees of freedom, as compared to
rotations.
Taken together, the three rotational and three translational values and their variability,
which describe the full range of possible tibiofemoral motions during knee flexion and
extension, were similar for instructed and uninstructed tasks.
The mean values for each kinematic parameter was calculated at frame #10, which
corresponds to the knee in maximum flexion. The results are presented in Figure 7. A
paired t-test revealed no differences between the results obtained with and without
instructions (p>0.17).
The use of a low flip angle resulted in higher signal from collagen-rich structures such
as ligaments and cartilage. In Figure 8, two time frames with the knee in maximum
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flexion and full extension respectively are shown. The posterior cruciate ligament (PCL)
presents high curvature in the extended position, and becomes progressively more
stretched as a function of increasing knee flexion angle.
Representative 4D movies obtained for a volunteer moving with and without
instruction are presented as supplementary material (see Video 1 and 2 respectively),
together with the movie obtained with instructions and the low flip angle (Video 3).

6

Figure 6: Tibiofemoral kinematics averaged over five healthy volunteers (shaded curves represent mean ±
standard deviation) as a function of frame number. The three rotational degrees of freedom
(abduction/adduction, extension/flexion and external/internal rotation) are indicated in red. The three
translational degrees of freedom (posterior/anterior, superior/inferior and medial/lateral translation) are
indicated in blue. Similar curves are observed when the instructed frequency was 0.67 Hz (“with
instructions”) as compared to free movement (“without instructions”).

Discussion
The proposed golden angle radial sequence enabled acquisition of self-gating signals,
which were successfully used for binning the data in 20 time frames over the
flexion/extension cycle of the knee. We tested the sequence in 5 female volunteers,
which were instructed to keep a constant frequency of 0.67 Hz during motion.
Additionally, the volunteers were also asked to perform flexion extension without any
visual instruction. We found no statistically significant differences in image quality
scores between the two methods. Furthermore, we obtained similar results in terms of
tibiofemoral kinematics extracted from the movies with and without instructions.
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Figure 7: Bar graphs representing the tibiofemoral kinematics in the middle time frame (#10). Results are
averaged over the five volunteers and the bars indicate standard deviation. No statistical significant
differences observed between the peak kinematics parameters obtained with (light gray) and without
instructions (dark gray).

Figure 8: Two different reconstructed dynamic frames (out of 20) representing the maximum achieved
flexion and the full extension for a volunteer during instructed motion at a frequency of 0.67 Hz. The flip
angle used in the acquisition was 5º. The increasing stretching pattern of the PCL for increasing flexion angle
of the knee can be observed.
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Self-gated MRI is gaining popularity for cardiac imaging (23, 25) as well as in abdominal
imaging (6, 8) to estimate motion in relation to radiotherapy treatment planning. The
self-gating approach is very attractive since it allows binning of the data in several
motion states based on the k-space itself without relying on external triggering
devices. Since the binning is done retrospectively, the number of movie frames and the
data undersampling factor can be chosen after data acquisition.

6

A higher number of movie frames with increased data undersampling generally leads
to lower SNR and more image artifacts, such as streaking. However, these artifacts can
be reduced by compressed sensing image reconstruction (2, 11). In practice, a
compromise has to be reached between temporal resolution and presence of image
reconstruction artifacts, since a low number of movies frames will result in motion
blurring, and a high number of movie frames will lead to undersampling artifacts even
with compressed sensing reconstruction. We heuristically found that 20 frames over
the flexion/extension cycle was the optimal trade off.
It should be understood that with our technique the motion is not depicted in real
time, but rather averaged over several motion cycles. This is not a limitation specific to
our particular approach, but rather inherently related to the fact that 3D MRI with
sufficient spatial resolution is too slow for real-time imaging even with state-of-the-art
acceleration techniques. For the practical application of dynamic knee imaging, this
implies that sudden movements such as dislocations cannot be visualized using a gated
method. A real-time method (21) would then be required, but this is currently limited
to single slice imaging.
Using our imaging method, in combination with novel image registration techniques,
we were able to quantify the displacement of the tibia relative to the femur. The
current gold standard for determination of bone kinematics is biplane fluoroscopy.
This technique allows to acquire functional information during physiologically relevant
task such as stair rising (1) and gait (15), with very high temporal and spatial resolution.
However, fluoroscopy involves the use of ionizing radiation, which makes its use
unpractical for longitudinal studies, and requires highly specialized machines, which
are not largely available in clinical settings. On the other hand, MRI scanners are
present in virtually every hospital and routinely used for evaluation of the knee joint.
Since we used a closed-bore scanner, we had to deal with a limited range of motion of
the knee joint due to geometrical constrains. This limitation could be solved with the
use of an open-bore (19) or a vertical MRI system(10), although at the expense of
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temporal and spatial resolution related to the typically lower field strength of these
systems.
Previous studies focused on determination of normative patellofemoral and
tibiofemoral kinematics using Phase Contrast (PC) MRI (26, 27). PC-MRI relies on
velocity measurements over time, which can be integrated to provide displacement
measurements. The technique proposed by Rebmann et al. (26) is based on an
unloaded flexion/extension task that is synchronized with an external trigger. Due to
the need for acquiring velocity information along 3 orthogonal directions and the
compliance of the subjects, the measurements are limited to 3 single slice acquisition
of 2min48s each (through patella, through femur and through tibia). This technique
heavily relies on the ability of the subject to keep a constant motion frequency, and
small imperfections in the execution of the task can result in spatial and temporal
blurring of the velocity values, that may lead to errors in the quantification of bone
kinematics and even make the images unusable.
While bone motion can also be evaluated precisely and with higher frame rate using
dynamic CT(5), the ability to simultaneously observe soft tissue and bone during
motion makes our MRI-based approach unique. We were able to obtain images of the
moving knee with relatively high resolution and sufficient soft tissue contrast, as
indicated by the image scoring.
In this study, image scoring by experts was used instead of more conventional SNR and
CNR measurements due to the use of compressed sensing reconstruction. In fact,
when compressed sensing is used, high SNR can be obtained by simply increasing the
regularization parameter, without any corresponding increase in image quality or
diagnostic information(12).
The images obtained with a low flip angle show high signal from ligaments and
cartilage, potentially allowing the evaluation of these tissues during motion. The added
values of dynamic imaging for soft tissue assessment in diagnosis still has to be
systematically evaluated, and spatial resolution will likely have to be improved in order
to increase the usefulness of these images. Nonetheless, the preliminary results
presented in this study are a first step towards assessment of soft tissue motion in 3D.
In general, the lack of motion instructions resulted in a poorer repeatability of the task,
as indicated by the lack of a well-defined frequency peak in this condition. Although
this could lead to an incorrect sorting of the k-space spokes in bins, the expert quality
scoring of the movies from the instructed and uninstructed tasks were similar,
suggesting that sorting was robust to non-repetitive motion. Although we believe that
123
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visual (or auditory) guidance to motion should always be provided for dynamic MRI
studies, conventional acquisition strategies based on prospective gating do not offer
robustness against deviation from the given instructions. Many repetitions of the
motion, especially under load, can lead to error in the executions of the task. Similarly,
execution errors can be expected in orthopedic patients or subjects that due to pain
may find it difficult to comply with instructions. Therefore our self-gating method
based on PCA and phase binning could be a useful tool for evaluation of those
subjects, especially during long and/or loaded acquisitions.

6

All our acquisitions were obtained using a custom flexible knee coil, consisting of a 3x5
ch coil array. While the coil did add benefits in terms of SNR and image quality, our
imaging pipeline is not hardware dependent and can be easily generalized to other
anatomies (suck as wrist and ankle) and to other coil configurations.
Our self-gating signal was extracted from the three center slices of k-space. Other
methods exist (i.e. z intensity-weighted projections, ZIP (29)). However, for our
application and slice orientation, they proved unreliable. We performed phase binning,
instead of magnitude binning often used in respiratory motion (16) because in our
experiments the volunteers were instructed to maintain a fixed start and end points
for the flexion extension task. In this situation, an almost fixed magnitude of the
motion was expected, but significant variation in the frequency could occur. Therefore,
phase binning could be used more robustly than magnitude binning.
A general limitation of self-gating methods is that there is no absolute time stamp that
indicates beginning and end of the flexion and extension cycle. For image scoring by
the experts this was no problem, since movies were visualized in an infinite loop.
However, quantification of the bone kinematics analysis requires knowledge about the
time frame of maximum flexion and extension. Here we determined these time points
by automatic detection of the minimum in the translation curve after the registration
of femur, and this represented the maximum achievable extension. The starting point
was chosen to be the full extension position, since the bone position was relatively
constant for all volunteers in full extensions, while the maximum flexion position was
largely dependent on the size of the subjects.
An additional limitation of our self-gating method is that it fails to determine the
motion frequency when too much net translation of the knee occurs in the
mediolateral direction. In our study, the problem was mitigated by placing sand bags
on each side of the knee. In order to completely avoid this problem, a motion device
should be designed that restricts the range of motion in the mediolateral direction,
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while allowing full range of motion in the sagittal plane. Furthermore, a loading device
could also increase the physiological values of the kinematic measurements, as
compared to the “no-load” condition applied in this study.
We did not define an anatomical frame of reference based on the tibia and the femur
at this point. Therefore our kinematic results cannot be directly compared previous
studies (26, 27). The determination of an anatomical frame of reference based on bony
landmarks could introduce additional inter-subject variation(22). Therefore, for the
purpose of this study, we preferred a direct comparison of the derived motions from
the datasets obtained with and without instructions.

6

Conclusions
In conclusion, we have implemented a method to obtain self-gated 4D images of the
moving knee using a golden angle radial sampling of k-space. Using a stack-of-stars
sampling scheme we were able to derive the trigger signal directly from the data itself,
without the need of any external monitoring device. Compressed sensing allowed for
high undersampling factor (3.59-fold), and the achieved scan time allows application of
the technique as an addition to standard clinical protocols. Furthermore, we showed
that high-resolution anatomical scans could be co-registered with the dynamic images
to provide measurements of bone kinematics. Due to its simplicity, the method shows
potential in evaluation of knee structures during motion and to track in vivo skeletal
kinematics non-invasively in a clinical setting.
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Supplemental material
Video 1: Sagittal slice for a volunteer moving with instructions (frequency of motion =
0.67 Hz, flip angle = 20°).
Video 2: Sagittal slice for a volunteer moving without instructions (flip angle = 20°).
Video 3: Sagittal slice for a volunteer moving with instructions (frequency of motion =
0.67 Hz, flip angle = 5°).
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Abstract
Introduction: 3D time-resolved (4D) Phase Contrast MRI can be used to study muscle
contraction. However, 3D coverage with sufficient spatiotemporal resolution can only
be achieved by interleaved acquisitions during many repetitions of the motion task,
resulting in long scan times. The aim of this study was to develop a Compressed
Sensing accelerated time-resolved 3D Phase Contrast MRI technique for quantification
of velocities and strain rate of the muscles in the lower leg during active plantar- and
dorsiflexion.

7

Methods:
Nine
healthy
volunteers
were
scanned
during
active
dorsiflexion/plantarflexion task. For each volunteer we acquired a reference scan, as
well as four different accelerated scans (k-space undersampling factors: 3.14X, 4.09X,
4.89X, and 6.41X) obtained using Cartesian Poisson disks undersampling schemes. The
data was reconstructed using a Compressed Sensing pipeline. For each scan, velocity
and strain rate values were quantified in the Gastrocnemius Lateralis, Gastrocnemius
Medialis, Tibialis Anterior and Soleus.
Results: No significant differences in velocity values were observed as a function
acceleration factor in the four investigated muscles. The strain tensor calculation
resulted in one positive (s+) and one negative (s-) eigenvalue, while the third
eigenvalue (s3) was consistently zero for all the acquisitions. No significant differences
were observed for the eigenvalues of the strain rate tensor as a function of
acceleration factor.
Conclusions: Data undersampling combined with Compressed Sensing reconstruction
allowed to obtain time-resolved Phase Contrast acquisitions with 3D coverage and
quantitative information comparable to the reference scan. The 3D sensitivity of the
method can help in understanding the connection between muscle architecture and
muscle function in future studies.
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Introduction
Mathematical models of skeletal muscles have been shown to contribute to our
understanding of the musculoskeletal system and to optimize surgical treatment (2, 4,
5). However, due to lack of input information, these models often need to rely on
considerable simplifications. For instance, it is often assumed that muscles shorten
uniformly along their longitudinal axis, while evidence has been provided for more
complex contraction patterns and that the direction of shortening is not aligned with
the muscle fiber (9, 31). Furthermore, differences in deformation patterns were
observed between deep and superficial muscles (9) and between proximal and distal
locations (12, 31). Due to the highly complex pattern in muscle contraction and
deformation, 3D visualization of contracting muscles would be extremely valuable.
The quantification of muscle deformation occurring during contraction is also a very
valuable clinical tool to discriminate between healthy and diseased muscles.
Deformation is typically quantified in terms of strain, which is a local property of a
tissue that indicates the amount of shortening and lengthening of an object along a
given direction, or in terms of strain rate, which is the rate at which the deformation
occurs in time. Strain has the same direction as strain rate, and can be calculate by
integrating strain rate over time.
Phase Contrast (PC) is an MRI-based technique widely used in the cardiovascular field
to measure velocity of blood flowing inside arteries and veins. PC relies on the
application of motion sensitizing gradients, which result in phase accumulation of
moving spins proportional to their velocities and to the magnitude of velocity encoding
magnetic field gradients, the so-called VENC. Gradients are usually applied in three
orthogonal directions, allowing for evaluation of tissue velocities in a 3D fashion.
In the field of muscle MRI, PC sequences have been applied to quantify inter alia
changes in fascicle length (26), strain rates (21, 31), muscle inertial forces (35) and to
gather insight into the complex muscle interaction in tongue movement (11). PC in
skeletal muscles can either be performed in a real-time approach or in a CINE
(triggered) fashion. Real-time PC has the advantage that measured velocity are not
averaged over several motion cycles, thus reducing the need for exact repetition of the
task and making the measurement more independent from muscle fatigue (3). On the
other hand, real-time PC imaging only allows for imaging of a single slice with velocity
encoded in one direction. Encoding of velocity over three directions requires
interleaved/synchronized acquisition.
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Even when Interleaved (CINE) techniques are used, PC acquisition is usually performed
in a single slice fashion. In fact, 3D coverage with sufficient spatiotemporal resolution
3
(~3x3x5 mm , 160 ms) can only be achieved by interleaved acquisitions during many
repetitions of a motion task, resulting in long scan times (>10 min). Many repetitions of
the motion task can lead to muscle fatigue, which can result in poor reproducibility
and can hamper applications in diseased or injured subjects. In general, PC in skeletal
muscle requires low VENC, due to the relatively low typical velocity of muscles as
compared to flowing blood in veins and arteries. This usually results in lengthened
Echo Time (TE) and Repetition Time (TR), which lead to even longer scan times.
Therefore, PC in skeletal muscle would greatly benefit from acceleration techniques to
reduce the total acquisition time, which would also allow to decrease muscle fatigue,
as a reduced number of motion repetitions would be required.

7

The aim of this study was therefore to develop a Compressed Sensing (CS) (20)
accelerated 4D PC MRI technique for quantifying velocities and strain rates of skeletal
muscles in the lower leg during active foot plantar- and dorsiflexion in a clinically
feasible scan time.

Methods
Subjects
We collected images of the right lower leg of 9 healthy volunteers (4 males, 5 females)
with no abnormalities in the lower leg. We received informed consent from all the
subjects prior to the study, according to our institution’s regulations.

Data acquisition
MR imaging was performed with an Ingenia 3T MRI scanner (Philips Healthcare, Best,
Netherlands) using a 16-channel Torso and 8-channel posterior coil. Subjects were
placed supine, feet first in the scanner. The scan protocol consisted of a highresolution mDixon scan, performed with the leg at rest, and a series of 4D (3D timeresolved) PC scans during active muscle contraction. In order to minimize gross motion
of the leg during dynamic data acquisitions, and to minimize displacement over
different acquisitions, sand bags where placed on either side of the imaged leg. The
scan parameters for the mDixon scan were: RF-spoiled FFE with flip angle 10°, TR=10
3
ms, 3 echoes with TE1=1.96 ms, ΔTE=1.3 ms, matrix size= 400x160x150 mm , voxel
3
sixe=1x1x1 mm . After the anatomical mDIXON scan at rest, the volunteers were
instructed to make continuous smooth movements with the right foot between
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approximately 30° plantarflexion to 10° dorsiflexion. Each volunteer was instructed to
start the motion in the maximum achievable plantarflexed position, move the foot
towards a dorsiflexed position and then return to the starting plantarflexed position.
During the dynamic task, the volunteers received a visual cue from a bouncing ball
displayed on a screen in the scanner room, with cycle duration of 2000 ms to guide
their motion task. The MRI scan was motion-triggered at the same pace. Five timeresolved 3D turbo field echo (TFE) PC acquisitions were executed during the motion
task: one reference scan and four accelerated acquisitions. In order to take into
account the potential effect of muscle fatigue as a function of the scan number, the
order in which the dynamic scans were performed was randomized. Scan parameters
for the reference 3D TFE scan were: TFE-factor=3, half scan in phase-encoding
3
direction=0.6, matrix size=153x53x30, voxel size=3x3x5 mm , TE/TR=4.5/6.4 ms,
VENC=12 cm/s in three orthogonal directions (FH, AP, LR), and a temporal resolution of
160 ms. Accelerated acquisitions were performed with the same parameters, but
without half scan and with different k-space undersampling schemes (k-space
undersampling factors: 3.14X, 4.09X, 4.89X, and 6.41X) as shown in Figure 1. For the
undersampled scans, the scanner software was modified to acquire a predefined
number of sampling profiles (AMC CSENSE patch, version 5.1.8). The sampling profiles
(ky, kz) were generated in MATLAB (The MathWorks Inc., Natick, MA, USA) using the
Berkeley Advanced Reconstruction Toolbox (BART) (33) and were designed according
to a Poisson-disk pattern with variable density (14). Total acquisition times for the five
scans were 10:52 (reference scan), 5:38, 4:20, 3:38, and 2:46 min, corresponding to
326, 169, 130, 109, and 83 executions of the motion task, respectively.

Figure 1: Undersampling patterns in (ky, kz)-space for the different acceleration factors (k-space
undersampling factors: 3.14X, 4.09X, 4.89X, and 6.41X). For all undersampling factors, the center of k-space
was fully sampled. The outer points followed a Poisson disk distribution with variable density.

Image reconstruction
Raw data was imported in MATLAB using ReconFrame (Gyrotools, Zurich, CH) and CS
reconstruction was performed using the BART toolbox, with a wavelet transform in
space (x, y, z) and an additional sparsifying total variation (TV) transform in space (x, y,
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z) and time. The L1-regularization was performed with a regularization parameter of
r=0.01 for both wavelet and TV transform, and 50 iteration steps.

Data processing

7

Four muscle groups in the lower leg (Tibialis Anterior, TA; Soleus, SOL; Gastrocnemius
Lateralis, GCL; and Gastrocnemius Medialis, GCM) were manually segmented on water
mDixon scans. Segmentation was performed using ITK-snap (36). In order to take into
account the change in shape of the different muscle groups during the motion task,
image registration was performed. For this purpose, the mDixon scan was
downsampled to the same resolution of the PC data and registered to each motion
phase of the magnitude scan. The registration pipeline was repeated for each of the
five acquired datasets (reference scan and five accelerated scans), and it consisted of a
b-spline registration approach, with two levels of resolution. All the registration steps
were performed using Elastix (17). Subsequently the transformation used to register
the downsampled high-resolution scan was applied to the masks of each muscle group.
This resulted in a set of muscle segmentations for each one of the 12 time points.
These masks were subsequently used to extract the values of velocity and strain rate
over the whole muscle groups.

Strain rate calculation
As a first preprocessing step, the phase images were corrected by subtracting from
each time frame the average phase over all the 12 time frames. This is based on the
assumption that the net velocity over the full dorsiflexion/plantarflexion cycle is zero
(28). Since strain calculation involves the spatial gradients, which are extremely
sensitive to noise, each 3D velocity image was filtered prior to further calculation. A
Savitzky-Golay filter (25) was used for this purpose because of its generally good
performance in denoising data, while keeping peak values preserved.
Calculation of strain rate started from the measured 3D velocity vector
v(x,y,z)=vx(x,y,z)x+vy(x,y,z)y+vz(x,y,z)z and the 3D spatial gradient of this velocity
vector:
𝜕𝑣𝑥
𝜕𝑥
𝜕𝑣𝑦
𝑳=
𝜕𝑥
𝜕𝑣𝑧
( 𝜕𝑥
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The symmetric part of the strain rate tensor was then calculated according to:
𝜕𝑣𝑥
𝜕𝑥
1
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The tensor S was subsequently diagonalized to obtain the three eigenvalues. The
eigenvalues were then sorted on a pixel-by-pixel basis in the following order:
maximum negative eigenvalue (s-), maximum positive eigenvalue (s+), remaining
eigenvalue (s3). The principal direction of strain can be considered in first
approximation to be aligned with the axis of the muscles fibers within a given voxel.
Therefore, the strain will be associated with negative eigenvalues (s-) during muscle
contraction and positive values (s+) during muscle relaxation. A schematic drawing of
principal strain directions is presented in Figure 2.

Figure 2: Schematic drawing of a muscle fiber during relaxation and contraction.

Statistical Analysis
One way ANOVA was used to compare the mean FH velocities, the mean magnitude
velocities and the mean strain rates as a function of acceleration factors for the
different muscle groups (GCL, GCM, SOL, and TA) for frame #3 and frame #9 (peak
negative and peak positive velocity). Statistical analysis was performed in SPSS. p<0.05
was considered to be significant.
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Figure 3: Representative FH velocity for a volunteer in three orthogonal planes (sagittal, coronal and
transverse) for the reference scan and for the 4 accelerated scans. The antagonist function of the muscles in
the posterior and anterior compartment can be observed for all accelerated scans, as indicated by the
opposite sign of the velocity.
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Results
The data acquisition was successful for all volunteers. All results were visually
inspected and judged to be of sufficient quality to continue with further analysis.
Figure 3 shows velocity images reconstructed from undersampled data in comparison
to the reference scan for a male volunteer. Phase images clearly show consistency with
the muscle function. In fact, antagonist muscles (posterior and anterior compartments)
show opposite velocity in both visualized frames (#3 and #9). The average velocities for
the four muscle groups are shown in Figure 4 (mean ± standard deviation).
The mean peak velocities averaged over all 9 subjects, together with their standard
deviations, are shown in Table 1 (FH velocity) and Table 2 (magnitude velocity) for the
four investigated muscle groups (GCL, GCM, SOL, and TA).
No significant differences were observed for the velocity values in the two peak frames
(#3 and #9) as function of undersampling factor for either FH velocity or velocity
magnitude. Smaller peak velocity values were observed in the soleus muscle as
compared to the other muscle groups.
The strain rate tensor was calculated for all the volunteers. For all the subjects, the
first two principal eigenvalues of the strain tensor were one high positive (s+) and one
high negative (s-) value. The third eigenvalue (s3) was near zero for all investigated
muscle groups and for all volunteers. Figure 5 and Figure 6 show the complex
geometrical pattern of the principal positive and negative strain rate eigenvector
across the gastrocnemius muscle group and the posterior aponeurosis.
In Figure 5 the principal strain rate eigenvector in the gastrocnemius during
plantarflexion is oriented in a similar way to the known fiber direction (as indicated by
the anatomy drawing), indicating that during active muscle activation the principal
direction of contraction was roughly oriented along the fiber direction, while local
expansion occurred along the cross-sectional area of the fibers. In frame #3,
representing the dorsiflexion phase, the principal direction of contraction was oriented
perpendicular to the principal eigenvector observed during contraction, indicating
fascicle axial elongation and compression along the perpendicular direction. The same
behavior is observed in Figure 6 for the posterior compartment, with muscle
shortening during contraction in the plantarflexion task (frame #9) and muscle
elongation during dorsiflexion (frame #3).
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GCL

GCM

SOL

TA

Velocity FH (cm/s)
Frame #

3

9

3

9

3

9

3

9

Ref. scan

-2.42
(0.92)

1.75
(0.59)

-2.23
(1.15)

2.04
(0.96)

-1.27
(0.80)

1.40
(0.74)

2.25
(1.03)

-2.75
(1.06)

3.14X

-2.37
(0.89)

2.07
(0.97)

-2.18
(0.70)

2.37
(1.38)

-1.36
(0.87)

1.56
(0.87)

2.45
(1.11)

-2.83
(1.22)

4.09X

-2.27
(1.06)

1.93
(1.19)

-2.20
(1.00)

2.12
(1.23)

-1.23
(0.80)

1.49
(0.94)

2.17
(0.87)

-2.80
(0.82)

4.89X

-2.33
(0.74)

1.90
(0.81)

-2.30
(0.78)

2.15
(1.36)

-1.09
(0.90)

1.24
(0.83)

2.21
(0.82)

-2.33
(0.82)

6.41X

-2.15
(1.16)

1.85
(1.13)

-1.92
(0.74)

2.04
(1.20)

-1.30
(1.13)

1.24
(1.00)

2.37
(0.90)

-2.58
(0.80)

7

Table 1: FH velocities in the GCL, GCM, SOL, and TA, averaged over the muscle groups and over the 9
volunteers. Velocities are presented for two time frames, i.e. frame #3 and frame #9. No significant
differences in velocity were observed as a function of the k-space undersampling factor (p>0.05).

GCL

GCM

SOL

TA

Magnitude velocity (cm/s)
Frame #

3

9

3

9

3

9

3

9

Ref. scan

2.91
(1.00)

2.81
(0.80)

2.69
(1.14)

2.68
(0.68)

2.06
(0.81)

2.20
(0.71)

2.55
(1.05)

3.00
(1.07)

3.14X

2.84
(0.91)

2.96
(1.04)

2.63
(0.73)

2.90
(1.36)

2.16
(0.80)

2.15
(0.87)

2.72
(1.02)

3.10
(1.24)

4.09X

2.75
(1.00)

2.77
(1.13)

2.61
(0.93)

2.67
(1.11)

1.98
(0.74)

2.06
(0.91)

2.50
(0.76)

2.97
(0.86)

4.89X

2.90
(0.79)

2.75
(1.13)

2.74
(0.72)

2.64
(1.31)

2.09
(0.63)

1.78
(0.68)

2.57
(0.70)

2.43
(0.84)

6.41X

2.94
(0.83)

2.68
(0.97)

2.45
(0.72)

2.52
(1.15)

2.16
(0.82)

1.90
(0.79)

2.75
(0.81)

2.67
(0.78)

Table 2: Velocities magnitudes (modulus of the 3D velocity vector) in the GCL, GCM, SOL, and TA, averaged
over the whole muscle volumes and over the 9 volunteers. Velocities are presented for two time frames, i.e.
frame #3 and frame #9. No significant differences in velocity were observed as a function of the k-space
undersampling factor (p>0.05).
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Figure 4: FH velocity averaged over all subjects (mean=thick line and standard deviation=shaded area). No
significant differences were observed as a function of k-space undersampling factor (Blue: reference scan,
red: 3.14X, orange: 4.09X, green: 4.89 and purple: 6.41X). All results are presented for four different muscles
in the lower leg (GCL, GCM, SOL, and TA). The opposite signs of the muscles in the posterior compartment
and the tibialis anterior are consistent with the muscles working in opposite directions.

Figure 5: Color-coded strain rate images in a ROI in the gastrocnemius muscle for one volunteer. a)
Anatomical drawing of the lower leg. b) mDixon anatomical scan. c-f) Color-coded strain rate images
obtained in the ROI indicated in b). This dataset was acquired with a k-space undersampling factor of 6.41X.
The strain rate is color coded according to the standard convention: green: FH, red: AP, blue: LR. The tracts
represent the principal direction of contraction (s-) (c and e) and the principal direction of expansion (s+) (d
and f).
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Figure 6: Color-coded strain rate images in a ROI in the posterior aponeurosis for one volunteer. a)
Anatomical drawing of the lower leg. b) mDixon anatomical scan. c-f) Color-coded strain rate images
obtained in the ROI indicated in b). This dataset was acquired with a k-space undersampling factor of 6.41X.
The strain rate is color coded according to the standard convention: green: FH, red: AP, blue: LR. The tracts
represent the principal direction of contraction (s-) (c and e) and the principal direction of expansion (s+) (d
and f).

The three peak eigenvalues (s-, s+, and s3) of the strain rate tensor, averaged over all
the volunteers, are visualized in Figure 7. These values were calculated on the whole
muscle volumes. No significant differences were observed in the three eigenvalues as a
function of the acceleration factor for any of the investigated muscles (p>0.8). The sum
of the three eigenvalues over the full muscle volume was nearly zero for all volunteers.
The third eigenvalue was not significantly different from zero for any muscle or
acceleration factor. The time evolution of the three eigenvalues is shown in the
supplemental material (Figure S1: SOL, Figure S2: TA, Figure S3: GCL, Figure S4: GCM).

Discussion
The purpose of this study was to apply 4D Phase Contrast MRI to characterize muscle
velocity and strain rate in the full lower leg during foot dorsiflexion/plantarflexion and
to explore the feasibility of accelerating the data acquisition by using data
undersampling and Compressed Sensing reconstruction.
The comparison of undersampled 4D PC-MRI data to the data obtained with the
reference scan showed no significant differences in velocity values, even up to a kspace undersampling factor of 6.41X. Although deviations in the velocity curves in each
single frame may exist, on average, reference and highly undersampled data provide
the same results in terms of velocity and strain rate, thus facilitating a significant
decrease in scan time from 10:52min for the reference scan down to 2:46min with the
highest k-space undersampling.
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Figure 7: Strain rate eigenvalues (s-, s+, and s3). The results are averaged over all the subjects. Third principal
strain rate was not significantly different from zero. No significant differences were observed as a function of
the k-space undersampling factor (blue: reference scan, red: 3.14X, orange: 4.09X, green: 4.89X and purple:
6.41X).
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For some of the volunteers, which could achieve a very high level of consistency during
the execution of the motion task, the peak velocity values in the lower leg showed a
small reduction as a function of acceleration, which is related to the known temporal
smoothing involved in Compressed Sensing reconstruction (16). However, significant
temporal smoothing and consequent reduction of peak velocity values is to be
expected also in case of problems with repeating the motion task consistently over
time. This effect could be especially dramatic in case of long scan times, and it is
expected to decrease with a decreasing number of motion repetitions needed. As a
consequence, the effects of small reduction in the peak velocity values is compensated
by the increased likelihood of successful repetition of the motion task, as indicated by
the fact that no significant differences were observed in mean velocity as a function of
increasing acceleration factor. Our data show that with the use of Compressed Sensing
we could recover highly undersampled data, thus highly reducing the scan duration
and the number of repetitions of the task that the subjects has to perform.
Our experimental setup does not allow for the definition of gold standard
measurements, due to the possible variability in the execution of the motion task
within a single subject, and the quality of the repeatability depending on the scan time.
Furthermore, our reference scan was not a fully sampled scan, but used halfscan
encoding. This was done because a fully sampled scan would have required an
excessively long scan time (>15 minutes). Pilot experiments for the purpose of protocol
optimization showed that it was impossible for the volunteers to perform the motion
task consistently during such a long scan time.
The peak velocity values in our study were in agreement with previously published
results performed under similar low-load conditions (28, 29, 35). Furthermore, the
velocity data obtained were suitable for calculation of strain rate for all the volunteers.
The 3D strain tensor showed consistent patterns across volunteers. In particular, the
first two eigenvalues were always one big positive and one big negative value, while
the third eigenvalue was consistently nearly zero. This is consistent with the presence
of one shortening and one lengthening direction of muscle fibers, and the Poisson ratio
of skeletal muscle being close to 0.5. This finding of near incompressibility of skeletal
muscle tissue is in agreement with previous studies (9, 13, 19, 32).
Detailed information on muscle contraction can be obtained using ultrasonography
techniques (13, 19, 27), with high temporal and spatial resolution. However, these
measurements usually provide a small field of view (FOV). Besides ultrasounds, other
MRI techniques, including MR tagging and DENSE, are available that allow in vivo
measurements of strain characteristics with a large FOV. In MR tagging, a prepulse
142

4D PC MRI of skeletal muscle contraction

applied prior to image readout creates a spatial modulation of the magnetization with
a periodic function. This results in a line or in a grid of low signal intensity
superimposed on the anatomical images. The tag lines can be manually or
automatically tracked, and directly provide information on tissue displacement.
Following the distortion of these tag lines over times allows to measure soft tissue
deformation. MR tagging techniques have been used to monitor tissue displacement
during active isometric contraction in humans (28), as well as during muscle
indentation both in rats (6) and in healthy humans (22, 23). The main drawbacks of
tagging are that it is commonly a 2D technique with limited spatial resolution, and that
tag lines fade due to T1 relaxation, which limits the duration of the motion cycle that
can be assessed. Furthermore, MR tagging often requires manual or semi-automated
tracking of tag lines, which is a laborious and time-consuming task.
To decrease user interaction for quantification of displacement and strain in MR
tagging data, techniques such as HARP have been proposed (18, 34), where strain can
be directly computed from the local spatial frequency of tag lines. While this approach
does not require the tracking of tag lines and may facilitate strain analysis, it still does
not provide advantages over MR tagging in terms of spatial resolution of strain.
On the other hand, PC MRI approaches allow for the acquisition of velocity information
encoded in each pixel of the image, thereby providing intrinsically higher resolution as
compared to MR tagging and HARP. Another MR-based displacement encoding
technique with that can provide strain values on a pixel-by-pixel basis is DENSE (1).
DENSE is conceptually similar to PC, as it encodes displacement on the phase of the
signal, but it is based on the acquisition of stimulated echoes rather than primary
echoes. DENSE has been successfully applied to the study of muscle contraction (37)
and cartilage deformation under cyclic loading (7, 8, 24). One of the advantages of
DENSE is that it allows for encoding displacements over long time intervals, which is
especially beneficial for the study of skeletal muscles contraction, characterized by low
velocities. However, the use of a stimulated approach leads to a reduction in SNR by a
factor two, which is usually compensated for by decreasing the spatial resolution or by
increasing the number of acquisitions (10) , thus leading to much longer scan time.
A great advantage of our method compared to previous works is the fully 3D nature of
the acquisition. To the best of our knowledge, this is the first study that measured
muscle deformation in the entire lower leg with a full 4D sensitivity (full 3D volume
with velocity encoding over 3 orthogonal directions), and this enables a full 3D analysis
of strain and velocity. This is especially important because many muscles present a
curved geometry, which may be difficult to correctly depict using a single plane.
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Additionally, muscle groups undergo rotation during motion, which may be
erroneously interpreted as contraction when imaging only in a single plane.
Furthermore, the ability of imaging a 3D volume implies that no assumptions were
needed on the planar nature of the motion, or on local volume conservation (30), as
these parameters could be measured directly from the data. Additionally, our
acquisition scheme allows for a pixel-by-pixel based analysis, instead of the more
common ROI-based analysis. The ability to perform a pixel-by-pixel analysis allows for
the 3D visualization of the principal strain rate directions, as was demonstrated in this
work.

7

Previous studies have correlated the anatomical fiber direction with the principal
direction of strain. Englund et al. (9) measured the Tibialis Anterior muscle during
isometric dorsiflexion contraction using MR tagging and combined these data with
fiber direction obtained from Diffusion Tensor MRI (DT-MRI) for the same subjects.
They found an average difference of 40° between the principal direction of strain and
the fiber direction in the superficial compartment and a difference of 20° in the deep
compartment. At first, this shows a complex and non-uniform pattern of contraction,
probably due to fibers with different lengths and different connective tissue
arrangements across the muscle. Similar findings were reported by Sinha et al. (31)
and Malis et al. (21) who observed a location dependent difference in fiber angle
(about 45° for the proximal gastrocnemius and around 25° for the distal
gastrocnemius). However, these previously reported data were based on small ROI
analysis. Due to the 3D nature of the acquisition in our study, our data can potentially
be combined with DT-MRI measurements at a local level, which could help elucidate
the complex geometrical patterns of muscle fiber strain and its connection with the
underlying anatomy.
This study has a number of limitations. First of all, due to the very long reference
acquisition we used, which required a high number of repetitions of the motion task,
we were limited to low load conditions. However, considering that even with high
undersampling factors we can obtain consistent patterns for velocity and strain rate,
higher loads could be investigated in the future using our method. An additional
limitation of our scan method is that the measurements are still partially dependent on
the ability of the subjects to perform the dorsiflexion/plantarflexion task in very a
repeatable way. While reducing the number of repetitions needed increases the
likelihood of successful motion repetition, the dependency on the subject’s motion
skills is not completely eliminated.
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Advances in MRI acceleration techniques may further decrease the scan time for the
acquisition of a full datasets in the future. In our study, we used a constant
undersampling scheme over time. However, other undersampling strategies exist that
can create unique sampling patters for each time frame, which in turns allow for
higher acceleration factors by exploiting additional sparsifying transform over time
(15). Therefore, time-varying undersampling patterns may improve the results in
future studies. Ideally, a real time PC acquisition is required for subjects who find it
difficult to consistently comply with the motion task. However, real-time approaches
are currently limited to single slice acquisition with a single velocity encoded direction
(3).

Conclusions
In conclusion, this study demonstrated that it is possible to reconstruct highly
undersampled 4D PC MRI data of the muscles in the lower leg during active plantarand dorsiflexion using a CS acquisition and reconstruction scheme. This strategy
facilitates a significant decrease in scan time while keeping comparable velocity values.
Furthermore, the data was suitable for strain rate calculation. Further research will
focus on combining motion with structural data, and to apply these methods in
subjects with muscle pathologies, such as sarcopenic subjects. These results, coupled
to accurate structural information, may lead to a deeper understanding of movement
abnormalities and optimization of treatment/intervention strategies.
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Supplemental Material
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Supplemental figure 1: Time evolution of the three strain rate eigenvalues (s-, s+ and s3) for the
Gastrocnemius Lateralis muscle (GCL). The results are averaged over all the subjects (mean, thick line and
standard deviation, thin lines). No significant differences are observed as a function of the acceleration
factor (blue: reference scan, red: 3.14X, orange: 4.09X, green: 4.89X and purple: 6.41X) for the peak strain
rates during contraction (frame #9) and during relaxation (frame #3).
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Supplemental figure 2: time evolution of the three strain rate eigenvalues (s-, s+ and s3) for the
Gastrocnemius Medialis muscle (GCM). The results are averaged over all the subjects (mean, thick line and
standard deviation, thin lines). No significant differences are observed as a function of the acceleration
factor (blue: reference scan, red: 3.14X, orange: 4.09X, green: 4.89X and purple: 6.41X) for the peak strain
rates during contraction (frame #9) and during relaxation (frame #3).
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Supplemental figure 3: time evolution of the three strain rate eigenvalues (s-, s+, and s3) for the Soleus
muscle (SOL). The results are averaged over all the subjects (mean, thick line and standard deviation, thin
lines). No significant differences are observed as a function of the acceleration factor (blue: reference scan,
red: 3.14X, orange: 4.09X, green: 4.89X and purple: 6.41X) for the peak strain rates during contraction (frame
#9) and during relaxation (frame #3).
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Supplemental figure 4: time evolution of the three strain rate eigenvalues (s-, s+, and s3) for the Tibialis
Anterior muscle (TA). The results are averaged over all the subjects (mean, thick line and standard deviation,
thin lines). No significant differences are observed as a function of the acceleration factor (blue: reference
scan, red: 3.14X, orange: 4.09X, green: 4.89X and purple: 6.41X) for the peak strain rates during contraction
(frame #3) and during relaxation (frame #9).
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Abstract
Introduction: Knee injury can be cause and consequence of abnormal biomechanical
loading patterns in the menisci. Techniques to obtain quantitative information on in
vivo loading patterns are therefore in high demand for prevention and therapy. MRI
studies showed that meniscal T2 and T1ρ values increased upon application of load.
These parameters were introduced as surrogate markers of knee load, although the
mechanisms leading to changes in the relaxation values remained unclear. In this
study, we investigated the origin of changes in meniscal T2 and T1ρ under compressive
load.

8

Methods: T2 and T1ρ were measured in healthy volunteers (n=17) before and after
application of a static compressive load of 25% bodyweight. To test the hypothesis that
the magic angle effect could cause the increase in relaxation times observed in vivo,
human cadaveric intact knees (n=4) were scanned with and without load in 4 different
orientations with respect to B0.
Results: In the volunteers, loading had a significant effect on T2 (p<0.028) except for
the medial anterior and central meniscus, while it affected T1ρ only in the global, lateral
whole, posterior and outer meniscus and the medial anterior horn (p<0.04). In the ex
vivo experiment, increases during loading were also present, with larger changes at
larger angles to B0. Smaller effects with loading were observed in the meniscus body
than in the horns.
Conclusions: Our data support the hypothesis that compression-induced internal fiber
reorganization and the magic angle effect lead to load-induced changes in T2 and to a
lesser extent in T1ρ.
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Introduction
The menisci in the knee joint are two C-shaped fibrocartilage structures that consist of
water (74% by wet weight) and a solid phase (26% by wet weight) (1), of which the
main components are type-I collagen (75% by dry weight (2)) and proteoglycans (PGs,
1-5% by wet weight , 17% by dry weight (3–5)). The menisci are entrapped in a dense
and complex fiber network of collagen fibers, consisting of four (6) to six (7) fiber
groups. The main fiber group runs along the circumferential direction while so-called
tie-fibers course and arborize radially. Through Donnan osmosis, the high negative
fixed-charge density attracts water. The water influx increases the volume of the
meniscus and, in turn, creates tensile stresses in the collagen fibers, thereby providing
compressive stiffness to the tissue. Due to the meniscal insertions into the tibia, the
compressive femoral-tibial loads acting on the menisci are redistributed as tensile
hoop stresses. The interplay between the matrix components provides the menisci
with their biomechanical characteristics and facilitates compressive load transmission.
Hence, it improves joint congruency, distributing the load and reducing friction and
aiding in an overall stabilization of the knee joint.
Knee injury and disorders are often a cause but may also be a consequence of
abnormal biomechanical loading patterns in the knee joint menisci. Therefore, imaging
techniques to obtain quantitative information on in vivo loading patterns are in high
demand for early diagnosis, therapy evaluation, and prevention of further damage.
Due to the major role of meniscus in dispersing load and reducing friction in the
articular cartilage, an abnormal loading pattern and deformation of the meniscus could
provide an early sign of progressive osteoarthritis (OA) or indicate an increased risk of
OA. Therefore, imaging of the deformation patterns of meniscus in vivo can potentially
increase our understanding of the mechanisms involved in OA development.
The biomechanical behavior of the meniscus in response to load has been studied
extensively in the past using various techniques ranging from controlled compression
to finite element modeling simulations (8,9). In MRI studies, T 2 and T1ρ (T1-rho) have
been introduced as surrogate markers of biochemical content as well as tools to
quantify the loading in articular cartilage (10–12). Meniscal T2 and T1ρ values have been
correlated to the PG and collagen content, as well as to the tissue architecture, and
were shown to increase upon application of load (13,14). However, the underlying
mechanisms leading to changes in the relaxation values with load remain unclear.
In tissues with highly structured collagen compartments, like meniscus, tendon,
ligament and articular cartilage, but also in certain peripheral nerves (8), the well155
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known magic angle effect is a complicating factor in the interpretation of image
contrast and relaxation time values. This effect manifests as a variation in signal
intensity as a function of collagen fiber orientation with respect to the B 0 field, and it is
2
caused by the modulation of dipolar interactions by a 3 cos (θ) - 1, with θ the fiber
orientation with respect to B0 (9). For θ = 54.7° (the magic angle), the dipolar
interactions are 0 and since T2 is directly influenced by the strength of the dipolar
interaction, T2 experiences a maximum value at the magic angle (29, 32), whereas T1ρ is
less affected by dipole-dipole interactions (1, 30).
The aim of this study was to reproduce previously reported increases in relaxation
times under loading and to investigate the origin of changes in meniscal T2 and T1ρ
under compressive load. We hypothesize that these changes are caused by changes in
the proton dipolar interactions when the internal fiber structure reorients upon
compressive loading.

8

Materials and methods
In vivo experiments
Seventeen young healthy volunteers (8 males, 9 females) aged 27.0 ± 2.7 years were
recruited and provided informed consent to participate in the study. All experiments
started after one hour of rest (i.e. no weight bearing). For all volunteers the left knee
was scanned. All images were acquired using a Philips Achieva 3T MRI scanner (Best,
the Netherlands).
An 8-channel knee coil was employed for all scans. A 3D water-selective single-shot
TFE anatomical scan (water excitation using a binomial 1331 RF pulse, voxel size =
3
0.49x0.49x1 mm , matrix = 512x512x91, flip angle = 10°, TR/TE = 8.8/4.5 ms, scan
duration = 5:28 min) was acquired at the beginning of the scan protocol for
segmentation purposes. Subsequently, T2 and T1ρ scans were measured using a B0 and
B1-compensated T1ρ-prepared 3D gradient echo sequence (31).
Each spin lock pulse consisted of 2 continuous RF pulses with opposite phase to
compensate for B1 variations, and a 180° refocusing pulse was inserted between 2
continuous RF pulses to compensate for B 0 errors (14, 21, 22). The spin lock frequency
was set to 0 Hz and 300 Hz for T1ρ and T2 respectively. Other imaging parameters were:
spin-lock times (TSL) = 0/10/20/35 ms for T1ρ, echo times = 0/10/20/35 ms for T2, FOV =
3
3
150x150x91 mm , acquired voxel size = 0.6x0.6x3 mm , reconstructed voxel size =
3
0.3x0.3x1.5 mm , TR/TE = 7.5/3.3 ms, flip angle=10°, scan duration = 5:10 min for each
scan).
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Figure 1: Photographs of loading devices used to apply compressive load on the menisci. a) In vivo loading
device. 50% of the subject’s body weight was applied to both feet using MRI water and a pulley system. This
resulted in about 25% body weight applied on each knee. b) Loading device used for applying the
compressive load on the cadaveric knees.

Subsequently, the compressive load was applied and the T2 and T1ρ scans were
repeated after 30 min of loading. A pulley system with a water weight was employed
to generate a compressive load of 50% body weight (BW) to the knee joint (25% per
knee) while the subjects were lying horizontally in the scanner, as indicated in Figure
1a. The load weight was applied to the foot through a foot plate in order to simulate
the static standing position. The timeline of the in vivo experiment in schematically
illustrated in Figure 2.
The T2 and T1ρ scans were non-rigidly registered to the higher resolution anatomical
scan using Elastix (17). Manual segmentation of the meniscus was performed using
ITK-SNAP 3.4.0 to yield four different groups of regions of interest (ROIs): global,
individual, horn/body, and circumferential. The different groups of ROIs are
schematically shown in Figure 3. The latter two subdivisions along the circumferential
and the radial directions were done to enable analysis of the horns and the body of the
meniscus, as well as the vascularized and avascular portions of the meniscus. The
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horn/body division was made by roughly dividing the meniscus into three equal radial
sections in the axial view, while the circumferential division was made by
superimposing two ellipses on the outer and inner margins of the meniscus in an axial
slice close to the tibial plateau and by defining the mean ellipse as the boundary
between the inner and outer region. The global ROI resulted from pooling the two
individual meniscus ROIs.

8

Figure 2: timeline of the in vivo and ex vivo experiments. a) The anatomical, T1ρ and T2 are acquired at
baseline as well as after 30 minutes from load application. b) For the ex vivo scan the knees were loaded for
1 hour and the scans were while the load was applied. The scans were repeated one hour after the load was
removed. c) Schematic explanations of the ex vivo experiment. The knee was rotated at 4 different
orientations with respect to the static magnetic field B0 (indicated by the gray arrows).

To quantify the decay of T2 or T1ρ, a pixel-wise mono-exponential curve fit was
performed in Wolfram Mathematica 10.4 (Wolfram Research, Champaign, IL, USA)
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using the model: SI (TSL)=A e
+B, with SI the signal intensity and τ either T2 or T1ρ.
Mean ± SD over the volunteers was determined for the mean T2 and T1ρ per ROI.

Figure 3: Schematic drawing of the regions of interest (ROIs) used for the in vivo experiment. a) Global
division (both menisci are considered together). b) Individual division (red: medial meniscus, orange: lateral
meniscus). c) Horn/body division (anterior horn, posterior horn and meniscus body) and d) Circumferential
division (inner/outer meniscus).

Ex vivo experiments
Four fresh-frozen (-80°C) cadaveric right legs from male donors were scanned in 4
different orientations (circa 0°/10°/25°/35° with respect to B0) in an unloaded and
loaded configuration using a Philips Ingenia 3.0T scanner (Best, the Netherlands). A
schematic explanation of the rotations is presented in Figure 2c. The cadavers were
first scanned in the loaded configuration, for all orientations. The load was applied on
the knees one hour before the start of the first scan. Subsequently, the compressive
load was removed and, after waiting one hour, the quantitative scans were repeated
for all orientations. The applied load was 20 kg (representing approximately 25% BW
as used in the in vivo study). The loading device consisted of wooden plates, threaded
rods, and bolts (Figure 1b). The applied load was monitored outside the scanner room
using a dynamometer.
A proton density-weighted anatomical scan (multishot TSE with TSE factor = 60, FOV =
3
3
150x150x120 mm , voxel size = 0.49x0.49x0.7 mm , matrix = 432x432x171, TR/TE =
1000/40 (or 38) ms, scan duration = 6:47 min) was followed by T2 and T1ρ
measurements similar to those performed in vivo, but with TSL = 1/10/20/35 ms, FOV
3
= 150x150x120 mm , parallel imaging acceleration factor (SENSE)=1.7 (AP and RL),
resulting in scan duration = 4:30 min. A flexible 15-channel knee coil was employed
(MR Coils, Zaltbommel, The Netherlands) for signal reception. Both T 2 and T1ρ images
159
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were rigidly registered in Elastix to the scan where the leg was parallel to B 0. Pixel-wise
fits were applied and mean values were determined in ROIs drawn along the
circumference of the menisci.

Statistical analysis
Motion artifacts complicated quantitative analysis for the in vivo loading scans. For this
reason, three datasets were discarded for T2 and two for T1ρ. Hence, statistical
evaluation was performed for 14 T2 datasets and 15 T1ρ datasets. To investigate the
effect of loading in each ROI, a repeated-measures analysis of variance with additional
simple effects analysis was applied using SPSS 23.0 (IBM Corp., Armonk, NY, USA). The
repeated measure was loading and the between-subjects factor was ROI. A significance
level of 0.05 was employed.

8

Results
In vivo experiments
All quantitative scans were successfully completed. Due to severe motion artifacts,
only 14 T2 datasets and 15 T1ρ datasets where processed and included in statistical
analysis. Visual inspection of these datasets did not show the presence of artifacts.

Figure 4: Mean ± SD T2 (left) and T1ρ (right) in the unloaded and loaded state for each ROI. Visualizations of
the ROIs are provided in the bottom row. * indicates a significant effect of loading in a specific ROI (𝛼=0.05).
A general increase in T2 is observed upon load for all ROIs except medial anterior and medial central
meniscus. More significant increases are observed in T2 as compared to T1ρ.
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Figure 4 shows the mean T2 and T1ρ for each of the ROIs depicted in Figure 3. Loading
led to a significant increase in the mean T2 in each ROI (p < 0.028) except for the
medial anterior and medial central meniscus, while it significantly increased T1ρ only
globally (containing both whole menisci), in the whole lateral meniscus, in the
posterior and outer meniscus, and the medial anterior horn (p < 0.04). The p-values for
the simple effects of loading are summarized in Table 1.
ROI

T2

T1ρ

Lateral

<0.001

0.025

Medial

0.013

0.119

Global

<0.001

0.039

Lateral Anterior

0.010

0.153

Lateral Central

0.001

0.098

Lateral Posterior

0.024

0.010

Medial Anterior

0.835

0.036

Medial Central

0.321

0.344

Medial Posterior

<0.001

0.217

Lateral Outer

<0.001

0.005

Lateral Inner

0.001

0.359

Medial Outer

0.027

0.106

Medial Inner

0.013

0.155

8

Table 1: p-values of simple effects analysis (in vivo, unloaded versus loaded).

Ex vivo experiments
Figure 5 displays representative T2 maps for both loading situations and for different
orientations to B0 for one representative example. The histograms of the T2 values in
the posterior horn of the medial meniscus for one cadaver are shown in Figure 6. An
increase as a function of orientation as well as of load is visible. Figure 7 shows the
mean relaxation value as a function of orientation in several ROIs placed along the
circumference of the meniscus, averaged over the 4 cadavers. Generally, a small
increase as a function of orientation number, and thus amount of coronal rotation,
was seen for both T2 and T1ρ.
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Figure 5: T2 maps of the medial meniscus of the cadaver leg in different orientations with respect to the B 0
field (indicated in the bottom row). Transverse and sagittal coregistered images are presented. A general
increase in T2 upon load was observed, as well as changes as a function of orientation.

Figure 6: Histograms of T2 values within an ROI in the medial posterior meniscus of the cadaver leg in
different orientations with respect to the B0 field. A general increase in T2 upon load was observed, as well as
changes as a function of orientation.
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In the lateral meniscus, an increase of both T 2 and T1ρ with loading was seen with
increasing coronal rotation, except for the ROI located in the central part of the
meniscal body (blue). Upon loading, relaxation times mostly increased, and larger
changes were measured in more rotated positions (orientation 4). In the medial
meniscus, increasing values with increasing rotation were observed as well, except for
the ROI located in the center of the meniscal body (blue). Similarly to what observed
for the lateral meniscus, upon loading of the medial meniscus, the average relaxation
times increased. The absolute difference in relaxation times between loaded and
unloaded configuration was in general relatively small, as already observed in the in
vivo results.

8

Figure 7: Mean relaxation value (T1ρ and T2) as a function of orientation in several ROIs (shown on the left)
placed along the circumference of the meniscus, averaged over the 4 cadavers. Generally, an increase as a
function of orientation, and thus amount of coronal rotation, was seen for both T1ρ and T2. For the ROIs
located in the meniscus body, small effect of orientation is seen, indicating that the mean orientation of the
collagen fibers in the meniscus undergoes little rotation with respect to the B0 field when the legs are
rotated in the coronal plane. The solid and dotted lines represent the meniscus in the unloaded and loaded
configuration respectively.
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Discussion
In this study, meniscal T2 and T1ρ were evaluated in human knee joints that underwent
compressive loading. A significant increase in relaxation times was observed in healthy
volunteers upon load. The ex vivo data, obtained by varying both the load and the
orientation with respect to the static magnetic field, support our hypothesis that the
changes in relaxation times observed in vivo are caused by changes in the proton
dipolar interactions when the internal fiber structure reorients upon compressive
loading. Obviously, the magnitude of change of the fiber-orientation due to load will
be rather small, which explains the relatively small, yet significant, changes reported in
this study.

8

The average T2 values measured in this study in healthy volunteers were in agreement
with previously reported values (7, 24, 33). On the other hand, our T1ρ values are
slightly lower than reported literature values, but this is likely a consequence of the
different spin lock frequency used for data acquisition (typically 500 Hz, vs 300 Hz in
this study).
The load-induced increases observed in vivo were in agreement with the increases
found in previous studies of meniscal T2 and T1ρ upon loading of the knee joint (7, 28),
which confirms that in the meniscus T2 seems more sensitive to changes in load than
T1ρ. The magnitude of load-induced changes seen in healthy volunteers in these studies
was generally small (usually within 2 ms), as was the case in the current study, where
similar loading conditions were applied. However, regarding T1ρ measurements, in our
study the spin-lock frequency was 300 Hz, as compared to 500 Hz (7, 28). Although this
likely has some effects on the results, we believe a similar trend in changes due to load
application can still be expected.
In the ex vivo experiments, a general increase in T2 and T1ρ with orientation was
measured, as already observed by Peterfy et al. (23). T2 and T1ρ values were mostly
higher in the loaded configuration when the leg was placed parallel to B 0 (orientation
1), in agreement with the in vivo results obtained at the same orientation. The larger
dynamic range seen ex vivo for increasing rotation angle is most likely a result of the
higher sensitivity of T2 to changes in fiber-to-B0 angle resulting from the dipolar
interactions. In addition, higher differences were observed for increasing angle of
rotation in the ROIs located at the horns. On the other hand, in the ROIs located in the
central part of meniscus body, both in the medial and lateral meniscus, no distinct
change with rotation in the coronal plane was seen. The absence of changes in
relaxation times in these regions as a function of orientation, both at baseline and
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under load, can be explained by the theoretical anteroposterior fiber orientation in
that region. With coronal sample rotation, the majority of the fibers in these ROIs are
expected to remain perpendicular to the main magnetic field and therefore they do
not undergo a significant change in relaxation time. Lai et al. (23) reported that
meniscal deformation starts internally and then propagates outward, attributed to
buckling of secondary fibers, shearing, and reorganization of the circumferential fibers,
which would allow for optimized accommodation of the compressive stress. Such
buckling may have reoriented some fibers closer to the magic angle, causing the
increase in relaxation times that we observed in this study.
Our findings are in agreement with previous ex vivo studies performed on cartilage
explants, that observed an orientation-dependent behavior in T2 anisotropy, which
suggested a modification in the organization of the collagen matrix upon load (3).
The influence of loading on the relaxation times has been investigated more frequently
in cartilage than in meniscus. Significant local increases in T2 and T1ρ were observed in
articular cartilage upon load (20, 26). Those changes were attributed to water
displacement within the tissue as well as to in- and efflux of water. The opposite
behavior observed in the meniscus as compared to cartilage was proposed to be
related to differences in the composition of the two tissues as well as fluid dynamics
(28). An alternative explanation therefore might be that fluid influx upon loading was
responsible for the observed relaxation time changes in the menisci (7) 27). However,
the orientation-dependent behavior of load response in the menisci observed in our ex
vivo experiment shows that fluid influx cannot be the only source of changes in
relaxation times. Moreover, relaxation time changes in the meniscus body were
smaller than the changes observed in the horns, which shows that fiber reorientation
plays a bigger role than effects of fluid dynamics.
Tendons contain crimp fibers, which have a wavy appearance as they make an angle
of about 20° to the collagen fibril axis and are responsible for the banding patterns
seen in polarized light microscopy as well as high resolution MRI (19). Fiber crimp has
also been reported to exist in the meniscus (5). In tendons, tensile loading, and
thereby straightening of the crimp fibers, was observed to increase T 2 in different
orientations with respect to B0 (19). As tendon and meniscus both contain almost
exclusively type-I collagen in an orderly fashion, it could be that compression-induced
tensile strains of the circumferential fiber group cause crimp extinction which leads to
a similar pattern of T2 increases observed in tendons. This explanation would also be
compatible with our experimental results. In the study by Mountain et al. (19) loadinduced release of collagen-bound water was proposed as a mechanism to explain the
165

8

Chapter 8

increase in T2. Based on our ex vivo results, we cannot exclude this hypothesis, but we
can infer that this mechanism alone would not explain the observed change in
relaxation times. In order to decouple the two effects (fiber rearrangement and net
change in the ratio between free water and bound water) diffusion experiments would
be of interest. However, due to the relatively short T 2 and T2* components of meniscus
tissue, conventional EPI-based DWI is not an appropriate tool. Spectroscopic diffusion
imaging can achieve much lower echo times compared to imaging, potentially enabling
the investigation of changes in free water content in meniscus upon load.
Furthermore, since dipolar interactions are progressively decreasing for increasing
spin-lock power at any angle with respect to B0 (1), it could be of interest to compare
the load-induced response for a range of spin-lock frequencies. If fiber rearrangement
were the biggest contributor to the changes in relaxation times, we would expect the
load-induced response to decrease with increasing spin-lock frequency.

8

The present study has some limitations. First, it is known that application of a phasecycled train of refocusing pulses improves T2 quantification, but to keep T2 and T1ρ
mutually comparable, T2 was measured as T1ρ at a spin-lock frequency of 0 Hz.
Furthermore, different ways of segmenting the meniscus in the in vivo images were
used since the meniscus has spatially heterogeneous material properties which are
related to the complex biomechanical environment, biochemical constitution and
microarchitectural features and which generally result in a concomitant spatial
variation of relaxation times (25). The inner portion experiences more compression
and has a higher PG content, while the outer region experiences more hoop stresses
and has a lower PG content. Additionally, the horns and the body display different
biomechanical behavior (10). However, anatomical landmarks were not readily seen on
the MR images. Even with specialized sequences using ultrashort echo times (UTE), it is
difficult, if not impossible, to distinguish for instance between the meniscal horns and
the body, or between the vascularized and non-vascularized portions of the meniscus.
Hence, such divisions are generally subject to interpretation, and may have influenced
the results. However, since our study focus was the effect of loading, rather than
intrameniscal differences in relaxation time, we believe this uncertainty in region
classificaion would not change the interpretation of the results. Another limitation is
that while the volunteers were young, the cadaver legs were harvested from donors of
high age, which increases the likelihood of the presence of meniscal damage, although
none of the cadavers presented joint narrowing or meniscal lesions on the highresolution anatomical scan.
Despite these limitations, our study shows that relaxation times are sensitive to load
application in the meniscus, and this is likely caused by internal reorientation of fibers.
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Information on the actual fiber orientation and architecture obtained from histology or
dissection and changes therein upon loading might provide further evidence to
support our findings.

Conclusion
The presented data showed that in the meniscus T2 is more sensitive to load-induced
changes than T1ρ and that these load-induced changes are dependent on the sampleto-B0 orientation. This supports the hypothesis that compression-induced internal fiber
reorganization and the magic angle effect lead to load-induced changes in T2 and to a
lesser extent in T1.

8
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Chapter 9

Functional MRI of the lower
extremities
Summary
The overall goal of this thesis was to develop a set of MRI-based tools to assess the
functional status of the human lower extremities. In this final chapter, the main
findings of the studies are summarized and discussed, and some ideas for future
research are presented.

9

In Chapter 2, the MRI methods currently used in the field of functional imaging of the
musculoskeletal system were reviewed, with special emphasis on the lower
extremities. In particular, we discussed recent advances in the field of Diffusion Tensor
MRI (DT-MRI), dynamic imaging of moving joints, dynamic imaging of skeletal muscles,
and stress MRI. Although the field has advanced considerably over the last two
decades, our review highlights that technical improvements are still needed to
translate functional MRI of the lower extremities into a routine clinical and research
tool.
Despite the great improvement in DT-MRI data acquisition over the last years, the
bottleneck remains robust quantification and automated extraction of the parameters
of interest. For instance, the extraction of fiber length from DT-MRI tractography data
typically involves manual editing, which makes the process time consuming and
increases the variability of the outcome parameters. Automatic or semiautomatic
methods for extraction of functional parameters are therefore needed. In Chapter 3,
we developed a novel DT-based approach to measure muscle fiber length in the
muscles of the lower extremities. The concept of Tract Density (TD) was introduced
and we showed the feasibility of segmenting tendinous structures (tendons and
aponeuroses) based on TD. Our method was applied in five volunteers, scanned in
three different foot positions (dorsiflexion, neutral, and plantarflexion). The
(semi)automatic segmentation of tendinous structures based on TD allowed to obtain
a reliable stopping criterion for fiber tractography, therefore allowing for automatic
fiber length estimation. We were able to obtain reproducible results and we measured
fascicle lengthening/shortening patterns according to the known muscle function.
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Another aspect of DT-MRI that needs further investigation is the physiological
interpretation of DT-derived parameters. In Chapter 4, we tested the hypothesis that
Radial Diffusivity (RD, diffusion occurring in the plane perpendicular to the fiber axis)
would provide information about the cross sectional area (CSA) of the muscle fibers.
Using the methods developed in chapter 3, we measured fiber length changes
occurring in dorsiflexed and plantarflexed positions, and we correlated those with the
corresponding changes occurring in diffusion scalars estimated from the DT-MRI
model. Our findings suggest that changes in fiber length induced in skeletal muscles by
passive stretching negatively correlates with changes in RD, indicating that passive
muscle stretching induces lengthening of muscle fibers and decrease in diffusion
perpendicular to their axis. The observed rate of change in RD and fiber length
suggests that, in first approximation, a simple cylindrical model with constant volume
can adequately describe muscle fibers. Using a cylindrical model with constant volume
to describe the muscle fibers, we showed that changes in RD induced by passive
stretching are connected to changes in cross sectional area derived from the fiber
length changes. Our results support the hypothesis that diffusion along the radial
direction in skeletal muscles relates to the cross sectional area of the fibers. Taken
together, our data show that changes in RD induced by passive muscle
stretching/lengthening can be explained with a change in muscle cross sectional area,
therefore advancing the physiological interpretation of parameters derived using a
diffusion tensor model.
The following part of the thesis presented some technical advances in the field of
dynamic musculoskeletal imaging. In Chapter 5, we proposed a method to obtain fatsuppressed images of the moving knee and the moving wrist. Our method, based on a
Phase Sensitive bSSFP (PS-bSSFP) approach was compared with a more conventional
Dixon method in terms of SNR and image quality. Our data, in combination with
appropriate post-processing, allowed us to obtain fat suppressed 2D images of the
knee and wrist joints during motion. The PS-bSSFP used in our study could provide real
time imaging of moving joints and detailed information on wrist and knee motion. The
results obtained with the PS-bSSFP sequence were superior in terms of SNR and image
quality compared to a Dixon method. Ligaments and cartilage could be evaluated with
positive contrast due to the suppression of the surrounding fat. This study is a
promising small step towards the use of dynamic imaging with tissue specific contrast.
Further research on a larger number of subjects and orthopedic patients is still needed
to assess the clinical potential of this technique and to expand the method to 3D
acquisition.
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While MRI data acquisition can be performed with relatively high temporal resolution
in a single slice fashion, as shown in chapter 5, fully volumetric (3D) visualization of a
moving joint is difficult to achieve due to unrealistically long scan times needed, and
the difficulty of keeping a consistent motion rate over time. In fact, current technology
is based on synchronized acquisition and the subject is required to perform a given
motion task several times in a very repeatable fashion. Synchronized techniques,
widely used in healthy volunteers, may therefore find limited value in studying patients
who experience pain during motion task and cannot maintain a high level of
consistency. We addressed this main limitation in Chapter 6, where we proposed an
accelerated self-gated MRI approach to image the moving knee during a
flexion/extension task. We tested our imaging method in volunteers who received
visual instruction on how to move, and compared the results with fully free
uninstructed movement. The similarity in image quality and MRI-derived bone
kinematic demonstrates the robustness of the method against imperfections in the
execution of the motion task.

9

Similarly to dynamic imaging of joints, also dynamic imaging of skeletal muscle
contraction heavily relies on the perfect repeatability of the motion task. Phase
Contrast is one of the most commonly used methods to measure muscle velocity,
displacement, and deformation. However, only a single 2D slice is usually imaged, and
the difficulties in performing a given motion task over extended acquisition times had
so far precluded the possibility of using Phase Contrast MRI in a 3D fashion. In Chapter
7, we presented the first fully 3D Phase Contrast protocol. Using highly undersampled
data, in combination with Compressed Sensing reconstruction, we obtained 3D timeresolved (4D) quantification of muscle velocity during a foot dorsiflexion/plantarflexion
task. Furthermore, we also quantified the 3D strain rate tensor and we found good
agreement between the fully sampled scan and the accelerated scans. The ability of
obtaining time-resolved Phase Contrast information with a 3D sensitivity may open up
new possibilities in understanding the connection between muscle architecture and
muscle contraction mechanisms.
Finally, in Chapter 8, we developed a device that could apply axial compressive load on
the subject’s knee inside the MRI scanner. T2 and T1ρ relaxation time constants were
measured in the menisci before and after the load was applied. A significant increase
in both relaxation times was observed in the volunteers. We hypothesized that this
change could be caused by the effect of dipolar interaction (“magic angle effect”) as
the meniscal fiber architecture is rearranged due to the application of the load. This
hypothesis was tested using cadaveric knees, which were scanned in different
orientation in the scanner, as well as in different loading conditions. Our preliminary
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results partially confirm our hypothesis. This study is a small step towards a better
understanding of the processes occurring in vivo under loading conditions and their
connection with the MRI properties of the tissues.

DT-MRI-based functional MRI
Diffusion Tensor MRI (DT-MRI or DTI) is an established technique for the evaluation of
skeletal muscle function. Furthermore, diffusion parameters that can be obtained from
this technique, such as Mean Diffusivity (MD) and Fractional Anisotropy (FA) are
becoming useful tools in clinical practice to evaluate muscle injury and recovery, as
well as to follow the progression of neuromuscular diseases (48). The following part of
this section will address opportunities for DT-MRI in the field of biomechanics, as well
as future perspectives in the field.

DT-MRI and fiber length
Models of muscle mechanics are very useful tools to improve our understanding of
tissue function and to provide a platform to simulate treatments and interventions. In
order to obtain accurate predictions, validated models are needed. However, the
development of highly accurate models of the musculoskeletal system is challenging
because of its high level of complexity (6). The force that a muscle can generate
depends on many factors, including geometrical characteristics. For instance, the
physiological cross sectional areas (PCSA) correlates with the maximum force that a
muscle can generate. Accurate estimation of PCSA requires the knowledge of
geometrical parameters such as optimal fiber length and pennation angle. DT-MRI
could be a suitable candidate for the in vivo and noninvasive determination of these
parameters, considering its convincing results in determination of pennation angle
(20), and absolute fiber length (8). Other aspects that favor DT-MRI over other
methods to measure fiber length in vivo are the large coverage, the inherent 3D
sensitivity and the use of a fixed frame of reference (18).
The key variables in muscle architecture from a biomechanics standpoint are fiber
length, which is normalized to internal sarcomere length, and PCSA, which uses this
normalized fiber length value. Normalized fiber length predicts muscle shortening and
lengthening capacity as well as velocity of contraction, while PCSA predicts maximum
isometric force production. An inherent limitation of all of the non-invasive tools to
measure fiber length is the lack of information on sarcomere length. Minimally
invasive methods to measure sarcomere length and changes in sarcomere length
based on microendoscopy exist (12, 13, 39), but they only provide very localized
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information. Due to this limitation, combining sarcomere length from these methods
with DT-MRI-derived fiber length may be challenging, especially considering the wide
range in sarcomere length values at different muscle locations (44).
Normalized fiber length is also connected to optimal fiber length, which is important in
computational biomechanical models (30). In order to understand muscle function
during functional activities in terms of the force-length and force-velocity properties, it
is necessary to characterize the lengths of muscle fibers relative to their optimal
length, and subject specific musculoskeletal models have shown high sensitivity to
optimal fiber length (10). However, while DT-MRI studies, including chapter 3 and
chapter 4 of this thesis, have shown promising results in the determination of absolute
fiber length (9, 43, 47), the measurement of optimal fiber length remain challenging. In
fact it is difficult to measure the operating length of muscle fibers (i.e. the lengths of
muscle fibers relative to optimal fiber length) during functional activities (3).

9

As muscles passively stretch due to different ankle orientations, sarcomeres are
expected to change their length. However, our results in chapter 4 show little to no
changes in axial diffusivity with increasing fiber length. This is probably caused by our
experimental parameters (especially diffusion time) not being sensitive enough to the
small diffusion restriction effects within sarcomeres. Conventional Diffusion MRI
experiments, including our own experiments illustrated in chapter 3 and 4, are
performed using Pulsed Gradients. Conventional Pulsed Gradients methods are
adequate to estimate cellular cross sectional area (25), but they have limited ability in
reaching low diffusion times and they are therefore not adequate to measure the small
typical size of sarcomeres (in the order of few µm). On the other hand, Oscillating
Gradients methods, in combination with suitable tissue modeling, have shown better
performance in estimating small sized restriction effects (52, 55). These methods could
be promising tools to determine of sarcomere length in vivo, with a large coverage.
These measurements, coupled with absolute fiber length derived from the DT-MRI
tractography, could lead to in vivo measurement of optimal/normalized fiber length.
The ability of determining the optimal fiber length in vivo with a large FOV using MRI
could open new perspectives in the field of biomechanics and lead to greatly improved
models of skeletal muscles function. In turn, achievement of accurate models of
skeletal muscles could have important implications in multiple fields, including
biomechanics, orthopedics, and rehabilitation sciences.

DT-MRI and strain imaging
Additionally, the field of muscle modeling could benefit from the combination of
imaging during contraction (i.e. MR tagging, Phase Contrast or DENSE) and DT-MRI. It is
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commonly assumed that muscles shorten along their longitudinal axis, and that
shortening occurs uniformly along the muscle length. However, studies of skeletal
muscle contraction have shown non-uniform strain within muscle groups (23, 26, 57,
62). Musculoskeletal models often assume that all the fibers within a given muscle
have the same length (41). Blemker et al. (7) used a 3D finite element model to show
that heterogeneity of fiber length and fiber curvature within a muscle was the primary
cause of the experimentally measured non-uniform strain. Since DT-MRI is a suitable
technique to measure absolute fiber length and curvature, the combination with MR
imaging of muscle contraction can help elucidating the connection between muscle
architecture and function. Furthermore, accurate definition of strain directions with
respect to the underlying fiber architecture, rather than with respect to the long axis
of the muscle, could lead to a better understanding of lateral force transmission in
healthy and diseased conditions (57).

DT-MRI data post-processing
In order to couple MRI data with functional information (bone kinematic,
displacement, force measurement etc.) 3D models of the anatomical structures of
interest are needed. To this aim, accurate segmentation of individual muscle groups is
needed in order to extract relevant parameters (6). This is usually achieved through
manual segmentation, which is a very time consuming and tedious process.
Automated approaches exist to allow for fully automatic bone (2), meniscus (49), and
cartilage segmentation. For the interested readers, we refer to a comprehensive
review on segmentation of musculoskeletal structures from MRI data (51). On the
other hand, muscle segmentation is much more challenging, since the boundaries
between different muscles are not well defined and a lot of previous anatomical
knowledge is needed. Current semiautomatic approaches are atlas-based (35) or based
on random walks segmentation (4). Pulse sequences that highlight fat (56, 58) (or that
completely suppress it) could facilitate automatic muscle segmentation by increasing
the contrast between neighboring muscles. However, some subjects and some
particular anatomical areas present very little amount of intramuscular fat, making the
approach difficult to generalize.
Besides image segmentation, a number of complicated image processing steps are
needed in order to extract relevant parameters such as fiber length and pennation
angle (19). These often require heavy user interaction and are in general poorly
standardized, making comparison between different studies difficult.
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We believe that advances in automatic segmentation and standardization of post
processing steps could facilitate the diffusion of DT-MRI techniques outside few
specialized centers and allow for bigger studies to be performed.

Dynamic imaging
Dynamic MRI of the musculoskeletal system is a fast developing field in the recent
years (54). In this thesis, we developed novel MRI sequences, in combination with
advanced image reconstruction techniques and image processing pipelines, to
evaluate bones and soft tissues in the lower extremities during motion. However, a
number of technical challenges still exist, and they preclude the spread and expansions
of dynamic imaging outside a small number of highly specialized centers. In this
section, we will highlight some future perspectives in the field, together with possible
applications of dynamic imaging of the musculoskeletal system.

CINE and Real-Time imaging
9

A number of studies have reported normative values for soft tissue deformation and
bone kinematics parameters in healthy, young and physically active subjects (14, 32,
61). However dynamic MRI has found so far limited applicability in patients and less
complying subjects populations (33). In our opinion, this is related to a number of
pitfalls in data collection. In fact, as already outlined in chapter 6 and chapter 7 of this
thesis, one of the main challenges related to dynamic imaging when performed in CINE
or triggered fashion, is the high level of repeatability of the motion task required.
Prospective gating techniques, based on external monitoring of the motion cycle with
a sensor (32) or on self-gating approaches (chapter 6 of this thesis) could be promising
to make perfect repeatability of the motion task less of a concern, and to facilitate the
application of dynamic MRI in patient studies. However at the current stage
prospective gating techniques for these applications are limited to research, as image
reconstruction is still a challenging and computationally expensive problem.
In general, in order to make repeatability and motion consistency less of a concern,
faster acquisition schemes are required. In particular, Compressed Sensing (CS) is a
very interesting technique to this aim (40). The full range of possibilities that CS has to
offer have not been explored yet in the musculoskeletal field, and potentially new
developments could also enable real time 3D imaging of moving joints, as preliminarily
shown in recent studies focusing on the pharyngeal airway (34) and in the vocal tract
(63). Recent attempts have also been made in incorporating Deep Learning (38)
approaches into the conventional image reconstruction pipeline (31, 60) in order to
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solve some of the shortcoming of conventional CS image reconstructions (restrictions
on the MRI sequence design and long computation time required to reconstruct the
images). Advances in this field are likely to improve the quality of dynamic MRI of
joints, and to make its application possible outside a research setting in the near
future.
We should point out that that even if faster acquisition speed will be achieved, CINE
imaging will not be suitable to assess sudden events such as subluxations, since CINE
acquisition itself is based on the assumption of repeatable motion. If sudden events
are of interest, a real time approach is favorable. However one of the main current
limitations of real time dynamic MRI is the limited temporal (and spatial) resolution,
which may be needed to identify subtle motion patterns. Real time MRI at its current
stage only allows for acquisition in a multislice fashion for unrealistically slow motion
(13), while motion speeds that are similar to the typical motion speeds in daily task are
requested in order to obtain representative motion information. Therefore, in our
opinion the dynamic MRI community should put effort into developing sequences,
reconstruction pipelines and post-processing tools to allow for 3D real time imaging
with acceptable temporal resolution.

Tissue specific imaging
Dynamic MRI in the musculoskeletal field has so far found its main application in
determination of bone kinematics. When bone kinematics is the main focus,
Computed Tomography (CT) could be more conveniently used, due to the better
visualization of bone segments and the much easier bone segmentation and data
processing pipeline (11). On the other hand, MRI offers great advantages over CT in
terms of contrast and soft tissue characterization. Therefore, new dynamic approaches
should be introduced in order to exploit the full potential of MRI in visualization of soft
tissue structures.
Accurate information on strain in ligaments is needed in order to get a better insight
into disease and injury mechanisms, to design more efficient prevention strategies and
to optimize (surgical) treatment. A number of methods to measure strain in ligaments
and tendons exist, both ex vivo and in vivo. Ultrasound-based and MRI-based methods
are gaining popularity as tools to measure strain in vivo (27). However, most MRIbased methods available only provide an indirect measurement of strain, as they do
not take into account the ligament directly, but exploit the change in distance in the
attachments sites on the bones to infer tissue deformation. Direct visualization and
strain quantification is desired, but it is currently hampered by the difficulties in signal
manipulation in these structures due to the typical very short transverse relaxation
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times (few ms or less) of collagen-rich structures such as ligaments and tendons.
Ultrashort echo times approaches (UTE), already used in dynamic imaging of the heart
(45), could be viable approaches to solve this limitation and could provide benefits for
dynamic imaging of the musculoskeletal system. In particular, the combination of UTE
imaging with Phase Contrast methods (36) could provide tools to assess strain and
strain rate in tendons and at the myotendinous junction, which is currently not
possible since tendons appear as areas of signal void in conventional PC images (57).
Direct strain imaging in vivo could be a useful tool for clinicians to quantitatively assess
the tissue quality of tendons and ligaments and to follow longitudinal changes, like the
process of graft maturation following Anterior Cruciate Ligament reconstruction.
Furthermore, accurate information on tissue strain is also desirable in the field of
biomechanics. In fact, due to the high sensitivity of computation musculoskeletal
models on tendon (slack) length (10), the ability of measuring strain in tendinous
structures and to define an accurate slack length could potentially further improve the
accuracy of computational models.

9

Higher resolution
Although our work on dynamic imaging, presented in chapter 6, is a first important
step towards dynamic imaging in 3D of moving joints, further advances are needed.
First, the spatial resolution needs to be improved, in order to be able to appreciate the
motion of small structures (i.e. ligaments and tendons). MRI acquisition always
requires some compromises between achievable Signal to Noise Ratio (SNR), image
resolution (in both space and time) and the acquisition time. Ideally the image
acquisition process should be as fast as possible, in order to minimize costs and subject
burden/discomfort. At the same time, higher resolution is also highly desired for
dynamic imaging of the musculoskeletal system due to the presence of very small
structures and to appreciate small lesions at an early stage.
While we think that recent advances in the field of image reconstructions could allow
for much better image quality, high-resolution 3D imaging and scan time optimization
will probably imply the need for increased SNR. In general, higher SNR can be achieved
using MRI scanner with higher field strength (i.e. 7T), which are becoming increasingly
popular in research settings. However, 7T scanners typically have a smaller bore size,
which would decrease even further the possible range of motion that a joint can
undergo. Additionally, the effect of field distortions due to movement of a joint within
the bore, together with strong inhomogeneity of the B1 field, is expected to be worse
at 7T as compared to 3T. For these reasons, we do not foresee a big role of 7T scanners
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in the field of dynamic imaging. Furthermore, 7T MRI is currently limited to research,
and not suitable in a clinical setting.
In order to achieve higher SNR with a clinically available 3T, we will need better
acquisition sequences and better coils for data collection. Balanced Steady State Free
Precession sequences (bSSFP) are highly SNR efficient and highly useful for diagnostic
purposes, and would be a suitable candidate for dynamic 3D imaging of joints.
However, they suffer from strong artifacts (called banding artifacts) as a consequence
of inhomogeneous B0. Better artifact reduction methods, as the one presented by
Benkert et al. (5) could be useful for reducing banding artifacts while keeping very high
SNR and could be make 3D dynamic imaging with bSSFP sequences possible.
In our study, and in the one by d’Entremont et al. (15), a custom built multi-element
coil was used (46) to allow for the use of parallel imaging techniques, for higher SNR
due to the close proximity of the coil elements and the body part to be imaged, and for
reduced hindrance to the range of motion. Improved coil designs could further
improve SNR in future studies, and multichannel coils could facilitate the use of higher
parallel imaging acceleration factors, thus leading to increased SNR and higher
temporal resolution.

Dynamic imaging in biomechanical models
Dynamic MRI techniques have shown the ability to provide information of interest for
the biomechanics community. Parameters of interest that can be retrieved using
dynamic imaging include tissue motion and strain (21, 62), joint kinematic (16) and
cartilage contact patterns (33).
Previous dynamic MRI studies suggested that the measured knee kinematics depend
on the type of applied load (22, 61). Therefore, in order to retrieve accurate
information, the applied load should be quantifiable, highly reproducible, and
standardized in order to facilitate comparison between different studies. To this aim,
new MRI compatible loading devices should be designed, which allow to apply a
controlled load over a large range of motion.

Dynamic imaging as a diagnostic tool
In addition, the field of diagnostic imaging would greatly benefit from appropriate
loading devices. In fact, due to the load dependent kinematic and deformation
patterns highlighted in previous studies, the data collection procedure should be
performed during specifically designed activities that can highlight best differences
between normal and pathological cases.
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As we mentioned previously, functional MRI of the lower extremities suffers from
many limitations, such as generally low image resolution that does not allow to
appreciate small lesions or abnormalities. Therefore, we do not expect functional
protocols to replace conventional high-resolution static imaging. However, the
addition of dynamic or loaded scanning to existing clinical protocols may add
important clinical information to modify treatment decisions in particular applications
(i.e. patellofemoral pain, impingement, etc.). Obviously, patient studies in which
dynamic MRI are complemented to conventional clinical protocols will be needed in
the future to assess what the real value of dynamic MRI is from a diagnostic
standpoint.
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In addition to patient studies, more effort is also needed in order to assess normative
values for the parameters derived from dynamic MRI. For instance, reference values of
strain in muscle and other soft tissues could be obtained and used as a complimentary
diagnostic tool to high-resolution static imaging. To this aim, interaction between
radiologists and basic scientist is of paramount importance, and software tools that
allow for fast visualization of 4D data, together with easy extraction of quantitative
parameters, should be developed.

Stress MRI
Many musculoskeletal pathologies are strongly linked to abnormal loading patterns.
For instance excessive load on the joints in obese subjects creates an increased risk
factor for OA in the knee and hip (1).
Due to the strong connection between load and onset of musculoskeletal disorders
(24), the idea of imaging patients while their joints are loaded seems attractive in
order to better elucidate the connection between load, pain and underlying
physiology. Furthermore, scans under load could be useful to extract useful
information for diagnosis. For instance, earlier studies have shown a significant
increase in meniscal extrusion under the application of axial load and significant
strong correlation between the amount of extrusion and OA grade (50), suggesting
that stress MRI could be an useful tool do provide imaging biomarkers of the disease.
However, despite these promising results and the general expansion of the field of
stress MRI, no consensus has been reached on the utility of imaging joint in atypical
positions or under load in clinical practice (17, 42, 54). Further investigation on bigger
patient populations is required to assess the value of stress MRI in helping to identify
early biomarkers of musculoskeletal diseases.

182

Summary and general discussion

Although the field of MRI is progressively moving towards higher field strength (7T and
higher), interest is growing in low field MRI scanners for musculoskeletal application.
Portable scanner characterized by low field strength exist, and they allow for tilting of
the subject together with the scanner, therefore enabling imaging of joint under
weight-bearing conditions, as well as in the unloaded configuration. These portable,
low-cost scanners are very promising diagnostic tools to evaluate joint narrowing,
meniscal extrusion, cartilage thinning or other effects of weight-bearing (53). Further
research is warranted to investigate the use of these low field systems for diagnosis
and follow up of musculoskeletal diseases.
Besides the interest in Stress MRI as a potential diagnostic tool, we believe that Stress
MRI could also play a role in the field of biomechanics, provided that the loading
conditions during the MRI examination are known in detail. Structures such as cartilage
and meniscus are compressed when load is applied on the knee. Using appropriate
post-processing techniques on the images obtained with and without load, meaningful
parameters such as displacement and strain can be quantified (29). These information
can then subsequently be coupled with FE-models to derive material properties of the
tissues of interest (28). These MR-based approaches, although currently in an early
stage, are promising tools for generating patient specific models, as they can be used
in vivo, are not invasive, and can provide information on the individual subject/patient.
Another promising field of research is stress MRI in combination with quantitative
imaging. The ability of measuring quantitative imaging parameters (T1, T1ρ, T2*, T2, etc.)
before and during the application of a given load on the human joint could potentially
allow to extract more mechanical parameters as compared to a purely anatomical
scan. There is in fact growing interest in the possibility of estimating mechanical
properties from MRI. T2 and T1ρ in cadaveric menisci have already been shown to
correlate with water content and mechanical properties (compression module and
shear module) in the unloaded configuration (59). Furthermore T2* has been shown to
correlate with mechanical properties of native anterior cruciate ligament (ACL) and
ligament draft. Although no systematic investigation has been carried out yet on this
topic, we expect stress MRI in combination to MR relaxometry to increase the amount
of biomechanical information on the tissue status, as compared to relaxometry
performed in a single static position. Further work on quantitative MRI in cadavers,
followed by mechanical testing of the specimens is needed in order to assess the real
value of quantitative MRI in the evaluation of the mechanical status of soft tissues in
the lower extremities. Cadaveric experiments will also help to isolate possible
confounding effects that can be present in vivo (i.e. different dipolar interaction effects
as a consequence of inconsistent patient positioning). The ability of accurately and
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non-invasively estimate mechanical properties of musculoskeletal tissues could allow
in the future for the creation of subject specific models of individual patients purely
from MRI data, since both geometrical characteristics and tissue mechanical properties
could be estimated within a single scan session.
While most relaxometry Stress MRI studies have been performed at 3T, portable lowfield MRI scanners are gaining growing interest in this area of research, and relaxation
times at lower field strength have been suggested to provide additional information
with respect to joint status under load, as compared to conventional 1.5 or 3T systems
(52). Furthermore, the possibility of imaging a joint in different loading conditions and
in different orientations with respect to the static magnetic field B0 could help
elucidating signal characteristics related to the “magic angle” effect.

9

MR relaxometry usually requires long scan time, because of the need of acquiring
multiple images with different contrast to fit the expected signal model and derive
quantitative parameters. While this is a general problem in every application (neuro,
cardiovascular, abdominal, etc.), it is particularly problematic in the musculoskeletal
field. In fact, the long acquisition time that can lead to fatigue and pain and prevents
the use of high loads. In order to reduce motion artifacts induced by involuntary
subject motion during the application of the load, motion correction techniques have
been successfully applied (37). Despite the improved image quality that can be
achieved, further research is needed in terms of optimization of scan time and postprocessing time.
Finally, the long-term goal of stress MRI should be to provide a more accurate
diagnostic tool by combining morphological and relaxometric information. To this aim,
the underlying physical mechanism leading to the (change in) measured MRI
parameters should be better understood. This thesis showed a small contribution
towards the understanding of load-induced changes in relaxation times in the
meniscus, but better designed experiments are needed. As it was previously
mentioned for dynamic MRI, stress MRI will also greatly benefit from better loading
devices that are able to apply well controller and reproducible loads.
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Conclusions
In summary, in this thesis we presented several technical developments in the field of
Magnetic Resonance Imaging to obtain functional information of the human
musculoskeletal system. Although further technical development will be needed in the
future, together with well-designed studies to assess the added value over
conventional MRI techniques, the tools presented in this thesis could facilitate a
broader use of functional MRI in biomechanical models. Furthermore, the described
method are likely to present added clinical value, as they consider motion,
deformation and loaded conditions, which are important aspects to diagnose
pathologies of the musculoskeletal system.
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