
Abstract. Increasing the strength of the static magnetic field is
the main trend inmodernmagnetic resonance imaging (MRI) of
humans. Performing MRI in ultrahigh fields (7 T or more)
involves many effects both enhancing and diminishing the im-
age quality, and some effects previously unobservable in weaker
fields. We review the main impacts of using ultrahigh fields in
human MRI, including new challenges and the solutions pro-
posed. We also discuss new magnetic-resonance scan methods
that were unavailable with lower field strength (below 7 T).
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1. Introduction

Magnetic resonance imaging (MRI) is a method for studying
the internal structure of various objects by recording nuclear
magnetic resonance (NMR) signals from these objects in a
magnetic field with specially formed heterogeneity. MRI has
a history of more than half a century in Russia [1] and a
slightly shorter one abroad [2]. New theoretical insights and
technologies gradually change the landscape ofMRI as a field
of expertise by generating new principles of obtaining
magnetic resonance (MR) images (called tomograms in
Russia) that open up new areas for MRI application and
improve approaches to the analysis of images. Themain trend
in modern human magnetic resonance imaging has always
been to transfer clinical MR studies from weak magnetic
fields which are termed low magnetic fields among MRI
specialists (up to 1 T) to the so-called high (1±3 T) and,
recently, ultrahigh (over 3 T) magnetic fields.

The spectrum of clinical MR studies has been markedly
extended due to the transition from low-field to high-field
technologies. Using high magnetic fields in human MR
imaging made it possible to improve the time resolution of
the method, reduce the duration of examination, and thereby
facilitate MR visualization of moving organs, such as the
heart, liver, and bowels. It has enabled physicians to examine
the liver and other parenchymal organs within a single breath
hold with high spatial resolution and improved soft tissue
contrast, which is of special importance for diagnosing cancer
[3]. The enhancement of temporal resolution made possible
morphological and functional diagnostic studies of the heart
requiring rapid visualization in different phases of the cardiac
cycle [4]. The cardiac function is evaluated numerically by
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measuring the ejection fraction, i.e., the volume and percen-
tage of blood leaving the heart each time it contracts or per
unit time. Moreover, high field MRI affords a unique
opportunity to use paramagnetic contrast agents to assess
myocardial blood flow using the dynamic MR perfusion
technique [5], which is equally extensively employed to
evaluate blood supply to the brain [6]. High field MRI
(especially in a 3 T field) makes it possible to study perfusion
without the application of contrast agents, simply by tagging
inflowing blood in neck vessels with radiofrequency label and
calculating the blood flow rate in cerebral tissues [6]. This
arterial spin labeling (ASL) method has been extensively
applied in the diagnostics of various neurologic and psychia-
tric disorders due to its noninvasive nature and the absence of
radiation exposure. Limitations on the frequency of suchMR
studies are generally less rigorous than for analogous studies
with the use of ionizing radiation.

Only the advent of ultrahigh field MRI opened up
prospects for the application of such new methods for
investigating physiological processes in the brain as func-
tional MRI (fMRI), MR morphometry, and visualization of
neural pathways (MR tractography). Functional MRI
employing the blood oxygenation level-dependent (BOLD)
contrast effect allows identifying functional activity areas in
the cerebral cortex under external stimuli or at rest through
characterizing the relationships between various brain
regions [7]. MR morphometry is a method making use of
semi-automatic segmentation and the calculation of the
volume of various brain structures [8]; it allows differentia-
tion between neurologic disorders including various forms of
dementia, such as Alzheimer's disease and vascular dementia.
MR tractography allows determining the principal direction
of water transport in neural pathways (i.e., along myelin
sheath of the pathway) based on results of so-called Diffusion
Tensor Imaging (DTI) [9] and thus visualizing nerve fibers in
the brain and other organs; the method finds applications in
clinical neuro-oncology as well as in basic neurophysiological
research.

MR spectroscopy using nuclei of hydrogen, phosphorus,
and other elements is worth to be mentioned separately as a
method for noninvasive diagnostics at the biochemical level,
since it allows determining levels of choline as a marker of
cellular membrane integrity, lactate (marker of anaerobic
glycolysis and indicator of tissue hypoxia), N-acetylaspartate
(marker of neuronal activity), and some other metabolites
[10]. Phosphorus ultrahigh field MR spectroscopy is used to
characterize energy processes in the liver and muscles by
measuring adenosine triphosphate (ATP) and adenosine
diphosphate (ADP) levels [11,12].

The development of ultrahigh field MRI greatly con-
tributed to noninvasive visualization of vessels via phase-
contrast techniques, in which moving blood serves as a
natural contrast medium. Such studies in high magnetic
fields make possible four-dimensional (4D) visualization of
the blood flow (either laminar or turbulent) for planning
cardiovascular interventions [13]. The use of ultrahigh field
MRI for evaluating musculoskeletal disorders resulted in
the robust visualization of the cartilage structure and
detection of its degenerative changes before their visible
manifestation [14].

In other words, the use of high-field MRI in clinical
practice has not only improved anatomical visualization of
different parts of the human body but also facilitated the
assessment of physiological and even biochemical processes

in the body without detrimental effects from the application
of 3 T magnetic fields. Ultrahigh field MRI opens up even
greater prospects. Some authors question the practicability of
further increases in magnetic field induction in MRI [15].
Nevertheless, we believe it is worthwhile and even inevitable
to move to clinical and pre-clinical MRI studies in ultrahigh
fields, bearing in mind the numerous advantages of such an
approach over high-field MRI. Some of them are easy to
account for by considering the principles of MR imaging,
while others arise due to the dependence of the object of
interest properties on the magnetic field strength. Certainly,
ultrahigh field technologies are not devoid of drawbacks
giving rise to criticism [15]. Both the advantages and
disadvantages of ultrahigh field technologies are discussed
in Section 2. Since this paper is intended for a wide
community of physicists, including those unfamiliar with
MRI, a discussion of the features of ultrahigh-field MRI is
possible only after a brief presentation of the basic principles
of MRI as one of the methods of experimental physics.

2. Features of ultrahigh field
magnetic resonance imaging

In principle, MRI is a special case of NMR spectroscopy. It is
well known that atomic nuclei with a nonzero spin undergo
Zeeman splitting of energy levels in a static magnetic field.
For example, there are two levels for the spin 1/2 of a proton
entering a water molecule (hydrogen is present in water
molecules in the form of two protons). The difference
between the energies of the upper and lower levels is
proportional to the static field magnitude B0. The applica-
tion of a radiofrequency (RF) magnetic field to an object
containing water or another substance having atomic nuclei
with a nonzero spin gives rise to nonequilibrium resonant
quantum transitions if the field frequency equals the nuclear
precession frequency (Larmor frequency). Such an RF field is
created at the Larmor frequency by transmitting antennas
called coils in MRI, even if the antenna system is an array of
dipole antennas. This term needs clarification. While the
magnetic and electric field strengths are equal in the far-field
radiation zone of the antenna system up to the free space wave
impedance factor, the magnetic field of the antenna in the
near-field zone can prevail over the electric field. Since the
distance between the object and the antenna system inMRI is
shorter than the wavelength and the electric RF field of the
antenna is a parasitic effect (i.e., it produces no useful signal
and causes only induction heating of biological tissues),
antenna systems in MRI are intended only to generate a
magnetic near field. In this context, the use of the termRF coil
in MRI is fully justified.

Thus, the primary magnetic field of the Larmor frequency
generated by an RF coil causes excitation of the upper
Zeeman state of atomic nuclei in the object followed by a
return to the lower state, the recovery of the equilibrium state
being accompanied by the emission of secondary radiation
with the same carrier frequency. The interaction of this
radiation with either separate RF receiver coils or the same
transceiver coils (which is possible owing to time delay
relative to the primary RF pulse) provides a basis for the
appearance of the NMR signal being recorded [16]. A specific
feature of MRI as a variant of NMR spectroscopy is the
purposeful generation of a temporary static magnetic field
with strength varying in different parts of the studied object
(usually, with linear spatial nonuniformity). For this purpose,
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DC pulses (so-called gradient pulses) are applied to special
direct current coils (gradient coils) arranged around the
perimeter of the MRI scanner bore. Due to the nonunifor-
mity of the static field, the NMR signal excited in the RF
receiver coil by radiation from different parts of the object
differ not only in amplitude (because of different concentra-
tions of atomic nuclei of the given substance in different parts
of the object) but also in frequency. This allows relating the
amplitude of the NMR signal of a given frequency to the
coordinates of the respective region inside the object, giving a
picture of the spatial distribution of the mass density of the
studied substance, e.g., water, fats, or phosphorus, in the
object [7, 17]. Additional analysis of phase relationships
among several NMR signals recorded after the application
of a given sequence of RF pulses and gradient pulses [7, 17]
provides detailed MR images of different object cross
sections, but the description of such details of the method
(even if essential ones) is beyond the scope of the present
review.

It is important for further consideration to note that
NMR has the following characteristics due to the quantum
nature of the effect: limited frequency band and proportion-
ality of the frequency of the observed signal to the magnitude
of the static magnetic field induction B0. Despite its quantum
nature, the NMRphenomenon can in themajority of cases be
described in classical terms as the RF field-induced precession
of macroscopic nuclear magnetization around a static
magnetic field. According to this model, the influence of the
RF field leads to the deflection of themacroscopic magnetiza-
tion vector from the equilibrium direction, i.e., the direction
of the static magnetic field. It is clear in the above context that
the alternating Larmor frequency RF field should have the
direction of the magnetic vector differing from that of the
static one if NMR is to be observed. For the maximally
efficient interaction with the precessing macroscopic nuclear
magnetization vector, the RF field (denoted in MRI by B�1 )
must be circularly polarized in the plane orthogonal to the B0

vector. In such a case, NMR is usually described by the
equations for forced precession of the magnetic moment in a
stationary or rotating coordinate system (Bloch equations).
These equations provide a semi-classical model of the effect
in question. The Bloch equations can be supplemented if
appropriate by relaxation, gradient, or diffusion terms,
depending on the described experiment [7±9, 17].

On the other hand, the resonance frequency of most
isotopes with a nonzero magnetic moment in the currently
highest possible magnetic fields falls into the RF range. This
means thatMRI can be regarded as a branch of radiophysics.
From this standpoint, NMR spectroscopy and MRI can be
considered to be two sequential issues, one being the creation
of a uniformRFmagnetic field in a given region, the other the
reception, amplification, and registration of a weak narrow-
band signal in the near field of one or several coils. In this
case, receiving coils can be either coincident with or different
from transmitting ones. The magnitude of magnetic field
induction does not directly affect radiotechnical components
of the NMR equipment, but its influence on the operating
frequency of the spectrometer or scanner RF system makes
the parameters of RF energy reception and transmission
depend on the strength of the static magnetic field in which
NMR is observed. Specifically, a usual consequence of an
increase in a constant magnetic field is the quadratic increase
in the NMR signal amplitude and, as a result, in MRI
sensitivity [17]. Due to this, ultrahigh field MRI provides

high-quality images unobtainable by high-field technologies.
In other words, ultrahigh field MRI opens up new possibi-
lities for experimental studies of the brain, internal organs,
joints, and the nervous and other systems of the human body.

However, detailed analysis of MRI from the radiotechni-
cal standpoint indicates that increasing the constant magnetic
field B0 to 3 T or higher has negative consequences, such as
heating of the patient's body or a biological tissue sample [18]
and greater spatial nonuniformity of the RF magnetic field
[19]. Both effects are due to a rise in the frequency of the
observed NMR signal proportional to B0. The enhanced
spatial nonuniformity is a natural result of the accompany-
ing decrease in the operational wavelength in magnetic fields
higher than 3 T. Although the size of a body part or a tissue
sample being investigated is, as a rule, smaller than the
electromagnetic field wavelength in free space, it is often
greater than the wavelength inside the body (in high-field and
especially ultrahigh-field MRI technologies). It can be
accounted for by the fact that biological tissue contains a
large amount of water characterized at radiofrequencies by a
high refractive index (i.e., the length of a refracted wave inside
the tissuemarkedly decreases). As a result, internally reflected
waves interfere inside the body (in other words, a standing
wave forms). The electromagnetic field in a standing wave is
known to be strongly nonuniform due to an alternating
pattern of nodes and antinodes. The scale of characteristic
field nonuniformity decreases asB0 grows and the wavelength
shortens. When the RF field nonuniformity scale happens to
be comparable to the size of the structures being visualized in
the study sample, their images undergo deformation. Thus,
the two central radiotechnical problems in ultrahigh field
MRI are nonuniformity of the primary (and secondary) RF
field arising from the interference of electromagnetic radia-
tion inside the object of study and enhanced absorption of RF
energy by the object, resulting in its heating [15, 20, 21].

From the point of view of the relaxation theory, the
simplest NMR experiment is characterized by disturbed
equilibrium particle distribution over energy levels with
subsequent recovery of the initial state after the end of the
RF pulse and (partly) during the pulse. In this case, the
strength of the static magnetic field directly affects the energy
exchange rate between spins and between the spins and the
environment. In MRI, the energy exchange rate is character-
ized by constants T1, T2 (spin-lattice and spin-spin relaxation
times, respectively), andT �2 also including the influence of the
surrounding medium (at a microscopic scale) on transverse
nuclear magnetization. The dependences ofT1,T2, andT �2 on
B0 are ambiguous and depend on the properties of the studied
substance. In the context of clinicalMRI, they are responsible
first and foremost for the change of the difference between
signals (contrast) from selected tissues or the altered duration
of the experiment due to a change in the time of return of
macroscopic magnetization to the initial state [22]. The
difference in T1 provides a basis for new diagnostic mod-
alities of ultrahigh field MRI inaccessible with low- and even
high-field technologies [23].

However, difficulties arising from RF field nonunifor-
mity necessitate the development of novel scanning
methods for correct visualization of relaxation time T1

distribution in the anatomical region of interest without
exceeding the permissible RF radiation exposure levels for
a given patient [24, 25]. A rise in T1 and increased risk of
heating the patient's body prevent correct T2-weighting by
classical MR scan methods. Therefore, new methods for
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obtaining T2-weighted images are being developed for the
purpose of ultrahigh field MRI [26±28]. Changes in T �2
contrast markedly affect functional magnetic resonance
imaging (fMRI) as a whole (see Section 6).

Even such a brief review of ultrahigh field MRI studies
shows that a rise in B0 is an important though nontrivial step
in modern MR studies. It opens up new prospects for MRI
application and the development of novelMR-scanning tech-
niques; sometimes, it leads to a change in the clinical MR
research paradigm.

The present article is designed to overview the most
important practical and technical solutions and innovations
relevant to MRI driven by the advent of ultrahigh-field MR
scanners for obtaining human body scans. To recall, ultra-
high-field scanners of a smaller size have already proven to be
effective tools for scanning laboratory animals and observing
various processes in living organisms. The extent of research
in magnetic fields higher than 3 T using laboratory animals is
much greater than that of analogous human studies, one
reason being the limitation imposed on the application of
ultrahigh-field scanners in clinical studies that are currently
allowed only in a few countries with the use of a single
specifically designed tomographic system. Pre-clinical tomo-
graphic studies will be briefly mentioned below on account of
the possibility of employing certain pre-clinical tomography
methods in clinical MRI, but no detailed review of these
studies is presented in this paper due to space restrictions.

3. Volume and multichannel
transmit/receive systems

Annular resonators coaxial with the MRI tunnel serve as
traditional volume RF coils for the spin excitation. Most
frequently used in low-field (lower than 1.5 T) and high-field
(1.5±3 T) MRI technologies are birdcage [29] and TEM1

resonators [30]. In these volume coils, an electric current flows
in conductors along the tunnel axis, while a standing wave is
generated in azimuthal directions. When the coil geometric
size is limited by the tunnel size, a significant slowdown of the
standing wave is needed to ensure coincidence of its length
and the NMR signal wavelength; this is achieved by the use of
either large-value capacitors [29] or capacitance between the
concentric layers of wires [30]. Both resonators create a
maximally uniform (at least in the absence of an object)
primary RF field inside the coil. If the object of study centers
on the coil axis, the RF field in its center is rather high and
corresponds to the standing wave antinode that appears due
to internal reflection of the field in the object (see Section 2).
Nodes of a standing wave are spaced approximately a quarter
wavelength away from antinodes. At frequencies below
130 MHz, corresponding to constant magnetic fields of 3 T
or lower, the wavelength in tissues with typical permittivity
er � 50ÿ60 [31] is relatively large compared, for instance,
with the size of the human brain. In such a case, no standing
wave nodes appear inside the volume being scanned. At a
constant 7-T field level (corresponding to an operational
frequency of � 300 MHz), the wavelength in the human
brain is on the order of 13 cm; in other words, it becomes
comparable with the scan area, which leads to the scanning
artifacts on the MR image. Therefore, conventional RF coils
are believed to be inefficient for the purpose of ultrahigh field
MRI. It is still unclear how big the influence of tissue

dielectric permittivity on field B�1 uniformity is [32]. There is
one more factor affecting B�1 field inhomogeneity, namely,
the high electrical conductivity of biological tissues, which is
difficult to measure and can depend on a number of factors
that are not easy to define or take into consideration. High
electrical conductivity is responsible for the reduced influence
of dielectric effects, which make the field B�1 distributions
more uniform [33]. Improving homogeneity of magnetic field
distribution inside the object of study remains a key problem
in ultrahigh field MRI.

Creating a more uniform RF field in an ultrahigh field
MRI system (compared with the field generated by conven-
tional volume coils) is possible if the coil is a set of antenna
elements in which the signal phase and amplitude for each
conductor are controlled on an individual basis and opti-
mized taking into account the properties of the object. The
process of optimization of the phase and the amplitude of a
signal fed to individual coils is called RF shimming [34, 35]. It
is performed by measurements of the spatial distribution of
the field generated by individual coil elements, with subse-
quent calculation (using the distributions thus obtained) of
the necessary set of signal phases and amplitudes to ensure
maximum field uniformity in the selected region. Something
like this is realized on a clinical level in volume birdcage [29]
and TEM [30] coils. Considering any of them to be a
resonator leads to the conclusion that each has two linearly
polarized eigenmodes that can be excited with a 90� phase
shift, which corresponds to the circular polarization of theRF
magnetic field inside the coil. However, using two indepen-
dent supply channels allows these two modes to be excited
with any other phase difference. The choice of the phase
difference of other than 90� can be used to compensate for the
deviation of field polarization from the circular one induced
by the object; as a result, the object's spin system will be
excited by the field with polarization maximally close to the
circular one, and image quality will be improved. Such phase
optimization represents RF shimming of the simplest type
used inmodern scannerswith amagnetic field induction of 3T
for examining human thoracic and abdominal cavities [36].
However, RF shimming with the use of two signal channels is
insufficient to study the brain and deeply located organs in the
human body. To reduce RF field inhomogeneity in such a
case, it is necessary to increase the number of channels. The
process of spin system excitation by many independent signal
channels is called parallel transmission [37]. The overall
distribution of the RF field in a multichannel coil consisting
of independently fed antenna elements can be made essen-
tially more uniform than that of the field of a similarly sized
double-channel coil.

In the construction of such multichannel coils (in fact,
antenna arrays with amplitude and phase distributions),
decoupling of antenna elements becomes a pressing chal-
lenge. The mutual coupling of elements in such devices are
very strong, because the distances between the neighboring
wires are 10 or more times shorter than the wavelength.
Unlike the interaction of elements in a conventional array
antenna, the interaction between elements of such a coil not
only leads to array detuning and the distortion of its
directional pattern (of little significance for MRI) but also
makes shimming impossible. It requires optimization of
current phase and amplitude in the array from real signal
sources with specially chosen amplitude and phase. The most
adequate model of coil element feeding is a voltage generator
with finite (known) output impedance. Cross-coupling of1 TEMÐtransverse electromagnetic.
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elements that is too strong results in the relationship between
currents in coil elements and voltages applied to them
becoming virtually unpredictable, which makes controlling
the current in them impossible. For this reason, the use of
antenna arrays for RF shimming implies the necessity of
reducing cross-coupling to an acceptable level.

Currently, ultrahigh-field MRI uses loop antenna arrays
[38], resonant section of transmission lines [39], and dipole
antennas [40] as antenna elements of coils operating in
parallel transmission mode. The best option is to use loop
antenna arrays [41] for brain studies in 7-T and higher fields
(Fig. 1a±c) and a combination of dipoles and loop antennas
for imaging the whole human body [42] (Fig. 1d±f).

Decoupling of RF coil array elements is a subject of
extensive research. The main reasons of cross-coupling
between loop antennas are mutual inductance and resistive
coupling through the study object. Mutual inductance of two
loops may have both positive and negative consequences.
This property is used in the most popular loop decoupling
technique based on the partial overlap of neighboring
elements. The correct choice of the overlap region ensures
cancellation of mutual inductances of overlapping and
nonoverlapping parts of two loops [43]. Sometimes, addi-
tional passive loops are used to improve the decoupling [44].
One of the widely known loop decoupling methods is based
on capacitors [45] simultaneously included in loop shoulders;
another is transformer decoupling [46]. Decoupling techni-
ques forRF coils arranged in the form of electric dipole arrays
remain to be improved. One approach to solving this problem
is the placement of a passive dipole between its two active
neighbors [47]. The main disadvantage of this method is the
strong influence of the passive dipole on field distribution in
the human body. In another technique for decoupling dipole
antennas spaced roughly l=10 apart [48], decoupling is
achieved by positioning the antenna array on the surface of
the structure (representing a two-dimensional analog of
photonic crystals), so that the coil operating frequency falls
within the structure's band gap [49].

In the case of parallel transmission, superposition of the
fields of antenna elements occurs either in the so-called static
regime (when the relationship between the currents in coil
signal channels of the antenna array remains unaltered during
emission of RF pulses) or in the dynamic regime. In the latter
case, signals from individual channels vary from pulse to
pulse, which allows reaching high spatial homogeneity of the
angular deviation of the macroscopic nuclear magnetization
direction. The homogeneity is achieved owing to multiple
excitations by short pulses at small deflection angles (i.e., at
low RF field amplitudes) with different contributions from
the channels during the emission of individual pulses [50]. The
static regime of parallel transmission is largely used for
ultrahigh field imaging of the brain [41, 51, 52], heart [53±
55], and other organs [56±60]. In the dynamic regime [61],
each low-amplitude RF pulse [61] serves to extract informa-
tion from some part of the space, either physical (with a
spatial region being highlighted by means of channel
weighting redistribution) or phase. In the latter case, pulses
of magnetic field gradients turned on during intervals
between RF pulses are used to distinguish a region in the
wave vector space. Such an approach provides many more
degrees of freedom to control RF field uniformity. In the
dynamic regime, each additional excitation ensures better
overall homogeneity of the final image than static parallel
transmission [62±64]. To recall, optimization is needed not
only for maximum homogeneity of the magnetization
deflection angle in a given spatial region but also to reduce
the risk of patient overheating by optimizing electric field
distribution.

Multichannel arrays of receiving coils are usually used to
detect RF signals in clinical MRI systems. The standard
number of receiver channels in an array is 16 or 32 (Fig. 2a),
although it can be as large as 96 [65] in arrays designed for
specific research purposes. An increase in the number of
channels is motivated by the predominance of human body-
generated noise in high and ultrahigh fields over noise in the
receiving channel. It results in the phased array in the
receiver regime ensuring a better signal-to-noise ratio than
in volume coils (Fig. 2b±d), because each element of the
receiver coil detects a noise signal coming only from the
region immediately adjacent to a given coil element. To
obtain a maximum signal-to-noise ratio, like in the case of
transmitting arrays, individual receiver channels should be
decoupled. For receiver channels this is a much simpler
procedure, because their cross-coupling can be reduced by
using special mismatched pre-amplifiers [43]. To avoid
distortions in the signal B�1 field and disturbance of amplifier
electronics, the receiving channels of a transceiver antenna
system or a receiving coil operating independently of the
transmitting one are switched off during transmission by a
PIN diode system.

4. Metamaterials and dielectric structures
for magnetic resonance imaging

One of the relatively new fields in ultrahigh field MRI
technologies is the use of metamaterials, dielectric pads, and
resonators. Metamaterials are artificial structures usually
manufactured as a spatial combination of conductors and
dielectrics. One of the characteristic features of metamaterials
is that their components and the distances between them are
significantly smaller than the wavelength of electromagnetic
waves interacting with them. This property allows controlling
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the effective permittivity �e� and permeability �m� of the
medium, and even managing the negative values of these
parameters. Although such effects are possible only in a
relatively narrow frequency range, the metamaterial
approach is still suitable for MRI, where the RF signals
have a fractional frequency bandwidth close to 1%. Themore
important that material parameters management (at the
Larmor frequency) can be done without using any sort of
magnetic components. A metamaterial with a high or even
negative m value can be made of nonmagnetic parts, such as
copper and plastic. This minimizes any unwanted interaction
with a static magnetic field B0.

Metamaterial-based devices can also be combined with
standard MRI coils for redistribution of RF near-field
components of the antenna element in a more efficient way
(in terms of the signal-to-noise ratio value in the region of
interest) as it already was demonstrated for 1.5 T MRI
systems. The available free space inside of the typical
scanner is limited due to the construction reasons. This
began a trend of engineering metamaterial-based devices
more compact by replacing bulk material slabs with
metasurfaces.

The term metasurface from a theoretical point of view
means just a two-dimensional metamaterial. After some
simplification procedures, it can be created as a thin layer
that still retains its original properties. Metasurfaces repre-
sented by planar arrays of parallel wires were tested in both
high-field and ultrahigh-field MRI. Such an array can be
considered as an anisotropic medium layer with high effective
permittivity value but only for the electromagnetic waves
polarized parallel to the wires and propagating within their
plane. Near-fields of the array are spatially redistributed in a
way providing maximum value of the magnetic field in the
center while concentrating the electric field at the edges of the
wires. In terms of MRI, this means improving the signal-to-
noise ratio in objects located in the center of the structure. For
exploiting this feature, the length of the wiresmust be tuned to
half-wavelength resonant conditions. A more compact ver-
sion of the metasurface can be made by combining conduct-
ing parts with dielectric insertions. After this modification, it
can be placed right inside a standard head coil and improve
the quality of the images by enhancing the RF magnetic field
in the region of interest (Fig. 3). Designed as a soft pad, it does

not cause any discomfort to the patient. Some more
advantages like dynamic control of metasurface properties
can be achieved using nonlinear and reconfigurable metama-
terials.

The brain images (Fig. 3c, d) demonstrate a nonuniform
signal intensity distribution over the scanned region caused
by the RF-field interference and visible as bright and dark
areas in the image. The wire metasurface does not eliminate
this effect, as it is a result of field reflections in the brain
tissues. However, this nonuniformity can be reduced by
adding dielectric pads into the scanning setup. In compar-
ison with metamaterial-based devices, dielectric pads have a
more simple structure and are made of a single material with
relative permittivity value equal to or higher than that of the
scanned object �80 < er < 1000�. The presence of the pad
changes the standing wave pattern and displaces the nodes of
the field. For example, a pad in the form of a water bolus
(er � 80 placed near the patient's head eliminates the
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Figure 2. (Color online.) (a) 32-channel coil for human brain studies in a 3-T field and electric circuit of one receiver element. Signal-to-noise ratio

distribution in human head for different receiver coils: (b) 32-channel coil, (c) commercial 8-channel coil, (d) commercial volume coil for head

examination.
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Figure 3. (Color online.) Flexible metasurface for RF field redistribution

in ultrahigh (7 T) fieldMRI. (a) Structure of the metasurface formed from

a combination of copper wires alternating with dielectric insertions. (b)

Position of the device inside a conventional head coil. (c) Human brain

image obtained without metasurface. (d) The same area scanned with the

presence of the metasurface. The dashed line depicts the region of field

enhancement.
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destructive interference from the area of the brain and
improves the uniformity of the RF field in the region of
interest (Fig. 4a). It should be noted that such a procedure of
increasing field homogeneity in the specified area or volume is
referred to as RF shimming. Since dielectric pads do not need
any additional energy sources, they provide so-called passive
shimming.

The most commonmaterials for the passive RF shimming
are water and different kinds of ceramics like barium titanate
�BaTiO3� and calcium titanate �CaTiO3�. For ceramics, the
relative permittivity value is in the order of several hundred or
even thousands, that is why it is often used as a dielectric in the
capacitors. A dielectric pad made of ceramics with er < 100
improves the RF field homogeneity near its surface, which
allows decreasing the amplitude of the exciting RF pulse
without noticeable influence on the resulting image quality.
This may be useful for the examination of the patients with
pacemakers, for whom usual MRI procedures with a whole-
body excitation can lead to possible harmful effects. Electro-
magnetic simulations of the brain scanning procedure with
the human model equipped with a pacemaker demonstrate
the local hot spots forming near the parts of the device, which
are potentially dangerous for the patient. Ceramic pad shaped
as a helmet preserves the high intensity of the RF field in the
brain region, significantly decreasing the field that causes
heating near the pacemaker (Fig. 4b).

During the MRI procedure, patients have to wear
personal hearing protection equipment (headphones) to
avoid a loud noise produced by the gradient coils. The same
headphones are used for communication between the patient
and technologist, so they are mandatory components of any
modern MRI system. Headphones can be upgraded by
adding a ceramic powder to its elements, which gives one
more function of passive field shimming in a head region. This
is the case, when dielectric pads can be used to improve the
parameters of the clinical equipment without any interven-
tion in its hardware (Fig. 4c).

All the dielectric pads demonstrated in Fig. 4 are
nonresonant structures. However, a high value of permittiv-
ity also allows constructing volumetric structures resonant at
the Larmor frequency. Such resonators can form eigenmode
field patterns providing deeper control of the field distribu-
tion in space than simple nonresonant pads. The proper
choice of the eigenmode can dramatically improve the
excitation field pattern inside the object under investigation.
The underlying idea is spatial separation of the electric and
magnetic field components improving the signal-to-noise
ratio. In this case, dielectric resonators are very close in their
functional principle to the metamaterials mentioned above.
One of the simple resonance structures is a hollow cylinder
with the object placed inside of it. This type of resonator has
different eigenmodes whose frequencies depend on the
geometrical properties of the cylinder. One of them is the so-
called transverse electromagnetic mode (TE-mode). At its
frequency, the electric field is almost concentrated inside the
dielectric and the magnetic field has its maximum inside the
hollow, where it is polarized along the cylinder axis. Another
eigenmode is the HEM-mode 2 characterized by the magnetic
field component polarized orthogonal to the cylinder axis.
The frequencies of both eigenmodes are close to each other, so
it is possible to excite them together to achieve a circular
polarization of the magnetic field inside the resonator. The
biological object placed in the cylinder only slightly affects the
field distribution of the eigenmodes, especially if the objects
fit the dimension of the hollow [94].

This principle underlies the wrist coil for ultrahigh field
implementation (Fig. 5a). A coil consists of a plexiglas
cylinder filled by the distilled water and with an inner hollow
diameter corresponding to the size of the hand. This design is
relatively cheap and simple in comparison with conventional
coils for the same purpose. The dielectric resonator is excited
by two 50 mm loops. Despite the small size, they efficiently
guide the energy at 298±299 MHz to the structure due to
strong coupling with corresponding eigenmodes fields. The
quality of the image provided by the coil can be comparable
with multichannel coils for wrist imaging [94].

Ceramic resonators are characterized by higher relative
permittivity than water; therefore, they have the smaller size
needed for the formation of resonant structures. Due to this,
they can be used to construct a phase array (Fig. 5b) where
they play the role of antenna elements [95]. This design
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Figure 4. (Color online.) Nonresonant pads for field homogeneity

improving in ultrahigh field MRI. (a) RF shimmimg with a water bolus

in a 7-T field: IÐ signal intensity distribution in the human brain with the

presence of the water bolus (arrow indicates maximum intensity region);

IIÐ signal intensity distribution in the absence of the water bolus and the

corresponding position of the maximum intensity region. (b) Field

distribution in a simulation with a human model equipped with a

pacemaker in a 3-T field: IÐpatient model; IIÐ field distribution in the

head region in the absence (left) and presence (right) of a dielectric helmet;

IIIÐ field distribution in the pacemaker region in the absence (left) and

presence (right) of a dielectric helmet; the pacemaker position is depicted

by the dashed line. (c) IÐheadphones combined with dielectric pads for a

7 T field applications: IIÐ field distribution in the head region of a model

in the absence (left) and presence (right) of the headphones; IIIÐ signal

intensity distribution in experiment without (left) and with (right) head-

phones.

2 HEM-modeÐhybrid electromagnetic mode.
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Figure 5. (Color online.) Dielectric resonant devices for ultrahigh (7 T)

field MRI. (a) Resonator for wrist imaging. (b) Array of ceramic

resonators for ultrahigh field MRI of the heart. (c) Resonator for knee

joint scanning with a removable upper part.
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combines the advantages of using a dielectric resonator and
the standard approach for the formation of a multichannel
array of receiver antennas. For example, this technology
allows obtaining images of the thorax region with reduced
field interference effects in the ultrahigh field.

In a previous case of dielectric cylinder coil [94], the
construction represented a solid assembly. However, a coil
design consisting of several parts that can be disconnected if
necessary is more preferable for clinical routine. The plug-
type connection inside the coil or on its surface facilitates the
correct positioning of the object and assures relative comfort
for the patient during examination. As a rule, a connection
between the parts of the resonator corrupts the eigenmodes
field distribution. Nevertheless, it is possible to restore the
necessary modes by introducing conductors into the resona-
tor structure. Thus, a detachable contactwas created (Fig. 5c),
in which conductors compensate field nonuniformity that
develops in the region of the connection inside the dielectric
and thereby contribute to the recovery of the resonator mode
needed to examine a knee joint [96].

Combining traditional MRI technologies with the use of
new materials and resonant structures opens up new pro-
spects for improving the sensitivity of clinical systems,
decreasing the duration of scan investigations, and reducing
RF exposure in patients.

5. Waveguide magnetic resonance imaging

It was shown in Section 3 that a typical RF coil for MRI
signal excitation in modern clinical high-field scanners with
static magnetic field induction from 1.5 to 3 T is a birdcage
resonator [29], first proposed in 1985. Both the design and the
excitation method for such coil modes are described in
Section 3. It is worth noting that the circular polarization of
the RF magnetic field generated by such a coil doubles the
energy efficiency of MRI (power consumption is reduced by
half for the same field amplitude) compared to the energy
efficiency of a so-called saddle coil that produces linearly
polarized B1 field (used in earlier MRI). The advantages of
the birdcage coil are particularly pronounced in scanners with
static magnetic field induction lower than 3 T. However,
when such coils are used even in 3-T MR scanners, the
homogeneity of the NMR signal excited in the human body
decreases significantly, and the power consumption is twice as
high as in coils in 1.5-T scanners. Such deterioration is due to
the two-fold decrease in the RF signal wavelength and
increased RF losses in the human body in the 130 MHz
region, i.e., at the 3-TMR scanner operating frequencies [97].

Modern pre-clinical ultrahigh-field MR scanners with
main magnetic field of 7 T cannot scan the whole human
body at once. Although such systems are usually equipped
with large-diameter (about 0.64 m) gradient coils capable of
encoding anNMR signal in a region comparable to the size of
the human body, a versatile coil that could excite an NMR
signal over such a large spatial area does not exist yet. The
design of birdcage coils can not be adapted for 7-T field
tomographs.

It was mentioned above that the operation principle of
such a coil is based on resonance conditions of the RF current
flow among its two rings and longitudinal rods; therefore, if
the resonant frequency is doubled at a fixed diameter, the
resonant rod length will decrease significantly [97]. As a
result, the birdcage coil becomes unsuitable for NMR signal
excitation in the whole human body in a scanner with a 7-T or

higher field strength. Today, MR images are acquired in
ultrahigh field scanners with local excitation coils designed
for particular body parts. Such coils are directly placed on the
body surface of the patient to provide necessary RFmagnetic
field magnitude within a limited region. The absence of an
efficient versatile coil for large-area scanning in 7-T MR
scanners is the main obstacle for clinical application of
ultrahigh field MRI scanners.

The relatively small wavelength of an RF signal in
ultrahigh field MR scanners is not always a disadvantage.
For example, at 300 MHz the metal bore of the scanner turns
into a part of a cylindrical waveguide (Fig. 6) that transfers
the flux of the RF electromagnetic field from the antenna at
one end of the bore to its other end. Indeed, according to the
well-known formula for the cut-off frequency of the first
fundamental �TE11� mode of a circular hollow metallic
waveguide with diameter d filled with a medium having
absolute permittivity e and absolute permeability m,

fc � 1:841

pd
�����
me
p :

For a standard bore diameter of 0.6m,wehave fc � 293mHz.
In fact, this frequency is somewhat lower because the human
body fills the bore partly. Frequencies near 300 MHz
corresponding to MRI with a 7-T field are lower than the
excitation frequencies of the next �TM01� mode that is equal
to 381 MHz for an empty bore. Therefore, it is the 300 MHz
region where losses in metal turn out to beminimal during the
propagation of radiation along the bore.

Ultrahigh field MRI with waveguide-based RF signal
transmission is also known as traveling-wave or waveguide
MRI [98]. The possibility of using a waveguide as an energy-
efficient system for excitation and detection of high-field
NMR was noted as long ago as 1977 [99]. However, the size
of the proposed waveguides proved incompatible with bore
diameters used at that time. Therefore, special transmission
lines were developed to implement this principle [99].

Waveguide MRI has several potential advantages over
MRI using conventional RF coils and even coil arrays with
parallel RF signal transmission. First, the waveguide technol-
ogy allows obtainingMR images of large regions limited only
by the size of the scanner bore and gradient coils. Second, the
remote location of the transmitting coil assures comfort and

Figure 6.Use of a scanner bore as a waveguide for human diagnostics. The

RF signal propagates along the bore axis that plays the role of a cylindrical

metallic waveguide at a frequency of around 300 MHz (7-T field MRI

operating frequency). The signal is transmitted and received by a coil at the

left end of the bore. There is almost complete reflection of signal from the

right end because the radiation from the open end of the single-mode

waveguide is insignificant.
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safety for the patient. In addition, such coil position allows
space for additional equipment, e.g., stimulation systems for
functional MRI.

The waveguide technology can be implemented only in
ultrahigh field MRI with the formation of a standing wave
(Fig. 7b) due to internal reflection of the wave from the bore
ends. The propagation of such a wave is impossible in the
standard-sized scanner bore at operating frequencies of
devices with magnetic field induction lower than 7 T
(Fig. 7a). The presence of a standing wave should be taken
into consideration for the patient position in the bore [100±
103]. However, the standingwave can be avoided bymatching
the bore ends to free space via attaching electrodynamic loads
along the perimeter of the bore's end. However, this solution
will lead to the RF signal energy losses: absorption loss or loss
via radiation from the bore ends. It is also possible to tune the
position of the standing wave node. For this aim, electro-
dynamic loads should be placed inside the bore. Axially
oriented straight wires arranged at a distance from the bore
wall can be employed as such loads (such a loaded waveguide
is called a coaxial waveguide [103]). It should be mentioned
that in a loaded waveguide, one or two highest-order modes
can be excited, and their interference with the fundamental
mode can be used for shimming [102, 103].

Currently, waveguide MRI is a separate field of research,
and its purpose is the development of a versatile coil suitable
for scanning the whole human body in ultrahigh magnetic
fields. The main potential advantages of the waveguide-based
method have already been demonstrated by the present
moment: it allows visualizing large volumes [100, 101] and
provides an opportunity to control RF magnetic fields in the
human body [102, 103]; an important fact is that this method
is compatible with local receive coils arrays [104, 105].
However, the ratio of the transverse RF magnetic field
magnitude to the power consumption of the antennas that
are used in waveguide MRI remains too low, especially
compared to the local excitation elements. In addition, the

peak power values of the RF amplifiers in ultrahigh-field pre-
clinicalMR scanners are significantly limited compared to the
clinical MR scanners. As a result, clinical MR sequences,
most of which require large amplitude of transverse RF
magnetic fields, are currently incompatible with waveguide
MRI, thus, its application inMR scanning of the human body
in ultrahigh magnetic fields is seriously limited.

6. Functional magnetic resonance imaging

The notion of functional MRI integrates a variety of studies
yielding a series of MR images of any healthy or diseased
organ performing its function. However, the term most
frequently implies MR studies of the human brain.

Themost popular fMRImethod is the one based on blood
oxygen level dependent (BOLD) contrast. It produces a series
of brain images taken during the performance of pre-
formulated tasks or at rest. BOLD fMRI makes possible the
detection of disturbances in the blood supply to brain tissues
during the transition from resting to active states by recording
an accompanying NMR signal intensity jump caused by the
difference in relaxation parameters of the tissues as blood
moves in them at rest or in the active state.

In the scope of the transition from fMRI studies with high
field scanners to those based on the use of ultrahigh field
machines, the sensitivity of the BOLD method is affected by
changes in the NMR signal amplitude in the ultrahigh field
and alteration of brain tissue relaxation parameters, gradu-
ally leading to a change in the fMRI procedure and its
purpose.

The signal-to-noise ratio in MR scanning is considered to
be proportional tomagnetic field induction or even the square
root of it (when accounting for the increase in the receiver
tract frequency band at the higher operating frequency of the
MR scanner) and to the cube of the spatial resolution [106,
107]. In this approximation, transition from the standard
fMRI 3-T field to the 7-T field allows a 1.15- or 1.33-fold
increase in isotropic spatial resolution.

On the other hand, the rapid development of new RF
devices to be operated in ultrahigh fields poses the problem of
an ideal signal-to-noise ratio attainable for a given scan object
or a class of such objects, in particular, for various degrees of
accuracy of the human head model. Numerical calculations
have shown and subsequent measurements confirm (Fig. 8)
that the creation of a certain configuration of currents around
the subject of interest allows a nonlinear (with an exponent
greater than unity) increase in the signal-to-noise ratio upon a
change in magnetic field induction [108±110]. Experimental
studies on the dependence of the signal-to-noise ratio on the
static field induction strength also demonstrated the non-
linear growth of this ratio: at the center of the human head in
a 7-T field it is 3.36 times that in a 3-T field. In contrast, the
difference is less pronounced in outer cortical layers, where
the signal-to-noise ratio increases only by a factor of 2.96
[111]. Thus, the transition to an ultrahigh field produces an
approximately 1.5-fold improvement in the resolving power.
As a result, the spatial resolution of fMRI images approaches
the borderline value between macro- and mesoscopic meth-
ods. Thus, high-field fMRI (1±3 T) detects activation of brain
regions 3±5 mm3 in volume [112, 113], while the transition to
an ultrahigh field permits reducing the voxel 3 size to
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Figure 7. (Color online.) Use of waveguide MRI for human body

diagnostics is possible only if a static magnetic field induction is 7 T or

higher, because in such a case the RF signal wavelength is comparable to

the scanner bore diameter. (a) 1.5-T scanner field distribution. The bore is

too short compared to the scanner operating wavelength (� 4:7 m), thus,

the RF signal does not propagate along the bore. (b) In a 7-T scanner, the

RF signal propagates along the bore axis, and a standing wave forms due

to the reflection from the ends of the bore.

3 A voxel is an element of a 3D image (the analog of a 2D pixel for three-

dimensional space).
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submillimeter values [114, 115] and thereby displaying the
activation of individual cortical columns.

An even more important source of focusing the BOLD-
fMRI method on submillimeter structures in ultrahigh fields
is a relative change in relaxation parameters of intra- and
extravascular blood tissues and brain structures related to
vessels of various diameters. Systematization of data on
blood relaxation properties makes it possible to formulate
empirical dependences of the magnitude of MRI signal
changes in BOLD fMRI on vessel diameter, blood saturation
with oxygen, and magnetic field strength. Moreover, the
BOLD response depends on the pulse sequence being used
by virtue of different relaxation mechanisms detected in
sequences based on spin [116] and gradient [117] echoes.

Analysis of the dependences thus obtained indicates that
in the case of gradient echo-based sequences there are no
conditions (Fig. 9b) at which a signal coming from small

vessels (up to 0.02 mm in diameter) dominates over a signal
from large vessels (0.2 mm or more). At the same time, if spin
echo-based sequences are used (Fig. 9a), the ratio of these two
signals reaches a maximum value in fields of 4±8 T, whereas it
does not exceed unity in fields of up to 3 T [118]. It can be
concluded that the BOLD response registered in ultrahigh
fields is associated with structures with a characteristic size of
several dozen micrometers, whereas the response in high
fields is largely associated with structures measuring tenths
of a millimeter.

7. Diffusion-weighted
magnetic resonance imaging

Sensitivity to random molecular motion (diffusion) in MRI
gives rise to a number of diagnostic and research methods,
such as Diffusion Weighted Imaging (DWI), Diffusion
Tensor Imaging (DTI) [9], Diffusion Spectrum Imaging
(DSI) [119], and their modifications [120, 121]. Methods
providing information on principal directions of diffusion
(DT, DSI, etc.) are based on the computation of several self-
diffusion coefficient distribution maps (as in DWI) differing
in the direction of diffusion measurement and the influence of
diffusion on the registered signal intensity (diffusion weight-
ing). Due to this, factors acting on diffusion-weighted images
just as well affect data obtained using more sophisticated
techniques.

As in the case with fMRI, the first factor influencing
results of diffusion-weighted MR scanning is the growth of
the signal-to-noise ratio with increasing magnetic field. It
results in a significant improvement of spatial resolution
of diffusion-weighted imaging when transitioning from
high to ultrahigh field MRI. On the other hand, the
signal-to-noise ratio in classical diffusion-weighted spin-
echo sequences (Spin-Echo Echo-Planar Imaging (SE-EPI)
depends on transverse relaxation time T2. The main tissues of
interest for DTI (first and foremost, the brain white matter
and other myelinated neural pathways) exhibit a decrease in
T2 with increasing magnetic field. This results in the relative
weakening of the echo signal observed at a fixed time Techo of
the echo signal registration, which, in turn, leads to a decrease
in the signal-to-noise ratio. If relaxation phenomena and
other effects influencing the signal-to-noise ratio are taken
into consideration (e.g., an increase in the receiver channel
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Figure 9. (Color online.) Dependence of the ratio of BOLD response associated with small vessels to the BOLD response associated with major vessels on

static magnetic field induction B0 and echo signal observation time Techo for (a) spin echo- and (b) gradient echo-based sequences. Note the scale

difference in Figs a and b.
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frequency band for the compensation of scanning artifacts in
an ultrahigh field and reduction in the number of steps of so-
called phase coding), the signal-to-noise ratio for a classical
diffusion-weighted sequence in the ultrahigh field proves
higher than, for example, in 3-T clinical fields, but only
within a certain range of Techo values (Fig. 10). This
advantage of MRI with B0 � 7 T over that of MRI with
B0 � 3 T is apparent at equal transmission bands of the
receiving channel if Techo is shorter than 250 ms. In the case
of an adapted transmission band, the advantage of ultrahigh
field MRI disappears when Techo exceeds 150 ms [122].

The nontrivial constant magnetic field dependence of the
signal-to-noise ratio is complicated in DWI by the difference
in the values of the latter in images with different diffusion
weighting acquired within the framework of a single experi-
ment. Using such data to calculate anisotropic diffusion
parameters (fractional/partial anisotropy, mean diffusivity,
etc.) leads, in turn, to the dependence of the calculated values
on the strength of the staticmagnetic field. Increasing the field
is associated with a marked rise in fractional anisotropy and a
decrease in mean diffusivity [123, 124]. Evidently, the
influence of the magnetic field on diffusion itself in MRI is
minor and the observed effect should be regarded as a result
of specific features of the diffusion measurement process.
Indeed, it was shown that scanning under thorough Techo and
signal-to-noise ratio control results in the measurements of
anisotropic diffusion parameters in high and ultrahigh fields
coinciding [125, 126]. Moreover, it was demonstrated in [127]
that setting an experiment in an ultrahigh field (with equal
scan parameters) yields more accurate anisotropy parameter
distribution maps due to a higher signal-to-noise ratio
(Fig. 11a, b).

An increased signal-to-noise ratio allows use of nonstan-
dard sequences for diffusion-weighted scanning in ultrahigh
fields, e.g., diffusion-weighted turbo spin-echo [128], less
sensitive to artifacts related to field nonuniformity than in
the traditional SE-EPI method. The enhanced signal-to-noise
ratio makes possible targeted diffusion-weighted scanning of
miniature regions, such as the habenula (part of the
epithalamus) [129] and nerve fibers passing through them
(Fig. 11c). In whole-brain imaging, the enhancement of the

signal-to-noise ratio producesmuchmore distinct anisotropic
diffusion maps, despite a smaller amount of collected data
[130] (Fig. 11d, e). The use of an ultrahigh field in pre-clinical
studies ensures ultrahigh resolution (less than 0.05 mm in a
9.4-T field) when mapping the self-diffusion tensor [131, 132],
estimating post-traumatic regeneration of peripheral nerve
branches, detecting posttraumatic changes in the central
nervous system [134±136], and observing myelination of
cerebral pathways [137, 138].

8. Magnetization transfer in chemical exchange

When performing MRI in fluids, solute and solvent are
observed in one of the two modes: rapid or slow exchange,
depending on temperature, chemical composition, frequency
of resonance, and other parameters. Each of the two regimes
is characterized by a specific relationship between the
chemical shift difference of the resonances of two NMR-
active nuclei populations and the rate of nuclei exchange
between them. In classical NMRspectroscopy, slow exchange
corresponds to the observation of two spectral lines from each
population, and rapid exchange to the observation of a single
resonance line averaged over two populations.

In traditional tomography, an NMR signal is usually
considered to be a single spectral line of free water; never-
theless, the observation of a solute/solvent system in the slow
exchange regime can provide the spatial distribution of solute
via narrow-band saturation of its resonance lines and
detection of a decrease in the free water signal during
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Figure 11. (Color online.) Results of diffusion-weighted imaging in

ultrahigh fields. (a) The map of orientation density function (the angular

component of particle displacement probability density) corresponding

to the principal diffusion directions measured in a 3-T field. (b) Similar

mapping measured in a 7-T field. More pronounced distributions in the

ultrahigh field allow a more accurate assessment of diffusion anisotropy;

this effect is most noticeable in the region enclosed in the yellow

rectangle. (c) Reconstruction of nerve fibers coming out from the lateral

habenular (LHB) and medial habenular (MHB) of the epithalamus and

habenular commissure (HBC) based on the results of ultrahigh field (7-T)

scanning. The difference between nerve fibers is revealed by virtue of

submillimeter resolution of initial data. (d) Results of the reconstruction

of nerve fiber direction in the entire brain (a single layer is shown) based

on high field (3-T) scan data. Similar results obtained for the same patient

in the ultrahigh (7-T) field demonstrates a more detailed image and more

accurate assessment of diffusion anisotropy (represented as brighter

image).
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exchange (the chemical exchange saturation transfer
methodÐCEST).

The efficiency ofmagnetization transfer (i.e., sensitivity of
the method) is estimated in various ways. The simplest
criterion is the proton transfer ratio (PTR), calculated as the
ratio of the change in amplitude of a signal from a large
nucleus population Sw to the amplitude of the initial signal
from this population S0w. If the exchange occurs between two
populations with a large difference between equilibrium
population densities (and equilibrium exchange constants),
PTR can be related, as in [139], directly to the constants of
relaxation R1w, R1s, and exchange ksw of the two populations
(corresponding to indices s and w):

PTR � S0w ÿ Sw

S0w

� kswaxCA
R1w � kswxCA

�
1ÿ exp

�ÿ�R1w � kswxCA�tsat
�	
;

where tsat is the length of the pulse saturating resonance of the
dissolved substance, xCA is the ratio of the number of
resonant nuclei involved in the exchange to their total
content in the solvent, and a is a quantity depending on
relaxation and exchange constants characterizing resonance
saturation efficiency (a � 1 if the peak is completely sup-
pressed).

Exchange efficiency is also characterized by the degree of
proton transfer enhancement (PTE), i.e., the PTR normalized
to xCA.However, neither the PTRnor PTE takes into account
the broadband magnetization transfer and suppression of the
solvent signal by the saturation pulse. To take into considera-
tion these factors and the dependence on the saturation pulse
carrier frequency, the magnetization transfer ratio (MTR) is
introduced, which can be represented as the sum of compo-
nents corresponding to different sources of change in the
observed signal:

MTR�Do� � 1ÿ Sw�Do�
S0w�Do�

� PTR�Do� �MTC�Do� �DC�Do� ;
where magnetization transfer contrast (MTC) is the term
responsible for broadband magnetization transfer, and direct
contrast (DC) is the term responsible for direct saturation of
solvent resonance by the saturation pulse. The dependence of
the MTR on the difference between saturation and solvent
resonance frequencies Do is also referred to as the z-spectrum
or CEST-spectrum. A PTR value is obtained experimentally
from the fact that both direct saturation and broadband
magnetization transfer are symmetric with respect to the
solvent resonance frequency, while the PTR depends only
on the presence of the solvent resonance peak at the
irradiation frequency; therefore, the following expression
holds for most substances:

MTRassym�Do� �MTR�Do� ÿMTR�ÿDo�

� Sw�ÿDo� ÿ Sw�Do�
S0w�Do� � PTR�Do� ;

due to the absence of solute peak at frequency ÿDo.
Clearly, the efficiency of the CEST method directly

depends on ksw, because the more nuclei comprising the
saturated magnetization are transferred from the solute to
the solvent, the greater the change in the solvent signal.

However, the necessity to observe the z-spectrum in the slow
exchange regime (i.e., at Do4 ksw) requires transition to a
stronger magnetic field for observation of exchange with high
ksw, because Do � B0 for two arbitrary substances. A rise in
ksw is associated with a decrease in the saturation efficiency
parameter a, since more nuclei from the unsaturated solvent
population enter the solute population. In this case, a can
only be improved via increasing the saturation pulse power,
which is rarely possible in vivo due to restrictions on RF
power deposition in living tissues. On the other hand,
increasing the static magnetic field is associated with a
change in relaxation characteristics R1w and R1s, which, in
turn, results in a significant increase in the observed CEST
effect [140]. The total effect of increasing the static magnetic
field can be calculated (Fig. 12) by considering the values of
relaxation parameters in different fields [139].

The improvement in CESTMRI efficiency in an ultrahigh
field allows developing potent hydroxo and amino group-
based CEST agents for the detection and identification of
cancerous neoplasms [141±143], the analysis of central
nervous system activity [144], and injuries to the cartilage
tissue [145] often inapplicable in lower magnetic fields due to
small chemical shift [146]. CEST MRI based on proton
exchange with hydroxo and amino groups also finds wide
application for tumor diagnostics and in pre-clinical ultra-
high field MRI [147, 148]. In addition, magnetization
transfer technologies are successfully employed in pre-
clinical MRI for noninvasive measurement of tissue acidity
[149±152], ischemic stroke detection based on minor chemi-
cal changes [153], and other applications [154±158].

9. Image reconstruction
from an incomplete data set

Reconstructing an initial function from an incomplete data
set is a classical signal processing problem [159]. In this
context, data incompleteness is understood as a deviation
from the Nyquist criterion, i.e., as data sampling at a mean
frequency of less than twice the signal maximum frequency.
The mean frequency is defined as the total number of
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Figure 12. (Color online.) Calculated dependences of the observed CEST

effect on the magnitude of the magnetic field for a single peak (with a

chemical shift of 3.5 ppm) in the cortical tissues of a murine brain.

Increasing the magnetic field allows the observation of faster exchange

and enhances the efficiency of z-spectrum registration.
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recorded counts divided by the total duration of data
collection. However, a direct reduction of the sampling
frequency (keeping the sampling uniformity) is fraught with
errors in image reconstruction and artifacts hampering
clinical interpretation of the images [160]. For this reason,
correct reconstruction requires incoherent sampling and
nonlinear procedures comprising together the compressed
sensing algorithms. These algorithms are also referred to as
l1-optimization, because from the mathematical standpoint,
they serve to minimize the l1-norm of image sparse represen-
tation, i.e., to find x that minimizes the functional:

min kCxk1 ;

on condition that

FT�x� ÿ y



2
< e ;

where x is the reconstructed image being sought, C is the
transformation converting x into a sparse form, FT is the
Fourier transform (or other transform if appropriate for
image reconstruction), y is the sampled signal, and e is a
parameter characterizing image reconstruction accuracy
[160].

Compressive sensing finds application due to information
redundancy contained in the phase space. Skipping the
corresponding parts at the acquisition stage decreases the
number of sampling steps and significantly reduces the MRI
scan duration without substantial loss of image quality. The
use of this algorithm in high field (up to 3 T) MRI allows
performing studies requiring high resolution and signal-to-
noise ratio along with the shortest data collection period, e.g.,
certain dynamic contrast enhancement modalities [161±163],
angiography [164±166], and other applications [167±169].
The requirement of high signal-to-noise ratio and resolving
power is usually met in ultrahigh field MRI (over 3 T) by
virtue of improved signal amplitude and strong gradient
pulses, however, the improved spatial resolution is accom-
panied with a longer data collection time which significantly
impairs temporal resolution of the study.

It can be concluded that the efficiency of a transition to an
ultrahigh field decreases without the use of methods for
enhancing temporal resolution frequently based on com-
pressed sensing algorithms. In particular, clinically-oriented
applications have demonstrated a high efficiency of com-
pressed sensing-based reconstruction in high-resolution
angiography [170±173], ultrafast fMRI [174], and hetero-
nuclear MRI [175, 176] studies. Compressed sensing in pre-
clinical applications was successfully employed to create new
distortion-resistant pulse sequences for fMRI [177], visualiza-
tion of fluid flows at the microscopic level [178], ultrafast
registration of dynamic contrast amplification [179], signifi-
cant acceleration of relaxation time measurement in biologi-
cal subjects [180], and the generation of high-resolution
heteronuclear images [181].

For ultrahigh resolution time-of-flight angiography of
human brain vessels (with a voxel size of 0:28� 0:28�
0:28 mm3), incoherent data collection and reconstruction
making use of the difference between the neighboring
elements as C allows an almost four-fold reduction of time
(Fig. 13a). The use of the compressed sensing algorithm to
obtain sodium distribution maps in human joints (omitting
from half to three quarters of the collected data without
sparse transformation, i.e., at C � 1) resulted in the success-

ful reconstruction of images with a two-fold reduction in data
collection time. However, higher compression was associated
with deviation from the calculated sodium levels in certain
parts of the images (Fig. 13b). Visualization of a fluid velocity
map on a chip (Fig. 13c) allowed reducing the scan duration
by 16 times, while preserving the reliable map of fluid
velocities in microvessels. In this case, wavelet basis expan-
sion (particularly, symmlet basis expansion) was used as
sparse transformation C.

Thus, the use of the compressed sensing makes it possible,
depending on the object of study and data collection
algorithm, either to reduce the study duration by almost
16 times without detriment to the image quality or to carry
out an experiment with improved resolution in the same time.

10. Magnetic resonance fingerprinting

The transition from the classical data collection strategy to
more efficient modern methods is not limited to pseudoran-
dom filling of the k-space (see Section 9). The MR scanning
process itself can undergo substantial modification.

At present, the majority of MRI data is collected in the
framework of MR scan protocols consisting of MR
sequences, each giving (according to its type and para-
meters) one or more image series with a specific relationship
between NMR signal intensities from different tissues, so-
called image weighting. The signal intensity in such weighted
images is determined first and foremost by the relaxation
characteristics of the respective tissues, however, the relaxa-
tion parameters themselves are not measured. Nevertheless,
such parameters can be measured, yet in this case relatively
long sequences are used, allowing taking into account the
influence of a selected parameter on NMR signal intensity
and disregarding the influence of the others. The resulting
dataset is then further processed to calculate such parameters
as longitudinal and transverse relaxation times or self-
diffusion coefficient [182±186]. On the other hand, the
necessity to separate the influence of parameters not
measured in a particular experiment means that, for an
arbitrary choice of scan parameters, the contribution to
MRI signal intensity comes from many characteristic para-
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Figure 13. (Color online.) Results of application of compressed sensing

algorithms in an ultrahigh field (7 T). (a). Ultrahigh resolution time-of-

flight angiography in the field: IÐ image acquired by the conventional

data collection method (data collection time � 9:5 min), IIÐ image

acquired using compressed sensing algorithms (data collection time

� 2:5 min). (b) Maps of sodium distribution in the knee joint obtained:

IÐby the classical radial data collection method (data collection time

� 17 min), IIÐwith a two-fold incoherent reduction in the amount of

collected data, IIIÐwith a three-fold incoherent reduction of the amount

of collected data (arrow shows the region where concentration deviates

from the control value). (c) Map of velocities in microchannels obtained:

IÐusing a compressed sensing algorithm (resolution 256� 256 pixels),

IIÐby the classical method for the same time (resolution 63� 63 pixels).
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meters of the tissue. This fact changes the paradigm of
numerical assessment of relaxation (relaxation times T1, T2,
or T �2 ) and other (e.g., self-diffusion coefficient, magnetic
susceptibility) characteristics of the tissues in MRI and gives
rise to the appearance of a method of MR fignerprinting of
biological tissues [187].

This method is based on the dependence of an NMR
signal recorded in an arbitrary pulse sequence on the
complete set of relaxation and other characteristics of the
imaged tissue. Because theMRI signal depends on the totality
of tissue properties, its value for a given pulse sequence at a
certain moment can be unique for a tissue characterized by a
specific set of properties. Clearly, for a particular relationship
between tissue and sequence parameters, the signal can be
identical for two types of tissues having different properties.
Therefore, in order to be able to accurately relate the signal
parameters to tissue characteristics, one uses, first, a sequence
with a random set of pulses and, second, a large number of
consecutive NMR signals. Such a set is unique for each set of
tissue parameters measurable by NMR (i.e., for a particular
tissue), even if signal values from two tissues at a single point
in time coincide. Therefore, it can serve for tissue identifica-
tion exactly as fingerprints do for personal identification
(hence, the name of the method: magnetic resonance
fingerprinting).

An important aspect ofmagnetic resonance fingerprinting
is the process of identifying a series of signals. It includes the
use of arrays of simulated series of signals (dictionaries) in
which each series corresponds to a certain set of measurable
tissue characteristics. Coincidence of measured and diction-
ary signals makes tissue identification possible and thus
provides its relaxation and other parameters. Evidently, the
number and spread of the parameters, as well as dictionary
resolution in parametric space, determine both the coinci-
dence search rate and the amount of computer memory
needed to work with the dictionary. To reduce the search
time and requirements, various compressed sensing and
coincidence detection algorithms are used [187±193].

The usual variables included in the dictionary are
relaxation times, relative spin density, and static field B0

value (or degree of its nonuniformity for the characteristic of
the magnetization's nonresonant behavior). In high-field
scanning, such a set of parameters allows relaxation times to

be efficiently determined in healthy and pathological cerebral
tissues [194] and normal eye [195], abdominal cavity [196],
and myocardium [197] tissues. Inclusion of the self-diffusion
coefficient in the scan protocol allows prostate cancer stages
to be detected and determined [198]. The use of the
fingerprinting method in pre-clinical MRI makes it possible
to reduce the influence of physiological movements (much
more pronounced in small laboratory animals than in
humans) on measured relaxation time [199].

RF field inhomogeneity manifesting itself upon a transi-
tion to clinical scanning in ultrahigh fields has a detrimental
effect on the accuracy of tissue recognition by the MR
fingerprinting method. This aggravated inhomogeneity pro-
blem requires finding a fundamental solution when going to
7-T and higher fields. In the context of MR fignerprinting,
such an approach comprises introducing additional dimen-
sions entering into the fingerprint dictionary of simulated
signals, corresponding to parameters responsible for possible
RF field variations in the RF coils used during the MR scan.

Direct realization of RF field nonuniformity correction
employs introducing the flip angle as one of the parameters of
the fingerprint dictionary (and, accordingly, as an additional
dictionary dimension) [196]. Measurements of phantom
relaxation times with and without such correction showed
that measured T2 times are most sensitive to RF field
inhomogeneities, whereas the accuracy of T1 time recogni-
tion remains practically unaltered in the absence of correc-
tions to alternating field inhomogeneities (Fig. 14). An even
higher measurement accuracy is achieved if elements increas-
ing signal sensitivity to the RF field variations are included in
the sequence used to generate anMR fingerprint. An example
of such element is a series of pulses with a sharp change in the
flip angle that disturb the course of a classical steady-state
sequence for recording an MR fingerprint [200].

However, whatever method is used, the problem of RF
field inhomogeneity correction via its inclusion as a para-
meter in the recognition dictionary consists in the inability of
correcting high deviations of the RF field from the nominal
value. A significant deviation of a real alternating magnetic
field from the desired one accounts for the appearance of
regions in whichRFpulses of theMR fingerprinting sequence
does not provide a large enough flip angle (over 5�) from
equilibrium position. In such a case, MR fingerprints of
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Figure 14. (Color online.) Results of the measurement of relaxation time by the magnetic resonance fingerprinting technique in a 3-T field. Measurement

of (a) T1 time and (b) T2 time. Real relaxation time is determined by classical NMR methods. Accuracy of the measurement using magnetic resonance

fingerprinting depends on the proximity of the point to the diagonal (dotted line). Evidently, correction of RF field inhomogeneities does not affect the

accuracy of measurements of longitudinal relaxation but ensures better agreement with results obtained by classical methods for the measurement of

transverse relaxation.
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substances differing in relaxation times become indistinguish-
able. This ambiguity can be eliminated by using the RF
magnetic field distribution properties of different modes of
the birdcage coil employed to generate the RF magnetic field
in the majority of scanners. For example, field minima
(representing problematic recognition areas) of coil degen-
erate circular polarization modes CP1 and CP2 [201] are
spaced far apart. Due to this, excitation of different coil
modes within a single sequence results in the generation of a
unique imprint, regardless of the presence of the field
minimum at the object location point, because the single
mode minimum position at this point is compensated by the
maximumof anothermode located at the same point. Further
inclusion of measured field distributions over two coil modes
in the MR fingerprint dictionary allows avoiding errors of
recognition associated with strong RF field nonuniformity
[202].Moreover, themethod in question allowsMR studies in
anatomical regions where RF field nonuniformity is due to
the presence of metal objects (e.g., surgical implants) rather
than to the properties of the exciting coil modes (Fig. 15).

11. Heteronuclear magnetic resonance imaging

Magnetic resonance spectroscopy (MRS) is a nonionizing
technique used to determine the chemical composition and
observe metabolic processes in living tissues under natural
conditions. In vivo application of MRS provides a powerful
tool for the noninvasive detection of cellular metabolites,
measurement of the metabolic rate, energy exchange, and
neurotransmission in the brain and other organs, as well as
for the study of changes in these processes caused by
physiopathological disorders.

MRS of hydrogen nuclei is the most common clinical
implementation of this technique, since any MR scanner is
commonly equippedwith all instrumentation necessary for its
realization. However, a few more nuclei producing an MR
response, besides hydrogen, occur in living organisms (see the
table). HeteronuclearMRS is designed to detectNMRsignals
from these nuclei. Special attention in in vivoMRS is given to
the following nuclei: phosphorus �31P�, carbon �13C�, oxygen
�17O�, sodium �23Na�, and fluorine �19F�.

Phosphorus is a main constituent component of high-
energy compounds, including ATP synthesized in mitochon-
dria and phosphocreatine (creatine phosphate). Therefore,

the MRS of phosphorus allows the study of bioenergetic
processes in the brain, head, muscles, and other organs [203±
205]. Moreover, phosphorus MRS provides other important
physiological information, including free magnesium levels,
intracellular pH values, and intermediate products of phos-
pholipid metabolism. CarbonMRS is the sole method for the
noninvasive observation of neuroenergetic processes and
neurotransmitter circulation based on elucidation of the
localization of key enzymes and metabolites in neurons and
neuroglia [206]. Ongoing studies demonstrate the successful
application of theMRS of oxygen nuclei for the investigation
of intracellular oxygen metabolism and perfusion in aerobic
organs and the measurement of the oxygen metabolism rate
and its changes [207]. Recording the NMR response of
sodium nuclei by MRS can be used in many areas of clinical
and pre-clinical MRI, including stroke diagnostics, charac-
terization of tumor masses (Fig. 16a), the early diagnosis of
osteoarthritis, the assessment of articular cartilage condi-
tions, and the evaluation of muscular and renal functions
[208±211]. Finally, fluorine is present in living organisms in
negligible amounts. On the other hand, fluorine is a valuable
component of nontoxic and inert compounds used in a variety
of biomedical applications, including anesthetics, contrast
media, chemotherapeutic agents, and molecules facilitating
dissolution of oxygen carried in artificial blood substitutes
[212±214]. Due to this, 19F MRS is a highly efficient
noninvasive method for pre-clinical visualization of the
distribution of these compounds in the body (Fig. 16b).
Also, a signal of fluorine isotopes serves in pre-clinical MRI
to visualize the distribution of dual-purpose agents, which
can be used either for simultaneous diagnosis and treatment
of certain diseases (the so-called theranostics approach) [215]
or for novel diagnostics methods employing two or more
different diagnostic modalities [216].

A major disadvantage of heteronuclear MRS is its
relatively low sensitivity compared with that of hydrogen
nuclei MRS due to a variety of factors, including the low
concentration of the substances of interest, the rare occur-
rence of certain isotopes, and the low gyromagnetic ratio of
the studied nuclei in comparison with that of hydrogen (see
table above). Therefore, transition to ultrahigh magnetic
fields appears to be a natural way to improve the sensitivity
of heteronuclear MRS. However, strengthening the magnetic
field has different consequences for different nuclei, depend-
ing on their characteristic relaxation mechanisms [217, 218].
Nevertheless, the overall effect of enhanced sensitivity of
heteronuclear MRS is preserved after transition to ultrahigh
fields.

Unlike hydrogen MRS employing the same signal source
and pipeline as conventional MRI, heteronuclear MRS is
only possible with a separate RF signal excitation/receiver
circuit and special coils, since the operating frequency in
heteronuclear MRS depends on the chosen nucleus. Also,
proton decoupling needs to be employed in 13C and 31PMRS
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Figure 15. MR images of human extremities with a surgical implant

acquired with the use of (a, c) classical invertion-recovery sequence with

data collection by turbo spin-echo imaging and (b, d) MR fingerprint

method with variable excitation by different transmitting coil modes.

Figures (a) and (b) show that implant-related artifacts manifest themselves

not only in the region of the metal rod location (indicated by the arrow)

but also in the contralateral extremity. Magnified images of implant

location region in Figs c and d suggest that the MR fingerprint method

allows obtaining an image in the 3-T field without artifacts, even in

immediate proximity to the implant.

Table. Isotopes used in MRS of living organisms, their gyromagnetic
ratios, and occurrence under normal conditions.

Nucleus Gyromagnetic ratio, MHz Tÿ1 Isotope occurrence, %

1H
13C
17O
19F
23Na
31P

42.58
10.71
ÿ5:77
40.05
11.26
17.24

99.99
1.11
0.04
100
100
100
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to improve both the quality and the resolution of the spectra
obtained, because heteronuclear interactions with hydrogen
nuclei mediated through electron clouds complicate inter-
pretation of the spectra and broaden resonant lines. Proton
decoupling can be achieved by means of RF irradiation of the
study tissue at a hydrogen nuclei resonance frequency during
detection of a signal from heteronuclei, which results in a
greater RF exposure of the studied subject, especially in
ultrahigh fields [219]. Moreover, 13C and 31P MRS fre-
quently requires the use of complex magnetization transfer
methods to study substances containing these nuclei via
recording the signal from hydrogen nuclei. It improves both
the sensitivity and specificity of the experiment [220, 221]. For
rare 13C isotopes, hyperpolarization techniques allowing an
increase in sensitivity by a few orders of magnitude are
studied extensively [222]. At present, many technical pro-
blems encountered in the creation and preservation of
nonequilibrium polarization still confine the application of
theMRS of hyperpolarized carbon nuclei to the investigation
of fast and dynamic metabolic pathways. At the same time,
the method is highly promising for studies in lower fields [223,
224], whereas the use of ultrahigh fields was from the very
beginning intended to enhance equilibrium polarization
without high-tech hyperpolarization methods. Nowadays,
carbon hyperpolarization techniques find wide application
in studies using pre-clinical ultrahigh-field scanners [225,
226], e.g., to analyze metabolism in the damaged heart
muscle [227, 228] or a neoplasm reaction to angiogenic
therapy [229].

Registration of an NMR signal from heteronuclei fails to
provide anatomically detailed information due to the low
level of studied isotopes or their absence in the body. For this
reason, heteronuclear studies are always combined with
conventional MRI to ensure correct localization of the
heteronuclear signal. A calibration sample is also needed for
proper experimental setup and subsequent quantitative
analysis [230]. Heteronuclear spectra are characterized by a
very wide range of chemical shifts of resonance lines (e.g.,
30 ppm for phosphorus and more than 200 ppm for carbon),
which leads to serious errors in spatial localization of the

source of a heteronuclear MR signal. A peculiar feature of
heteronuclear MRS in ultrahigh magnetic fields (together
with a high level of technical sophistication, resulting in the
increased informative value of the data obtained) is the
potential to adapt RF devices initially intended for hydrogen
MRS in lower fields due to coincidence of resonance
frequencies of rare nuclei in ultrahigh fields and resonance
1H frequency in low fields.

To sum up, heteronuclear MRS is an important comple-
ment to traditional MRI, allowing the noninvasive collection
of unique physiological and pathological information on the
state of living tissue at molecular and cellular levels. Hetero-
nuclear MRS is of special use for studies in ultrahigh fields,
since it is free from the problems associated with the creation
of efficient RF devices for recording signals from rare nuclei.
However, the limited number of ultrahigh field scanners
restricts the use of heteronuclear MRS in the human body to
specific research programs.

12. Conclusions

The review of human ultrahigh-fieldMRI features shows that
the new tasks specific for technologies that implement static
magnetic fields exceeding 3 T give rise to a significant number
of new engineering solutions, which possess fundamental
scientific and technological novelty. For example, the
problem of RF magnetic field inhomogeneity that is induced
due to the interference of primary and secondary RF
radiation might be solved either with development of new
transceiver RF coils that would work in the multi-channel
scan mode (moreover, both static and dynamic approach to
the channel control might be realized), either by using
metamaterials, or dielectric pads, or by switching to the
dielectric resonator-based coils, or with a fundamentally
novel waveguide MRI technology. Due to the complexity of
the new tasks and their interrelationships, integrated solu-
tions appear, and they allow overcoming several barriers on
the way to the accessible ultrahigh-field clinical MRI at once.
For instance, the use of metamaterials and materials with
high permittivity opens opportunities for both reducing the
RF load on patients and improving the transmission field
homogeneity; the use of MR fingerprinting and compressed
sensing technique also contributes to this aim. The latter
methods allow significant reduction of the scanning time due
to the limited data acquisition.

On the other hand, the new opportunities of ultrahigh
field MRI substantially expand the range of its applications.
The improved spatial and functional resolution of fMRI
makes it possible to observe the brain structures that
formerly have been accessible only with invasive methods.
The increased efficiency ofmagnetization transfer leads to the
development of more effective disease diagnostic methods.
Heteronuclear MRI also increases the number of diagnostic
tasks that can be solved byMRI; moreover, it allows studying
metabolic processes in vivo. The fingerprint recognition
facilitates transition from qualitative to quantitative assess-
ment ofMR images, which, in turn, improves the efficiency of
clinical diagnostics. Such technologies most often undergo
preliminary tests in pre-clinical ultrahigh-field MR scanners
that are not intended for human scanning. For this reason, a
large part of modern studies in this field that has not yet been
tested on humans (or tested in MRI scanners that allow
human body scanning, at least) is not included in this review.
Such research and technologies include magnetization trans-
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Figure 16. (Color online.) Heteronuclear images acquired in an ultrahigh

field. (a) 23Na images in a 7-T field: (I) healthy human brain, (II) cerebral

ganglioglioma in the left frontal lobe, and (III) cerebral glioblastoma in the

left frontal lobe. (b)Maps showing distribution of 19F-labeled neural stem

cells implanted into a mouse (highlighted in pink against the grey

background of a classical 1H-image) obtained in a 9.4-T field within (I)

1 hour, (II) 3 days, and (III) 1 week after surgery. The maps allow cell

viability to be assayed in the course of time.
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fer experiments conducted at the Institute of Cytology and
Genetics, Siberian Branch of the Russian Academy of
Sciences [231±233], heteronuclear applied research at Lomo-
nosov Moscow State University [234±236], and certain
aspects of the use of new contrast agents described in the
works of the team of the Pirogov Russian National Research
Medical University [237±240].

This review on ultrahigh field human MRI clearly shows
that although this diagnostics method is not clinically
implemented yet, intensive works intended to overcome
existing technical constraints are carried out throughout the
world, and the search for new diagnostic opportunities for
modern medicine provided by ultrahigh magnetic fields is in
progress.
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