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Introduction

Much of the difficulty in studying OA and the
efficacy of interventions is due to the current
limitations in the use of plain radiographs,
which are currently deemed the gold standard
for noninvasive assessment of clinical OA.
Often, changes such as joint space narrowing or
formation of osteophytes, which can be detected
on radiographs, manifest at late stage [1], when
disease modifying therapies including surgery
and/or drug treatment may already be ineffective.
Sensitive techniques that could detect early OA
and reliably monitor its progression would help
to identify patients who may benefit from joint
preserving interventions, to reduce the number
of patients requiring arthroplasty or at least
delaying the need of total hip arthroplasty
(THA). In addition, the identification of patients
who are likely to progress rapidly would be par-
ticularly useful when designing clinical trials.
Therefore, an early diagnosis of cartilage degen-
eration and a sensitive, noninvasive diagnostic
tool are highly desirable.

In morphologic images, the signal intensity of
each pixel results from a vast number of both
intrinsic and extrinsic factors. The principle
extrinsic factors are field strength, magnetic
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field homogeneity and the general hard- and soft-
ware setup of the MR scan. The principle intrin-
sic parameters in clinical imaging are T1, T2,
and proton density, which has led to the terms
T1-, T2-, and proton-weighted images.

The basic principle of biochemical MR imag-
ing is that single intrinsic parameters of the carti-
lage tissue are assessed by the use of dedicated
sequences. This allows for a more specific descrip-
tion of the tissue, as distinct MR parameters
directly correspond to specific properties of the
cartilage tissue.

For these reasons, there is a topical interest in
advancing non-contrast biochemical imaging
techniques sensitive to changes at the molecular
level of articular cartilage, such as T2 mapping,
T2* mapping, T1 rho, diffusion-weighted Imag-
ing (DWI), CEST, or Sodium. A number of stud-
ies showed very promising first results over the
recent years for quantitative, non-contrast carti-
lage MR imaging for early detection of cartilage
degeneration. However, owing to the availability
of high-quality knee coils the majority of work
was based on the knee joint cartilage. With a few
exceptions, literature reporting on the feasibility
of quantitative “biochemical” non-contrast MR
imaging of the hip joint is lacking. As the hip
joint cartilage is a relatively thin and curved
structure, it makes great demands on the investi-
gator and the available hardware and sequences
for valid imaging. Existing evaluation methods
suffer from insufficient spatial resolution,
prolonged acquisition times, and low signal-to-
noise ratio (SNR). New 3.0 T and 7.0 T magnetic
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resonance scanners have decreased the scan time
by a factor of 2-3, improved the SNR, the spatial
resolution, and allow thinner slice thickness.
With concurrent improvement in coil-technology
and optimization of imaging protocol, quantita-
tive MR imaging has a high potential for future
human in vivo imaging and may overcome the
present restrictions in imaging of the hip
cartilage.

T2 Mapping

The spatial variation of T2 values across carti-
lage was first reported in 1989 [2]. In normal
cartilage, T2 shows a subtle decrease from the
subchondral lamina to the deep layer, and subse-
quently a steady increase towards the surface.

Several aspects contribute to this phenome-
non. In the deep zone, the collagen fibers run
anisotropically perpendicular to subchondral
bone; there is a reduced mobility of water
protons, and therefore reduced T2 relaxation
time values. In the superficial zone, the collagen
fibers are randomly oriented which leads to an
increase of T2 values from the deep to superficial
zone in normal hyaline cartilage.

Additionally, the dipolar coupling of collagen-
associated water is minimum at 54.7° to the static
magnetic field, which leads to increased T2 (magic
angle effect) [3-5]. This phenomenon depends on
the orientation of the cartilage to the static mag-
netic field, and therefore is an extrinsic factor that
can substantially alter T2 measurements.

Free water leads to a prolongation of T2 in
general; as a consequence, a loss of proteoglycan
content and subsequently increased water is
deemed to lead to increased T2 in cartilage.

Several investigators have explored the rele-
vance of these factors for T2 of cartilage particu-
larly with regard to the magic angle effect.

Grunder et al. [6] reported a 300 % increase
of T2 when the sample was oriented at 55° to the
magnetic field in an in vitro setting at 7.1
T. Mosher et al. [7] evaluated the relevance of
this phenomenon for in vivo T2 measurements
in the knee in a clinical setting. They found that
the magic angle effect contributed less than
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expected to variations in T2. When oriented at
55°, T2 increased 8.6 % at a normalized dis-
tance of 0.3 from the bone 18.3 % at 0.6, and
29.1 % near the surface. However, at all
orientations the zonal variation of T2 was
clearly present. In conclusion, the increase of
free water in the superficial zone during the
absence of compression and conversely, a
decrease of T2 of the superficial layer under
compression was deemed to be more account-
able for regional differences of T2 (especially
joint loading areas versus the posterior femoral
condyle) than the orientation to the magnetic
field. They concluded the magic angle effect
was unlikely to account for significant regional
differences in clinical imaging. Nieminen et al.
[3] compared polarized light microscopy and
optical density of safranin O analysis with T2
in order to evaluate the morphologic parameters
that determine T2 and concluded that proteogly-
can content does not contribute significantly to
T2, but that free water collagen content and the
architecture of the collagen fibers are reflected
in T2.

As a consequence, T2 mapping has found
widespread application in in vivo MRI studies
on osteoarthritis. Based on the hypothesis that
the loss of proteoglycan will result in an increase
of free water, increased T2 was expected to be a
marker for osteoarthritis. However, there is data
demonstrating unchanged T2 or decreased T2 in
degraded cartilage in vitro and in clinical T2
images [2]. A possible explanation is the creation
of collagen cleavage sites in the course of degra-
dation that interact with free water, decreasing T2.

A moderate relationship between age and T2 of
the cartilage layer has been reported [8]; however,
the range of individual cartilage T2 is such that no
predictive value can be deduced at this time.

In contrast, the technique has proven
immensely useful for the assessment of surgical
cartilage repair techniques. A basic condition
for cartilage repair is that the adjacent articular
cartilage is intact. Under this assumption, T2
values of repair tissue can be compared to
healthy cartilage in each patient, which substan-
tially differentiates the application of T2 in carti-
lage repair from monitoring OA.
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A horse model study by White et al. [4]
demonstrated that normal hyaline cartilage and
cartilage repair tissue could be differentiated by
zonal T2 mapping. Arthroscopic osteochondral
autograft transplantation (OAT) and MFX were
performed and evaluation of zonal T2 variation
showed a characteristic distribution across the
depth of the cartilage in control and OAT sites,
with low T2 values near the subchondral bone and
higher T2 values near the cartilage surface [4]. In
contrast, no zonal variation was found within
MEX repair tissue. Correlation with histology
and collagen structural anisotropy as assessed by
polarized light microscopy demonstrated a near
perfect specificity of T2. OAT and normal hyaline
cartilage sites illustrated a normal zonal collagen
organization, whereas MFX showed disorganized
fibrous reparative tissue [4].

Using quantitative global T2 mapping of
patients at different postoperative intervals after
MACT surgery, significantly higher T2 values
were found in cartilage repair tissue in the early
stage (3—13 months) after surgery in an intra-
individual comparison with native hyaline carti-
lage [9]. Furthermore, a decrease in repair tissue
T2 values was observed over time, with the T2
values becoming similar to native healthy carti-
lage. This finding was in agreement with a study
by Kurkijarvi et al. [10] who reported T2 of the
repair tissue and normal hyaline in the range of
60 and 50 ms at 1.5 T, respectively, in 10 patients
at 10-15 months after ACI surgery. The zonal
variation of repair tissue [9] has been
demonstrated by the analysis of the T2 line
profiles showing the variation of T2 wvalues
from the subchondral bone to cartilage surface.
With increasing postoperative interval the shape
of the T2 line profiles (and the calculated T2 line
profile values) was found to become similar to
the reference healthy cartilage sites [9]. A direct
comparison of cases after MFX and after MACT
in the knee has demonstrated that MFX
yields repair tissue with significantly lower T2
than MACT; significant differences could be
demonstrated in terms of the degree of zonal
variation. Whereas there is no spatial variation
of T2 in MFX repair tissue, a subtle increase was
found after MACT, albeit not comparable to the
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native adjacent cartilage [11]. With regard to
the inherently large variation of T2 among
individuals, it has proven to be useful to describe
the T2 properties of the repair tissue relative to
the adjacent reference cartilage. The relative T2
relaxation time (rT2) is calculated from the
global T2 values (T2 = T2 of repair tissue/T2
of reference cartilage) [5].

A direct correlation of rT2 and the clinical
outcome showed there was a relationship
between the repair tissue T2 properties and the
clinical outcome. Cases that have repair tissue
with T2 properties that are equal to the reference
are more likely to do well.

The technique could be transferred to the
ankle, albeit with limitations. Due to the thin
cartilage layers of the ankle, it was not feasible
to optimize the protocol for a zonal assessment of
the cartilage layers. However, it was possible to
assess rT2 after MFX and after MACT of the
ankle. rT2 was 1.00 & 0.20 (0.72-1.36) in a series
of 14 cases after MFX and 0.85 + 0.21
(0.49-1.26) in a series of 8 cases after Hyalograft
C, and in another series of 12 cases after MACT
T2 was 1.05 (50.1 &+ 8.0 ms in the RT and
476 £93 ms in the reference -cartilage)
[12—14]. Other than in the knee, the water and
collagen content was similar to the reference car-
tilage after both treatment modalities. It should,
however, be noted that a zonal analysis was not
feasible at 3 T, mainly due to the lower SNR. A
subsequent study at 7 T demonstrated that other
than in the knee, MFX of the ankle results in
organized RT and may be particularly suited for
the treatment of cartilage defects of the ankle, as
there was a significant increase of T2 towards the
surface in the repair tissue (OAC 7T).

Methodological Considerations

Spin echo imaging with separate acquisitions for
each TE is considered the gold standard for T2
measurement, but it is not feasible in clinical
routine due to acquisition time. Multislice
multiecho spin echo (MESE) sequences provide
faster imaging, but there are some aspects to be
considered with regard to accuracy.
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Multislice imaging requires slice-selective
refocusing pulses that will produce transitional
regions at slice boundaries. Resulting imperfect
refocusing and therefore stimulated echo contri-
bution in fast spin echo introduce mixed T1 and
T2 contrast to the image. A detailed comparison
of a single echo spin echo with a multiecho spin
echo sequence in agarose phantoms with T2
values in the range of articular cartilage and
differing T1 values at 1.5 T [15] yielded an
error of 10 % that increased with longer T1 as
the later echoes had increased signal due to the
stimulation by the imperfect refocusing pulses.
When the first echo was dropped from the curve
fitting, the error decreased considerably to
0.3-5.2 %; elimination of the first pulse
improved T2 accuracy because the decay rate of
mixed T1/T2 was similar to pure T2. Still, a
comparison in volunteers showed the error was
still between —11.6 and 16.9 %. Even though the
qualitative T2 pattern of cartilage was compara-
ble with the different sequences, absolute T2
differed considerably.

Furthermore, magnetization transfer contrast
created by refocusing pulses for other slices
diminishes signal intensity in cartilage and can
thus impair the accuracy of T2 measurement
[15]. Additional factors that may affect T2 quan-
tification are field inhomogeneities and insuffi-
cient sampling of the T2 decay curve [16].

A comparative phantom study by Pai et al.
[16] at 3 T regarding sequence-dependent T2
quantification yielded the MESE sequence had
the best accuracy; however, the measures in
volunteers confirmed an increase in T2 measured
by MESE compared to SE T2 in accordance
with Maier et al.. With regard to the phantom
study, the authors concluded that rather a T2
underestimation of the SE than an overestimation
by the MESE was found in cartilage.

Regarding the reproducibility of T2, coeffici-
ents of variance in the range of 0.1-2.8 % in
phantoms and 5.3 % in cartilage have been
reported for a MESE sequence; a comparison
with the other sequences showed that the average
coefficient of variance was lowest in the MESE
(1.3 %). In other volunteer studies, the relative
precision errors for T2 are reported to range
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between 2.76 and 5.37 % at 1.5 T, and a further
comparison of T2 mapping at 1.5 T and 3 T
demonstrated comparable coefficient of variation
at either field strength in the same resolutions,
suggesting good discriminatory power of the tech-
nique [17, 18].

Regarding the magic angle effect, there
remains considerable uncertainty regarding its
influence on absolute T2. At least in cartilage
repair assessment the phenomenon can be con-
sidered in the ROI analysis by comparing the
repair tissue to a reference area with the same
orientation to the static magnetic field.

In summary, a considerable error of absolute
T2 values has to be expected when using differ-
ent T2 mapping protocols. This can be
aggravated by the use of different coils, and
obviously, T2 values obtained at different field
strengths cannot be compared. Additionally,
there seems to be a large variability of T2 in
healthy cartilage. It is therefore unlikely that
thresholds can be defined to distinguish between
normal cartilage and OA. The strength of the
technique lies in the assessment of the zonal
collagen network organization of cartilage and
cartilage repair tissue.

T2* Mapping

Within a clinical imaging protocol, T2 mapping
is still limited. The long echo trains of to the
spin echo technique, needed to accurately char-
acterize the cartilage T2 decay curve, contrib-
ute to prolonged acquisition times (TA),
typically exceeding 10 min for complete cover-
age of full joints. The 2D-acquisition precludes
reformatting the data into 3D surface maps and
requires reliable positioning to achieve repro-
ducible results. Furthermore, the inherent
variability in the 180° refocusing pulses leads
to errors in T2 estimates as a result of the
contribution from simulated echos and magne-
tization transfer [19].

T2* relaxation time mapping, based on a non-
contrast gradient-echo (GRE) sequence, might be
an alternative biochemical marker. This tech-
nique combines the potential of short scan time
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and high isotropic resolution of thin cartilage
layers due to high signal-to-noise ratio and
three-dimensional (3D) imaging. This is espe-
cially important concerning the complex hip
joint with its curved surface and thin cartilage.
In morphological MRI studies, radial evaluation
of the hip cartilage in a clockwise manner from
anterior to posterior and perpendicular around
the femoral neck has become the gold standard
for hip imaging. Isotropic 3D T2* data sets and
the capability of multi-planar reconstruction
allow for quantitative evaluation in the same
manner [20].

In contrast to standard T2-weigted spin echo
techniques, 3D-GRE-sequences lack the 180°
refocusing pulse. As a consequence, time-
independent inhomogeneities of the external
magnetic field (B0) and intrinsic factors like sus-
ceptibility artifacts contribute to a faster
dephasing of the spins, resulting in an overall
signal decay that is faster than described by
T2 (T2%).

The T2* relaxations time is related to T2
as follows: 1/T2* = 1/T2 + yABO where y
represents the gyromagnetic ratio and ABO
defines the difference in strength of the locally
varying field. Assuming the applied static mag-
netic field (B0) is uniform and constant over the
region of interest, then T2* will be influenced
by both the transverse relaxation (T2) and by the
local susceptibility fields. Such local fields can
operate at the macroscopic level, i.e., at the
bone—cartilage interface, or at the microscopic
level associated with the underlying microstruc-
ture of proteoglycans and collagen fibers within
the cartilage. The lack of radiofrequency
refocusing pulses substantially decreases the
contribution of magnetization transfer to carti-
lage contrast, and thus, may lead to differences
in sensitivity of T2* and T2 to changes in the
collagen content in cartilage.

Typical T2* mapping sequences for the carti-
lage use 68 TE’s in the range of 5-50 ms to
measure the T2* decay. Subsequently, T2* maps
are generated ideally throughout an inline
processing package, which utilizes a nonlinear
least square fitting routine, to avoid time-
consuming post-processing.
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A further important point which should be
considered within a setting of clinical studies is
the placement of the T2/T2* mapping sequence
at the end of the MR-protocol. Related to T2
mapping studies with unloading of the knee
joint [21, 22], a recent study on T2* mapping of
the hip joint has shown the effect of rehydration
of the cartilage to be of crucial importance for
designing an MR-protocol in patients with
FAI [23].

A limitation of T2* mapping within a clinical
setting is the application of this technique in
the presence of metallic particles as a result of
surgery due to the greater sensitivity to
susceptibility-included artifacts. Another factor
that must be considered, in particular when
assessing the spherical shape of the hip joint
cartilage, is the magic angle effect. It is
characterized by an increase of T2 (and therefore
T2*) values when the cartilage is orientated at
~56° to the main magnetic field and the
dephasing effect of parallel-oriented dipolar
interactions of protons in water molecules bind-
ing to collagen is minimized. However, the
dependency of T2* on collagen fiber orientation
has to be systematically evaluated in future stud-
ies on articular cartilage.

In theory, injury to the calcified cartilage
zone, or changes in the cartilage microstructure
could lead to changes in the magnetic suscepti-
bility of the tissue that could be exploited using
T2* mapping.

Chemical Exchange Saturation
Transfer

Chemical exchange saturation transfer (CEST) is
a "H MR imaging (MRI) technique that enables
visualization of chemical exchange processes
between protons bound to solutes and
surrounding bulk water molecules [24-26]. To
induce a CEST contrast, the off-resonant
solute protons are labeled by a saturation
radiofrequency (RF) pulse and the label is then
transferred to bulk water by chemical exchange.
The magnitude of the subsequent reduction of
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bulk water signal depends consequently on the
dynamics of chemical exchange as well as on the
ratio of exchangeable solute protons to bulk water
protons [27]. The rate constant of chemical
exchange (k), i.e., the velocity of chemical
exchange, is principally influenced by the
pH value and the temperature within the
exchange environment. If the latter two para-
meters can be assumed to be distributed homo-
geneously in tissue and maintained at a constant
level during one experiment, the CEST effect
will be a surrogate marker of the concentration
of a certain solute molecule in tissue. In order for
a solute molecule to be considered suitable as an
endogenous CEST agent, it must carry labile
protons that exchange with bulk water at
exchange rates that fulfill the condition k¥ < Aw;
where Aw is the resonance offset of the solute
protons to the water protons in [s_l] [27].
Glycosaminoglycan-dependent chemical
exchange saturation transfer (gagCEST) imaging
was introduced by Ling et al. as a CEST imaging
method that produces a contrast based exclu-
sively on the chemical exchange between endog-
enous solute GAG molecules and surrounding
bulk water [28]. This is of interest because
GAGs are major constituents of the extracellular
matrix of different connective tissues, such
as cartilage, intervertebral discs (IVD) and
menisci, and they are responsible for the bio-
mechanical properties of these tissues [29-31].
Since pH value and temperature are relatively
stable within connective tissues, variations of
gagCEST signals were shown to correlate line-
arly with sodium content in cartilage assessed by
23Na MRI [28], which, in turn, is a reference
method for assessment of GAG content in carti-
lage [32-35]. In order to evaluate the potential of
gagCEST imaging as a noninvasive tool for mon-
itoring of cartilage GAG content, two initial
studies were conducted in patients after cartilage
repair surgeries [36, 37]. Previous studies had
shown that cartilage repair tissue is likely to
exhibit lower GAG content than native cartilage
[38—40]. This finding, in combination with a
usually well-defined repair area, makes repair
tissue an ideal model system for evaluation of
gagCEST or other possibly GAG-sensitive imag-
ing techniques [41-43]. Both aforementioned

S. Domayer et al.

gagCEST studies were conducted on human
7 T MR systems and gagCEST results were com-
pared to sodium imaging as a reference for
GAG content. The first study focused on patients,
which had undergone microfracturing (MFX)
therapy or matrix-associated chondrocyte trans-
plantation (MACT). Both GAG-sensitive
methods showed a strong correlation between
each other and indicated significantly lower
GAG content in repair tissue compared to native
cartilage [37]. This result was confirmed in a
second study that examined the long-term out-
come of patients after autologous osteochondral
transplantation (AOT) [36]. In the latter study,
gagCEST and sodium imaging consistently
showed reduced GAG content in repair sites. In
addition to cartilage assessment, gagCEST imag-
ing was used to investigate GAG content in IVDs
[44, 45] and feasibility was demonstrated in
healthy volunteers at 3 T. Both IVD studies
showed different gagCEST signal intensities in
nucleus pulposus compared to the annulus
fibrosus as a result of the different GAG
concentrations in these IVD compartments.

The common method for acquisition of a CEST
dataset is to acquire multiple image datasets with
presaturation at different offset frequencies (Ssa)
around the water resonance, and one reference
dataset without saturation (Sp). This is regardless
of the specific agent or resonance frequency that is
evaluated to generate the desired CEST contrast.
The normalized signal as a function of the
presaturation offset (z-spectrum) can then be used
to determine and quantify CEST effects, which are
asymmetric with respect to the water resonance;
i.e., a CEST effect appears either up- or downfield
from water and can hence be extracted from the
z-spectrum via analysis of its asymmetry with
respect to the water resonance. Nevertheless,
in vivo z-spectra are inherently asymmetric due
to conventional magnetization transfer (MT)
effects arising predominantly from solid-phase
macromolecules. CEST effects are also masked
by concomitant direct water saturation (‘“RF spill-
over”) as a result of the bandwidth of the saturation
pulses. This phenomenon is further emphasized if
the resonance frequencies of the investigated
exchangeable protons have only small chemical
shift differences to bulk water protons. The
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exchangeable protons of GAG molecules that are
used to generate the gagCEST contrast, namely
hydroxyl and amide protons, exhibit relatively
small chemic shift offsets from bulk water protons.
In particular, the labile —-NH protons resonate at
Aw = 3.2 ppm offset from the water resonance
and —-OH protons at Aw = 09-1.9 ppm
(&£ ~ 114-241 Hz at 3.0 T). Additionally, the
exchange rates of the hydroxyl protons can be on
the order of up to 1,000 s Therefore, exchange
rates may be in the intermediate to fast exchange
regime at a magnetic field strength of 3.0 T
(k > Aw), which makes the resonance signals
difficult to resolve at 3.0 T. Although the situation
improves considerably when switching to a field
strength of 7.0 T, it is generally necessary to use
tailored CEST acquisition and saturation strategies
for gagCEST investigations. This means that time-
efficient and narrowband saturation of CEST
resonances must be enabled in addition to rapid
signal readout after saturation.

Since multiple datasets are acquired in one
gagCEST examination, it is mandatory for
proper analysis of z-spectra to compensate for
patient motion between acquisitions so the
datasets recorded with different presaturation
offsets are correctly aligned. Furthermore, cor-
rection of inhomogeneities of the static magnetic
field, which can lead to severe miscalculation of
CEST effects, has to be performed before analy-
sis of z-spectra.

Several acquisition strategies have been pro-
posed for gagCEST imaging, predominantly
relying on 3D gradient-echo, or single-slice
slice fast spin echo and GRE approaches
[28, 37, 44-46]. While 3D acquisition techniques
enable a more comprehensive overview of imag-
ing volumes than single-slice techniques, they
usually require longer scan times, which can be
of concern for clinical routine. Additionally, in
some joints where cartilage is thin compared to
knee cartilage such as in the ankle or the hip, high
spatial resolution is required for proper assess-
ment of biochemical cartilage properties. How-
ever, gagCEST effects are in the order of 1-4 %
of the bulk water signal at 3.0 T, and of 3-8 % at
7.0 T in healthy knee cartilage [37, 45]. Thus,
high intrinsic image SNR is required to reliably
detect and quantify gagCEST effects. Image
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SNR in MRI can only be maintained by increas-
ing the scan time when higher spatial resolution
is desired. Consequently, the maximum achiev-
able spatial resolution for gagCEST imaging will
certainly be limited by the scan time available for
an exam. The acquisition strategy proposed by
Schmitt et al. [37] was based on a 3D GRE
approach and sampled z-spectra with 13 points
from Aw = —2.6 to 2.6 ppm with a voxel reso-
lution of 0.6 x 0.6 x 3.3 mm’ in 11:24 min
(measurement at 7.0 T, full knee coverage).

Another limitation of gagCEST imaging may
be the observed intra-individual differences of
absolute gagCEST values, which impairs compa-
rability of results between individuals. The
differences are attributed to the fact that
gagCEST signal intensities depend strongly on
the absolute water content of tissue and tissue T,
relaxation times. Both parameters can vary con-
siderably among individuals and will thus influ-
ence absolute CEST values unless a proper
normalization is applied or correction factors
are introduced.

Imaging of Cartilage Diffusion

Molecular diffusion, also known as Brownian
motion (see Einstein—Smoluchowski relation
[47, 48]), refers to the random movement of
small particles (atoms or molecules) in a homo-
geneous medium by thermal energy, captured by
the so-called diffusion coefficient, D, measuring
of the diffusivity or mobility of the particles. In
biological tissues, however, water is diffusing
not only in a solvent containing macromolecules
but, typically, for the time periods involved in
MRI also in a complex microstructure having
different biophysical and biochemical properties.
In that case, the notion of an apparent diffusion
coefficient (frequently termed ADC) is used. Fur-
thermore, diffusion is generally not directionally
uniform, as it would be for water in a bucket of
water, but directionally sensitive, that is aniso-
tropic. Especially in highly oriented structures,
such as muscle or nerve fibers, the apparent dif-
fusion coefficient along different directions can
differ by up to a factor of 3. As a result, for the
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characterization of water diffusion in tissues, the
diffusion coefficient is no longer a scalar
value but a three-by-three matrix (or tensor)
representing the different directional sensitivities.
Complete characterization of the diffusion tensor
is a demanding task, and frequently diffusion
effects are confined into a simple orientational
averaged mean diffusivity, (D), calculated from
the trace of the diffusion tensor. Typical values
for the mean diffusivity of water in biological
tissues are in the range of 0.7 x 10> mm?/s for
human brain, 1.3 x 107> mm?/s for cartilage,
and up to 3.0 x 107> mm?/s for fluids.

In MRI, Diffusion Weighted Imaging (DWI)
refers to a class of methods able to probe the
diffusivity of water in biological tissues, in vivo
and noninvasively. The essence to any DWI exper-
iment is that in the presence of a magnetic gradient
field diffusion causes random phase shifts in the
transverse magnetization of each water molecule
leading within an imaging voxel to a loss of net
magnetization, as compared to the static case. Dif-
fusion measurements were already described by
Stejskal and Tanner in 1965 for NMR [49] and
entered MRI in the mid-1980s [50-52]. Since then,
water diffusion MRI has proven to be a highly
sensitive and specific parameter, mainly for the
detection of neurological disorders. As a result,
contemporary DWI sequences are typically single
shot techniques consisting of a diffusion-
sensitizing preparation part (a spin echo or
stimulated echo) followed by an echo planar imag-
ing (EPI) signal readout. EPI sequences have the
major advance that they are highly insensitive to
bulk motion and are probably the fastest imaging
sequences available, but application to the muscu-
loskeletal (MSK) system is demanding: typically,
T, of cartilage or muscle is about a factor of 2-3
shorter than the one of brain tissue, leading to a
prominent signal loss, especially in combination
with the high resolution and large field-of-view
requirement of MSK applications. In addition,
strong magnetic field inhomogeneities from
bone-tissue interfaces lead to severe image
distortions that may need retrospective correction.
As aresult, especially steady state DWI sequences
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have gained increased importance for MSK
imaging due to their excellent spatial resolution
and high diffusion sensitivity [53-55].

Diffusion sensitivity to steady state free pre-
cession (SSFP) sequences is commonly induced
by large gradient crusher moments, leading to a
steady state signal that is composed of many
different transverse and longitudinal echo paths
or modes; including also stimulated echoes. For
DWI, especially the “Echo” (that is the refocused
signal immediately preceding the RF pulse) turns
out to be very sensitive to diffusion representing
a unique alternative to common EPI-based DWI,
whereas the “FID” signal (that is the signal
immediately following the RF pulse) is generally
not used, since its sensitivity to diffusion is quite
low. Over the years, several models have been
developed for the description of diffusion
effects in SSFP [56-60], all of them being
based on the seminal work of Kaiser, Bartholdi,
and Ernst (KBE) [56]. In MRI, besides semi-
empirical approaches, such as the one presented
by LeBihan [57], the extension of the KBE
ansatz to pulsed gradient SSFP by Wu and
Buxton [59, 60] is generally well accepted and
several research groups have examined the effect
of a constant crusher gradient for DWI with
SSFP-Echo (also known as PSIF, CE-FAST)
[53-55, 61, 62].

Diffusion quantification with SSFP-Echo,
however, is complicated by manifold echo
contributions leading to a complicated signal
dependency on relaxation times (T, and T5), as
well as on sequence parameters, such as the
repetition time (TR) or the flip angle (a). Quanti-
fication was, nevertheless, shown to be feasible
in vivo in the fast-transverse-decay regime (that
is for repetition times TR > T5), provided that
T, can be estimated [54]. In this regime, only the
shortest coherence pathways contribute to the
signal and thus signal attenuation from diffusion
becomes independent of 75 [60]. Clinically, how-
ever, this limit seems of rather low interest since
signal-to-noise and scanning efficiency is sub-
stantially reduced from the required long echo
times (TE ~2xTR > T,) and far from what
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is considered to be optimal. This is in contrast to
SSFP-Echo DWI in the very-rapid-pulsing
regime (that is for TR <« T5), offering substan-
tially increased signal-to-noise and sequence
efficiency. This regime has recently shown
great promise for characterization of cartilage
function and repair [63-65], but quantification
of diffusion effects was complicated not only
by the aforementioned pronounced sensitivity
on relaxation but also due to a failure of the
common Wu-Buxton model (and thus the KBE
ansatz) in this limit [66]. This issue can be
resolved by using an accurate SSFP diffusion
model, as proposed by Freed et al. in the context
of spectroscopy [67], and only recently, it was
shown that for low flip angles, diffusion sensitiv-
ity in the SSFP-Echo arises mainly from longitu-
dinal modes, effectively decreasing its relaxation
sensitivity to 7 only, similar to what can be
achieved in the fast-transverse-decay regime.
As a result, a new approach for quantitative
SSFP-Echo DWI in the very-rapid-pulsing
regime was proposed [66], allowing to probe
diffusion properties of human articular cartilage
in the knee joint in a clinical setup (Fig. 2.1)

A completely different approach for DWI
with SSFP-Echo was proposed by Zur et al.
[68], using bipolar rather than unipolar
diffusion-sensitizing crusher gradients to reduce
sensitivity to bulk motion. This concept was
recently revisited and extended by Deimling
[69], proposing a double-echo steady state
(DESS) imaging technique for DWI with SSFP
rather than a single echo method based on SSFP-
Echo. Acquiring both primary SSFP modes with
DESS, namely the Echo and the FID (also known
as FISP, FAST, GRASS), offers the advance that
diffusion effects are in combination with bipolar
gradients and with respect to the Echo/FID signal
ratio independent on relaxation times, as already
noticed much earlier by Cho [70]. Unfortunately,
however, bipolar gradient waveforms are not
very diffusion-sensitive and thus generally
require large moments and long repetition times.

Recently, a new and truly diffusion-weighted
technique that is relaxation-independent SSFP
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Fig. 2.1 In vivo axial sample image of a nondiffusion
(left) and diffusion-weighted (right, averaged over three
orthogonal directions) 3D SSFP-Echo scans with fused
diffusivity map (using estimated 7, information) of
in vivo cartilage in the knee joint of a patient after
matrix-associated autologous cartilage transplantation
(MACT) at 3.0 T. A mean diffusivity of 1.42 £+ 0.24
x 1072 mm?/s was found for the control cartilage and
1.73 £ 0.54 x 1073 mm?%/s for the transplant (MACT).
Scans were performed with 0.5 x 0.5 mm? inplane reso-
lution and 3 mm slice thickness; for other details, cf. [66]

technique was introduced based on a DESS
approach using diffusion-sensitizing crusher
moments [71]. It was shown that SSFP signal
attenuation from diffusion becomes independent
on relaxation with respect to the Echo-FID signal
ratio, in complete analogy to what was observed
by Cho et al. using bipolar gradients. As a result,
quantitative SSFP DWI can be performed in the
very-rapid-pulsing regime from two DESS scans,
similar to what is proposed for SSFP-Echo but
without the confounding influences of relaxation
times, allowing high-resolution quantitative dif-
fusion imaging of human articular cartilage in the
knee joint at 3.0 T (see Fig. 2.2). Simultaneously,
a similar approach for diffusion quantification
was proposed by Staroswiecki et al. [72]
allowing simultaneous estimation of T2 and of
the apparent diffusion coefficient from two DESS
acquisitions with different crusher gradients and
flip angles.

In summary, diffusion-sensitized SSFP, either
based on the acquisition of the Echo only or on the
double-echo approach using the FID to correct for
relaxation time sensitivities in the Echo, have
shown great promise for in vivo high-resolution
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Fig. 2.2 High-resolution quantitative 3D DESS DWI of
normal appearing cartilage in the ankle joint at 3.0 T.
(Left) Sagittal nondiffusion-weighted DESS scan. (Mid-
dle) DESS scan with diffusion-sensitizing crusher
moments along the direction indicated by the blue
arrow. (Right) Fusion of the derived diffusion map

quantitative DWI of cartilage in 3D and within
reasonable scan times in a clinical setup. Sensi-
tivity to bulk motion, however, is a major issue
with diffusion-sensitized SSFP, and proper fixa-
tion seems not only mandatory but has carefully
to be conducted prior to any measurement.
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