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7.1. Fundamentals of magnetic resonance elastography 

7.1.1. Introduction 

Many pathologies affect the tissue structure and composition at different levels, 

including cellular modifications and the interactions betweencells and their close 

surroundings, from the extracellular matrix up to the entire organ. Since the tissue 

structure and its composition determine how these tissues deform in response to an 

applied force, there is correlation between the mechanical properties and the 

pathologic tissue alterations.  

Due to this fact, the measurement of mechanical tissue properties or « elastography » 

has been proposed as a quantitative marker of pathological or healthy conditions. Several 

development efforts have been dedicated to imaging methods that would be capable of 

measuring the mechanical properties in a clinical setting. 
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Historically, ultrasound elastography has been the first instance of virtual palpation. 

Magnetic resonance imaging has been later adopted as an imaging tool to develop 

magnetic resonance elastography (MRE). Regardless of the underlying imaging method, 

all elastography approaches are based on three aspects: the application of a static or 

dynamic constraint, the measurement of the induced deformation and the reconstruction 

of mechanical properties. In the case of MRE, these elements consist of the generation 

and propagation of a shear wave, a phase-contrast MRI sequence, and a quantitative 

reconstruction starting from the estimation of the shear modulus. 

 

Figure 7.1. Schematics of a pneumatic transducer employed in a clinical setting.  

The passive transducer is placed upon the thorax to transmit shear waves to the 

liver. Image from Resoundant (Rochester, MN, USA) 

Frequencies in the order of 50 Hz are typically used in clinics or even higher 

frequencies, in particular in preclinical scanners, where higher spatial resolutions are 

required. Several driver technologies are employed to produce shear waves in the region 

of interest. The most common approach in clinical settings is pneumatic excitation: a 
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loudspeaker located outside the MRI room delivers acoustic vibration via a semi-rigid 

tube to a passive transducer made of a chamber with a membrane that vibrates in contact 

with the patient’s skin (Venkatesh et al. 2013) as illustrated in figure 7.1. Mechanical 

excitation can also be generated by an electromechanical or piezoelectric transducer and 

can be transmitted as a rigid motion to the MRI room, directly delivered to the actuator 

(Tse et al. 2009), or obtained from the rotation of an axis with an eccentric mass at its 

end in contact with the patient (Runge et al. 2019). 

In such practical conditions, which are the most common ones, the displacement 

induced in tissues by the external transducer can be considered to be well represented by a 

harmonic plane shear wave. This hypothesis enables applying well-established wave 

propagation equations to estimate local mechanical properties. The equation of a 

propagating wave in a linear viscoelastic medium is given by: 

                    [7.1] 

where  is the tissue density, ω is the angular frequency of the wave, and u is the 

displacement field (and Δ is its Laplacian). Here, the mechanical properties are composed 

of a real part µ corresponding to the elasticity of the tissue and of an imaginary part ωη 

corresponding to its viscosity that together can be represented as a complex shear modulus 

G: 

           [7.2] 

The real part of G is the storage modulus, sometimes denoted as G’, and corresponds 

to the elasticity of the tissue, whereas the imaginary part, or loss modulus G’’, is related to 

its viscosity. The magnitude of G and the damping ratio G’’/2G’, derived from the 

representation of the complex value G in polar coordinates are sometimes employed. In 

this way, we obtain the fundamental equation that relates the displacement induced by the 

wave to the mechanical properties of the medium in which it propagates: 

            [7.3] 

To visualize the waves generated via the different vibration devices mentioned above, 

motion-sensitive imaging sequences have to be used. For this purpose, encoding gradients 

are added to standard sequences such as gradient echo or spin echo sequences. The 

employed encoding gradients are designed to create a phase change in the signal that is 

proportional to the displacement (Lewa 1991). In order to solve equation [7.3], 

instantaneous tissue displacement has to be detected. This is achieved by temporally 

synchronizing the encoding gradients (      in the equation [7.4]) with the mechanical 

vibration and repeating the measurement for different phase offsets between the encoding 

gradient and the mechanical vibration. The obtained phase can be expressed in terms of 

the time profile of the gradients and the tissue displacement at a point     in the image: 
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  [7.4] 

In practice, most often, gradients (typically with a sinusoidal or trapezoidal shape) that 

oscillate at the same frequency as the mechanical wave are used. Tissue displacement can 

also be described as sinusoidal motion whose frequency is imposed by the transducer and 

whose amplitude and phase vary within the sample. When required, the different spatial 

components of displacement can be estimated by consecutively encoding the motion with 

gradients oriented along the three spatial directions. 

Once the phase images are obtained, phase unwrapping followed by a conversion 

from radians to micrometers is performed to obtain the displacement field     . The 

compression displacement component is then removed (using one of the several available 

methods), to obtain the complete shear displacement field (typically as amplitude and 

phase data in the acquired image domain). The latter is then used to perform a local 

inversion of the equation [7.3] thus leading to an estimation of G over the entire image or 

on an area of the image where both wave propagation and sufficient signal-to-noise ratio 

are obtained. 

7.1.2. MRE signal encoding 

If we consider a (plane) shear wave that propagates in the y-direction with 

displacement motion along the z-direction, the displacement field can be expressed as:  

                                    [7.5] 

A represents the amplitude of this wave, ω is its frequency, k is the wave vector, 

oriented here along the y-direction, and 0 is the initial phase of the wave which for now 

we consider equal to zero. Equation [7.4] shows that in order to encode this wave 

displacement into the phase of the MRI signal, the gradient            has to have at least 

one component parallel to the direction of tissue displacement (z in equation [7.5]). 

Ideally, to maximize the encoding,            is chosen such that:  

                       [7.6] 

where       is a periodic function (often with the same period as the wave). Figures 

7.2A, 7.2B, and 7.2C illustrate the phase encoding in a relatively simple case of a plane 

wave generated by a vibrating plate with a frequency of 50 Hz and amplitude of 25 µm 

described by equation [7.5] and a trapezoidal gradient with the same frequency of 50 Hz 

and an amplitude of 40 mT/m.  

Figure 7.2B shows the displacement obtained at four separate points along the 

direction of propagation as well as the phase variation (according to equation [7.4]) 
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when the motion encoding gradient is applied for one period. Figure 7.2C represents the 

final phase value depending on the position along the direction of propagation. As we can 

see, the phase provides an image of the displacement field. Other images at different 

instants of the wave propagation are required; this is achieved by repeating the acquisition 

with a delay between the motion and the application of the encoding gradient. Usually, at 

least four different sequential acquisitions are performed. 

By observing the obtained encoded phase in figure 7.2C, it can be noticed that its 

absolute value is greater than π. In MRI, the signal’s phase is bounded between   –π and π 

and this means that the acquired phase image will exhibit phase wraps, which can be 

easily unwrapped in the present example. However, phase continuity between the 

different acquisitions must be ensured as well, and in the case of more complex or noisy 

displacement fields, the phase unwrapping step can be quite difficult. 

  

Figure 7.2A. Schematics illustrating a device for generating shear waves within a 

phantom 
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Figure 7.2B. Motion-encoding gradient (40-mT/m amplitude, 50-Hz frequency) as a 

function of time, wave (25-µm amplitude and 50-Hz frequency) and phase encoding 

obtained at 4 equidistant points along the propagation direction during one period. 
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Figure 7.2C. Phase accumulated after one period at different points  

along the direction of propagation 

 

However, the phase of the acquired MRI signal is affected by other physical 

phenomena that are most of the time static, i.e. constant over time. The most common 

effect is related to the non-uniformities of the static magnetic field B0, which translates 

into a static phase    in the acquired images. In order to remove these undesirable effects 

in MRE, two acquisitions are performed with opposite polarities of the motion-encoding 

gradients, and the phase signal of interest is retrieved by subtracting the phase images of 

the two acquisitions. However, since phase images can exhibit different wraps that are not 
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necessarily well-localized, the phase related to the wave is typically extracted from 

complex images: 

              

              
        

 

 
    

       

       
   [7.7] 

Phase encoding by means of encoding gradients can be added to any kind of MRI 

sequence. Such gradients are executed after the excitation pulse and before the signal 

readout gradients, which, as a consequence, increases the echo time. Figure 7.3 represents 

the case of a gradient echo sequence where motion encoding is performed along the slice 

direction. Encoding the motion along the other directions is possible as well; displacement 

fields are commonly acquired in a sequential way along the three orthogonal spatial 

directions in advanced scans, or even along oblique directions by exploiting the 

simultaneous application of several gradient directions in order to maximize the effective 

gradient amplitude. The sequence chronogram in figure 7.3 additionally shows that 

motion is triggered before the encoding gradients are applied, such that a stationary state 

of the shear wave is achieved. In some cases, motion is continuously induced, but this 

requires choosing a TR of the sequence equal to an integer number of motion periods and 

ensuring the absence of any time drift between the different clocks intervening in a scan 

(the MRI system clock and vibration device). Accumulation of small delays over several 

consecutive TRs yields increasingly negative impact over the scan’s duration. In order to 

probe different instants of the wave propagation, a phase offset   is introduced between 

the wave and the motion-encoding gradient. Four acquisitions (corresponding to four 

different values of ) are usually performed with a constant phase offset over the interval 

[0, 2[, referred to as different phase steps. 

The employed frequency of the shear wave is chosen depending on the targeted organ 

or tissue and on the achievable spatial resolution. Since the wave attenuation increases 

with increasing frequencies, it is important to choose an appropriate frequency that 

enables sufficient penetration into the investigated region. Thus, in most clinical MRI 

scans, the employed frequencies vary between 20 Hz and 200 Hz. The lower frequency 

boundary is related to the corresponding wavelength. Although a local wavelength 

measurement is sought (from which to extract the shear speed or shear modulus), it is 

necessary that the reconstruction step be performed with wavelengths shorter than the size 

of the targeted organ. Because of this, small-animal applications employ higher 

frequencies, varying from 200 Hz to approximately 1 kHz. 
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Figure 7.3. Chronogram of a magnetic resonance elastography sequence 

based on a gradient echo sequence and an encoding gradient with a duration of 

three periods along the slice direction 

 

One last aspect to be taken into account is related to the acquisition matrix in the slice 

plane. The resulting image should provide a visualization of the wave propagating inside 

the region of interest, which defines the maximum pixel size in the image plane. On the 

other hand, the minimum size is imposed by the resulting signal-to-noise ratio (SNR) of 

the image. A rule of thumb consists in choosing a pixel size such that one wavelength 

corresponds to about ten pixels while ensuring an SNR greater than 10. 

7.1.3. MRE data reconstruction  

7.1.3.1. Fundamentals 

Once the displacement field has been encoded into the phase of the MRI signal, the 

last step is the reconstruction of the mechanical properties. Overall, the various 

reconstruction methods can be classified into three categories: 

1) Local Frequency Estimation methods (LFE). These methods are based on the 

estimation of spatial frequencies in the wave image, leading to a mapping of the 

wavelength and thus of the local elasticity. This reconstruction method is employed in 

approved clinical MRE products and we will describe its principle in detail below; 

2) direct inversion methods where the wave equation is inverted are also common 

and widely used by several research groups. In a purely elastic linear medium, the wave 

propagation equation [7.1] can be written as:  
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  [7.8] 

It is thus possible to determine the shear modulus µ by discretizing the above 

equation. This method, apparently simple, carries however a major disadvantage of being 

sensitive to noise. We shall see how some conditioning steps such as frequency filtering 

can significantly improve the robustness of this method; 

3) iterative methods: such methods exploit the simulation of displacement fields 

usim via direct approaches, for example using finite difference or finite elements. The goal 

of these methods is to minimize the error between a simulated displacement field usim and 

the experimentally measured displacement field uexp (Van Houten et al. 1999). Such 

methods can potentially be powerful as they are capable of extracting the parameters of 

rather complex models, such as those describing tissue anisotropy, yet they are demanding 

in terms of computation time. 

7.1.3.2. Pre-processing/conditioning 

Before any inversion algorithm is applied, the first step is to unwrap the phase. The 

latter is obtained as the arctangent of the ratio between the imaginary part and the real part 

of the MRI signal, hence it is confined between - and . From a physical point of view, 

there is no reason for the phase to be restricted only to this range and an unwrapping step 

is often required to retrieve the actual phase. A second step that is widely employed in 

MRE, including in clinical MRE, consists in filtering based on the temporal Fourier 

transform (TFT). Applying the TFT is much more than a simple pre-processing step since 

it leads to direct implications regarding the MRI scan: for example, the N phase steps 

required for the TFT (typically, N = 4) usually imply N different acquisitions and a scan 

time multiplied by the same factor. For each voxel of the region of interest, TFT is 

applied to the N measurements, thereby selecting the displacement occurring at the 

frequency of mechanical excitation while filtering out the other frequency components. 

This step significantly improves the robustness of the reconstruction.  

7.1.3.3. LFE method: local frequency estimation  

The LFE method is rather complex and our goal here is to illustrate its main aspects. 

The reader can find detailed explanations in (Manduca et al. 2003) as well as in the 

original article by Knutsson (Knutsson et al. 1994) about radar signals which is the 

foundation for the LFE method in MRE. This method is based on processing steps 

following a spatial Fourier transform of the wave image. Clearly, spatial frequencies ν 

(and thus, indirectly, shear wavelengths λ from λ =1/ν) are located in the Fourier space, 

although without any information on their localization in space. The LFE method enables 

localizing the spatial frequencies of the Fourier domain in space. For this purpose, it can 

be shown that the local spatial frequency ν of a signal S can be found by applying 

lognormal filters Ri and Rj with central frequencies νi and νj, respectively: 
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   [7.9] 

with ri and rj the inverse Fourier transforms of Ri and Rj, respectively. In summary, the 

LFE algorithm is composed of the following steps: 

– Spatial FT of the wave image, displaying the spatial frequency peaks 

(corresponding to the different wavelengths and thus to elasticity in the image) in the 

Fourier domain; 

– Filtering via pairs of lognormal filters with central frequencies chosen a priori; 

– Calculation of the ratio between the filtered signals, providing the radial spatial 

frequency; 

– Combination of radial and directional filters to extend the method to a 2D image. 

Once these operations have been performed, a map of spatial frequencies ν(x,y) = 

1/λ(x,y) is obtained, and hence the shear modulus µ(x,y) is retrieved with the hypothesis of 

a purely elastic and incompressible medium via µ = ρ.λ².f 
2
, where f is the excitation 

frequency. Figure 7.4 represents the three steps required to perform an MRE acquisition. 

               

                          a) Mechanical excitation      b) Motion encoding  

 

c) Reconstruction 

Figure 7.4. Illustration of the three steps of an MRE acquisition. a) Generation and 

transmission of a shear wave in the region of interest, b) visualization of the motion on 

the phase images of an MRE scan, and c) mapping of the mechanical properties by 
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means of reconstruction algorithms. Data obtained in a gel made of 2.5 % gelatine with a 

stiffer inclusion (4 % gelatine). 

7.2. MRE sequences 

The way to encode the MRE signal has evolved significantly since the first sequence 

was proposed (Muthupillai et al. 1995). Each modification has sought to perform faster 

scans, increase the amount of acquired information or decrease the echo time to increase 

the SNR. Some of such sequences are non-exhaustively described in this section. 

7.2.1. Fractional encoding 

One of the characteristic MRE limitations is related to the duration of the motion-

encoding gradients. Since they are applied after the excitation pulse of the imaging 

sequence, their duration leads to an increase in the echo time causing a loss of signal. This 

is further reinforced at lower mechanical frequencies. The goal of fractional encoding is to 

remove this undesired coupling between the applied mechanical frequency and the 

available signal at the price of reduced sensitivity to motion.  

The idea is based on the fact that, according to equation [7.4], it is possible to obtain a 

non-zero phase accumulation even when the gradient shape is different to the case 

illustrated in figure 7.2B. In practice, encoding gradients are executed with a frequency 

higher than the mechanical frequency. This enables a decreased echo time, thanks to the 

shorter duration of the motion-encoding gradients, and, hence, a gain in signal. Such a 

strategy can become advantageous in particular in organs such as the liver, where some 

pathologies are characterized by a strong loss of signal. On the other hand, the difference 

between the mechanical frequency and the encoding gradient frequency leads to a 

reduced accumulation of phase, all the more so as a smaller fraction of the mechanical 

vibration cycle is exploited for the encoding. The ratio q between the duration of the 

encoding    and the period of the mechanical oscillation T (or, equivalently, between 

the mechanical frequency and the encoding frequency),   
  

 
  

 

  
, represents then a 

characteristic variable in the sequence. By integrating equation [7.4], in which the 

gradient shape is replaced by a sinusoidal signal with a pulsation    (period   ) and an 

amplitude     , the accumulated phase ϕ over a given encoding duration     is 

expressed with respect to the ratio q as:  

  
           

 
 
       

    
  [7.10] 

In typical conditions, where the aim is to obtain echo times shorter than the 

mechanical period,    will have to be maximized to maintain as high a sensitivity as 
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possible. This kind of encoding can be exploited for simultaneously acquiring several 

multiples of the base mechanical frequency, by means of a transducer capable of 

generating arbitrary mechanical waveforms (Garteiser et al. 2013). 

7.2.2. Multidirectional encoding 

In order to retrieve the mechanical properties of anisotropic tissues, displacements 

induced along the three orthogonal spatial directions have to be measured. This can be 

done by sequentially applying the motion-encoding gradients along the three directions, at 

the expense of the acquisition time being multiplied by three. Klatt et al. (Klatt et al. 

2013) have proposed a method that enables simultaneous acquisitions of the three spatial 

directions in the case of a mono-frequential shear wave. 

The underlying principle consists in applying an encoding gradient first in phase with 

the wave and then with an increasing phase offset. In the case when a single period of a 

sinusoidal encoding gradient is employed with a frequency equal to the wave frequency, 

following equation [7.4], the encoded phase is given by: 

       
    

  
                      [7.11] 

The simultaneous application of gradients along the three spatial directions (i = 1, 2, 

and 3, for the directions x, y, and z, respectively) with different initial execution times t0i,n 

(and thus different phase offsets) and a sampling of at least eight phases (N = 8) 

described by:  

    
 

   
                                       

                       
  [7.12] 

results in the n
th
 encoded phase being the sum of the encoding obtained from the three 

gradients: 

    
      

  
           

 

   

       
   

 
     [7.13] 

In these conditions, equation [7.13] shows that the phase encoding of each direction 

translates into a different apparent frequency in the temporal evolution of   . The 

encoding of x, y, and z directions is obtained by applying the Fourier transform and by 

retrieving first, second, and third harmonics, respectively. This method, called SLIM-

MRE (SampLe Interval Modulation), has another version where the initial phase of the 

encoding is changed (Kearney et al. 2017).  
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7.2.3. Diffusion MRE 

Due to the common requirement of applying encoding gradients, the elastography 

and diffusion techniques are similar in terms of acquisition methods. In fact, similar to 

diffusion-encoding gradients employed in diffusion-weighted sequences, the motion-

encoding gradients used in MRE introduce a dephasing, with a greater effect in more 

mobile water molecules. The decrease in signal amplitude detected in such a way can be 

exploited to estimate the apparent or average diffusion coefficient via the methods 

described originally by Stejskal and Tanner (see chapter 4). The feasibility of this 

approach has been established in a phantom (Yin et al. 2014) and in a mouse brain (Yin 

et al. 2017b). The simultaneous encoding of incoherent motion related to diffusion in the 

image magnitude and periodic motion related to the acoustic wave in the phase image 

leads to an advantageous reduction of the acquisition time, compared to a consecutive 

execution of a diffusion scan and an MRE scan. Besides, spatial co-registration between 

elastography and diffusion data is automatic in the simultaneous approach. On the 

downside, undesired interactions between the two modalities can often occur when the 

wave amplitude reaches sufficiently high levels to affect the magnitude image due to 

intravoxel phase dispersion (Glaser et al. 2003). 

7.2.4. Optimal control MRE  

Most motion-encoding techniques for MRE are based on motion-encoding gradients. 

However, it is also possible to encode motion during the generation of the transverse 

magnetization. For this purpose, a gradient has to be applied, which can be constant (and 

not oscillating) while the excitation pulse selects the slice and encodes the motion into the 

phase of the signal. Computing such a pulse is not trivial and is achieved using optimal 

control.  

Optimal control is a method that determines a control that has to be applied to bring a 

dynamic system from an initial state to a final state for a given  optimality criterion 

defined via a cost function. From a mathematical point of view, this method is based on 

Pontryagin’s maximum principle (Pontryagin et al. 1963). An analytical solution can be 

found in the case of low-dimensional problems, while in other cases it requires numerical 

solvers (Khaneja et al. 2005). In NMR and MRI, the dynamic system is composed of 

different isochromats
1
 that have to be controlled and whose evolution can be described by 

Bloch equations (or by using quantum formulations). The applied control, whose 

duration has to be specified beforehand, is done by the RF pulse, which brings the 

dynamic system from an initial state, that in this case corresponds to the 

                                 

1. An isochromat is defined as an ensemble of nuclear spins that are exposed to the same static 

magnetic field and behave in a similar way. 
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thermodynamic equilibrium state, to a target state, whose formulation below provides 

phase encoding similarly to the one obtained in MRE with an oscillating gradient:  

     
    

 
 
 
 
            

       

    

  

           
       

    

  
 
 
 
 
 

 [7.14] 

i [1 ; Niso] where Niso represents the number of isochromats to be controlled along a 

wavelength as illustrated in figure 7.5 (Niso = 10). The target state regards only the 

transverse magnetization, whose two components defined by equation [7.14] provide the 

desired phase of the MRI signal while targeting a maximized modulus of the transverse 

magnetization and, hence, maximized signal amplitude. 

 

Figure 7.5. Discretization of the wavelength for Niso = 10 isochromats 

In order to calculate the RF field to be applied, the controlled system has to be 

described as precisely as possible. This is done using Bloch equations (by taking into 

account the relaxation time constants T1 and T2 during the execution of the RF pulse) and 

including the effect of a constant gradient applied while the shear wave is propagating.  

For the system described in figure 7.2, to obtain a slice in the yOx plane, a constant 

gradient will have to be applied along the z-direction. Displacement generated by the 

wave (equation [7.5]) leads in such cases to a variation of the B0 field, given by: 

                          
    

 
   [7.15] 

where z represents the position in the direction of application of the constant gradient. In 

the case of 2D imaging, the fact that the isochromats have a resting position (in the 

absence of a shear wave) different from z = 0 has to be taken into account. Equation 

[7.15] describes the variation of the B0 field that would be perceived by an isochromat at 

position z due to the simultaneous application of the Gz gradient and shear wave. A slice 

with a thickness Δzin will correspond to a bandwidth (in Hz):  
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              [7.16] 

Thus, for the optimization problem and the associated cost function, a certain 

number of isochromats within the desired slice has to be defined. This number has to 

be sufficiently large for the applied control to be robust such that the isochromats 

located within the control intervals follow the same dynamics as the controlled ones. 

However, a large number would considerably increase the computation time and the risk 

of the algorithm’s non-convergence. Moreover, the spatial selectivity of the pulse has to 

be ensured by guaranteeing that the executed pulse does not affect the isochromats 

outside the selected slice. This is achieved by considering a certain number of 

isochromats located outside the slice thickness that should remain in the thermal 

equilibrium state. If Δzout is the spatial location of these isochromats, this condition can 

be written as: 

       
 
 
  

              [7.17] 

Figure 7.6 represents the magnitude of such a pulse (the phase is set to 0). It can be 

noticed that the magnitude has an upper bound of 94 µT, which corresponds to one of the 

optimization criteria that have to be defined beforehand to comply with the specifications 

of the employed transmit coil. 

This MRE acquisition method presents advantages and disadvantages which should be 

mentioned. The advantages include a better signal-to-noise ratio for a given phase 

encoding efficiency (Van Reeth et al. 2018), the use of a constant, and not oscillating, 

gradient, which reduces the requirements regarding the gradients system, the possibility of 

acquiring signals with extremely short echo times and thus to target tissues with a short T2, 

and the possibility of creating pulses that simultaneously encode several frequencies 

(Sango et al. 2020). The main constraints consist in the current impossibility of 

encoding displacements in other directions than the slice selection, the specific absorption 

rates considerations, since the executed pulses are more efficient when their amplitudes 

are higher, the need for precise knowledge of the experimental system (gradient 

amplitude, motion frequency, relaxation times T2), although it is possible to take into 

account possible non-uniformities of B0, and, finally, the computation time which can be 

rather long (in the order of several days) without a guarantee of satisfactory convergence. 

However, once the pulse is calculated, it can be used without any constraint whenever the 

experimental conditions correspond to the optimization criteria used in the optimization 

process.  
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Figure 7.6. Example of the magnitude (the phase is set to 0)  

of a pulse calculated via optimal control for MRE 

 

7.3. Main targeted organs and applications 

7.3.1. Liver MRE 

The liver is a preferential MRE target. Respiratory motion is a challenge, but it can be 

mitigated via breath-hold acquisitions. As it is located relatively close to the body surface, 

transmitting acoustic waves within its volume from one or two external sources is simple. 

Moreover, specific coils and long-established MRI scans are widely available and 

common in imaging centers. Finally, the measurement of the hepatic mechanical 

properties can be of great interest to several clinical diagnostic approaches. 

Most of all, liver MRE has been used for the diagnosis of fibrosis. In this pathological 

condition, which can have viral (in particular, hepatitis B and C), alcoholic, or metabolic 

causes (non-alcoholic hepatic diseases such as non-alcoholic steatohepatitis), the presence 

of even small quantities of collagen fibers, whose stiffness is several orders of magnitude 

greater than a healthy liver’s stiffness, leads to a significant increase in measured 

mechanical properties, even at earlier disease stages. Since the mechanical properties 

increase with the fibrosis degree, as illustrated in figure 7.7, threshold stiffness values can 

be determined to stage the patients’ fibrosis class before resorting to the biopsy, which 

is the universally recognized reference method in clinical practice. The latter, although 

it is the only acknowledged technique for fibrosis diagnostics, is associated with low 

intraobserver repeatability, a very small analyzed volume that can lead to sampling 

biases, and a non-zero risk of complications for the patient. Besides, it is not well 

suitable for repeated examinations required for monitoring or therapeutic follow-up.  
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Several studies have quantified in detail the performance of MRE for the diagnostics 

of fibrosis. This technique is now considered to be a useful exam for fibrosis diagnostics 

in patients with non-alcoholic hepatic diseases (Chalasani et al. 2018) and the viscoelastic 

parameters of biomarkers have been validated in this context. Although inflammation that 

accompanies fibrosis can lead to greater mechanical properties, this increase is not 

sufficient to exploit stiffness as a clear inflammation marker. Other parameters obtained 

via MRE are being evaluated regarding their sensitivity to inflammation or other 

associated disorders such as ballooning. The viscoelastic ratio (Yin et al. 2017a), could 

eventually provide indications regarding these other hepatic diseases. Some works also 

measure the mechanical properties at several mechanical excitation frequencies, either to 

make the measurement more robust (Tzschätzsch et al. 2016), or to use the frequency 

dispersion coefficients as additional biomarkers (Asbach et al. 2010). 

 

 

 

Figure 7.7. Illustration of the MRE in the context of hepatic fibrosis. a) and b) Phase 

images illustrating the wave propagation and maps of the shear modulus (average: 2.4 

± 0.5 kPa), respectively, for a patient without fibrosis (METAVIR score F0). c) and d) 

G’ (kPa)  (rad) 

G’ (kPa)  (rad) 
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Phase images illustrating the wave propagation and maps of the shear modulus 

(average: 4.4 ± 1.4 kPa), respectively, for a patient diagnosed with stage-F3 fibrosis. 

In its more advanced form, fibrosis can worsen into cirrhosis, the most severe fibrosis 

stage in pathological classifications. In cirrhosis, the amount of collagen is very large for 

any degree of severity, but in some patients, this pathology is accompanied by more or 

less high hypertension in the hepatic and abdominal vascular systems, such as in the 

spleen. This hypertension progresses into esophagus varicose veins with a risk of 

bleeding. For cirrhosis patients, MRE can be performed both in the liver and spleen to 

evaluate portal hypertension due to the relationship between the vascular pressure in these 

two abdominal organs and their mechanical properties (Ronot et al. 2014).  

MRE is also suitable for the mechanical characterization of cancerous hepatic lesions. 

The different tumor types encountered in the liver can differ in extracellular matrix 

composition, vascularization implications, or degree of cellularity and necrosis. However, 

in the context of cancerous lesions, precaution is required concerning MRE. In fact, the 

application of spatial filters, or the calculation of spatial derivatives required for most 

reconstructions can negatively affect the images via a point-spread function whose width 

can be similar to the lesion size. This problem is naturally exacerbated in the case of small 

tumors, i.e. smaller than 8 mm (Bohte et al. 2013). 

7.3.2. Brain MRE 

MRE of the brain is particularly interesting in the sense that assessing this organ via 

ultrasound elastography methods is very difficult due to the attenuation of the ultrasound 

in the skull. Several studies have investigated different pathologies and their effect on the 

elasticity of cerebral tissue measured via MRE.  

7.3.2.1. MRE and neuro-oncology  

About a dozen studies have performed MRE on different types of brain 

tumors (Bunevicius et al. 2020). Overall, glioblastomas have been reported as being softer 

than healthy parenchyma (Streitberger et al. 2014) and the elastic modulus of gliomas 

seems to decrease with increasing glioma grade. The elastic modulus of meningiomas 

seems to be more variable and heterogeneous than in other tumors. Globally, the 

discrimination of different tumor types using the elasticity parameter is restricted and it 

can hardly be sufficient for diagnosis, although it represents complementary information 

in addition to other MRI acquisitions. 



196     MRI challenges 

7.3.2.2. MRE and pathologies affecting the global elasticity of brain tissue  

Overall, neurodegenerative diseases are correlated with a decrease in the elastic 

modulus. Alzheimer’s and Parkinson’s diseases and dementia with Lewy bodies seem to 

lead to a significantly decreased stiffness of cerebral tissue (ElSheikh et al. 2017).  

 

                       a)                           b)                             c)                          d) 

Figure 7.8. Illustration of MRE of the brain in Alzheimer’s disease. a), c) Anatomical 

images, b), d) maps of the shear modulus 

In a similar way, multiple sclerosis tend to induce a decrease in elastic modulus of 

cerebral tissue (Wuerfel et al. 2010) and the viscoelastic parameters seem capable of 

predicting the progression of this disease (Streitberger et al. 2012). 

7.3.2.3. MRE and pre-operatory planning in neurosurgery 

It is important to underline that the mechanical properties of cerebral tissue are also 

very important for pre-operatory planning. In particular, the adherence of the tumor to the 

surrounding tissue represents valuable information that can help neurosurgeons plan a 

resection procedure. Discontinuities of displacement fields measured by MRE have 

been proposed as markers for predicting this adherence, with a good correlation with 

the adherence estimated during interventions on meningiomas and vestibular 

schwannomas (Yin et al. 2017c). 

7.3.3. MRE and other organs 

Several other organs are worth to be investigated using MRE. However, the fact that 

this is not currently the case is essentially related to the intrinsic difficulties in applying 

MRE to these organs. Such challenges are related to the design of the mechanical wave-

generating device and its validation for clinical use, the MRI data acquisition required for 

the elastogram reconstruction, or the reconstruction of elastograms in tissues where the 

usual hypotheses (isotropy, local homogeneity) are not valid. The three examples below 

illustrate such cases. 

Healthy elderly subject Alzheimer’s disease patient 
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7.3.3.1. MRE of the breast 

Breast cancer is the most common cancer in females and its screening methods either 

are invasive in the case of biopsies or ionizing modalities in the case of mammographies. 

Therefore, there is a great need for alternative detection and staging, all the more so as 

mortality is mostly due to the resulting metastases rather than primary tumors. MRI is not 

a primary tool for breast cancer screening. Breast MRI scans require a prone position of 

the patient with a dedicated multichannel receive coil surrounding each breast. The wave-

generating device has then to be integrated into the receive coil, which excludes any large 

or stand-alone device. Some research groups have developed functional solutions that 

provide images with good quality (Plewes et al. 2000; Sinkus et al. 2005). An MRE exam 

has to be performed covering the entire breast and with a sufficient spatial resolution for 

precise demarcation of tumor areas. Currently, this can be done in slightly more than ten 

minutes, which, although promising, is still too long to be included in a clinical protocol. 

To this day, in terms of results, the shear modulus obtained via MRE alone does not allow 

tumor staging and detection of lesions with the highest probability of metastasis. 

However, the retrieved information is valuable and complementary to that obtained via 

other imaging methods (in particular, with contrast-agent dynamic MRI). A detailed and 

recent review of MRE applications for breast cancer screening has been compiled by 

Bohte et al. (Bohte et al. 2018). 

7.3.3.2. MRE of the muscles 

Since the muscles are organized into fiber fascicles, at a local scale, they exhibit 

properties of transverse isotropy and not three-dimensional isotropy, which is an 

assumption required for many reconstruction algorithms and for LFE in particular (see 

section 7.1.3.2). A transversely isotropic medium is characterized by two shear moduli, 

which in the case of muscles correspond to the parallel and transverse orientation with 

respect to the fiber direction. Characterizing these two moduli requires a priori knowledge 

of the fiber orientation, which can be obtained via diffusion MRI. However, few studies 

has been published so far in this direction, and researchers have mostly made different 

choices ranging from simplified hypotheses of isotropic medium to mono-directional 

mechanical excitations or spatial filtering to isolate a single wave component.  

In terms of devices, most studies have used a pneumatic or electromechanical 

transducer with a surface coil placed as close as possible to the investigated muscles. The 

latter are essentially muscles of the thigh and calf or biceps muscles. The results (Dresner 

et al. 2001) show a growing linear correlation between the muscular contractions for 

different applied loads and the shear modulus representing the muscular stiffness. These 

stiffness variations between resting and contraction states are the basis for extracting 

parameters to characterize muscular disorders, especially in the case of Duchenne 

muscular dystrophy (Bensamoun et al. 2015). 
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7.3.3.3. MRE of the heart 

Cardiovascular diseases are the first cause of death in Western countries and their 

early detection is of major importance. Characterizing the myocardium contractility is 

fundamental in many cardiac pathologies and MRE is quite relevant in this case since the 

shear modulus could be directly related to the intracardiac pressure (Elgeti et al. 2008). 

However, MRE of the heart presents several specific aspects that strongly hinder its 

exploration. The main difficulties are: (1) the heart is a muscle with a myocardium fiber 

architecture that is even more complex than the one in skeletal muscles; (2) the 

biomechanical properties of the myocardium have to be characterized at different instants 

of the cardiac cycle which implies a constraining synchronization of the acquisitions, 

especially arrhythmias are present in some pathologies, hence leading to long and 

repeated scans; (3) the heart is located within the thoracic cage and surrounded by other 

organs. Consequently, transmitting a shear wave using an external device is not simple. 

Most of the performed studies have employed very low excitation frequencies. 

7.3.4. Other applications 

As illustrated before, MRE has been mainly developed for diagnostic applications. 

However, the versatility of this technique offers several opportunities that extend beyond 

such an objective. Here, we shall illustrate two particularly novel applications: on the one 

hand, MRE as a biomechanical characterization method and, on the other hand, MRE as a 

guidance method for thermal ablations in interventional MRI.  

7.3.4.1. MRE as a biomechanical characterization tool 

Knowing the mechanical behavior of biological tissue is fundamental in many 

research and engineering fields. This knowledge is mainly based on experimental results 

obtained in vitro for reasons that are related to experimental protocols. This is a real 

limitation in the sense that the biomechanical behavior of tissues can exhibit significant 

differences between the living and post-mortem states. In general, elastography methods 

have the theoretical potential of characterizing the mechanical properties of tissues in their 

normal condition in vivo. However, they have not been originally developed for the 

purpose of quantitative biomechanical characterization. Our goal here is to illustrate how 

the MRE technique can be adapted to this particularly original objective.  

Diagnostic elastography is essentially based on the hypothesis of purely elastic linear 

behavior. Clearly, the biomechanical behavior of tissues is much more complex: 

biological tissue can typically be viscoelastic, with a non-linear and anisotropic behavior, 

among other properties. Some of these properties can be characterized via MRE methods. 

Viscoelastic properties have historically been the first ones to be investigated. Since 

the early 2000s, some methods for inverting the wave equation have been adapted to 
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characterize not only the elasticity but also the viscosity of biological tissues, essentially 

for diagnostic purposes. One of the goals of these studies was to investigate biomarkers 

other than just elasticity and to quantify their sensitivity to some pathologies (Sinkus et al. 

2005). In a viscoelastic medium, the shear modulus G is complex and equation [7.2] can 

be rewritten by simply decomposing G into a real part and an imaginary part: G = G + 

iG. G is called storage modulus and represents purely elastic behavior. G is called loss 

modulus and represents the viscous behavior of tissue. This representation in terms of 

G, G, and their frequency dependence are very common in biomechanics and rheology 

for viscoelastic characterizations. By inverting the wave equation with the hypothesis of a 

complex wave number, it is thus possible to characterize G and G as well as their 

dynamic behavior, for example using different mechanical excitation frequencies. This 

approach has been applied to different organs to model them with different rheological 

models (Guo et al. 2012; Testu et al. 2017). This kind of novel data represents a major 

contribution in the field of biomechanics. As an example, until the 2000s, there was a 

considerable variation in the viscoelastic properties of brain tissue reported in the 

literature, spanning a range of two orders of magnitude (Chatelin et al. 2010). This 

variation was mainly due to the specificity of in vitro protocols. For the first time, MRE 

allowed the viscoelastic behavior of in vivo brain tissue to be established in its normal 

state (Sack et al. 2008; Vappou et al. 2008).  

In addition to their viscoelastic behavior, some tissues have a strong mechanical 

anisotropy. This is the case of tissues in muscles or the brain. MRE is particularly suitable 

for characterizing this anisotropy due to the possibility of encoding the three displacement 

components with the same quality and precision. From an experimental point of view, this 

approach is rather powerful as it provides an in vivo characterization whereas an in vitro 

measurement requires sample preparation, for example by cutting the sample along 

different directions before characterizing them. Finally, we can also mention the 

characterization of the poroelastic properties of tissues (Perriñez et al. 2010). This 

behavior is characterized by the presence of a liquid phase within a solid matrix. When 

subjected to deformation, the fluid circulation and its interaction with the solid phase give 

the tissue a certain resistance, which is particularly difficult to characterize in vitro. Once 

again, MRE has overcome this major barrier for applications in organs such as the brain 

(Weaver et al. 2012). 

Beyond the contribution of these methods to biomechanics, using more complex 

models than a simple linear elastic model carries also diagnostic opportunities in terms of 

novel biomarker propositions, which are currently employed in several clinical studies as 

mentioned throughout section 7.3.  
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7.3.4.2. MRE for thermal therapy monitoring 

In this section, we describe how MRE can aid in monitoring thermal therapies. 

Although it is certainly a minor application, this example helps illustrate how some 

methodological MRE adaptations can unlock novel applications.  

Minimally invasive thermal ablations emerged in the last decades as a safe, efficient, 

and less complicated alternative to traditional surgery in numerous applications. The 

safety and efficiency of these therapies are, nevertheless, based on real-time guidance 

and monitoring via medical imaging modalities. Among the latter, MRI offers several 

advantages, such as intrinsic contrast in soft tissues and the possibility of monitoring the 

temperature in real time via MR thermometry. However, one of the major challenges in 

this field consists in obtaining new biomarkers that are sensitive and specific to the 

structural integrity of the tissue during its ablation. In theory, the mechanical properties of 

tissues can play this role, as has been shown in some studies that used ultrasound 

elastography for monitoring thermal ablations (Mariani et al. 2014). Some MRE studies 

have also found differences between elasticity before and after thermal ablation (Chen et 

al. 2014). Nonetheless, traditional MRE techniques are still unsuitable for real-time 

monitoring due to the associated acquisition times. In this context, several research teams 

have sought to adapt MRE to the interventional context, in particular, to obtain 

biomechanical information in a real-time fashion for monitoring ablations. Corbin et al. 

(Corbin et al. 2016) have developed a percutaneous interventional MRE method based, on 

the one hand, on direct wave generation by means of the interventional needle, without 

resorting to an additional external transducer, and, on the other hand, on a fast 

acquisition/reconstruction method (fractional encoding, phase steps number reduced to 

3, sliding window) providing elastograms at a timescale of seconds. In addition, 

without additional acquisitions, this method estimates the temperature via PRFS (Proton 

Resonance Frequency Shift) thermometry. For this purpose, two acquisitions are 

performed using MEGs with opposite polarities. The difference between these two 

images helps to retrieve the contribution of the displacements due to the wave 

propagation, whereas, on the contrary, the sum of these 2 images helps to detect the 

changes of phase due to temperature variations.  
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Figure 7.9. Illustration of MRE for monitoring hyperthermia induced by high-intensity 

focused ultrasound (HIFU) using simultaneous elastography and thermometry in swine 

muscle in vitro. Here, moderate hyperthermia (~ 15 °C) is associated with a considerable 

and permanent decrease in shear modulus. 
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Other methods have been developed specifically for monitoring thermal ablations via 

high-intensity focused ultrasound (HIFU). In this case, displacements are produced 

directly by the ultrasound transducer by means of the acoustic radiation force, which 

makes an additional external transducer unnecessary (Souchon et al. 2008; Vappou et 

al. 2018).  

7.4. Conclusion 

MRE is a multidisciplinary technique. Above all else, it requires the generation of 

shear waves within the tissue to be investigated and, thus, appropriate devices have to be 

developed and optimized for the targeted application. Being an MRI technique in its own 

right, it requires good knowledge of magnetic resonance physics concepts. The 

reconstruction of maps can mean solving a complex inverse problem, all the more so as 

MRE is turning to applications in organs with more complex geometry and structure than 

the originally considered liver. Regarding this topic, some research groups have made 

their reconstruction software available: 

1) LFE by the Mayo Clinic in Rochester (United States): 

www.mayo.edu/research/labs/advanced-medical-imaging-technology/focus-areas; 

2) MDEV (an inversion algorithm for multifrequency wave equations) by the Charité 

in Berlin (Germany): https://bioqic.de/bioqic-server/. 

In terms of clinical applications, the contribution of MRE in the diagnostics of hepatic 

fibrosis is undeniable. In about twenty years, it has become a renowned method for a 

global examination of the organ, which cannot be done using the reference biopsy 

method. Another clinical application that attracts many efforts is the brain. Here, again, no 

other modality can provide measurements of the mechanical properties with such a large 

coverage. However, research is ongoing to bring brain MRE to the same level as liver 

MRE, either by focusing on the generation and transmission of waves inside the brain or 

on the reconstruction of the mechanical properties of the brain. The wide scope of 

research in this domain is supported by the growing number of scientific articles of the 

last twenty years, which have seen MRE transitioning from the stage of a novel MRI 

technique to the stage of a well-established diagnostic modality in clinical routine. 
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