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Abstract
Recent developments in high field MRI have provided opportunities to detect iron in human brain
with much improved sensitivity. The combination of increased magnetic field strength with multi-
channel detectors has made it possible to routinely obtain images at about 300 micron resolution.
These images can be sensitized to tissue iron by exploiting the improved magnetic susceptibility
contrast at high field. Together, these techniques have the potential to map the fine scale
distribution of iron in human brain at the level of fiber bundles and cortical laminae, and may aid
in the understanding of the role and transport of iron in normal brain and in disease. In this
chapter, we will look at these techniques in detail and present some examples of high field MRI
data of human brain.
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Introduction
Cellular iron has important roles in brain development and function, and abnormal
concentrations may lead to pathological conditions (1–3). Since the beginning of MRI,
attempts have been made to map in-vivo brain iron distributions under normal and
pathological conditions (4–6). MRI is a versatile technique that is able to generate a variety
of contrasts, a number of which reflect tissue iron content. For example, iron can affect MRI
signal through several of its major contrast parameters, including T1, T2, and T2* (6). All of
these have been used to study brain iron, and each has its advantages and disadvantages.

The recent proliferation of high field scanners of 7 Tesla and above has reinvigorated the
study of brain iron with MRI. Major factors in this have been the increased sensitivity
(signal-to-noise ratio, or SNR) available with the new scanners, in particular when
employing magnetic susceptibility contrast. This increased sensitivity is due to the
paramagnetic properties of iron in most of its forms that are present in brain. Magnetic
susceptibility contrast is reflected in T2* and resonance frequency, both of which may
contribute information about tissue iron content (6–8).

In the following we will discuss some of the methodological aspects of high field iron MRI,
including the equipment and acquisition techniques involved, as well as the analysis and
interpretation of the data.
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2. Materials
2.1 MRI hardware

Magnets—Advances in magnet technology have led to the availability of stronger magnets
and higher sensitivity for human MRI. While early clinical MRI systems employed magnets
of 1 T field strength or below, today’s scanners are at 1.5 T and 3.0 T, and even 7.0 T. Field
strengths continue to increase, and currently experimental 9.4T and 11.7T systems are in use
or being developed. The increased sensitivity of these systems can be exploited to improve
spatial resolution. In addition, magnetic susceptibility contrast is increased, providing
particular advantages for the detection of iron. These increases are dependent on the echo
time (see Methods) and, for typical conditions are around 3-fold for both T2* resonance
frequency contrast (Figure 1).

RF detectors—An additional increase in sensitivity has come from the development of
multi-channel detectors that has played out over the last decade. Multi-channel detectors
allow the individual detector elements to be placed closer to the object under study and at
the same time limit the noise received from the sample. Together, these advantages result in
sensitivity improvements that can average around 2–3 fold over the brain for 32 channel
detectors that are currently widely available. A second advantage of multi-channel detectors
is the fact that they enable image acceleration through parallel imaging techniques (9, 10).
This is a particularly useful feature to achieve high resolution at high field, which requires
more data to be acquired and therefore longer scan times.

Respiratory Compensation—These sensitivity increases at high field come with an
increased sensitivity to physiological variations and motion that can compromise image
quality. In order to fully exploit the potential benefits of high field MRI, these unwanted
confounds need to be dealt with. For example, the respiratory cycle can induce subtle
magnetic field fluctuations in the brain that lead to ghosting artifacts (11). This is
particularly noticeable at high field as the amplitude of these fluctuations increases linearly
with field strength. Currently, prototype hardware exists to compensate for these field
fluctuations and improve image quality (Fig. 2). Major component are a pressure belt to
register chest motion, a computer to calculate field (shim) corrections, and shim coils driven
with fast current sources to allow rapid field adjustments.

Head motion correction—Sudden or even slow head motion during MRI scanning can
compromise image quality in particular when scanning at high resolution. A number of
techniques have been proposed to compensate for this motion (12–15). Recent
implementations employ video cameras to track head motion and feed this information back
to the scanner to make adjustments to the image acquisition process (14, 15). An alternative
approach measures the local, position dependent magnetic field induced by the MRI gradient
system through the use of small coils placed around the head (16). Although these
techniques are quite effective, they have not been fully developed yet for widespread use.

3. Methods
3.1 Acquisition Methods

Magnetic susceptibility inclusions in brain tissues, for example local areas of increased iron
content, lead to magnetic field shifts that are generally inhomogeneous over the scale of an
image voxel. This results in incoherent phase accumulation and therefore to T2* reduction
and signal loss in gradient echo imaging (GRE). In addition, these inclusions may lead to a
net frequency shift of the voxel-averaged signal, which manifest itself as a voxel phase shift.
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This effect has been recently exploited at 7T to improve visualization of subtle anatomical
variations in grey and white matter of human brain (8).

Resolution—The choice of image resolution is important as it directly affects scan times
and image quality. Too low a resolution may lead to partial volume effects and affect the
conspicuity of small anatomical variations. Too high a resolution may increase the
sensitivity to patient motion and lead to low signal-to-noise ratio (SNR). This SNR can only
partially be recovered with spatial averaging during image reconstruction. Using 32 channel
detectors at 7T, image resolutions of 0.2×0.2 ×1 or 0.3×0.3×0.3 mm are feasible within scan
times of about 10 minutes.

Echo Time and Bandwidth—In choosing optimal echo time (TE) and bandwidth, one
needs to take into account the contrast-to-noise ratio (CNR). While increasing echo time
(TE) leads to increased percentage signal loss and absolute frequency shift, it also reduces
image SNR. It turns out that one can optimize the CNR of both signal amplitude and phase
by choosing TE equal to the average T2* values of the brain structures involved (8). At 7T,
this means TE needs to be chosen in the range of 10–30 ms, which covers much of the range
of T2* values found in (normal) human brain. Further, CNR optimization requires
minimization of the acquisition bandwidth, i.e. capture as much of the signal decay curve by
maximizing the duration of the data acquisition window (TACQ) (Fig. 3). One caveat with
this is that increasing TACQ increases image blurring and off-resonance related pixel shifts,
some of which can be corrected in post-processing. Typical TACQ values at 7T range from
10–30 ms.

Multi-Slice 2D versus 3D Techniques—GRE MRI can be performed either in a multi-
slice or true 3D fashion. The latter may have a significant SNR advantage if a large area of
interest (or the entire brain) needs to be imaged. 3D techniques excite the entire slab of
interest with each RF pulse rather than sub-sections in a sequential fashion. The SNR
advantage comes about when the time to run through all the sub-sections in a multi-slice
scan exceeds the longitudinal relaxation time of the tissue. Under this condition, multi-slice
techniques become rather inefficient (in term of SNR per square root of total scan time)
compared to true 3D techniques. A caveat with 3D techniques is that the generated MRI
signal may have a larger dynamic range and therefore put increased demands on the MRI
acquisition hardware.

Image Acceleration with Parallel Imaging—Higher resolution MRI requires the
acquisition of large data matrices, leading to long scan times. A typical 20-slice high
resolution 2D acquisition with image matrix of 1024×768 requires 15360 repeated RF
excitations. With T2* of up to 30 ms, most of the signal decay curve can be sampled in
about 50 ms. Assuming each repeated excitation to last 50 ms, the scan time for the entire
acquisition would be close to 13 minutes. Increasing volume coverage beyond the 20 slice-
example given above may lead to prohibitively long scan times, necessitating the use of
image acceleration approaches such as Parallel Imaging (PI). Methods such as SENSE (10)
and SMASH (17) allow some of the acquisition matrix element to be estimated from the
spatial information contained in the sensitivity profiles of the detector elements. The saving
in acquisition time resulting from this is ultimately limited by the number of detector
elements. With 32-channel detectors and acceleration in one dimension, acceleration rates of
3–4 (i.e. scan time reduction of 75–80%) are feasible without significant degradation of
image quality.

Multi-Echo Techniques—The image intensity in GRE MRI data is not only dependent
on tissue T2* values but also on other MR parameters such as spin density and T1, and
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sequence parameters such as TR and flip angle. This complicates derivation of quantitative
and reproducible measures. To overcome this, one can acquire multiple sequential echoes,
each of which can be reconstructed in a separate image. The varying T2* weighting of each
image can be used to extract quantitative T2* values. The generation of multiple echoes can
be effectuated by repeated reversal of the read gradient (Fig. 4).

The added benefit of the multi-echo approach is that each echo is acquired in a shorter time
(higher bandwidth) and therefore is less affected by off-resonance artifacts and T2* blurring
(18). Furthermore, there is no significant SNR penalty in doing this as the multiple echo data
can be recombined in a single image with a similar SNR as the low bandwidth T2* weighted
image of the conventional single echo approach.

Drawbacks are the increased stress on the gradient system, the increased acoustic noise, and
the increased sensitivity to motion. The latter originates from the fact that it becomes more
difficult (and less efficient) to employ motion compensation strategies that rely on gradient
moment nulling (19).

3.2 Reconstruction methods
A number of processing steps are required to convert the raw data into interpretable images
that can provide a measure of iron content. These include combining of the coil signals with
or without parallel imaging reconstruction, and calculation of frequency (or phase) maps.
Addition steps can include the calculation of magnetic susceptibility and T2* maps. We will
discuss each of these briefly.

Coil Combining—Combination of coil signals can be performed with the standard SENSE
reconstruction as described previously (20). This is appropriate for both standard non-
accelerated acquisitions (R=1), and accelerated acquisitions (R>1). It may be beneficial to
use subject specific coil sensitivity data, which can be used to generate the required coil
sensitivity reference maps (20). For this purpose, a fast, low resolution scan can be
performed using the same slice locations as the high resolution data. Preferably, a scan with
minimal T2* contrast is used. This can be achieved by using short TE.

Calculation of Frequency Maps—The complex image data generated with the SENSE
reconstruction can be converted into both magnitude (i.e. signal amplitude) and phase maps,
both of which are sensitive to tissue iron content. The phase maps are then further processed
to remove unwanted spatial variations associated with large-scale bulk susceptibility effects
at e.g. air-tissue interfaces. This can be effectively achieved with spatial high pass filtering
through homodyne methods or polynomial fitting (8, 21, 22). These methods also allow
convenient removal of any phase jumps (at boundaries of the [–π, π] phase range) that may
be present in the raw data.

The remaining signal phase can be attributed to off-resonance effects that reflect the
underlying tissue properties, including the local iron content. The amplitude of this effect (in
Hertz) can be calculated by dividing the local phase shift (in cycles) by the echo time (in
seconds).

Susceptibility maps—Although phase/frequency images have used to directly estimate
local iron content (7), one caveat is that the two are only indirectly related. One important
confound is that local resonance frequency is dependent in a complicated manner on
geometry and orientation of both local and surrounding distribution of iron inclusions (6, 23,
24). A number of research groups are addressing this problem and are attempting to
reconstruct susceptibility maps from 3D phase distributions (25–28). The former would not
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be dependent on orientation and geometry and more directly represent the local tissue
geometry.

Preliminary experience in brain suggest that susceptibility calculation is indeed possible
(28); however, there are still unresolved issues that impact the quality of the susceptibility
maps. These issues include the presence of streaking artifacts due to focal areas of ill
defined phase (e.g. in vessels or near air-tissue interfaces) and noise amplification for
structures that are at the magic angle relative to the main magnetic field (28). It is
anticipated that these issues will be resolved, at least partly, in coming years.

The data available with multi-echo techniques allows calculation of quantitative T2* values
(or R2* values; R2* = 1/T2*), which may supplement susceptibility information for the
study of brain iron content. T2* values can be derived for multi-echo data by simple T2*
fitting of the signal decay with increasing echo time. When both positive and negative
echoes in a GRE echo train are used, correction of off-resonance related distortions may be
required prior to fitting. This can be done based on Bo maps that can be derived from the
phase data. Sample R2* and T2* maps are shown in Fig. 5.

3.3 Data Interpretation
Although it has been over two decades since the first MRI study of brain iron distribution,
the development of a quantitative method to estimate brain iron content from MRI-derived
measures is still a work in progress. The primary reason for this is that MRI contrast
mechanisms are generally complex, and this is certainly the case for the phase shifts and T2*
values derived from GRE data at high field.

For example, the T2* relaxation caused by intra-voxel phase dispersion may originate from a
number of sources in addition to iron, including exchange effects with amide protons (29),
and inhomogeneous fields generated by susceptibility inclusions such as proteins, myelin,
and deoxyhemoglobin (8, 30, 31). These effects may have a geometry and an orientation
dependence. This is also the case for MRI frequency maps, which are affected by many of
the same contributors.

Nevertheless, in regions were iron dominates the contrast, T2* and susceptibility values may
have a relatively well defined dependence on iron content. In these regions, these measures
may provide reasonable estimates of tissue iron content (7, 22). However, it is expected that
the relative contribution of the sources contributing to contrast in susceptibility-weighted
MRI will vary across brain regions. For example, in white matter, some of the paramagnetic
susceptibility of iron may be canceled out by diamagnetic contributions of myelin. This
could explain the absence of a paramagnetic phase shift in WM (relative to cerebro-spinal
fluid) (8), and a remaining diamagnetic shift after iron extraction (32). Also, because of the
generally highly ordered microscopic structure of WM, the orientation of this structure may
affect the MRI susceptibility measures (30, 33).

Accurate analysis of brain iron content with MRI will likely require a comprehensive
understanding of the mechanisms and relative importance of contributing compounds to the
various MRI contrast parameters. It is likely that combined analysis of the various MRI
contrasts will contribute to this understanding. For example, combined analysis of T2* and
phase data may be helpful in quantification of myelin and iron content, as these compounds
differentially contribute to the two contrasts.
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Figure 1.
Simulated contrast-to-noise ratio (CNR) for susceptibility-weighted MRI at 3 T and 7 T. The
CNR gain at high field is dependent of echo time and ranges from 2–4 for echo time in the
commonly used range of 10–60 ms. The simulation ignored T1 effects and assumed identical
acquisition bandwidth, a linear sensitivity increase with field strength, and tissue R2* values
of 20−1 and 30 s−1 at 3 T and 7 T respectively.
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Figure 2.
Compensation of respiration-induced magnetic field fluctuations. The patients chest
position, registered with a stretch sensor placed around the chest, is used to estimate
adjustments to RF frequency, magnetic field gradients, and magnet field shims. This is done
with a personal computer, which sends the adjustment values to the MRI system electronics.
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Figure 3.
Optimization of sensitivity (SNR). Maximum SNR is obtained when the acquisition duration
(TACQ) is maximized. As TACQ is generally centered around the gradient echo time (TE),
TACQ < 2*TE.
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Figure 4.
Multi-echo acquisition. Multiple reversals of the read gradient are used to generate a number
of echo signals with increasing T2*-weighting.
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Figure 5.
Example of various contrast that can be derived from a multi-echo data acquisition. Shown
are magnitude signal of the first echo (primarily proton-density weighted) (a), frequency (b),
T2* (c), and R2* (d).
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