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SUMMARY

Magnetic Resonance at low-intensity field has been employed mainly for NMR spectroscopy

even though low-intensity field MRI scanners can be of small size and their use would allow

lower artifacts impact, lower price and operational costs as well as lower SAR within very sen-

sible samples. The present dissertation reports an analysis of both animal tissues samples and

water-based solution carried out with a benchtop 0.5 T scanner. Relaxometry parameters were

computed for liver and muscle samples and were found to be consistent with literature values

and in agreement with an exponential model. Relaxation rates of liver (muscle) for T1 and T2

were 219 ± 3 ms (610 ± 8 ms) and 41 ± 1 ms (51 ± 1 ms), respectively.

A custom-made diffusion sequence was developed and measurements of ADC were carried out,

and results suggest that a 20% gelatine could be useful as a liver and muscle phantom. Never-

theless, the sequence needs to be further improved in order to compensate for possible artifacts

contributions. Muscle Mean Diffusivity values along the three orthogonal directions respected

the known anisotropic water motion behavior.

Along with an MRI approach, a physical support for the piezoelectric actuator and an algorithm

for the computation of the complex displacement maps from the MRE signal were created. The

complex modulus for gelatine, liver and muscle samples was assessed: gelatine samples showed

an increase of the average storage shear modulus with both frequency and also with higher

concentration. Liver storage modulus ranged from 6.49 ± 1.53 to 19.67 ± 3.56 kPa in MEG

xii



SUMMARY (continued)

frequency range between 500 and 2000 Hz, while muscle storage modulus was one order of

magnitude higher with respect to both liver and gelatine samples.
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CHAPTER 1

INTRODUCTION

1.1 Magnetic Resonance

Magnetic Resonance Imaging (MRI) is a non-ionizing, non-invasive powerful medical imag-

ing technique which provides tomographic images generated by the detection and processing

of the Nuclear Magnetic Resonance (NMR) signal coming from the interaction of nuclei and

an external magnetic field. This technique involves several advantages, including a good soft

tissue contrast, high spatial resolution as well as patient acceptance and low risk [1].

The underlying physical principles of NMR is nuclear magnetism, a phenomenon that is achieved

by placing a sample into an external magnetic field. While Felix Bloch and Edward Purcell

(Physics Nobel prizes in 1952) first discovered and formalized nuclear magnetism, the rationale

of image formation based on spatial encoding was established by Paul Lauterbur in 1972.

MRI is able to visualize high resolution anatomical images of soft tissues, resulting to be an

optimal imaging technique that is nowadays exploited for the examination of brain, spinal cord,

joints and liver for example, producing images of tumors and other pathological conditions in

several districts of the body.

Although an exhaustive description of NMR phenomena should require a quantum physics

based analysis, a semi-classical approach based on Newton’s classical mechanics laws is also

valid and more straightforward.

1
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A nucleus is a spinning charged entity and, as such, according to Faraday’s law of induction,

cause the generation of a magnetic field around it. Given that hydrogen (protium 1H) repre-

sents roughly 10% of human tissues and that the other principal elements constituting it are

non NMR-active, the following dissertation will regard hydrogen. If not differently specified, a

nucleus will refer to a single proton 1H. Specifically, water protons will be considered. As for

terminology, in MRI a spin system or isochromat is composed by a group of nuclei sharing the

same precessing (Larmor) frequency and the same characteristics in terms of signal production.

When a spin system is not immersed in an external magnetic field, thermal random motion

results in a null net magnetic field around an object, which means that the macroscopic bulk

magnetization ~M , resulting from the sum of the microscopic magnetic moment vectors, has

zero magnitude.

1.2 RF excitation

The bulk magnetization vector points along the static magnetic field B0 direction and due

to the stochastic phases of the precessing magnetic moments, the transverse component of ~M

has zero magnitude. In order to reach the resonance condition, which is phase coherence among

spin phases, an external energy coming from an oscillating magnetic field B1 in the RF range (so

called RF-pulses) should be applied and its energy has to correspond to the energy difference

between adjacent spin states. For Planck’s law the required radiation energy Erf is

Erf = ~ωrf = ~γB0 (1.1)
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(where ~ is the reduced Planck constant h/2π) since ω0 = γB0, called Larmor frequency, and

in terms of angular frequency the resonance condition can also be defined as

ωrf = ω0 , (1.2)

in which γ is the gyromagnetic ratio, a physical constant possessed by spinning subatomic

particles (for 1H, γ = 2π · 42.58 MHz/T).

In MR both system excitation and receiving is performed by using electromagnetic radiation

in the RF range, non-ionizing radiation whose frequency is between 106 and 108 Hz.

The amplitude of the oscillating field B1 is generally 2-4 times lower in order of magnitude with

respect to B0 and, since it oscillates along a single (x) axis, it is said to be linearly polarized.

B1 usually takes the form

~B1(t) = 2Be
1(t) cos(ωrf t+ φ0)~i , (1.3)

with Be
1(t) as the pulse envelope function and φ0 as the initial phase. B1 can be decomposed into

two fields rotating on the xy-plane (perpendicular to B0) with opposite directions, so to null the

y component: while one of these fields rotates clockwise, the other one rotates counterclockwise

which is also opposed to the direction of the precessing spins. This results in the Bloch-Siegert

shift, a minor shift of the observed resonance, which becomes negligible for ωrf → ω0 [2].

B1 can then be written using the complex notation as follows:

~B1(t) = Be
1(t)e−i(ωrf t+φ) (1.4)
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considering the y-component as imaginary. Based on the duration and shape of an RF-pulse

and gradient field, the exerted excitation differs in properties such as the resonating frequency

bandwidth, slice thickness and the transverse magnetization. In order to excite a narrow fre-

quency band and reach a high frequency selectivity, based on the Fourier transform asymptotic

property, smooth pulses (so called “soft pulses”) such as the Gaussian or sine pulses can be

used. For a broad sample excitation, rectangular pulse (“hard pulses”) may be used instead.

Since the effect of the application of the B1 field is a rotating movement of the bulk magneti-

zation ~M in the xy-plane, in MRI technology it is customary to use a non-inertial coordinate

system (identified by the axes x′, y′ and z′) called rotating frame, which rotates clockwise with

angular frequency ω relative to the laboratory frame.

When ω = ω0 the rotating frame rotates at the Larmor frequency and is then called Larmor-

rotating frame, while when ω = ωrf it is called RF rotating frame; when resonance condition is

reached, these two frames coincides and the bulk magnetization has a precessing motion with

respect to the x′-axis with angular frequency ω1 = −γ ~B1. As a result of the excitation provided,

at the end of the RF-pulse application the magnetization vector will be tilted of a (tilt) flip

angle equal to

α =

∫ τp

0
ω1(t)dt =

∫ τp

0
γBe

1(t)dt . (1.5)

1.2.1 RF pulses

When a RF-pulse is employed to reverse the direction of the magnetization vector from the

direction of the main magnetic field to the other, that RF pulse is called an inversion pulse or
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180° pulse. When the pulse flips the magnetization into the transverse plane, then it is called

a 90° pulse. Based on the kind of RF-pulse (and in particular its shape) applied on the object

under analysis, different kinds of signals will be acquired, bearing information from different

spectral frequencies. In some sequences (as spin- or gradient-echo ones), some RF (dummy or

preparatory) pulses are provided to the sample shortly before the main RF-pulses in order to

have an equilibrium ~M value.

Different kinds of RF-pulse shapes are commonly employed in MR studies and the most common

ones are either hard or soft pulses [2].

• Hard pulses possess a rectangular shaped waveform, and so a constant amplitude through-

out their duration. No spatial or spectral selection is accomplished by the application of

such pulses due to its broad frequency bandwidth, resulting in the excitation of a wide

range of resonant frequencies.

• Soft pulses, on the other hand, are time-varying or time-shaped pulses. Sinc pulses (based

on the cardinal sine function) are a particular kind of soft pulses which have been widely

used in MR, and whose central lobe is wide as the double of each other lobe. Since the

Fourier Transform of an infinite sinc function is a rectangular window, a uniform slice

profile is then selected when such pulses are employed. In reality a truncation to finite

length pulse is performed (apodization can be applied to ease the resulting effects) and

generally, the higher the number of sinc lobes, the closer the frequency profile is to a

rectangular window.
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Then, on the base of the Fourier Transform properties, typically the selectivity property of a

pulse is given by both its shape and its width. Pulses with constant RF amplitude are typically

non-selective while pulses showing a modulation of their shape are usually frequency selective.

1.2.2 Sequence components and parameters

Besides the RF shape and duration, also other commonly used parameters characterize

the kind of used sequence thus determining signal and image characteristics. Among these

parameters, echo time and repetition time are two of the most frequently present ones: while

echo time (TE) corresponds to the time from two consecutive RF-pulse centers, the repetition

time (TR) is basically the length of a pulse sequence, so corresponding to the time window

between sequence corresponding consecutive points [3]. Resolution, voxel dimension, acquisition

time, sampling frequency, field of view (FOV) and slice thickness are also ubiquitary in MR

image analysis, as part of the image processing glossary in general.

The introduction and spreading of diffusion MR also resulted in the need to unify a nomenclature

and symbolism for diffusion parameters, such as the duration of the diffusion gradient, denoted

as δ, and the interval from the beginning of the two successive diffusion gradient ∆. B-value

(defined in Section 3.1) is also a fundamental parameter that needs to be taken into account.

The RF echo phenomena was discovered by Hahn in 1950: he found out that when multiple

180° pulses are applied, an echo signal can be generated (RF echoes). This can be achieved also

by applying magnetic field gradient reversal, so to give gradient echoes.

When a 90° RF pulse is followed by a delay and another 180° RF-pulse, then the echo signal

generated is called a spin echo and this is given by a restoration of the coherence between spin
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magnetic moments given by the second pulse. Different combinations of angles and multiple

RF-pulses may be applied, and time-varying gradient magnetic fields, which are able to cause

signal dephasing and rephasing in a controlled way, are usually employed to generate another

frequently used echo signal. In such case, small flip angle excitation are customary employed

for a fast imaging and a negative x-gradient is applied subsequently the RF-pulse application

[4]. Usually pulse sequence diagrams are employed in practice to represent amplitudes, timing

and kind of RF-pulses and gradients provided to a sample. In fact, besides RF-pulses, gradients

of magnetic field are of primary importance in magnetic resonance imaging since their aim is

to spatially encode information in the nuclear magnetic signals that will be recovered during

reconstruction. Such gradients are also used to calibrate image contrast to various types of

motion (coherent or incoherent), to deal with image artifacts and to selectively choose NMR

signals. [5].

1.3 Introduction to diffusion MRI

Magnetic field gradients can be used to confer specified contrasts to MRI signals: diffusion

imaging exploits diffusion-weighting gradients to sensitize the MRI signal to molecular diffusion

[6]. These gradients typically consists of two equivalent lobes and, when inserted in a spin-echo

pulse sequence sequence at either side of a refocusing 180° RF-pulse, the two lobes share the

same polarity, while in gradient-echo-based sequences they have inverse polarity.

When a diffusion-weighting gradient is inserted in a pulse sequence, water diffusion can cause

proton MRI signal attenuation: the attenuation extent depends on the product of the diffusion
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coefficient D and the b-value, a quantity that results from the gradient waveform and the whole

pulse sequence diagram.

1.4 Magnetic Resonance Elastography

Palpation is a widely employed technique to detect abnormal stiffness changes in soft tissues,

usually associated to tumors and fibrosis. Although popular, palpation is restricted to body sur-

face, qualitative and subjective, thus prone to inter- and intra-subject variability. To overcome

inaccessibility of deep tissues, ultrasound has been used for elasticity measurements, particularly

for in vivo liver and skeletal muscles assessment, but biopsy remains the gold standard in detect-

ing abnormal tissue and mechanical changes, even though invasive, sample-related and painful

[7]. In recent years, Magnetic Resonance Elastography (MRE), an emerging high-sensitive and

non-invasive medical imaging modality exploiting Magnetic Resonance phenomena, has been

introduced to characterize tissues through their viscoelastic properties. MRE has been associ-

ated with a high sensitivity to viscoelastic constants - specifically the shear (complex) modulus

- in pathological tissue alterations also at the onset of the variation. Such parameters arise from

hierarchical organization in biological tissue and so MRE is exploited for analysis in degener-

ative neurological disorders, heart diseases, tumors and all fibrotic diseases, included hepatic

fibrosis [8]. Among stiffer tissues, which are more resistant to mechanical deformation, it is

possible to find contracted muscles, fibrotic liver, cerebral tissues of young subjects and healthy

brain (with respect to brain affected by multiple sclerosis, normal pressure hydrocephalus and

Alzheimers disease) [9]. MRE provides similar shear modulus values to those of oscillatory

rheometry, which is a well known method for the study viscoelastic materials [10]. In MRE, a
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phase contrast MRI method is used to measure shear waves - waves whose direction of displace-

ment is perpendicular to the direction of propagation - resulting from such harmonic or periodic

mechanical excitation propagating in tissue. This allows a direct visualization at low audible

frequencies (<5kHz) to consequently assess local values of shear modulus of tissues. Once dis-

placements are measured, both speed and attenuation of shear waves can be computed, while

for a simple isotropic (elastic) Hookean material, stiffness, expressed by its shear modulus, is a

function of shear wave speed c. So once c has been computed, then the shear modulus is

µ = ρc2 (1.6)

with density ρ. Shear modulus is an absolute quantity that does not vary with the excitation

frequency under the elastic assumption, but does so under the assumption of viscoelasticity.

Shear wave speed is normally expressed as

c = λf (1.7)

with λ wavelength and f frequency. λ may be used to the tissue stiffness computation, and

Equation 1.6 suggests that a stiffer material will propagate waves faster, and thus will show

a longer wavelength. The sensitivity of wavelength to elasticity changes can be employed to

discern elasticity variations, since local wavelength changes correlate to local changes in terms

of mechanical properties. A more complex analysis is needed when the elasticity and isotropy
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assumption are no longer valid.

1.4.1 Soft tissue properties

For soft tissues analyzed in the frequency spectrum that is usually employed in MRE analy-

sis, compression waves speed is around 1540m/s, which undergoes small variations in different

tissue types. Shear waves instead propagate with much slower speed (this is linked to the

shear modulus properties) and is typically around 1−10m/s and that, on the other hand, is

seen to vary consistently between tissues. This makes shear properties preferable targets for

elastographic investigations as compared to compressional properties [9]. Soft tissues exhibit

both elastic and viscous mechanical behaviors [11]. For such materials, stress-strain relationship

varies over excitation time. Viscoelastic materials show three peculiar mechanical characteris-

tics:

• Viscoelastic creep - increasing of strain with time during the application of a stress (ex-

ternally applied load);

• Viscoelastic relaxation - decreasing of stress when a constant strain is held;

• Dissipation of mechanical energy as heat during cyclic loading;

• Frequency-dependent complex shear modulus.

Elastographic imaging methods have been proposed as a valuable method to represent the

mechanical properties of viscoelastic materials, which may also involve parameter fit ting (at-

tenuation coefficients and shear-wave speed) to rheological models. [12]
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1.4.2 Transversely isotropic models

While homogeneous materials such as gelatines present a mechanical isotropic behavior,

transversely isotropic materials present a preferential direction in which material response to

excitations is different from that on the orthogonal directions, so to define an isotropy plane.

Skeletal muscles, for example, exhibit a response to a stress along the direction of the muscle

fibers which is different to the one that a stress provided transversely would result into.

A transversely isotropic model establishes the simplest anisotropic model. While five param-

eters are needed to define such material type, only three are enough to completely define an

incompressible material that is also transversely isotropic [13] [14].

Transversely isotropic models are appropriate in characterizing mechanical properties in bio-

logical tissues such as the skeletal muscles [15]. Several studies in scientific literature assumed

that very soft tissues, such as liver tissue, are essentially mechanically isotropic [16]. This is

supported by Diffusion-Weighted Imaging studies of liver that show that water molecule motion

has been found to be isotropic in healthy liver [17] while diffusion for muscle fibers results to

be anisotropic and preferentially oriented along fiber direction [18].

1.5 Structure and physiology of liver and skeletal muscle tissue

1.5.1 Skeletal muscle

Skeletal muscle is a transversely isotropic soft tissue whose mechanical properties generates

are rooted in the alignment of parallel fibers which are found packed in muscular fascicles.

Myofibrils arrangement, enclosed by the sarcolemma, provides skeletal muscle with its striated

pattern which is discernible even macroscopically at naked eye.
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Since muscle bundles are found to be grouped in geometrical fashion which is replicated at

hierarchical levels, skeletal muscle may be mathematically referred to as a fractal structure.

As a soft tissue, muscle can be considered a viscoelastic material and its density is very close to

water density ('1g/cm3) as many tissues present a bulk modulus within a 15% range centered

on water value [19]. Muscle also shows a non-Hookean behavior if excited with large deforma-

tions and the value of Poisson coefficient is close to 0.5 (incompressibility situation) since bulk

modulus E is estimated to be approximated 3 times muscle shear elasticity µ (E = 3µ).

1.5.2 Liver

The liver is the largest body gland, with both endocrine and exocrine functions. In humans,

the liver anatomically consists of four lobes: the right and left ones (the larger ones), the

quadrate and the caudate (the smaller ones) [20]. These lobes are surrounded by a capsule

constituted by connective tissue, while every lobe consists of lobules which are separated one

from the other by a thinner connective (Glisson’s) capsule.

Liver structural plan is determined by its vascular supply since, within the lobules, blood

travels between hepatic cells in sinusoids toward a central vein. [21]. Liver functional unit is

the hepatic acinus, with its center corresponding to the two portal triads and the outer bounds

defined by two adjacent central veins. Although a repetitive functional structure, such as the

hepatic lobules which is present and delineated by connective tissue, isotropic models have

been studied for liver MRE applications including either viscoelastic or elastic properties [13],

considering then liver as a mechanically isotropic tissue. This is also supported by DWI because

water diffusion in the liver parenchyma, which is found to be isotropic [22].
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1.6 Low magnetic field intensity

Research at low magnetic field intensity has been employed in particular for NMR spec-

troscopy while few applications to the clinical field can be found in scientific literature. Al-

though 1.5T (and higher intensity) superconducting magnets dominate the MR marketplace,

and an increase in magnetic field strength leads to an improvement in SNR ratio and to an in-

creased resonant frequency dispersion [23], lower field (research) scanners come with advantages

[24] such as:

• Lower initial purchase price and operational costs: as scanner price increases with field

intensity, also power supply costs, special maintenance and Helium cryogenics are usually

needed for high permanent field intensity magnets;

• Lower fringe field : lower field scanners are easier to site and shield (from projectile risks)

within a research environment. As electromagnetic force is proportional to the magnetic

poles magnitude and decreases with the square of the distance, equipment and instru-

mentation may be brought closer to a low-field scanner.

• Reduction of MR artifacts such as chemical shift and motion (and flow) artifacts are often

less apparent on images from lower field scanners

• Lower energy deposition in tissues: the energy given by RF-pulses and deposited in tissues

(also called SAR, from Specific Absorption Rate) is proportional to the square of B0 and

is linked to possible dangerous heating.
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It may then be interesting to investigate the applicability of such low magnetic field intensity

scanners for to the pre-clinical reality and carry out analysis of tissue samples in both MRI and

MRE spheres.

1.7 Motivation

Magnetic Resonance Imaging stands out compared to other imaging technologies, as the

MRI signal can be tuned sensitive to a variety of contrast parameters. The present dissertation

is aimed at showing the potentialities of the exploitation of a benchtop 0.5T Magnetic Reso-

nance device for the characterization in terms of relaxation parameters, of diffusion parameters

and also through an elastography based analysis.

Since SNR is proportional to nuclear spin polarization, linearly scaling with the static magnetic

field strength, high-field intensity magnets would be unequivocally preferred and yet several

financial and technical issues would rise, disadvantages that a low-field MRI may mitigate and

overcome.

The discussed MR scanner comes with low operational costs, little space demands and a high

practicality and usability - given by the possibility to easily customize and develop pulse se-

quences, as well as process the acquired data. Provided what has just been stated, there is

increasing interest in understanding the potentials of such devices as well as investigate their

limits. Future applications of a benchtop device could also be its employment in intra-operative

surgery or generally as an exploratory tool in the magnetic resonance domain for small samples.

While for relaxometry and diffusion imaging low-intensity magnetic fields have been studied

so far, especially for spectroscopic analysis, in scientific literature MRE experiments of tissue
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samples of small dimensions have been conducted mainly with high-field scanners, although

some trials at low-field [53] have been performed. Here a tissue sample investigation is carried

out with a newly developed benchtop MR scanner setup.



CHAPTER 2

NMR RELAXOMETRY

2.1 Bloch equation

Dynamics of the magnetization vector is described by the Bloch equation [26], named after

the Swiss physicist who discovered it (awarded the Nobel Prize for Physics with Purcell in

1952).

The expression in vectorial terms of this equation in the laboratory frame is

d ~M

dt
= γ ~M × ~B − Mx

~i+My
~j

T2
− (Mz +M0

z )~k

T1
, (2.1)

where M0
z is the intensity of the bulk magnetization ~M at thermal equilibrium, T1 and T2 are

the relaxation times, further described.

With respect to the rotating frame, the relaxation processes can be seen as first-order processes

whose time constants rule the equations:


Mz′(t) = M0

z (1− e−t/T1) +Mz′(0+)e−t/T1

Mx′y′(t) = Mx′y′(0+)e−t/T2
, (2.2)

in which 0+ refers to RF-pulses application end time (and the terms with 0+ are linked to the

cosine of the tilt angle). In the laboratory frame the transverse magnetization has an expo-

nential decay ruled by a e−t/T2 and a precession term e−iω0t. As further discussed herein the

16
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length of the free precession period is dependent on the T2 value and, as a matter of fact, it

can be always stated that T1 ≥ T2 [30].

Relaxation can be intended as the process by which the excited nuclei release the energy pro-

vided by RF-pulses. T1 and T2 are the time constants (called relaxation times) ruling the

increase of the longitudinal magnetization and the decay of the transverse magnetization signal

(FID), respectively and both of them are defined as the time needed to approach by the 63%

(corresponding to 1 − e−1) the final value after a 90°-pulse. The inverse value of a relaxation

times is the relaxation rate R and when considering a solution with varying concentration of

contrast agent, the term relaxivity r stands for an R value normalized by the contrast agent con-

centration (reduced relaxation rate). Both relaxation times and the derived measurements are

influenced by factors such as temperature (according to Boltzmann relationship) and contrast

medium concentration [27]. T1 is also dependent on the magnetic field intensity while proton

T2 relaxation in bulk materials (such as tissues and gels) is basically influenced by magnetic

field inhomogeneities and not being significantly determined by fast motion processes. So T2 in

such systems can be considered as almost frequency independent [28].

The T1 and T2 relaxation times describe physical processes that influence the behavior of spin

magnetic moments. In bulk materials (such as water, gels, tissues) these processes are influ-

enced by molecular motion, rotation and translation. As the individual spins move with respect

to each other their respective magnetic fields interact such that spins themselves influence the

return to equilibrium state.

T1 is commonly known as the spin-lattice or longitudinal relaxation time: it measures molecular
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motion of the lattice in the proximity of the excited protons. The closer ω0 is to the lattice

angular frequency ωlattice, the faster and more efficient is the energy transfer and lower T1 will

be [29]. For most protein constituting the tissues ωlattice ' 1 MHz so, considering the most

common static field intensities in clinical scanners (around 1.5 T - 3 T), T1 decreases with B0

intensities as the energy transfer gets more efficient.

T2 is commonly known as the spin-spin or transversal relaxation time and this term refers

to energy transfer among nearby protons sharing the same molecular environment and with

precession frequencies close or equal to ω0. The actual transverse relaxation time that can be

computed is given by several contributions: after a 90° RF-pulse has been applied, coherence

of the spins is found on the xy-plane and the system loses its coherence as time elapses.

A loss of coherence in the xy-plane is given by inter-molecular and intra-molecular motion,

either vibratory and rotational, which causes the magnetic field not to be fully homogeneous or

uniform, resulting in changes in ω0 for protons. B0 nonuniformities come from both constant

and transient sources: imperfections in magnet manufacturing, interactions with metals (such

as the magnet case) and sample-induced inhomogeneities due to differences in the magnetic sus-

ceptibility or the presence of imaging gradients (an induced and transient field inhomogeneity).

The total reduced transverse relaxation rate T ∗2 is then given by

T ∗2 =
( 1

T2
+

1

T2,i
+

1

T2,s

)−1
, (2.3)
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where T2,i is related to inhomogeneity in the magnetic field while T2,s is related to differences

in magnetic susceptibility.

As the repetition time (TR) increases, the thermal effect has a higher impact on the measures

since dephasing and loss of coherence would contribute to a decrease in signal intensity. Longer

TRs lead to an increase in SNR and generally TR is chosen to be longer than three-five times

T1 [30] for accomplishing the (almost) full recovery of the bulk magnetization at equilibrium.

Commonly T2 values are computed as the slope of the regression line of the natural logarithm of

the signal intensity following a pulse sequence. Sometimes a multi-exponential function (given

by the sum of two exponentials) could be used for a better fitting especially when analyzing

samples in which there are different proton densities and T2 times but when choosing TR greater

than TE [30].

The Nuclear Magnetic Resonance Dispersion (NMRD) profiles report the field dependence of

T1 on B0, representing water proton variability in relaxation properties as a static magnetic

field strength function. NMRD profiles can be obtained by the application of an extended range

of Larmor Frequencies with a dedicated Field Cycling NMR relaxometer.

MRI phantoms are essential for calibration and checking of MRI equipment as well as for the

development of pulse sequences, new systems and training of MRI operators. Two kinds of MRI

phantoms are generally used, aqueous solution or jelly-like materials. While jelly-like phantoms

include gelatine, agarose, agar, PVA and other materials which are used for instrument vali-

dation, aqueous solutions of paramagnetic ions containing CuSO4,NiCl2,MnCl2 or GdCl3 are

normally used for checking MRI equipment because of their homogeneous relaxation times and
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long-term stability [31].

2.2 Relaxometry - Gadolinium based contrast agents

The inherent soft-tissue contrast allows to distinguish different tissues in MRI without any

exogenous contrast agents for a wide range of diagnostic purposes. When this contrast is not

sufficient to fully characterize the investigated tissues unambiguously, then MRI contrast agents

may be used. These substances have the aim to improve the visibility of internal body structures

with respect to their surrounding in MRI analysis. An ideal phantom for relaxometry measure-

ments would require features such as independence of the relaxation times upon temperature

and B0 intensity, long-term stability and ease of preparation. In practice, minimal dependence

of the relaxation parameters on temperature and frequency is considered and greatly convenient

[28].

Contrast agents may be subdivided into two categories:

• Paramagnetic compounds, which present lanthanides (as Gd) that reduce the longitudinal

relaxation time. They are sometimes called “positive contrast agents”;

• Superparamagnetic magnetic nanoparticles with a strong effect on T2. They are usually

called “negative contrast agents”and are satisfactorily employed for MRI analysis and

sequences weighted on the (reduced) transversal relaxation time. [1] [27].

Water solutions of gadolinium paramagnetic complexes are widely used nowadays as contrast

agents to boost MRI diagnostic capabilities [29] since when paramagnetic solutes are found in
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a water solution, the water proton relaxation rates result from the sum of the contributions of

both the diamagnetic relaxation rate and the paramagnetic one (water). Furthermore, when

no interactions between solutes take place, relaxation rates are found to be linearly dependent

on the contrast agent concentration [32].

For the most commonly used MR contrast agents, the highest reduction of the transverse relax-

ation rate is found in a range between 295−315 K [29] [33]. Gd−BOPTA (gadobenate dimeg-

lumine, MultiHance®, Bracco, Italia, Figure 1) is a paramagnetic descendant of Gd−DTPA

(Magnevist®, Schering AG, Berlin, Deutschland), being a second-generation contrast agent.

MultiHance concentrations higher than 1 mM has been observed to result in a nonlinear rela-

tionship between relaxation rate and concentration up to 3T [34].

Figure 1: MultiHance molecular structure.
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Figure 2: (a): MultiHance transverse relaxation rate for varying temperature at 7.05 T.
(b): MultiHance NMRD profile, showing transverse relaxivity measured in water solution at
310K for different values ofB0 intensities, which is equivalent to the Larmor frequencies. Credits
to the authors [Laurent et al.].

To our knowledge, relaxivity values for water solution of Gd-BOPTA have always been

measured in a range of temperatures which are clinically relevant, not at room temperatures at

standard laboratory conditions: since contrast media find their use in living subjects, the most

commonly employed testing temperature is 310 K, corresponding to human body temperature.

The most investigated solutions of Gd-BOPTA are of Human Blood Plasma [35] which usually

show higher values for both the longitudinal and the transverse relaxivity with respect to water

solutions of the substance [27] [34]. Considering a temperature of 310 K, a static magnetic field

intensity around 0.47 T and concentrations not exceeding 1 mM, values for T1 relaxivity are

found around 4.2 Lmmol−1s−1, while values for T2 relaxivity at the same condition are around
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4.8 Lmmol−1s−1 [27]. Further studies have employed Human Blood Plasma samples, for which

r1 ' 9.2± 0.5Lmmol−1s−1 and r2 ' 12.9± 0.9Lmmol−1s−1 are found [27].

Both longitudinal and transverse relaxation times are enhanced with respect to the other

gadolinium agents which has been shown to translate into superior contrast efficiency and

performance for MR applications in many body regions such as the central nervous system,

breast, liver and vascular system [34].

2.3 Relaxometry - Animal tissues

In tissues, the dependence of water proton spin-lattice relaxation rate R1 (1/T1) is due to the

magnetic coupling of the tissue components with protons [36]. A variety of biomolecules (lipids,

saccharides, nucleotides, proteins) may contribute to T1, but proteins may be considered as the

dominant factor determining relaxometric properties in most tissues and so purified protein

systems may be employed as a proton spin relaxation model for tissue systems [37]. As a

matter of fact, the increase of tissue water proton T1 with increasing static magnetic field

intensity is given by the simultaneous decrease of tissue spectral density at the applied Larmor

frequency [23]. For a specific type of tissue, no significant difference in correlation between

T1 and B0 intensity has been found in species in species. On the other hand, T2 in biological

tissues is considered to be essentially independent of B0 field intensity while mainly dependent

on tissue type; typical values are found to be on the order of tens of milliseconds [38].
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As for [37], for solid samples such as tissues the spin-lattice relaxation rate R1 is described by

a power law

1

T1(ω)
= Aω−b + C (2.4)

where A is a constant related to the relaxation-driving dipolar couplings, while b is usually in

the 0.5 − 0.8 range and C represents the plateau value at high field intensities. This equation

shows a relatively weak monotonic decrease of R1 with growing magnetic field intensity For

some animal tissues also two other terms have been added to the model [36]: a logarithmic

term associated with water diffusion in interface regions (at high macro-molecular concentra-

tion this effects is significant) and a constant term related to water spin-lattice relaxation limit

at high frequencies.

For muscle tissue, the value of b is found between 0.51 and 0.65 while C ranges from 0.3 to 0.4

s−1 and similar values have been estimated in kidney and liver. The computation of C has been

sometimes avoided by considering a R1 constant derivative and this has produced b values of

0.6± 0.1 [36].



CHAPTER 3

DIFFUSION MRI

During the 1950 experiment performed by Hahn, new evidences of the existence of different

factors influencing the magnetization signal given by proton motion were found. The major

discovery was that after a 180° RF-pulse, the generation of an echo signal – given by the

rephasing of the spins – depends on those spin-bearing molecules which remain in the same

local field over the whole process. Among the dephasing factors, diffusion is acknowledged and

it is defined as the process by which random molecular motion - also called Brownian motion

- is able to transport matter in a system. In a free medium, isotropic diffusion is customary to

happen: in such a case, molecules can diffuse freely in all directions since no preferred direction

for diffusion exists [18].

Statistically, diffusion can be estimated by the mean-squared distance < X > traveled by

molecules in a given time interval as expressed by Einstein’s equation

< X >2= 2DTd , (3.1)

in which D is the diffusion coefficient and Td is the diffusion time. Diffusion NMR is then

noninvasive and can be used to probe molecular dynamics, transport processes and structural

information of biological systems, where spins may be considered as endogenous tracers that can

be traced in a similar way in a medium. While the original Hahn experiment employed two 90°

25
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RF-pulses, later in 1954 Carr and Purcell showed the advantages to use a train of 90° followed by

a train of 180° RF-pulses, but Meiboom and Gill (1958) suggested the application 180° RF-pulses

with phases shifted in quadrature with respect to the first 90° pulse to maintain the reversibility

of the phases throughout the echo train - which is spoiled by RF field imperfections. Sequence

is this known as the CPMG train, from the initials of its developers. In order to quantitatively

show diffusion and flow impact in terms of transport of magnetization, in 1956 Torrey then

introduced two additional terms in Bloch equations, so that the spatial and time evolution of

transverse magnetization equation, in the rotating field, could be expressed as

M+(~r, t) = E(t) exp
(
− i~rγ ·

∫ t

0
~g(k)dk

)
exp(−t/T2) , (3.2)

where ~r is the position vector, ~g is the gradient of the pulsed gradient field component parallel

to B0 and E(t) represents the echo amplitude at the echo center (normalizing for the effect

of T2 relaxation). E(t), in particular, is composed of two main exponential terms, so that

both diffusion and flow effects are easily detectable within its own expression; because of phase

incoherence arising from stochastic Brownian motion, diffusion causes attenuation of the echo

signal, while coherent motion associated with flow enhances phase shifts.

3.1 Diffusion sequence

Since diffusion can be acquired without specialized hardware, it can be performed in the

same setting along with conventional MR sequences [18]. Stejstkal and Tanner demonstrated

in 1965 that the application of rectangular gradient pulses (Pulsed Field Gradient method)
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during the dephasing and rephasing parts of the echo sequence (but not during the RF-pulse

transmission) could be useful for the enhancement of the echo signal [39], as suggested by

McCall, Douglass and Anderson in 1963. A 90°x and a 180°y RF-pulses are typically used and

the echo amplitude at the echo center is

E = exp(−γ2g2δ2[∆− δ/3]D) exp(iγδ~v · ~g∆) , (3.3)

with δ as the duration of the gradient, and ∆ as the time span from the beginning of

the two successive diffusion gradients. With the use of a Pulsed Field Gradient Spin Echo

(PFGSE), by far the most widely used for diffusion MRI, echo attenuation is then given by the

factor exp(−γ2g2δ2[∆ − δ/3]D) where free diffusion only is taken into account. In this kind

of sequence, which is basically a spin-echo sequence, the applied diffusion gradients are added

(and in the case of pulse sequence they would be in quadrature one to another). They get to

be essential for MR Diffusion Imaging: while the first gradient results in a proton phase shift,

depending on their positions, the second gradient reverses the phase given by the first gradient.

If diffusion is present, the second gradient will not be able to completely undo the changes

induced by the first gradient since diffusion causes the refocusing to be incomplete, leading to

signal attenuation.

Also, the intensity of the gradient pulses determines the minimum diffusion path detectable

so that hardware capable of providing stable gradient of very high amplitude needs to be used. A

problem that has to be taken into account in designing a diffusion sequence is that increasing ∆

involves increasing TE and thus substantial signal loss occurs through T2 relaxation. Diffusion
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MR imaging has been developed since the 1980s and has focused mainly on the investigation of

neurological disorders, acute brain ischemia and oncology, conditions leading to an alteration

of diffusion patterns.

Figure 3 shows a diffusion sequence with its timing conditions.

Figure 3: A typical diffusion sequence: diffusion gradients are applied symmetrically with
respect to the π RF-pulse. In order to vary the b-value either the gradient amplitude G or
gradient separation time ∆ is varied.
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For this reason the concept of b-value (or b-factor) has been introduced (from Le Bihan and

Breton in 1985) for summarizing gradient effects. B-value is defined as

b = γ2
∫ TE

0

[ ∫ t

0

~G(t′)dt′
]2
dt (3.4)

and signal attenuation can be expressed by the exponential function of the echo signal

S = S0 exp−bD . (3.5)

With regard to imaging gradients, diffusion effects are negligible because such gradients have

very low b-values per se, typically around 1 s/mm2. Movement in the microvasculature can be

seen as a pseudo-diffusion process at higher scale. While the spatial scale difference between

pseudo-diffusion and actual diffusion extends over five orders of magnitude, the respective coef-

ficients differ by just one order of magnitude [40]. It is clear that in-vivo diffusion measurements

with MRI may include perfusion effects, which is expected to be present with very low b-values

(< 200 s/mm2). An overestimation of the true diffusion coefficient D could be achieved when

the estimation of the diffusion coefficient itself is performed for only two b-values as convention-

ally done in clinical studies. In the context of diffusion MRI in in-vivo tissues, pseudo-diffusion

processes given by complex intravoxel incoherent motion (IVIM) occurring with perfusion in
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the microvasculature in biological tissue along with real diffusion have been jointed in a com-

prehensive parameter, the Apparent Diffusion Coefficient (ADC), that is

ADC = −log(S/S0)/b. (3.6)

ADC is expressed in unit of mm2/s, where S0 and S are the echo signal intensities without any

diffusion weighting gradient and the attenuated one with the employed b-value, respectively.

Pseudo-diffusion arises from blood water flow in randomly oriented capillaries, inducing a sig-

nal attenuation during the application of diffusion encoding gradient pulses, particularly visible

when applying very low b-values. When reporting ADC values, the respective b-values used

for their measurements need to be reported [41].

Although larger b-values are linked to a higher water diffusion sensitivity, in terms of ADC,

signal intensity decays exponentially with respect to b-value and high b-values results in an

overall decreased SNR which may render the calculation of ADC inaccurate and unreliable.

The physical model used to establish the signal attenuation assumes a free, infinite and ho-

mogeneous medium but when diffusion is not free or when the medium is compartmentalized,

deviation from theory can be expected. In particular deviations from free diffusion are particu-

larly visible in anisotropic tissues whose histology show a uniform fiber pattern, such as white

matter and muscles, in which free diffusion is impeded in the transversal direction of the fiber

axis, resulting in an anisotropic water diffusion. For these tissues, diffusion is no longer free

since it becomes hindered by obstacles and its directionality mainly depends on both tissue
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cellularity and cell integrity [18]. Water molecules move in both the intra- and extra-cellular

spaces, so macromolecules and cell membranes impede motion [42].

Diffusion coeffiecient then reflects interactions of water with tissue features and, furthermore,

diffusion effects are strongly dependent on the direction of the gradient pulse. Diffusion MR

imaging is exquisitely sensitive to tissue structure so that feature has been exploited to generate

tractography maps, reporting the tridimensional orientation of white matter fibers for example

[43].

3.2 Diffusion tensor

If compared with other parameters as T1 or T2, diffusion is merely a physical process occur-

ring in tissues and not linked to MR phenomena. Diffusion parameters are tissue parameters,

while relaxometry parameters are given by magnetic resonance phenomena and are depending

on the field strength and MR imaging sequences [43]. Diffusion MR and so ADC values should

be in principle independent on the employed MR imaging system, but when diffusion is non-

Gaussian, such as in fibrous tissues, for increasing b-values the influence of diffusion-related

signal attenuation decreases. Also different time profiles could lead to different diffusion effects

while sharing the same b-value because water molecules will interact with tissue microscopic

features when long diffusion times are used, giving lesser attenuation and smaller ADC values.

Valuable information about clinical status, tissue microstructure and histological organization

can be extracted by MRI measurement of water diffusivity in soft tissues. While isotropic

diffusion occurs in pure liquids, for more complex media such as gels, colloids and biological

tissues, a single self-diffusivity coefficient is no longer exhaustive for the description of diffusive
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transport. Tanner introduced the notion of ADC as the diffusivity that can be computed by

using the Stejskal and Tanner formula if the displacement distribution was Gaussian.

The measurement of an ADC is obtained from the projection of all molecular displacements

onto the axis along which the diffusion gradients are applied. Diffusion is a process which oc-

curs in the three-dimensional space and molecular mobility may be anisotropic, since substance

physical arrangement can be different in all directions and then result in a different diffusion

behavior when gradients are applied along varying directions. This has been observed in muscle

[44]. To fully characterize diffusion, the symmetric diffusion tensor D is introduced: it describes

molecular mobility and correlations in 3D (Figure 4).

While the main diagonal elements represent diffusion coefficients measured along the normal

laboratory axes, the other six off-diagonal terms reflect the correlation of random motions be-

tween each pair of principal directions. The off-diagonal elements all zero in case of a perfect

isotropic diffusion (as for pure liquids). In such a case, the diagonal elements are all equal to a

single diffusion coefficient D (i.e., Dxx = Dyy = Dzz = D). For anisotropic materials, instead,

diagonal elements are different and the off-diagonal elements are non null. Furthermore, it has

to be taken into account that the frame of reference affect the value of each tensor element and

in order to estimate all of them, at least 7 measurements should be performed: one baseline

(with b-value b0 = 0 mm2/s) and 6 other acquisitions (since there are 6 unknowns due to tensor

symmetry).

The diffusion ellipsoid provides an ideal frame of reference for the computation of the diffusion
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tensor: its main axis is parallel to the main diffusion direction and usually it is found along

anatomic features such as muscular fascia, white matter tracts or general fascia planes.

Figure 4: Diffusion tensor for isotropic and anisotropic scenario.

The average value of the tensor trace, D =
Dxx +Dyy +Dzz

3
represents the orientation-

averaged diffusion, sometimes called mean diffusion (MD). Trace is evaluated for example in liver

Diffusion Weighted MR, by using tri-directional diffusion gradients along three non-collinear

directions.

MD is rotationally invariant and results to be a measure of diffusion magnitude. Trace divided

by three is equivalent to the tensor eigenvalues average, where the eigenvalues in the diffusion
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tensor represent its 3 principal axes.[46]

MD typical values for healthy muscle are found to be around 1.3-1.4 ·10−3 mm2/s [47] while for

healthy liver they are found to be around 0.7-0.8 ·10−3 mm2/s. The orientation of the fibers

within a tissue can then be derived through DTI and visualized with Tractography; researchers

have already employed DTI to track fibers (white matter) in human brain in order to generate

white matter tract maps. So the use of DTI, resulting in information of fiber direction, can

find application in MRE studies to allow estimation of the mechanical properties in both axial

and transversal fiber direction, assuming a transversely isotropic model [7].



CHAPTER 4

MAGNETIC RESONANCE ELASTOGRAPHY

Quantitative elastography can be divided in three main steps:

• First, the application of induced motion or a stress to deform the tissue. Either internal

or external stress sources can be considered, which may be harmonic or transient.

• Then tissue response to the stress is imaged, which is typically represented in terms of

velocity or displacement either through ultrasounds, optical techniques or MRI, as in the

case of Magnetic Resonance Elastography (MRE).

• Finally, an inversion algorithm has to be employed to process the data. Images of the

mechanical properties of the tissues (also called elastograms) are so generated.

Harmonic MRE is the most common form of MRE imaging: it utilizes time-harmonic motion

in the audible range (below 20 kHz) introduced through an external vibration source consisting

of actuators such as electromechanical voice coils, piezoelectric materials or pneumatic-based

actuators [9].

Phase-contrast images (either 1D, 2D or 3D) are acquired by applying classical MR sequences

(through a gradient- or spin-echo imaging sequences for example) jointly with a Motion-

Encoding Gradient (MEG) whose purpose is to efficiently encode the imparted motion. The

mechanical vibration of actuator has to by synchronized with the MEG.

35
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In order to obtain displacement images, phase data need to be scaled by the encoding efficiency,

which is defined as

ξ = Y0/φ0 , (4.1)

where Y0 is the displacement amplitude and φ0 is the amplitude of the MR signal. The phase

signal is defined as

φ(s) = γ

∫ s+τ

s

~K · ~u(t, ~r)dt , (4.2)

where ~K is the MEG, ~u is the displacement vector with amplitude Y0, s and s + τ being the

first and final temporal instant of the MEG application constituted by q MEG cycles, so that

τ = 2πq/ω. In this way, the state of tissue displacement is encoded into the phase of MRI

signal.

4.1 Wave equations

Wave propagation patterns are analyzed in an elastographic-based investigation, so what

follows is an overview of the description of mechanical waves.

The Navier’s wave equation of motion of an isotropic solid, under the assumption of infinitesimal

deformations, small additional stresses and local homogeneity, can be written referring to a

Cartesian coordinate system as

ρ
∂2~u

∂t2
= (λ+ 2µ)∇∇ · ~u− µ∇×∇× ~u , (4.3)
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where ∇ stands for the gradient operator while ~u, λ and µ are the displacement vector, the first

Lamé parameter and the second Lamé parameter (shear modulus), respectively.

In the isotropic scenario described in Equation 4.3, only two (Lamé) parameters are needed

to fully characterize the object (tissue) under analysis, while in the most general anisotropic

scenario 21 parameters are necessary to describe the mechanical behavior and these 21 indepen-

dent elastic constants are found in the Christoffel rank-four tensor C present in the stress-strain

(σ − ε) tensor relationship σij = Cijklεkl [11]. For transverse isotropy in linear elastic mate-

rials stress-strain relations can be reduced to 5 material constants because of symmetry: the

transverse isotropic material represents the lowest degree of anisotropy.
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Figure 5: Schematic view of a tissue sample characterized by transverse isotropy. Credits to D.
Klatt.

Let u0 be the initial displacement amplitude, ~n the vector normal to the wavefront, ~r the

coordinate vector (x1, x2, x3)
T , the wave number k =

ω

cs
, ~e the unit vector in the displacement

direction, then a shear wave can be considered,

~u(~r, ω) = u0 exp (−ik~n · ~r)~e⊥~n (4.4)

the direction of displacement is perpendicular to the propagation direction. Considering an

elastic linear isotropic material (and homogeneous) and plugging the wave equation into the
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general Navier’s equation with no body forces applied, the shear wave speed can be computed

as

c =

√
µ

ρ
(4.5)

as previously introduced in Equation 1.6.

On the other hand, for longitudinal waves,

~u(~r, ω) = u0 exp (−ik~n · ~r)~e‖~n , (4.6)

the wave propagation direction is parallel to the direction of oscillation and the compression

wave speed is expressed as

c =

√
λ+ 2µ

ρ
. (4.7)

Elastographic displacement data need to be processed using motion equations that relate tissue

response to tissue mechanical properties. Numerical algorithms have been developed to deter-

mine the complex shear modulus, which either use direct solution of motion equations or finite

element model based simulations [14].

The complex (dynamic) modulus is composed of a real part (storage modulus) which gives in-

formation about the ability of the material to store elastic energy, and an imaginary part (loss

modulus) which is related to viscosity and to energy dissipation [48].

The complex shear modulus (dynamic modulus) is the viscoelastic material property defined as

the ratio of stress to strain under vibratory conditions. In such materials rheological models can
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describe the stress-strain relationship over a wide frequency range. Here the springpot model

is an accepted rheological model to describe the increase of the complex shear modulus with

frequency with biological tissues [51].

Due to the geometry of the sample, interfering waves may be present and in such case MRE

data can result in artifacts in the inversion algorithms. The directional filtering technique

was developed to avoid such artifacts by separating waves propagating in different directions

through the analysis of both temporal and spatial information [49].

Compression waves in MRE may jeopardize the computation of the viscoelastic shear prop-

erties of tissues. Since shear and longitudinal wave speeds differ in order of magnitude, the

simultaneous solution of the wave equation for both Lamé constants is impractical due to the

long compression waves. The component of longitudinal motion is typically removed from MRE

data by applying the curl operator to the displacement field. This calculation involves discrete

differences and therefore may increase noise contribution. It also requires three dimensional

measurements of motion in all the three Cartesian directions, usually requiring long acquisi-

tion times. A valid alternative (even though less effective) to the exploitation of the curl is

to employ a high-pass filtering, since compression wavelengths are much longer than those of

shear waves. This filtering technique can be applied also to those datasets which do not share

the comprehensiveness required by the curl operation (such as data with only 1 MEG direction

or scalar displacement in 2D). For such 2D datasets, an implicit assumption is made that the

shear wave propagation normal is parallel to the 2D image slice.
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This assumption holds for ex-vivo studies performed in this dissertation. The wave equation

after the application of the Curl operator is given by

µ∇2~u = −ρω2~u (4.8)

Considering soft tissues with viscoelastic properties and thus attenuation characteristics, the

complex shear modulus G(ω) is a function of the applied vibratory frequency rather than a

constant. Therefore also the phase velocity and the damping coefficient of the shear waves are

frequency-dependent

c(ω) =
1

<(
√

ρ
G(ω))

,

γ(ω) = −ω=(

√
ρ

G(ω)
) .

(4.9)

Finally the solution of the shear wave equation is given by

~u(~r, ω) = u0 exp (−i[<(k) + =(k)]~n · ~r)~e⊥~n . (4.10)

Under the hypothesis that the tissue exhibits only a modest amount of attenuation (and so it

can be considered as elastic), c(ω) can be used to compute the shear modulus as in Equation 1.6.

If geometrical focusing is considered, an harmonic motion in a cylindrical test tube is assessed

and using boundary conditions on a cylindrical conditions, uz = uzae
iωt, where uz is the vertical

displacement, uza is its corresponding amplitude, ω and t are the displacement frequency and

time, so the model creates shear waves propagating radially towards the center of the cylinder.
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When a viscoelastic isotropic tissue is considered, the cylindrical coordinate wave equation

provides the displacements as a function of the radius:

uz(r, t, kβ) = uza
J0(kβr)

J0(kβa)
eiωt , (4.11)

where kβ = ω

√
ρ

µR + iµI
is the surface wave number and J0(z) the Bessel function [51].

For isotropic and transversely isotropic materials and tissues, the profile lines crossing the center

of the sample can be used to estimate G(ω) at different frequencies by matching the analytical

closed form solution. Furthermore, complex shear moduli can be fitted to rheological models if

MRE is performed at multiple frequencies.

For the investigation in MRE experiments of small tissue samples, the vibration frequencies

needs to be 10−20 times higher than those used in human MRE [52] so the attenuation of the

complex shear modulus prevents immediate comparisons of data at different frequencies.

Studies of another group using the 0.5 T MRI system employed in this project, reported

average values of the complex shear moduli of porcine muscle in the range 500 to 1000 Hz to be

9.55±0.90 kPa for the storage modulus (the real part) and 2.06±0.29 kPa for the loss modulus

(imaginary part), while the values of porcine liver were 2.67±0.76 kPa and 1.00±0.21 kPa for

the storage and loss modulus, respectively [8].



CHAPTER 5

MATERIALS AND METHODS

A benchtop MRI scanner constituted of a 0.587 T permanent magnet and a driver console

was employed and further customized by adding an external gradient amplifier and an integrated

custom-build piezoelectric actuator system of note. The whole system is represented in Figure 6.

43
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Figure 6: The system is comprised of a 0.5 T magnet (top left) with both the piezo-actuator
support and the actuator mounted on it, a driver (top right) and a gradient amplifier (bottom).
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Besides the presented hardware, a custom-designed piezo-actuator support was developed

(Figure 8), so that the magnet, with such support, appeared as in Figure 7. A similar setup

has already been used for the assessment of viscoelastic properties in animal tissue samples [8]

and for the study of formalin fixation effects on biological tissue viscoelasticity [53].

Technical data of the employed instrumentation is described in the following Sections.

Figure 7: The 0.5 T magnet with both the piezo-actuator support and the actuator itself.
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5.1 MRI scanner and setup

The Magnetic Resonance tomograph ResearchLab is constituted by different components

which are here presented. The benchtop scanner (Pure Devices GmbH, Würzburg, Deutschland)

was first installed and assembled with all the setup components, which comprises a physical

driver, a low-noise pre-amplifier and switch, and a high-power external gradient amplifier (DC

600, Pure Devices GmbH, Würzburg, Deutschland). Also, a RJ-45 pre-calibrated adapter is

used to connect the amplifier to the standard gradient system of the magnet. The MR scanner

presents an ordinary system of reference whose y-axis is along the test tube (and bore) axis.

In general, a resonant circuit can be tuned to the nucleus frequency that has to be investigated

and matched to the nominal impedance of the connecting lines, that is usually low (around

tens of Ohms). This procedure is usually performed by adjusting two variable capacitors that

are present in the circuit, so that by tuning and matching the quality factor and the dissipated

power should reduce, leading to better sensitivity and shorter pulse widths [54]. Tuning and

matching of this particular coil is performed on production of the magnet, since no varactors

but rotary capacitors are used. A Network-Analyzer function is provided for cases in which a

malfunctioning suspect is raised.

Being a Magnetic Resonance device, static magnetic field safety guidelines are provided and they

suggest that people using devices for cardiac assistance and pregnant women should maintain a

safety distance of 1 meter to the magnet and under no circumstances those persons may enter

the 5 G (0.5 mT) line. The 5 G isosurface is found approximately at 0.6 m from the center of

the magnet (better assessed with a magnetometer).
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The ICNIRP states that the upper limit of magnetic field intensity that shouldn’t be exceeded

is:

• 40 mT for general population;

• 100 mT for place of employment;

• 3 mT for ferromagnetic implants and materials.

The benchtop system requires a working and licensed version of MATLAB (MathWorks, USA)

not older than Version 2012a. The whole system is completely programmable with the MAT-

LAB software and comes with a package of functions already implemented by the manufacturing

company, which makes it ready-to-use.

In order to perform elastography-based studies, the piezoelectric actuator connector (Section

5.2) needs to be plugged into the RJ-45 adapter. Limitations are reported for all the output pins

that are present on the interface of the external gradient amplifier and in particular, voltages

over 30 V must be avoided. This voltage should be kept in mind in order to properly choose

the desired displacement range for the piezoelectric element according to its relative calibration

curve.
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TABLE I: MAGNET FEATURES

Magnet magspec

Static field intensity 0.587 T
1H Frequency 24.99 MHz

Field homogeneity (5 mm) <3 ppm

Field homogeneity (10 mm) <30 ppm

Dimensions 27 cm × 25 cm × 14 cm

Weight 18.0 kg

The ROI of the benchtop MR device corresponds to the inner diameter of the test tubes,

which is 8 mm. In order to adequately acquire shear waves within the sample and compute

shear modulus in the transverse plane, with respect to the test tube axis, frequencies need to

be chosen so that at least two wavelengths should be clearly visible in MRE phase images. For

shear waves speeds around 1-10 m/s, frequencies should be

f >
c

λ
(5.1)

where λ < ROIlength/2 that for the discussed device is λ < 4 mm. This leads to f > 250 Hz

assuming c = 1 m/s in order to see at least a wavelength in the sample (considering the smallest

wavespeed).
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TABLE II: PIEZOELECTRIC ACTUATOR FEATURES

Piezoelectric actuator PAHL 60/20

Displacement range (-10% +20%) 64µm

Capacitance (± 20%) 21µF

Resonant frequency 8KHz

Stiffness 8N/µm

Preload 350N

Operating voltage −20V ÷+130V

Diameter 20mm

Length 72mm

5.2 Piezoelectric actuator and support

The PZT-based ceramic piezoelectric actuator (Piezosystem Jena, Jena, Germany - Ta-

ble II) was employed in dynamical mode for MRE experiments, for which it was fed with a

sinusoidal AC with a peak voltage of 30 V (corresponding to the highest output voltage of the

gradient amplifier). The desired displacement range was chosen according to the calibration

curve provided with the piezoelectric element, resulting in a maximum displacement of around

6 µm. According to its datasheet, the actuator should be used in a frequency range up to 80%

of the resonance frequency, leading to a maximum frequency of 6.4 KHz [55].

The support has been fabricated in multiple polycarbonate pieces then chemically bonded

together to ensure stability and accurate movements of the sample. The material was chosen

for it being non-magnetic, for its high density, Poisson ratio ν and Young’s modulus E which



50

would to prevent deformation when the piezoelectric actuator is turned on.

Eventually, a cap rod for the sample test tubes was also produced, so that a solid and stable

connection could be achieved by screw it into the the M4-6Hx4 hole attached to the piezoelectric

actuator sensible element.

Figure 8: The piezoelectric actuator support has been realized in polycarbonate and its parts
have been chemically bonded. This is the design concept. Part A hosts the actuator in its hole,
with a H6 tolerance to ensure the lowest clearance. Part B represents the main dimension of
the support, which is placed along the x-axis of the lab frame; in order to guarantee the highest
inertia for harmonic displacement solicitations, the thickness of this part has been over-sized.
Parts C were designed to lean on the magnet upper case face and to leave room for the cap
holder and the upper part of the test tubes. Parts D presents screwed wholes to host flat-headed
screws to tighten the support to the device. The real, modified, design presents additions to
Parts C, two lateral joints and a screw in Part A for avoiding possible backlashes.
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Its shape, dimensions and mechanical couplings have been designed in SolidWorks and suc-

cessively adapted on the device itself to face an asymmetry problem (the bore of the magnet

is not perfectly centered), tolerance issues and solidity enhancement: the cavity in the upper

part of the support hosts the piezoelectric actuator, allowing a micrometric backlash since a

H6 tolerance was chosen for fabrication.

5.3 Samples

Different samples were tested with the described setup:

• 6 samples of bovine muscle and 6 samples of bovine liver were acquired from the butcher

as fresh meat, conserved at 4°C and then analyzed within the successive 48 h to avoid

any impairment due to rancidification. Muscle samples were first carefully dissected so to

assure the integrity of the tissue fibers along their predominant direction. Since transverse

isotropy is assumed, muscle fibers should be oriented along the test tube axis, so to allow

a correspondence between the plane of isotropy and the MR imaging plane (assuming

transverse isotropy);

• 4 different MultiHance solutions at concentrations of 0.1 mM, 0.2 mM and 0.5 mM (below

1 mM, as for Section 2.2) were prepared from a commercial 0.5 M solution;

• 10% 15% and 20% weight over volume gelatine samples;

• A distilled water and a vegetable oil sample were used for shimming the device before

every sequence acquisition.
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For a smoother and easier insertion of the tissue samples inside the test tubes, these were pro-

fessionally cut at the closed end: samples were inserted through the cut end and moved through

the test tubes so to reach the Field Of View (FOV) of the device applying negative pressure at

the opposite end of the tube (Figure 9). Tissue sample preparation was performed starting from

bulk pieces and choosing a cut direction to preserve fiber direction in the anisotropic materials

(muscle samples), and to orient the fibers parallel to the longitudinal axes of the glass test tube.

To provide further stability and don’t allow the samples to run down in the test tube, a 20%

weight over volume gelatine was poured from the cut end of the test tube. In order to preserve

tissue properties, gelatine was placed in contact with the bottom part of the tissue sample but

far from the FOV.
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Figure 9: Liver (on the left) and muscle (on the right) samples. Gelatine is placed below the
tissue in order to avoid any sliding of the sample itself. The blue line represents the bottom
end of the FOV.

Although a slice selection code line can be exploited in the imaging sequences, for a precise

calculation of the height at which the sample should be placed inside the test tube a few facts

should be known: a support tube is found within the device, and the center of the FOV is about

45 mm above the bottom of the device, while the distance from the top cover is roughly 66 mm

(Figure 10). Due to constructional inhomogeneities, the homogeneous region is not always the

center of the magnet. The sensitive region has a height of about 11 mm, composed of the 10

mm coil size and the stray field part.
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Figure 10: FOV of the system. An accurate positioning of the sample is needed.

5.4 Sequences

Prior to any assessment with the tabletop system, shimming should be performed by running

a macro function. A general recommendation is to perform this procedure with a oil sample,

since it shows a ten-fold shorter T1 relaxation time with respect to a normal water sample (a

typical T1 of water is about one order of magnitude longer than the T1 of a typical oil).

Nevertheless, in a regime where the chemical shift is important, shimming with a water sample

should be performed even though the optimization would take a longer time because the repe-

tition time would have to be increased to the 10-fold to maintain a stable signal level.

Usually the chemical shift (3.5 ppm between oil and water [56]) is fairly low compared to the

shift introduced by the imaging gradients and (for the most commonly used imaging sequences)

leads to very minor deviations, mainly a small translation of the k-space in the read encoded di-
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rection corresponding to a linear phase in image space, so for imaging purposes at low-intensity

magnetic field intensities chemical shift may be neglected.
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5.4.1 Relaxation times determination

The determination of both T1 and T2 relaxation times was performed by exploiting built-

in functions of the benchtop system. In particular, the longitudinal magnetization signal was

automatically reconstructed after an inversion recovery sequence for the computation of T1,

while the transverse magnetization signal was automatically reconstructed after a stimulated-

echo sequence. Since the aim of both computations was to obtain relaxation time values for

the whole sample within the ROI, the image slice corresponded to the whole 10 mm within the

RF-coil region shown in Figure 10. Also, expected values needed to be inserted to correctly

estimate the relaxation times.

For the T1 an inversion recovery sequence is provided and the behavior of the longitudinal

magnetization is automatically reconstructed, for a duration that is set on a user-estimated T1

(which should be close to the real T1 to allow convergence of the automatically exploited fitting

algorithm). With a TR = 5 ·T1,expected, an averaging of 50 signals, each one measuring 20 FIDs,

is performed to decrease noise contribution and based on the time-varying signal a logarithmic

transformation is applied. The longitudinal relaxation time was algebraically computed as

the sign-changed inverse slope coefficient of the linear fitting between the time vector and the

logarithmic transformed signal whose values were computed as

y = m · x+ q = log
maxMz −Mz,i

maxMz −minMz
· t+ q , (5.2)
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where Mz,i is the modulus of the ith sampled value, maxMz is the maximum of the signal

that is considered to be the longitudinal magnetization intensity at equilibrium condition and

minMz is the minimum of Mz that corresponds to the first value of the acquisition after the

RF-pulse application. To graphically visualize the signal and evaluate the expected exponential

behavior, the computed T1 was plugged into Equation 2.2.

Similarly, the computation of T2 is carried out by providing a stimulated-echo sequence to

the sample. Also for T2 computation, TR = 5 · T1,expected, 50 signals were averaged, each one

measuring 20 FIDs and a logarithmic transformation of the trasverse magnetization data was

applied, so to compute the trasverse relaxation time as done for T1. In this case the logarithmic

signal was computed as

y = m · x+ q = log
Mz,i

maxMz
· t+ q , (5.3)

and data were plotted as in Equation 2.2.
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5.4.2 Diffusion MR sequence

A custom-made diffusion sequence using implemented macro functions defined in a MAT-

LAB environment was developed as part of this project. The main purpose of this sequence is

to compute the components of the diffusion tensor along its diagonal, through the application

of x-, y- and z- directed gradients in order to assess an eventual isotropy of the analyzed sample.

A spin echo sequence was upgraded with diffusion gradients. The complete diffusion can be

found in Appendix A.

The time delay between the application of the RF-pulses and the gradients, namely the ∆ value,

was fixed. Echo Time and Repetition Time were TE = 50 msand TR = 5000 ms, respectively,

so that a complete recovery of the longitudinal magnetization is achieved after the TR.

50 acquisitions per each b-value and per each gradient direction were averaged in order to in-

crease SNR. To perform a variety of acquisitions at different b-values, the gradient amplitude

was modified, thus increasing the b-value from 0 to 1400 s/mm2. For this sequence the expo-

nential decay signal and the echo signal were sampled at 30 kHz and the first value at b-value

b0 = 0 s/mm2 was considered as a reference; for all the repetitions the maximum amplitude of

the echo signal was evaluated and normalized to the value at b0. The ADC value was then com-

puted per each data point, while a more informative value was given by the slope of regression

line in logarithmic scale fitted to the data.
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5.4.3 MR Elastography sequence

A spin-echo MR acquisition is performed (the sequence was provided by the Berlin group,

that is gratefully acknowledged). The sequence employs 3 RF-pulses (π/2, π, π): while the

first generates a transverse magnetization, the purpose of the second and the third refocusing

pulses is the creation of the echo. A trapezoidal MEG was employed and the encoding effi-

ciency for such gradient shape was computed. Considering a squared wave MEG that develops

synchronously with a sinusoidal induced displacement, then sharing the same frequency and a

null relative phase shift, the phase signal becomes

φ(s) = γ

∫ s+τ

s
K0sign

(
sin(ωt)

)
Y0sin(ωt)dt = 2γ

∫ s+τ/2

s
Y0sin(ωt)dt =

4γY0K0q

ω
. (5.4)

The encoding efficiency is

ξ =
4γK0q

ω
, (5.5)

which is higher (factor 4/π) than the encoding efficiency for a sinusoidal MEG.

Through the polarization of the vibrations within the test tube due to the constrained axial

motion direction of the actuator, concentric cylinder waves were generated from the outer edges

of the sample going towards its axis and so the motion field acquisition was limited to the uni-

axial component, as in [53]. Vibratory frequencies higher than c/λmax (determined by shear

wave speed and sample dimensions) were employed: the frequency range went from 500 Hz to

2000 Hz and in order to avoid static phase offsets and to increase SNR, MEG direction was

inverted at each second-wave image acquisition. 4 phase increments shift, spaced of π/4, were
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employed. MEG amplitude and slew rate were 200 mT/m and 2000 T/m/s, respectively. For

the minimization of phase discontinuities, 2D phase unwrapping relying on Flynn’s algorithm

was performed [57]. Successively, the complex wave images were calculated and then spa-

tially filtered [8]. The Regions Of Interest (ROI) were either manually or automatically chosen

through a MATLAB custom-made masking function, which detects the glass tube boundaries.

For the computation of the complex modulus line profiles were matched with the Equation 4.11

(the analytical closed solution) per each frequency in a geometrical focusing condition of the

surface waves. A MATLAB “Global Optimization”custom-made toolbox was employed to fit

surface waves in a geometrical focusing condition. The algorithm minimizes the error function

defined as the sum of the square of the distance between experimental data and Equation 4.11.

The required inputs for the computation are the MEG frequency, the material density (which

was assumed 1 g/cm3 for every sample) and the gradient strength. After individual profile fit,

an averaging of both shear modulus real and imaginary parts for the profiles at each frequency

is performed and standard deviation is reported.
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5.5 Statistical analysis

The estimations of the T1 and T2 times were averaged per each muscle and liver sample.

Data of the same tissue type were averaged to obtain a unique informative value which was then

compared with scientific literature data. Supposing data normality and unequal variances, a t-

test for unpaired samples was performed to test the null hypothesis of equal population means.

Data from diffusion sequences were preliminary analyzed and then ADC values (for isotropic

samples) and Apparent Diffusion Coefficient values (for anisotropic samples) were computed for

low values < 400 s/mm2 as the slope of the regression line obtained through a minimization of

sum of squared residuals. Comparison with the literature data is reported. T-test for unpaired

samples were performed between each dataset related to each direction of the diffusion gradient.

Furthermore, a t-test for MD values is reported.

Averaging of the complex shear modulus for each sample material (either gelatine or a specific

tissue type) was performed at each employed frequency for the 4 acquired profiles. Analysis

of the average and standard deviation for the real and imaginary part is performed, and the

fitting error is calculated (see the next Chapter for details).



CHAPTER 6

RESULTS AND DISCUSSION

6.1 Relaxometry

Relaxation times were computed as the slope the data pertaining to the longitudinal magne-

tization. Data were sampled and fitted with a regression line after a logarithmic transformation,

as discussed in Subsection 5.4.1.

From the relaxation times, the relaxation rates for MultiHance were computed and then nor-

malized for the concentration of the considered sample in order to obtain the so-called relaxivity.

Samples were analyzed in laboratory standard conditions.

Results per each concentration are shown in Table III and in Table IV.

For the longitudinal magnetization, the average relaxivity was 9.16 s−1mM−1 with a standard

deviation of 1.77 s−1mM−1 (n = 78).

For the transversal magnetization, the average relaxivity was 11.49 s−1mM−1 with a standard

deviation of 1.84 s−1mM−1 (n = 84).

A double tailed two-samples t-test with unknown variances and no assumptions was performed

with the r1 and r2 values, giving a p-value 6.4e− 14 << 0.05.
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TABLE III: MULTIHANCE LONGITUDINAL RELAXIVITY R1 RESULTS - VALUES
ARE REPORTED AS MEAN (ON THE LEFT) AND STANDARD DEVIATION (ON THE
RIGHT) PER EACH CONCENTRATION

MultiHance Relaxivity r1 per Concentration s−1mM−1

0.1 mM 0.2 mM 0.5 mM weighted average

10.836 1.166 7.712 0.437 7.727 0.373 9.159 1.773

n=36 n=15 n=27 n=78

TABLE IV: MULTIHANCE TRANSVERSAL RELAXIVITY R2 RESULTS - VALUES ARE
REPORTED AS MEAN (ON THE LEFT) AND STANDARD DEVIATION (ON THE
RIGHT) PER EACH CONCENTRATION.

MultiHance Relaxivity r2 per Concentration s−1mM−1

0.1 mM 0.2 mM 0.5 mM weighted average

13.678 0.611 10.535 1.044 9.904 0.232 11.492 1.837

n=31 n=26 n=27 n=84
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Assuming that the muscle and the liver samples constituted two different groups (without

accounting for the result of a one-way ANOVA test), both longitudinal and trasverse relaxation

times for liver and muscle samples were computed. 6 samples were analyzed and 16 observation

(averages of 50 signals) were computed for each tissue sample, both for the estimation of T1

and for that of T2. The averaged mean and standard deviation are reported in Table VI, as

well as the values for each sample.

With respect to the mean literature values found in [38], data mean values are compared in

Table V. As shown, all values are within σ from the mean value reported, except for liver T1.

TABLE V: RELAXOMETRY VALUES [IN SECONDS] FOR MEAN T1 AND T2 FOR LIVER
AND MUSCLE COMPARED TO SCIENTIFIC LITERATURE VALUES.

Muscle Liver

T1 T2 T1 T2
mean value 0.6098 0.0507 mean value 0.2185 0.0411

std 0.0081 0.0003 std 0.0031 0.0002

Muscle (Bottomley): 0.5852 0.0470 Liver (Bottomley): 0.3451 0.0430
σ inferior limit: 0.4799 0.0409 σ inferior limit: 0.2830 0.0370
σ superior limit: 0.6905 0.0531 σ superior limit: 0.4072 0.0490
2σ inferior limit: 0.3745 0.0348 2σ inferior limit: 0.2209 0.0310
2σ superior limit: 0.7959 0.0592 2σ superior limit: 0.4693 0.0550

An example of a T1 and T2 data fitting is found in Figure 11 and Figure 12. For each

sample, a t-test for testing the hypothesis that the mean value of the T1 is equal to the mean

value of the T2 of the same sample has been performed. When performed on the whole T1 and
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T2 dataset for muscle and liver, p-values for both test resulted to be p − value � 0.001 (they

were respectively 3.1 · 10−162 and 1.5 · 10−24). A boxplot of muscle and liver data distribution

is reported in Figure 13.

Figure 11: Example of Liver T1 data fitting. Fitting was performed by considering only the
maximum values of the sample groups (20 values are acquired in each 200 µs acquisition win-
dows) and by considering the whole data set. Values on the vertical axis are in s−1.
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Figure 12: Example of Muscle T2 data fitting. Fitting was performed by considering only
the maximum values of the sample groups (20 values are acquired in each 200 µs acquisition
windows) and by considering the whole data set.
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Figure 13: Boxplots for Liver and Muscle relaxation times. Values are in seconds.

A comparison of the obtained relaxation values with the literature models (relaxation rates

against magnetic field intensity) was performed. In particular, models in [37] and [36] were

considered, which described the relaxation rate R1 as:

R1(ω) = Aω−b + C , (6.1)

where Aliver = 17 ·104±2.2 ·104, bliver = 0.58, Cliver = 0.35 s−1 and Amuscle = 17 ·104±2.2 ·104,

bmuscle = 0.6, Cmuscle = 0.35 s−1. A plot showing the range of estimated values, following the
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references, and the position of the computed values for both liver and muscle is reported in

Figure 14 and Figure 15.

Figure 14: Liver R1 found with the 0.5 T benchtop magnet are in red, while literature data
from the quoted references are represented in blue. The shadowed area refers to the region
computed considering the range for parameter A of the fitting. Values on the vertical axis are
in s−1.
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Figure 15: Muscle R1 found with the 0.5 T benchtop magnet are in red, while literature data
from the quoted references are represented in blue. The shadowed area refers to the region
computed considering the range for parameter A of the fitting. Values on the vertical axis are
in s−1.

TABLE VI: RELAXOMETRY VALUES FOR T1 AND T2 FOR BOTH MUSCLE AND LIVER
SAMPLES (NOBSERV ATIONS = 16;NSAMPLES = 6). VALUES ARE IN SECONDS.

Relaxometry Summary for Muscle and Liver Samples

Muscle Liver
mean T1 std T1 mean T2 std T2 mean T1 std T1 mean T2 std T2

1 0.64091 0.01014 0.05751 0.00025 0.24811 0.01389 0.05651 0.00023
2 0.61800 0.0163 0.04943 0.00078 0.22372 0.00322 0.03871 0.00060
3 0.65557 0.00159 0.04957 0.00078 0.22109 0.00042 0.040005 0.00002
4 0.54472 0.00219 0.04999 0.00004 0.20907 0.00045 0.03575 0.00002
5 0.60336 0.01698 0.05344 0.00005 0.2049 0.00043 0.03823 0.00007
6 0.59614 0.00142 0.04409 0.00009 0.20412 0.00024 0.03770 0.00002

average 0.60978 0.00810 0.05067 0.00033 0.21859 0.0031 0.04116 0.00016
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6.2 Diffusion MR

A representation of the diffusion MR sequence which was developed and can be found in

Figure 16, while a signal output example is in Figure 17 and in Figure 18 a fitting example for

the b-value against the logarithm of the signal intensity is shown.

Figure 16: The custom-made diffusion sequence applies two successive RF-pulses π/2 and π as
in a spin-echo sequence and the two diffusion gradients, for dephase and rephasing (as seen in
the upper and middle window). The first acquisition window is right after the first RF-pulse
while the second one is centered at twice the application time of the second RF-pulse (as in the
lower window).
Timings are defined by the user, which should perform a T2 estimation beforehand, so to insert
such value in the sequence. The diffusion sequence is aimed at the computation of the diffusion
tensor diagonal components.
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Figure 17: The output for the diffusion sequence shows a typical echo signal after the application
of the refocusing 180° RF-pulse. For computing the values shown in Figure 18, the maximum
of the echo signal is considered and then normalized with its intensity for b = 0 mm2/s.
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Figure 18: Fitting of the data for the computation of the first diffusion tensor diagonal compo-
nent.

Diffusion properties were assessed for 12 gelatine samples (concentrations: 10% and 20%

w/v, 6 samples each), 6 muscle and 6 liver samples (Table VII). Average MD values for the two

gelatines, muscle and liver samples were 1.46, 0.99, 1.14 and 1.08 ·10−3 mm2/s, respectively.

Pair-wise Student t-tests were performed for the three orthogonal directions for all the samples

and also for the MD average values for each sample type, as reported in Table VIII.

The range of b-values to employ in the analysis was selected after an exploratory analysis

of the signal, which became distorted after a b-value (around 400 mm2/s) that was set as the

upper threshold for the computation of the regression line.
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A significant difference (p − value < 0.05) was found for the diffusion gradient directions

including the longitudinal axis in the muscle sample. Furthermore, MD values for the gelatine

at 10% was found to be different with respect to all the other considered sample types.

No difference was found between the ADC components for the gelatines and liver samples, but

also for the MD values among gelatine at 20%, muscle and liver samples.

TABLE VII: MEAN AND STANDARD DEVIATION VALUES FOR THE DIAGONAL EL-
EMENTS OF THE DIFFUSION TENSOR FOR ALL THE SAMPLES.
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TABLE VIII: STUDENT T-TESTS FOR ADC COMPONENTS AND MD AVERAGE VAL-
UES FOR DIFFERENT DIRECTIONS AND DIFFERENT SAMPLE TYPES.
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6.3 Elastography

A firm piezoelectric actuator support in polycarbonate was successfully built so to make it

steady during the actuator vibrations.

An example of the sequence employed for the determination of the mechanical properties

through an elastographic approach can be seen in Figure 19. Data acquired by the sequence

were then processed through a custom-made code which implemented all the steps for an MRE

analysis which are:

1. Calculation of phase differences for the correction of static magnetic field inhomogeneities.

Each acquisition is performed twice, with MEG “up”and “down”(toggled directions of

MEG), and the two successive acquisitions are subtracted through a complex difference.

2. Correction of phase wraps in order to obtain the true phase accumulation. Flynn algo-

rithm was employed for this aim.

3. Discrete Fourier Transform along time computed for each pixel over one period of vibra-

tion, which is subdivided in time steps, whose number has been chosen during the setting

of the MRE sequence - the 1st harmonic gives information about the energy of the wave.

4. Spatial Filtering to overcome the noise component.

5. Wave inversion for the computation of the complex modulus (through the “Optimization

Toolbox”).
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Figure 19: The MRE sequence shows the trapezoidal Motion Encoding Gradient along the
y-direction, corresponding to the test tube main axis. The 90° (during the slice selection)
and the successive 180° RF-pulse correspond to a standard spin-echo sequence, which leads
to a rephasing of the signal, and to an echo which is sampled during the acquisition window.
Data acquisition is performed between two gradient pulses along the x-axis whose inverse sign
leads to a signal rephasing and while a z-gradient is on, so to perform contemporaneously a
gradient frequency and phase encoding. The sequence was provided by the Berlin group, that
is gratefully acknowledged.

For both the computation of the complex modulus and graphical purposes, a masking func-

tion was developed, which gives back a circular mask. An example of a mask and masked

displacement image of a gelatine sample (excited with a MEG at 2000 Hz) is shown in Fig-

ure 20. The masking function allows the user to choose between selecting the center of the

mask automatically or manually (in case the algorithm should provide an unreliable mask).

Sequence parameters for this analysis are found in Table IX.
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Figure 20: (a) A mask example from the masking function that was developed, which finds the
center of the sample and, based on the dimensions of the test tube, finds the correct mask of 1
and 0 where 1 (white) refers to the ROI and 0 (black) refers to the external region.
(b) An example of real and imaginary masked displacement map for a gelatine 20% sample
excited with a MEG (and acoustic frequency) of 2000 Hz.

TABLE IX: MRE SEQUENCE PARAMETERS - GIVEN THE TOTAL DURATION OF THE
MEG CYCLES, MEG IS SYNCHRONIZED WITH THE VIBRATION FREQUENCY SO
THAT AN INTEGER NUMBER OF CYCLES IS OBTAINED.

B0 [T] Sequence type MEG Amplitude [mT/m]
0.5 Spin Echo 200

MEG duration [s] Averages Vibration frequency [Hz]
0.02 5 500-2500
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4 profiles per each frequency and sample were acquired and an estimation of both the

storage and loss modulus (real and imaginary part of G(ω)) was computed through MATLAB

Optimization toolbox (iteratively changing the complex modulus in Equation 4.11 so to decrease

the standard deviation of the data-fit distance) and the average of the complex modulus was

weighted for the error (which is the summation of the square distance between the experimental

data and Equation 4.11). The algorithm required the input of the expected parameter range

in order to prevent instability of inversion. The limits imposed to the algorithm were such to

preserve the waveform when a completely distorted one was chosen when trying to make an

optimization of it. An example of the MATLAB Optimization tool is provided in Figure 21.

Average values for the real and imaginary part and fitting error of the complex shear modulus

for the several frequencies can be found in Table X. In particular, a graphical comparison

between several gelatine concentrations is represented in Figure 22 while a comparison between

liver and muscle properties against the 15% w/v gelatine sample are found in Figure 23 and

Figure 24. The magnitude of the complex shear modulus is reported in Figure 25. Error bars

define values within a standard deviation from the average.
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Figure 21: Graphic User Interface for MATLAB Optimization toolbox relying on Bessel fitting
for a 15% gelatine. Storage and Loss moduli are estimated from an initial guess inserted by the
user, spanning in a reasonable range of values also set by the user. On the right: profile data
(dashed line) compared to the reconstructed real and imaginary displacement signal (continuous
line) based on the guessed mechanical properties. It is possible to observe also the input window
(top left) and the outcomes of the optimization in the “Results”column.
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Figure 22: Storage and Loss modulus for different gelatine concentrations.
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Figure 23: Storage and Loss modulus for liver and gelatine samples.
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Figure 24: Storage and Loss modulus for muscle and gelatine samples.
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Figure 25: Complex shear modulus magnitude averaged over all samples.
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Average storage modulus and loss modulus for liver samples increased clearly with frequency

(from 6.49±1.53 to 19.67±3.56 kPa).

The values for muscle complex modulus were substantially higher than the values for all the

other samples, with an increasing trend with frequency, so that a difference of an order of

magnitude below 1500 Hz and a difference of two orders of magnitude above can be seen. Also,

standard deviation for such samples is much higher than those of the other samples. Gelatine

samples showed a slight increase of the average storage shear modulus with frequency while

a clear increase of the storage shear modulus with increasing concentration can be assessed.

The 20% w/v gelatine sample showed the lowest values of error and average standard deviation

(1.01 kPa).



CHAPTER 7

CONCLUSIONS AND FUTURE DEVELOPMENTS

Magnetic Resonance at low-intensity field have only a few applications to the imaging field

thus far. The use of low-intensity field scanners would allow lower price and operational costs

and lower SAR within particularly sensible samples. Also, small low-intensity field scanners

could be easily placed and shielded within clinical facilities and would be helpful for the anal-

ysis and imaging (with lower artifacts impact) of small samples, as usually the magnet bore

dimension is considerately lower for low-intensity magnets (for a good detection of the signal).

The present dissertation reported an analysis of either animal tissues and water-based solutions

samples carried out with a benchtop 0.5 T scanner, both for a characterization of those sam-

ples through the most commonly used relaxation and diffusion parameters, and with also an

elastography-based approach. Since the system is completely programmable through MATLAB

code, a high level of usability and hands-on experience, as well as a good amount of reverse

engineering know-how, was gained.

This project mainly concerned three aspects:

• The computation of relaxometry parameters for contrast agent solutions, gelatin, bovine

liver and muscle samples through a linear fitting of the logarithm of the signal, thus

providing a single exponential estimation of the signal.

86
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• The development of a diffusion sequence and the computation of the Apparent Diffusion

Coefficient (intended as the Mean Diffusivity) coeffiecient for gelatin, liver and muscle

samples.

• The construction of a physical support for the piezo-actuator and the creation of an

algorithm for the computation of the complex displacement maps from the magnetic

resonance signal, for then computing the complex modulus for gelatin, liver and muscle

samples.

Relaxometry data of solutions of the clinically used contrast agent MultiHance shown a

transversal relaxivity value of 11.49 ± 1.84 s−1mM−1, different from the longitudinal relaxivity

of 9.16 ± 1.77 s−1mM−1. The high value of relaxivity for water solutions of MultiHance, which

come close to the values of such contrast agents in human blood plasma, can be related to

the temperature dependence of relaxivity which was also shown for a static magnetic field of

7 T (as reported in Figure 2) that presents a maximum for a temperature around 300 K. It is

reasonable to assume that even at lower magnetic field intensity a strong-temperature depen-

dence of relaxivity may be observed, which could explain the results in this dissertation, which

were found higher than the values expected from literature [27] that, on the other hand, were

obtained at fairly different conditions including pH and temperature.

The variability of data given by its standard deviation then suggests that for a better computa-

tion of MultiHance relaxivity, a higher number of samples should be analyzed and more accurate

standard procedure should be adopted, since successive dilutions (which were employed for sam-

ple preparation) may lead to mayor errors in the computation of a contrast agent relaxivity.
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Values for liver and muscle relaxivity were found to be consistent with literature values [38]

(except for the longitudinal relaxation time for liver samples) and were significantly different

from one another. Muscle samples had a T1 of 0.610±0.008 s and a T2 of 0.051 s (and a standard

deviation lower than 0.001) while liver samples had a T1 of 0.219±0.003 s and a T2 of 0.041 s

(and a standard deviation lower than 0.001).

Moreover, the computed longitudinal relaxation times for both muscle and liver fit the model

found in [37], which further validate the model at 25 MHz and provides a good reliability of

such relaxation times at low-intensity magnetic field.

A diffusion MR sequence was developed from scratch and the signal was analyzed for the

computation of a single ADC value for the whole sample.

The development of the sequence (reported in Appendix A) came with some challenges, such as

the timing dependence of the whole sequence upon the T2 time of the sample. A rapid decay of

the signal after b-values around 1400 s/mm2 was found for the orthogonal gradient directions

belonging to the transversal plane. This behavior was also present in the longitudinal axis

starting from even lower b-values (around 400-500 s/mm2). For these reasons, the range of

applicability of the sequence was restricted based on the diffusion gradient direction.

A difference was found between the average ADC components values for the transverse and lon-

gitudinal diffusion gradient direction in muscle samples (confirming its water motion anisotropy),

whereas gelatines and liver samples didn’t show any significant difference. Muscle and liver tis-

sues had comparable values to the ones found in scientific literature [47], but not different

from each other. Furthermore, the 10% gelatine was found to be the only sample to have
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different diffusion behavior with respect to liver and muscle samples. This would suggest that

the developed sequence is poorly sensitive and 20% gelatine would be suitable as a tissue-like

phantom for liver and muscle tissues. The distortion of the signal over a certain diffusion gra-

dient strength would suggest that a very simple diffusion sequence as the one that was herein

presented isn’t also able to compensate for the contribution of artifacts such as eddy currents,

whose amplitude gets higher with higher gradient amplitude and slew rates since they are due

to time-varying magnetic fields induced by gradient applications in the MR systems which lead

to induced currents in the magnet components (as RF and gradient coils) which then result in

unwanted magnetic fields [58].

Furthermore, all the steps for an elastographic MR analysis have been developed in a custom-

made MATLAB code, which allows the use of a MRE sequence and acquire the complex dis-

placement images.

Gelatin samples showed a slight increase of the average storage shear modulus with frequency

while a clear increase of the storage shear modulus with increasing concentration was experi-

enced. Gelatins at different concentrations showed a high reliability and fit of the displacement

profiles with a low percentage error, which was substantially lower for the 20% w/v sample

(11.97%). Liver and gelatin samples shared the same order of magnitude for the storage and

loss modulus; the values regarding liver samples were found to be higher than the value reported

in previous literature [8] for the analyzed range (around 6−7 kPa in the range 500-1000 Hz for

MEG frequency), as well as the values for the muscle tissues which exhibited very high values

for the storage modulus (ranging from 24.73 to 105.15 kPa in the considered frequency range,
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500-2000 Hz).

The increasing trend of the real part of the complex modulus with frequency in viscoelastic

materials can be assessed in particular in liver (from 6.49±1.53 to 19.67±3.56 kPa) and 20%

w/v gelatin samples (from 9.79±1.00 to 16.41±1.40kPa), but also for muscle samples, which

had substantially higher values and standard deviations than those of all the other samples.

It may be suggested that the preparation of the sample may be critical for such tissue type,

since air bubbles and detachment of the tissue from the glass test tube walls could result in

incorrect stimulation and so inconsistent complex modulus values. A standardized procedure

for tissue sample preparation able to avoid any air bubble presence should be developed.

7.1 Future developments

To conclude, further studies should be performed to assess the behavior of relaxation times,

in order to choose the best time to perform ex-vivo relaxometry and diffusion experiments.

Also, magic angle effect could be studied: when fibers lie at around 55°, T2 gets longer, which

leads to a corresponding increase in signal intensity, so by progressively changing the orientation

of such tissues, the angular dependency of the relaxation times could be assessed.

The diffusion sequence here discussed and developed by the undersigned was found to be useful

for the characterization of the muscle tissue and should be advanced and corrected for possible

artifacts which may arise, such as the eddy current artifacts.

Being this a preliminary study, further investigations should focus on the optimization of all

the processing steps, leading then to the development of T1 and T2 weighted imaging sequences,

as well as to a more complete dissertation about diffusion tensors and tractography for this low
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field intensity device. Also, results coming from MRE analysis should be compared with finite

element models and rheological models and a validation with a standardized samples (with well-

known complex modulus behavior over frequencies) could be beneficial. Further possibilities

would be to compare the complex modulus values with analogous samples analyzed at higher

field or even improving the accuracy of the estimation computed through the Optimization

Toolbox by providing better masks and values for tissue density, increasing the number of

profiles to be analyzed. Another possibility is to develop an optimization algorithm which

could takes into account the preservation of the waveform besides the minimization of the

squared errors.

Lastly, a higher number of samples should be analyzed in the future and different typologies of

tissues could be employed to assess similarities and differences in terms of either relaxometry or

diffusion or elastographic parameters at low magnetic field which may be of clinical importance,

as already observed for liver fibrosis in the past.
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Appendix A

DIFFUSION SEQUENCE

Here follows the MATLAB diffusion sequence which was implemented for this project. Fur-

ther details about the macro functions used herein can be found on Pure Devices (Pure Devices

GmbH, Würzburg, Deutschland) website.



%% ADC computation 
% SAMPLE AND B-VALUE SELECTION has to be performed before running this 
% sequence. Also, remember to run the Auto_Parameter_Search function with 
% an oil sample (or water sample) beforehand. 
clear all, close all 
  
Substance = 'Liver_May4'; 
Num_sample = 20; 
  
Grad_direction = 1; 
  
Estimated_T2 = 20e-3; 
  
b_values0 = [0:50:400 500:150:1200]           % s/mm^2 (1 s/m^2 = 1e-6 s/mm^2 
b_values0 = b_values0'; 
b_values = b_values0*10^6;                    % s/m^2, important for Gradient Amplitude 
  
%% 
n_signals   = length(b_values); 
logs        = nan(n_signals,3)'; 
ADC         = []; 
product     = []; 
tot_col     = ceil(n_signals/4); 
LoadSystem 
[HW,mySave] = Find_Frequency_Sweep( HW, mySave,100);   % Find magnet frequency 
  
gamma_cut   = 42.57747892*1e6;  % [Hz/T] 
gamma       = HW.GammaDef;%2*pi*gamma_cut; 
B0          = HW.B0;            % [T] 
   
% Seq.ShimStart   =   []; 
HW.Grad.x = 1;  HW.Grad.y = 2;  HW.Grad.z = 3;  HW.Grad.B = 4; 

% Assign gradient to output channel (optional) 
HW.Grad.xyzBDir = [1,1,1,1]; % x y z B0 sign 

% Current direction (optional) 
LoadCalcHW; 

% Calculate new hardware configuration 
 
for Grad_dir = 1:3    %1:3 
    for i=1:length(b_values) 
         
        Seq.tRep        = [5 10]*Estimated_T2; 
        Seq.average     = 2; 
        Seq.averageBreak= 4*60*Estimated_T2; 
        Seq.AQSlice(1).thickness=[]; 

% Slice thickness in meter - [] doesn't apply any y gradient 
% Seq.AQSlice(1).Center2OriginImage=[-0.001,0.00,0.000]; 

% Vector from center of the image to the origin in Image coordinate system 
         
         

% Set RF pulses 
% Rectangular RF pulse for the excitation of a wide band of frequencies in the sample 

        TX.Start(1:2)   = 1e-6; 
        alpha90         = pi/2;                                              

% alpha = gamma*B1*tau; 
        alpha180        = pi; 
        B1              = HW.TX.AmpMax*0.95; 
        TX.Duration     = [alpha90/(gamma*B1) alpha180/(gamma*B1)]; 
        % TX.Duration     = [HW.tFlip90Def HW.tFlip180Def]; 
         
        TX.Frequency    = HW.fLarmor; 
        TX.Phase        = [0 0];  

% Phase of 2 TX pulses 
        TX.Amplitude    = B1; 
         
        % Gradient parameters 
        startGradient1 = TX.Start(1)+TX.Duration(1)+Seq.tRep(1)*1/3;             

% Complimentary to Grad(Grad_dir).Time(3,3) 
        % startGradient2 = TX.Start(1)+TX.Duration(2)+Seq.tRep(1)*1/4; 
        GradTime_Factor = 2/3; 
        Duration_Grad = Seq.tRep(1)*GradTime_Factor+TX.Duration(1)-

(startGradient1+1/TX.Frequency); 
        startGradient2 = Seq.tRep(1)- ( startGradient1+1/TX.Frequency + Duration_Grad + 

1/TX.Frequency ) + TX.Duration(1)/2; 
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        for k =1:3 
            Grad(k).Time = [ 

startGradient1                            
startGradient2; 

startGradient1+1/TX.Frequency                                    
startGradient2+1/TX.Frequency; 

            startGradient1+1/TX.Frequency + Duration_Grad                    
startGradient2+1/TX.Frequency + Duration_Grad; 

            startGradient1+1/TX.Frequency + Duration_Grad + 1/TX.Frequency   
startGradient2+1/TX.Frequency + Duration_Grad + 1/TX.Frequency]; 

        end 
  
        Delta = Seq.tRep(1)-Grad(Grad_dir).Time(1,1)+TX.Duration(1); 
        delta = Grad(Grad_dir).Time(3,1)-Grad(Grad_dir).Time(2,1); 
         
         
        if Grad_dir==1      Grad(2).Amp = zeros(4,2); Grad(3).Amp = zeros(4,2);     end 
        if Grad_dir==2      Grad(1).Amp = zeros(4,2); Grad(3).Amp = zeros(4,2);     end 
        if Grad_dir==3      Grad(1).Amp = zeros(4,2); Grad(2).Amp = zeros(4,2);     end  
         
        GradientAmplitude = (b_values(i)/(Delta-delta/3))^(1/2)/(gamma*delta); 
        Grad(Grad_dir).Amp =  [     

0                                    0; 
            GradientAmplitude                    GradientAmplitude; 
             GradientAmplitude                    GradientAmplitude; 
             0                                    0]; 
        G_max = max(Grad(Grad_dir).Amp); 
         
        % Visualize the sequence 
        Seq.plotSeq = Grad_dir; 
         
        % Acquisition 
        AQ.Start    = (TX.Start+TX.Duration+1e-4).*[1 0] + Seq.tRep(1)/2.*[0 1]; 
        AQ.fSample = [30e3 30e3]; 
        AQ.nSamples = Seq.tRep.*AQ.fSample./2.*ones(size(TX.Start)); 
        AQ.Frequency = HW.fLarmor.*ones(size(AQ.Start)); 
        AQ.Phase = 0; 
         
        % Start measurement 
        [Raw, SeqOut, data, data_1D ] = set_sequence(HW, Seq, AQ, TX, Grad); 
         
        % Visualize acquired data 
        plot_data_1D(HW, data_1D); 
        clear time_all, time_all=data.time_all(:,:,:); time_all=squeeze(time_all(:)); 
        clear data_signal, data_signal=data.data(:,:,:);  

   data_signal=squeeze(data_signal(:)); 
         
        time_all_array(i,:)     = time_all; 
        data_signal_array(i,:)  = data_signal; 
         
        if i==1 
            [S0, S0_index]  = max(abs(data_signal(length(time_all)/2:length(time_all)))); 
            S0_index = S0_index + length(time_all)/2 - 1; 
            S_interval = round(S0_index+[1+AQ.nSamples(2)/10 1-AQ.nSamples(2)/10]); 
        end 
         
        S(Grad_dir, i)      = max(abs(data_signal(S_interval(2):S_interval(1)))); 
         
        logs(Grad_dir, i)   = log(S(Grad_dir, i)/S0); 
        ADC(Grad_dir, i)    = -log(S(Grad_dir, i)/S0)/b_values0(i); 
        product(Grad_dir, i)= b_values0(i)*ADC(Grad_dir, i); 
         
        % Displaying the result 
        kspace = squeeze(data.data); 
        imagespace = fftshift(fft2(fftshift(kspace))) .* squeeze(data.cic_corr); 
  
        signal0 = squeeze(data.data); 
        signal0(find(isnan(real(signal0))))=[]; 
        signal(Grad_dir,:) = signal0; 
        f=linspace(-0.5*pi,0.5*pi,numel(signal(Grad_dir,:)))*AQ.fSample(1); 
        % figure, plot(f,abs(fftshift(fft(signal)))) 
         
        name_i = strcat('sig_',num2str(i)); 
        signal_struct.(name_i) = data_1D; 
    end 
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    sprintf('Gradient direction: %d',Grad_dir) 
    table(b_values0(Grad_dir,:), ADC(Grad_dir,:), product(Grad_dir,:)) 
     
    figure, 
    tot_row = floor(n_signals/tot_col)+1; 
    for i = 1:n_signals 
        name_i = strcat('sig_',num2str(i)); 
         
        signal_abs(Grad_dir,:)  = abs(signal_struct.(name_i).data); 
        signal_real(Grad_dir,:) = real(signal_struct.(name_i).data); 
        signal_imm(Grad_dir,:)  = imag(signal_struct.(name_i).data); 
        time(Grad_dir,:)        = signal_struct.(name_i).time_all; 
         
        subplot(tot_row,tot_col,i) 
        title_plot =['b_value: ' num2str(b_values0(i))];     title(title_plot, 'Interpreter', 

'none' ); 
        y_maxvalue = max(abs(signal_struct.sig_1.data)); 
        hold on, grid on, ylim([-y_maxvalue-1e-9 y_maxvalue+1e-9]); 
        plot(time,signal_abs, 'color',[0.91 0.41 0.17]', 'LineWidth', 3); 
        plot(time,signal_real,'b', time,signal_imm,'r'); 
        xlabel('Time [s]'), ylabel('Amplitude [T]') 
        hold off 
         
    end 
    hl = legend('abs','real','imag'); 
    newPosition = [0.7 0.1 0.2 0.15]; 
    newUnits = 'normalized'; 
    set(hl,'Position', newPosition,'Units', newUnits); 
    ADC_plot =  b_values0\logs(Grad_dir,:)'; % m^2/s 
     
    b_value_start = 0; 
    b_value_end = 400; 
     
    b_value_start_i = find(b_values0==b_value_start); 
    b_value_end_i = find(b_values0==b_value_end); 
     
    lm = 

fitlm(b_values0(b_value_start_i:b_value_end_i),logs(Grad_dir,(b_value_start_i:b_value_end_i))'
);     

     
    figure, plot(b_values0,logs(Grad_dir,:)','b*'), xlabel('b value'), ylabel('ln(S0/S)'), hold 

on, grid on, 
    plot(b_values0(b_value_end_i),logs(Grad_dir,b_value_end_i)','*','LineWidth',3), 
    plot(b_values0(b_value_start_i),logs(Grad_dir,b_value_start_i)','*','LineWidth',3), 
  
    

plot(b_values0(b_value_start_i:b_value_end_i),table2array(lm.Coefficients(1,1))+table2array(lm
.Coefficients(2,1)).*b_values0(b_value_start_i:b_value_end_i),'r--') 

    D_value_i = table2array(lm.Coefficients(2,1)); 
  
    titleplot = strcat('Plot for Gradient Direction ',num2str(Grad_dir)); 
    title(titleplot); 
     
    format long 
    D_value(Grad_dir) = - 1000*D_value_i 
    format short 
     
    Sample_number = num2str(Num_sample); 
    name_file = strcat('Diffusion',Substance,Sample_number,'_Dir',num2str(Grad_dir),'_3000'); 
     
    pause(10); 
end 
  
D_value 
load handel.mat 
sound(y) 
  
%% 
% by Marco Andrea Zampini, March 2018 
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