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Abstract 

A novel MRI method, DEFRAD-FSE (Dipusion. with ^dial Acquisition of Data with Fast Spin-

Echo) is presented that enables rapid, high-resolution, multi-shot diffusion-weighted MRI without 

significant artifacts due to motion. Following a diffiision-weighted spin-echo preparation, multiple radial 

lines of Fourier data are acquired using spin-echo refocusing. Data can be acquired in either 2D or 3D 

Fourier space. Motion correction is accomplished via one of four correction techniques: phase correction, 

shift correction, a combination of the phase and shift correction, or magnitude. Images from a radial data 

set are reconstructed with filtered back projection reconstraction. Results from human brain imaging will 

demonstrate the ability of DIFRAD-FSE to acquire high-resolution images without significant artifacts due 

to motion in both 2D and 3D. Results from liver and heart imaging demonstrate the versatility of the 2D 

DIFRAD-FSE. 
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1. DJTRODUCTION 

Diffusion-weighted MRI (DW-MRI) is an extremely usefiil clinical imaging modality. Currently, 

DW-MRI is used to diagnose ischemic stroke'"^, differentiate cystic lesions from solid tiunors in brain"*"^, 

diagnose demyelinating disease^"®, and evaluate multiple sclerosis'". However, DW-MRI has limitations in 

that it is sensitive to small motions of the object. Current DW-MRI techniques collect data in a single shot 

experiment or attempt to remove errors in the data due to motion. The most common clinical technique is 

single-shot echo-planar imaging (SSEPI). SSEPI methods are very robust with regards to motion. However, 

SSEPI is inherently limited in spatial resolution and is extremely sensitive to changes in magnetic 

susceptibility. It is desirable to achieve higher resolution in DW-MRI. 

Higher spatial resolution is achieved by imaging with a multi-shot acquisition method. However, 

small motions introduce phase and data shift errors when diffusion weighting is implemented in multi-shot 

sequences. In Cartesian MRI, these phase and shift errors produce severe ghosting and streaking in DW-

MRI images. Radial MRI, where data are acquired along radial lines of Fourier space, has been 

demonstrated as an imaging method that is insensitive to motion and flow""'^. Historically, radial MRI 

methods have been referred to as projection reconstruction (PR)'"*. In DWI-MRI, radial acquisition methods 

have been shown to be very useful since images can be obtained without significant artifact due to 

motion'^''^. Radial MRI can be implemented in a multiple spin-echo sequence which was first described by 

Hall and Sukamar'® and later implemented on a clinical scanner by Rasche et al.". The DIFRAD-FSE 

(Diffusion-Weighted Radial Acquisition of Data with Fast Spin-Echo) method, which incorporates 

diffusion gradients into a multiple spin-echo radial acquisition sequence, is able to rapidly obtain high-

resolution DW images without significant artifacts due to motion. 

In this dissertation, the development and evaluation of DIFRAD-FSE is presented. The basic 

theory of MRI, traditional imaging methods, and the theory of diffusion are provided as background 

information in chapters 2 thru 4. Chapter 5 introduces the DIFRAD-FSE sequence in terms of pulse 

sequence design, methods for motion correction, and introduction of an alternative diffusion preparation 

scheme. Chapter 6 presents details on the effects of the imaging parameters on image quality, and 

summarizes the results of DW brain images acquired with the DIFRAD-FSE sequence. A 3D version of the 
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DIFRAD-FSE sequence is presented in chaipter 7. Chapter 8 demonstrates the versatility of the DIFRAD-

FSE sequence, by showing alternative clinii.cal applications. Conclusions of the research are summarized in 

chapter 9. 

All imaging was carried out on a Signa 1.5 T echo-speed scaimer (GE Medical Systems, 

Milwaukee, WI) with actively shielded graaJients capable of 2.2 G/cm. The DIFRAD-FSE sequence was 

developed on a SunOS 4.1 workstation witlli GE's EPIC (Enviromnental Programming In Q version 5.8. 

All images acquired with DIFRAD-FSE wesre reconstmcted with routines developed in the DDL (Research 

Systems Inc., Boulder, CO) programming e=nvironment. 
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2. BASIC THEORY OF NMR 

2.1 Magnetic Dipole Moment 

The basis of nuclear magnetic resonance, NMR, is the behavior of nuclei of non-zero magnetic 

moment with an external magnetic field. To formulate this interaction, we begin by showing the 

relationship between the intrinsic angular momentum of the nucleus and its magnetic moment. From a 

classical standpoint, the nucleus can be modeled as a positively-charged sphere rotating about the z axis at 

an angular velocity a. The spinning charge distribution produces a magnetic dipole moment given by 

V- = ^\r^S{r)d^r = ̂ Ttaqr^}s., (2.1) 

where k is a imit vector pointing in the z-direction. In equation (2.1), q is the charge, m is the mass, is the 

radius of the sphere, and J(r) is the current distribution within the volume of the sphere. Similarly, the 

angular momentum, L, of the rotating sphere is given by 

L = |r X p(r) d ^ r  = ̂ ncunr^V., (2.2) 

where p(r) is the distribution of the momentum within the volume. We see that for a spirming nucleus 

points in the same direction as its angular momentum with a constant of proportionality q/m, 

= (2.3) 
m 

When nuclei of non-zero magnetic moment are placed in a static magnetic field, two important 

effects occur. First, there is a tendency for their magnetic dipoles to align themselves with the direction of 

the static magnetic field. Second, dipoles not aligned with the field exhibit a precessional behavior that is 

characterized by a well-defined firequency. 

2.2 Determination of Mo 

To determine the net magnetization of a bulk sample at equilibrium it is best to view the system 

from a quantiun mechanical (QM) perspective. The total angular momentum for a nucleus, J, is related to 

its dipole magnetic moment via the relationship 



20 

H=rJ ,  (2 .4)  

where y is known as the gyromagnetic ratio. The gyromagnetic ratio is a unique constant that depends on 

the nucleus. Despite similarities between equations (2.3) and (2.4), the proportionality constant in equation 

(2.3) does not give the correct value for y. However, the representation does help us understand why the 

gyromagnetic ratio changes from one particle to the next given the mass dependence of the proportionality 

constant in equation (2.3). 

For the case of a single proton, the total angular momentum is directly related to the intrinsic 

angular momentum, S. A measurement of the total angular momentum in the z-direction for the proton 

yields, 

J .  = S ^ =  m , T i ,  (2.5) 

where ruj is the intrinsic spin quantum number. The energy associated with a magnetic dipole moment in a 

static magnetic field, B = Bo k, is given by 

= = (2.6) 

Due to the discrete nature of the spin angular momentum, two energy states exist for the proton, 

E = -Mz^o = -y "istiBo (2.7) 

with 

m = + \ C  s p i n  p a r a l l e l  t o  f i e l d  
(2.8) 

= — ^ spin anti— parallel to field. 

This is the Zeeman effect, where there is a splitting of the nuclear energy levels for magnetic dipoles in an 

external magnetic field*". 

The equilibrium value of the net magnetization of the sample, Mq, represents a balance between 

the tendency of the spins to align with the external field (i.e. to be in the low energy state), and the ability 

of the system to gain energy from thermal contact. The thermal interactions will leave many of the spins in 



the excited (high) energy state. The distribution of spins, and therefore the total energy, depends on the 

temperature of the system. 

To find the net magnetization at equilibriimi, consider a system of N spins at temperature, T. The 

z-component of the average magnetization at thermal equihlDrium is given by. 

P(.Ein))fi.{n), (2.9) 

where po^NA/" is the density of spins per unit volume, P(E) is the Boitzmann factor, and n is summed over 

all possible magnetic spin states, mj. The Boitzmann factor determines the probability of finding a system 

of energy, E, at temperature, T. It is given by, 

E 

e (2.10) 

where k is the Boitzmann constant, and Z is a normalization constant. For the finite magnetic spin states of 

interest (i.e. the two states of the proton), the nuclear magnetic energies are much smaller than the thermal 

energies. Thus, the exponential in equation (2.10) is close to unity. If we use equations (2.4) and (2.7) for 

the energy and the z-component of the dipole magnetic moment, equation (2.9) reduces to 

jj., (2.11) 
7,kT " ° 

For a human body temperature of 37°C, Mo is 3.25x10'^ Bo A/m for protons in H20~'. 

2.3 Interaction of the Magnetization with a B-Field 

As mentioned earlier, in equilibrium the bulk magnetization, M, will point in the same direction as 

the static magnetic field. However, if M is made to point in a different direction from B, the magnetization 

will begin to precess about B. 

The torque applied to a dipole, in the presence of a magnetic field, is given by p.xB. Given that the 

torque equals the time rate of change of the angular momentum, then 



— = HxB.  (2 .12)  
dt 

A relationship between the magnetic dipole and the static magnetic field is obtained by multiplying both 

sides of equation (2.12) by y, 

= . (2.13) 
dt 

The summation of p. over a unit volume yields a relationship for the bulk magnetization, 

— = Mx; 'B .  (2.14)  
dt 

Equation (2.14) is the equation of motion for the bulk magnetization. Given B = Bo k, the solution to 

equation (2.14) is, 

M(0 = A/^(0)cosctJori +A/^.(0)sincOo^j + ^r(0)k , (2.15) 

where the angular frequency, cOo, is given by 

^o=y^o-  (2-16)  

The equilibriimi solution is when Mz(0) = Mo and Mx(0) = My(0) = 0. However, when Mx(0) and or My(0) ^ 

0 then the solution is for M to precess about B at an angular frequency of cOo- This frequency is known as 

the Larmor frequency, and is dependent on the strength of the magnetic field, B. As mentioned earlier, y, 

the gyromagnetic ratio is a unique constant for each atom. For 'H , the most abundant nuclear species in the 

body, y =2.68 x 10^ rad/s/Tesla. For a magnetic field strength of 1.5 T, the Larmor frequency is 4.02 x 10® 

rad/s or 63.87 MHz, which is in the radiofrequency (RF) range. 

In order to observe die precessional behavior of the magnetization, M needs to be rotated away 

from equilibrium. This process is referred to as excitation and is achieved with the addition of a time 

varying magnetic field. We will consider the excitation field, Bi, to be circularly polarized and applied in 

the transverse plane with an angular frequency of co and an amplitude modulation Bi(t). The total magnetic 

field, B(t), can be wiitten as 

B(r) = 5,(0(coscori — sinoa/j) + 5„k. (2.17) 
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Given the above expression for B(t), the equation of motion for the bulk magnetization becomes, 

= M X y[5| (r)(cos coA — sin a>/j)+ k]. (2.18) 
dt 

A simple solution to equation (2.18) can be obtained by moving to a rotating frame of reference. The new 

frame of reference rotates about the z-axis at the same angular frequency, oo, as the excitation pulse. Thus, 

the unit vectors for the rotating frame of reference are given by; 

I' = i cos cot — j sin cot, 

j' = i sin cot—\ cos cot, 

and 
k' = k. 

The equation of motion for the magnetization utilizing the new fr^me of reference becomes 

dM. 

dt 

where 

(2.19) 

• = (2.20) 

r \ 
CO—CO, 

k'. (2.21) 

Equation (2.20) has the same form as equation (2.14). Consequently, the form of the solution remains the 

same, but an effective field. Bed, now influences the magnetization. The solution to (2.20) has M precessing 

about the effective magnetic field, Befr, at an angular frequency of ylBefrj. 

For the case of co=(Bo (i.e. on resonance), Ben-becomes 

B,^ = 5,(0i'. (2.22) 

For the case of an excitation pulse with a constant amplitude, Bi, and an initial condition for the 

magnetization of M(0) = Mo k, tlie solution to equation (2.20) is, 

IVI(r) = Afg smcoit'i' + Mg cos CO ft k', (2.23) 

where co i=yB|. Effectively, at resonance, the magnetization rotates about the x' axis at angular frequency 

yBi. 
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Excitation pulses are often referred to with respect to the angle of rotation the magnetization is 

moved away from equibTirium. The amount of rotation depends upon the duration of the excitation pulse. If 

BI is on for a time t, then the angle of rotation,_/7r]p angle, is defined as 

d=o)( t .  (2 .24)  

For example, to rotate the magnetization into the x'y' (i.e. transverse) plane, an excitation pulse with a flip 

angle of 90°needs to be applied. Similarly, a 180° excitation pulse flips the magnetization from the 

+z-direction to the -z-direction. 

2.4 Signal Detection 

Once the magnetization is tipped away from equilibrimn (i.e. after the excitation pulse), it will 

precess about the z-axis at the Larmor frequency as shown in equation (2.15). This precessional behavior of 

the magnetization gives rise to an electromotive force (EMF) in a nearby receiver coil. From Faraday's law, 

the electromotive force, s, generated in a receiver coil depends on the time rate of change of the flux, cD, in 

the coil, 

s = (2.25) 
dt 

If B''(r) is the magnetic field produced at point (r) per unit current in the coil, then by the principle of 

reciprocity it can be shown that the incremental EMF produced in the coil is given by" 

d s  =  ( r ) -M(r ,  t ) \ d V .  (2-26) 

B''(r) is indicative of the receiver coil's sensitivity within the volume. By integrating equation (2.26) over 

the whole volume (i.e. where the receiver coil is sensitive), the total EMF received signal, Sr(t), is given by 

(0 = - J|-[b:(r) • a/,(r,0 + B; ( r )  - ( r ,  f )  +  B:{r)-M^{r, t ) ] d V .  (2.27) 
vcl"^ 

Once the time derivative is evaluated, it can be shown that the longitudinal magnetization, Mz, can be 

neglected even when there is a nonzero z-component of the magnetization in the receiver coil field^. For a 

linear coil that is sensitive to the x-direction and uniform over B* (i.e. Bx'^(r) = B^O then the equation for the 

total EMF signal reduces to 
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r (0  =  -  J  ̂ [B:rM^(r , t ) \dV.  (2 .28)  
vol 

Mx(r,t) represents the real part of the complex transverse magnetization, which is expressed as 

A/., (r, 0 = Re{Mr (r,r)}. (2.29) 

Mr(r,t) is the transverse magnetizatioa in the laboratory frame and is defined as the complex quantity, 

A/y-Cr,/) =yW;c(r,0 + 'A/^(r,r) = (2-30) 

where My is the time varying transverse magnetization in the rotating frames of reference. After evaluation 

of the time derivative, the expression for the received signal becomes 

s^{t) = -B^^ J Re\ dV. (2.31) 
vol ^ ^ 

Since the main field dominates in the above expression (i.e. cOo » 5MT(r,t)/5t), the expression in equation 

(2.31) reduces to 

s,{t) = J Re\Mr{r,t)e'''o' \lV = \Re{iMr{r,t)}dV. (2.32) 
vol vol 

The received signal is proportional to the time variation of the magnetization in the laboratory frame of 

reference. This received signal can be demodulated'"''^ to the baseband signal. The real-valued physical 

signal, Sp(t), after demodulation is given by 

Sp( . t )  =  -Q}oBx \Re{ iMT{r , t ) }dV,  (2.33) 
vol 

which is related to the magnetization in the rotating frame of reference. Thus, the total EMF signal depends 

on the time-variation of the transverse component of the magnetization. Since Mx(r,t) is proportional to Bo, 

equation (2.33) also shows that the received signal is proportional to the square of the magnetic field 

strength. From equations (2.11) and (2.33), the received signal for the case of imaging proton is 

proportional to 

signal cc ——°^° . (2.34) 
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2.5 Relaxation Effects 

The process of signal detection is simple. First, the magnetization is excited into the transverse 

plane. Then, from Faraday's law of induction a signal is detected in a neighboring coil. This is the basic 

NMR signal. Eventually, the signal decays away as the system returns to equilibrium. In NMR, there are 

two parameters,T| and Ti, that characterize this retum to equilibrium. 

T1 is known as the spin-lattice time constant and is related to the relaxation of the longitudinal 

magnetization, Mj. The eventual retum of the magnetization to thermal equih"brium is the result of nuclei 

exchanging energy with the surrounding lattice. Ti globally describes this exchange of energy. At higher 

fields, a greater energy exchange is needed due to the higher frequencies, which causes the longitudinal 

relaxation effect to take longer. Thus, Ti, is field dependent, with values that increase with increasing 

magnetic field strength. 

The equation of motion for the longitudinal magnetization due to T i relaxation is, 

dM. M,-M„ 

at r, 
(2.35) 

where Mq is the value of the magnetization at thermal equilibrium. The solution to equation (2.35) is given 

by, 

Af , =M^ +[A/^(0)-A/Je''^' , 

where Mz(0) is the initial condition for the longitudinal magnetization. Following a 90° excitation, Mz(0) = 

0, the above equation reduces to, 

A/ ,  =yW„(l -e ' '^ ' ) .  (2 .37)  

Equation (2.37) describes an exponential decay of the longitudinal component of the magnetization back to 

thermal equilibrium. 

The other relaxation constant, T2, is called the spin-spin time constant and relates to the decay of 

the transverse magnetization. Since variations in the local fields lead to different local precessional 

frequencies, the individual spins tend to spread out in the transverse plane over time, reducing the net 

magnetization. This spreading out is usually referred to as dephasing and manifests as a decay of the 
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transverse component of the magnetization. The equation of motion for the transverse magnetization in the 

rotating frame of reference becomes, 

T Af T ^ 

^ = (2.38) 
dt Tj 

If the transverse magnetization has an initial condition of Mt(0)=Mo, the solution to equation (2.38) is 

(2-39) 

The local field variations are independent of the magnetic field strength. Therefore, T2 is approximately 

constant over the range of magnetic fields of interest. 

The values of Ti and T2 vary throughout the body, due to the diverse chemical environments in 

biological tissue. As a result of difference in Ti and T2, the differences in signal lead to a recognizable 

contrast between tissue types. It is this feature that makes MR a powerful imaging tool. Representative 

values of Ti and T2 are shown in Table 2.1 for 'H components of different human body tissues. 

Tissue Ti(ms) T2(ms) 
brain gray matter (GM) 950 100 

brain white matter (WM) 600 80 
fat 250 60 

brain cerebrospinal fluid (CSF) 4500 2200 
muscle 880 47 
blood 1200 100-200 

Table 2.1 Representative values of relaxation parameters in msec at Bo=l .5T and 37°C"®. 

2.6 Block Equation 

When the relaxation effects are included in the equation of motion for the magnetization we obtain 

an important relation known as the Block equation, which is given by, 

^ = (2.40) 
dt Tj Ti 

The cross-product term is the driving term for the precessional behavior of the magnetization, while the last 

two terms express the decay of the transverse and longitudinal components of the magnetization. 
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The simplest solution obtained from the Bloch equation is for B(t) = Bok, a static magnetic field. 

The Bloch equation in terms of its transverse and longitudinal components is given by. 

(IMy d.M r  dM y  
•* ^ + 1-

^ 1 . 
— + lajo m 7 

dt dt dt 

and (2-41) 

dM^ M.-M^ 

dt 7] • 

The transverse component, which is proportional to the received signal, is a simple first-order differential 

equation with a solution 

Mj = M(0)e~^2 ^ (2-42) 

where 

Mr (0) = (0) + iMy (0), (2.43) 

is the initial condition for the transverse magnetization. Equation (2.42) is the expression for the basic 

NMR signal that is commonly referred to as a free induction decay (FID), which is an oscillating signal 

with an exponentially decaying amplitude. 

2.7 Inhomogeneous Object and or Magnetic Fields 

A more useful solution to the Bloch equation is obtained by examining the case of an 

inhomogeneous object and magnetic field. Consequently; M, Ti, T2, and B become functions of space. A 

nonuniform field can be generalized as, 

B(r, 0  =  k+Af i (r./)]k, (2.44) 

where the term AB(r,t) describes both the spatial and time dependencies of the magnetic field. Given 

AB(r,t), we can write the transverse component of the Bloch equation as. 

dMn 

dt [7-2(0 

where 

— = -i ^ + i[coo + Affl (r, ')]|a/ t 5 (2-45) 
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(Oo =yBo 

and (2.46) 

A£a(r, t )=y A5(r, t ) .  

The general solution for equation (2.45) is given by. 

^ 0 y 
(2.47) 

where M°(r) = M(x,y,z,t=0). 

The expression shovra in equation (2.47) is used to describe both controllable and uncontrollable 

deviations in the magnetic field. Uncontrollable deviations in the magnetic field, or off-resonance effects, 

can be separated into three categories: 1) main field inhomogeneities, 2) susceptibility-induced field 

variations, and 3) chemical shift effects. Main field inhomogeneities are the result of imperfections in the 

main field magnet. In most systems, an auxiliary set of shim coils are added for the express purpose of 

improving the overall uniformity of the main field. Still, there are always residual errors in the uniformity 

of the field. Susceptibility-induced errors are the result of variations in the bulk magnetic susceptibility, X-> 

within the sample. These effects are more prevalent near boundaries between two materials with different 

susceptibilities, such as air and tissue. For example, in the human body, they occtu: in the abdomen, lungs, 

and the sinuses. Lastly, chemical shift is a displacement of the resonant firequency due the fact that protons 

in different chemical compounds experience a slightly different magnetic environment, even in the 

presence of a uniform external magnetic field. The effective magnetic field experienced by protons is. 

where a is a shielding constant that depends on the chemical environment. Consequently, the effective 

resonant firequency is 

The chemical shift is a firequency shift that is dependent on the strength of the magnetic field. 

Unlike the off-resonance effects described above, the uniformity of the magnetic field can be 

manipulated by the application of a gradient field. A gradient field is a magnetic field that points in the 

^loc ~ ^oa ~ 0 ''')' (2.48) 

(2.49) 
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same direction as the main field. Bo, but with an amplitude that varies with position. For example, gradients 

in the x,y, and z-directions are defined as; 

dB^ 

dy 

and 

(2.50) 

G. = dB. 

dz 

With the addition of gradients and ignoring off resonance effects, the total magnetic field is given by, 

B(r) = (5„ +Gr)k = (5„ +G,.r+G^7 + C,z)k. (2.51) 

Thus, the resultant magnetic field points in the same direction as the static main field, but has a magnitude 

that varies with position. A more general approach for describing the resultant magnetic field would be to 

consider time-varying gradients where 

B(r,0 = (5o+G(/)-r)k. (2.52) 

The resultant solution to the Bloch equation for the transverse magnetization is given by. 

A/(r,r)= A/°(r)e exp — iy  jG(r)  rrfz-
0 

(2.53) 

where the phase of the magnetization is influenced by the additional gradient fields. We determined in 

equation (2.28), that the received time signal consists of contributions firom all of the precessing transverse 

magnetization within the volume. By combining equations (2.21) and (2.53), the received signal can be 

expressed as. 

- V -  f  
^  j  jM°(x,y ,z)e  ' exp —iy  ̂ G{t)-r  dr  dxdydz.  (2.54) 



2.8 2D Imaging with Gradient Fields 

The purpose of imaging is to measure information that produces a good representation of the 

original object. To begin to understand how to obtain information about the object, we make the following 

simplifications and apply them to equation (2.54). 

— \ 

• Ignore the relaxation term e ^ . 

• Reduce imaging to a 2D (planar) situation with a slice along the z-direction and image coordinates 

in X and y. The 2D magnetization function is given by, 

ro+Az/2 

m{x,y)= ^M°{x,y ,z)dz ,  (2.55) 

z„-^z/2 

where the integration takes place over the slice width, Az. 

• Typically, the signal is demodulated from the carrier frequency at cOo, therefore we will drop the 

exp(-i(Bot) factor. 

With the above assumptions, the resultant baseband signal, s(t), is given by. 

s{t)  = sr{t)  = Jjm(x,>')exp -j>|G(r)-rrfr dxdy.  (2.56) 
xy 

Ultimately, the goal is to acquire a set of time signals {s(t)} and then reconstruct an image I(x,y) that 

closely approximates m(x,y). Since we have limited the object space to the x and y directions, equation 

(2.56) is further simplified by considering that only the x and y gradient fields, Gx(t) and Gy(t) are applied. 

Thus, the equation for the baseband signal for the selected plane becomes. 

,it) = j Jmu y) dy, (2.57) 
xy 

where 



and (2.58) 
t 

k =  ̂  jo (t)  dr.  
ITT^ 

The variables, kxCt) and ky(t), are the time integrals of the gradient waveforms. 

The signal is the planar integral of the magnetization multiplied by a phase factor that varies with 

spatial position. The 2D Fourier transform of m(x,y) which can be written as, 

m{x, y) dy. (2.59) 

A direct comparison between equations (2.57) and (2.59), gives the relation, 

s{t) = M{k^{t),ky{t)). (2.60) 

This is the most important relationship in magnetic resonance imaging (MRI). Equation (2.60) 

states that at any time t, the signal equals the value of the 2D Fourier transform of the magnetization at a 

spatial frequency determined by the time integrals of the applied gradient waveforms. In MRI, 2D Fourier 

space is often called "k-space""'~^. The spatial frequency components, and ky, are in units of cycles/cm. 

If the trajectories for s(t) are sufficient to cover Fourier space, then an image reconstruction of m(x,y) can 

be obtained via an inverse 2DFT. 

2.9 Slice Selective Excitation 

To implement imaging in the manner described above, we need to excite a known volume of spins 

within a slab of tissue of width, Az. The basic approach to this selective excitation is to apply an RF pulse 

with a modulation function Bi(t) in the presence of a static gradient in the slice direction''. The static 

gradient is commonly known as a slice select gradient. With the application of a slice select gradient in the 

z-direction, the effective magnetic field becomes. 
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B^=5,(r)i'+ 5„+C7^-z--
v ^ v 

k'. (2.61) 

For the case of on resonance excitation (i.e. co = C0o)> the equation of motion for the magnetization can be 

written in the rotating frame of reference as 

where aj(z) = yG^z and co i(t) = YBi(t). Equation (2.62) is not easily solved in the general case. However, 

we can obtain a useful approximation if we make the following assimiptions {small tip-angle 

approximation): 

• The initial condition of the magnetization is M = Mo k. 

• We assume a small flip angle, 9 < 30°. This assumption allow us to make the approximations, Mz' 

= Mo and dN'Vdt = 0. 

Given the above assumptions, the equation for the transverse components of the magnetization are no 

longer coupled to the equation for the longitudinal component. From equation (2.62), the transverse 

component of the magnetization can be written as 

co{z) M^(t) + ci^i (r)yW-'(/) (2.62) 

^^^^^ = -ico{z)Mr •^icoi(t)Mo , 
dt 

(2.63) 

whose solution is given by^". 

(2.64) 

0 

If Bi(t) is on from t = 0 to t = T, then equation (2.64) reduces to 
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+ ̂ )jj t^f=-{.7l27r)C, (2.65) 

where 3 id is the notation for a IDFT. The magnitude of the transverse magnetization as a function of z is 

Equation (2.66) shows the Fourier relationship between Bt(t) = co i(t)/7 and MT(t,z). In the small tip-angle 

case, the temporal frequency content of Bi(t) predicts the resultant slice profile. The frequency content 

should match the resonant frequencies of the spins in the desired slice. 

If one were to sample the signal immediately after the selective excitation pulse, the signal would 

be relatively weak due to phase dispersion across the slice width. This phase dispersion is represented by 

the phase factor exp (-i(o(z)T/2), in equation (2.65). As mentioned earlier, via the application of gradients, a 

phase factor is added to the signal. Similarly, the phase factor, added as a result of the slice select gradient 

can easily be removed via the application of an additional gradient of opposite polarity following the 

excitation process. This additional gradient is often referred to as a refocusing pulse, and should have an 

area of GzT/2, to produce a phase factor of exp(+i(o(z)T/2). At the end of the refocusing pulse, the resultant 

transverse magnetization is given by 

(2.66) 

(2.67) 

|/=(//2;r)a 

The integral of Mx no longer encounters a phase dispersion in z is and said to be refocused. 
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Figure 2. 1 Slice selection excitation with a SINC pulse concurrent with a z-gradient followed by a 
negative refocusing pulse. 

Slice selection excitation can be accomplished with a SINC pulse of duration t concurrent with a 

constant z-gradient, followed by a refocusing pulse of half the area as shown in Figure 2.1. The RF pulse 

can be expressed as 

B i  ( / )  =  B i  s i n e  
r 

v y 

(2.68) 

where the SINC function modulates the carrier frequency. For this specified slice selection followed by a 

refocusing pulse, the transverse magnetization is given by 

^,z i = /a/o((i;ir)rect 
yG^zxz 

v 2 ^ 
(2.69) 

Effectively, equation (2.69) states that if we want to excite a slab of spins perpendicular to the z-

axis then we need to apply Bi, and a linear gradient in the z-direction. With the application of G^, the 

resonance frequencies vary linearly with position. Then, to select a slice of width Az, Bi needs to be tuned 

to the Larmor frequency with a temporal bandwidth of yGjAz centered about cOq (Figure 2.2). The slice 

location can be shifted in z, by an offset in resonant frequency of the RF pulse. For the case of multi-slice 
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imaging, each slice will have a RF pulse with a frequency shifted away from the Larmor frequency 

corresponding to the slice's position in z. 

Excited 
Slice 

Figure 2. 2 Selective Excitation: The resonant frequency varies linearly with z for Gz. An excitation 
pulse with a rectangular frequency content excites spins at locations with matching 
frequencies. 

2.10 2DFT Image Formation 

For an imaging sequence, the task is to select a set of gradient fields to sufficiently sample 

k-space so that an image can be reconstructed. For 2D Fourier imaging, horizontal lines of data are 

collected to fill k-space. A timing diagram of a basic 2D Fourier transform sequence is shown in Figure 2.3. 

The sequence begins with a selective 90° excitation followed by a slice refocusing pulse, such that a planar 

slab of spins at a specified z-location are tipped into the transverse plane. Following each excitation, x and 

y gradients are applied simultaneously for a time ty. The trajectory moves out in k-space to a position 

proportional to the areas of the gradients (k^^ = -(y/27r)Gxty ;ky = (Y/27i)Gyty). A horizontal line of data is 

acquired by turning off the y-gradient and applying a constant x-gradient. The timing of the sequence is 
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typically adjusted so that the k-space trajectory crosses the ky axis at the center of the acquisition window. 

To collect additional lines of k-space, the amplitude of the y-gradient is incremented on subsequent 

excitations. Typically, the indexed gradient (i.e. Gy in this case) is referred to as the phase-encoding 

gradient and the other gradient is called the readout gradient, which is on during data acquisition. The 

2DFT method samples k-space on a rectilinear grid, and if frequency space is covered sufficiently a 

discrete 2DFT reconstructs the image. 

RF. 

Sequence Time 

2D Fourier transform imaging sequence: (a) pulse sequence diagram and (b) k-space Figure 2.3 
trajectory. The multiple horizontal lines on the Gy gradient indicate the incremented 
amplitude needed for phase-encoding. 

In the 2DFT sequence, the time between successive phase encoding steps is referred to as the 

repetition time (TR). The TR time is a variable set by the user. For scans with a large TR compared to the 

sequence time, the quiescent interval between successive measurements from a single slice may be used for 

acquiring measurements from other slices. In a TR period, a single phase encode step is completed for N 

consecutive slices. The maximum number of slices, N, that can be imaged is approximately equal to the TR 

divided by the sequence time. This form of interleaving is called multi-slice imaging and is the most 

common acquisition mode used in MRI commercial systems. 



3. IMAGING TECHNIQUES 

3.1 Echoes 

In chapter 2, it was mentioned that phase of the magnetization accrues from off-resonance sources 

and applied gradient fields. The phase from each of these sources can be represented by. 

where the first two terms relate to the constant phase accrued from main field inhomogeneity and chemical 

shift, respectively, and the last term represents the controllable phase accrued by the applied gradient fields. 

In MRI, echoes are formed when some of the spatially-dependent phase is removed, thus increasing the 

strength of the signal. There are three types of echoes in MRI: gradient echo, spin echo, and stimulated 

echo. 

By definition, gradient echoes are created by undoing the phase shifts produced by imaging 

gradient fields. A 2DFT gradient echo imaging sequence is shown in Figure 3.1. For the case of scarming 

the central line of k-space (i.e. no phase encoding gradient), spatially-varying phase is accumulated as a 

result of the Gx gradient from time t = 0 to t. In the absence of off-resonance effects, the phase accmal is 

given by (j)(x,y,z,t) = -yGxXt. From time t = t to 2T, phase unwraps because spins that were precessing at a 

slower frequency are now precessing at a corresponding higher frequency. A gradient echo (or refocusing) 

occxu-s at t=2T, where the cumulative area of the readout gradient waveform equals zero (i.e. <j)(x,y,z,t)=0 ), 

and the spin vectors are completely rephased. After the formation of the gradient echo at t = 2x, the 

spatiaUy-varying phase accumulates again because of the gradient field. For the case of scarming the central 

line of k-space, a plot of the signal and its phase evolution as a function of time are shown at the bottom of 

Figure 3.1. 

0 (3.1) 
t 

0 
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Figure 3.1 Gradient echo imaging sequence. 

In a standard 2DFT gradient echo imaging sequence, horizontal lines of data along are collected 

to fill k-space. After a 90° slice selection pulse, the trajectory moves out to a spatial frequency proportional 

to the area of the phase encoding gradient and the pre-positioning gradient on G^- A horizontal line of data 

is acquired during the application of the read gradient. A gradient echo occurs when the k-space trajectory 

crosses the ky axis. To collect additional lines of k-space, the amplitude of the phase encoding gradient is 

incremented on subsequent excitations. 
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One variation of the 2DFT gradient echo sequence is a scan called echo-planar imaging (EPI). 

This sequence is different from the standard gradient echo 2DFT sequence in that it acquires multiple lines 

of Fourier data per excitation. This allows for faster imaging. The EPI k-space trajectory and gradient 

waveforms are shown in Figure 3.2. After an initial movement to the bottom of k-space, the scan blips in 

the ky-direction after traversing each line along k* (Figure 3.2a). In EPI, the gradient echo is formed when 

the trajectory crosses the origin of k-space. EPI can be implemented in either a single or multi-shot mode. 

Single-shot sequences sample the full k-space after one excitation. 

L 

C 

C 

g. 

J 

a) b) 

Figure 3. 2 EPI: a) k-space trajectory and b) gradient waveform. 

The second type of echo is called a spin echo (SE). Spin echoes cancel phase shifts from field 

inhomogeneities and chemical shifts where the rate of phase accrual is constant over time. A 2DFT spin 

echo sequence is shown in Figure 3.3a. The sequence begins with a 90°.y pulse that tips the magnetization 

into the transverse plane with the magnetization vector pointing along the x axis. In a spin echo sequence, a 

180° pulse is added at time x to flip the spin phases. After the initial excitation pulse, phase accrues at a 

constant rate from off-resonance effects. Prior to the 180° pulse, the phase is ^(x,y,z,'x) = 

[(nE(x,y,z)+C0cs(x,y,z)]'T (ignoring gradient fields). At t = t, a 180°y pulse is applied, flipping the spins about 

the y axis. At t = the phase just after the 180° pulse is given by. 
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(3.2) 

The phase continues to accumulate after the 180° pulse, such that at time t = 2t the phase is given by, 

Thus, at t = 2T, where the spin echo occurs, there is no resultant spatially dependent phase. In other words, 

the phase of all spins have been completely refocused. A time evolution of the phase is shown at the bottom 

of Figure 3.3a, where TE is often referred to as the echo time. 

The task of the 2DFT spin echo imaging is to collect horizontal lines of data along to fill k-

space. After the initial excitation, the trajectory moves out to a selected spatial frequency, (k^, ky). 

However, due to the 180° pulse, the k-space position jumps to (-k*, -ky). WTien the readout gradient is 

applied, a horizontal line of k-space is acquired (Figure 3.3b). Typically, the timing of the spin echo is 

made coincident with the crossing of the ky axis. This ensures that all spins are in-phase at the k-space 

origin. To collect additional lines of k-space, the amplitude of the phase encoding gradient is incremented 

on subsequent excitations. 

The advantage of spin echo vs. gradient echo acquisition is that a spin echo generates a signal in 

which all vectors within a voxel are in phase with each other. This is not the case with a gradient echo (i.e. 

only gradient induced dephasing is reversed). The resultant dephasing from off-resonance effects in 

gradient echo sequence leads to an increased decay rate. This behavior is usually modeled as a decrease in 

signal by the factor exp(-t/T2*) where Ti* < T2. 

r (3.3) 
= /r- la) f^(x ,  y ,  z)  + co^s (^, y, z)] r + [co^ (r, y, z) + o)^ (x, y, z)] (ir - r)=^ 
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2DFT spin echo: a) sequence and b) k-space trajectory. Figure 3.3 
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The spin echo sequence can be extended into a multiple echo sequence. Henmg^' first introduced 

the RARE (Rapid Acquisition with Relaxation Enhancement) or FSE (Fast ̂ in Echo) sequence, which 

consists of a train of spin echoes after a single excitation. The 2DFT FSE sequence and corresponding k-

space trajectory are shown in Figure 3.4 for an echo train of four (i.e. ETL = 4). After the initial excitation, 

a pre-positioning gradient moves the trajectory to a spatial frequency on the axis. The first 180° pulse 

flips the k-space position from (0, ky) to (0, -ky). The effect of the 180° is shown in Figure 3.4b. After the 

first 180° pulse, a short phase encode gradient moves the trajectory along ky. A line of k-space is readout 

during the formation of the echo. After the readout gradient, another phase encode gradient shifts the 

trajectory back to the kx axis (i.e. ky = 0). Additional lines of k-space can be acquired after successive 180° 

pulses, by incrementing the amplitude of the phase encode gradients. The image quality will depend on the 

ETL, Tz of the object, and the strength of the signal. 

Unlike the 2DFT spin echo sequence, the data for the FSE sequence are acquired at different echo 

times. As you proceed through the echo train the total signal decreases due to T2 decay. Thus, the 

reconstructed image will be T^-weighted. The amoxmt of T2-weighting is determined by the acquisition (or 

echo) time of the center of Fourier space. If the central lines of data are collected first (i.e. echo 1), then die 

image will be less T^-weighted. However, if the central lines of data are collected last, then the image will 

be heavily Ti-weighted. 

The advantage of the FSE sequence is that the imaging time can be reduced by the ETL factor. In 

other words for an ETL = 4, the total imaging time to collect the full k-space data is of what it would be 

with a standard spin-echo sequence. 
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Figure 3. 4 FSE: a) pulse sequence and b) k-space trajectory. 
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The last type of echo is called the stimulated echo. A stimulated echo imaging sequence is shown 

in Figure 3.5. Immediately after the initial 90° excitation pulse, the magnetization is flipped from the 

longitudinal direction to the transverse plane. From time t = 0 to x, the magnetization gains a phase 

dependent upon the time between pulses 1 and 2. After a time t = t, a second 90° pulse is applied which 

stores a component of the spins as longitudinal magnetization. The magnitude of this longitudinal 

magnetization contains information about the phase of the magnetization at the time of the second 90° 

pulse. The magnetization remains in this state with stored phase information imtil the third 90° pulse is 

delivered. After the third pulse, the magnetization is flipped back to the transverse plane with a reversal of 

the initial phase that was accmnulated between the first and second RF pulses. The magnetization is then 

refocused at a time, t, after the third RF pulse. For stimulated echo sequences, the echo ampUtude is 'A 

sinGi sin02 sin03-exp(-2T.rr2); where 9i,02, and 83 are the flip angles of the first, second, and third RF pulse, 

respectively^". 

4. 

Figure 3. S 2DFT stimulated echo pulse sequence. 
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Stimulated echoes can be foimed by a combination of any three RF pulses. Every RF pulse can be 

considered as a linear combination of a 0°, a 90°, and a 180° pulse. It is the 90°-Iike components of the RF 

pulses that affect the magnetization to produce a stimulated echo. 

3.2 Image Contrast 

In chapter 2, the effects of Tj and T2 on the magnetization were discussed. In biological tissues, 

where T1 and T2 vary throughout the body, the differences in signal lead to a recognizable contrast between 

tissue types. The image contrast can be accentuated by proper selection of the imaging sequence and the 

sequeace parameters. The sequence parameters of primary interest are the echo time (TE) and the repetition 

time (TR). The resultant image intensity will be based on some flmction of Ti, T2, TE, TR, and the spin 

density. 

180° 
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Figure 3. 6 A repeating SE sequence. 

A repeating spin echo sequence is shown in Figure 3.6, where as described previously the time 

from one 90° pulse to the next is the repetition time (TR). The first spin echo sequence rotates the 

component of the magnetization into the transverse plane and refocuses the signal at a time, TE. The 

amount of signal at the echo is dependent upon the TE time and the magnitude of Mz just prior to the 

excitation. After the first spin echo, Mj recovers via Ti relaxation during the ensuing TR period. A steady 

state condition in the amount of longitudinal magnetization prior to the 90° pulse is reached after the 

application of a few TR periods. The signal intensity depends on the equilibrium magnitude of Mz just prior 

to the 90° excitation. An expression for the resultant image in a spin echo sequence is 



47 

I { x , y ) ^  K p i x , y )  
-TR/ 

l_e 
-TE/ 

^T2{x,y) (3.4) 

where /T is a gain constant and p(x,y) is the spin density'^. 

Scans that produce images with predominantly Ti contrast are referred as Ti-weighted. Ti-

weighted images are obtained with a short TE and a TR ~ Ti. For this situation, equation (3.4) reduces to 

-TR/ 
K x , y )  ~  l C p i x , y )  \ — e (3.5) 

An example of a T [-weighted brain image obtained with a SE sequence is shown in Figure 3.7a. Images 

with mainly T, contrast are referred as T2-weighted. For T2-weighted scans, TR is long to avoid T i contrast 

and TE ~ T2 to enhance T2 difference between tissues. For a T2-weighted sequence, equation (3.4) reduces 

to 

—TE/ 
/(.r, 3^) « K p { x ,  y ) e  

An example of a T2-weighted image obtained with a SE sequence is shown in Figure 3.7b. Lastly, images 

that are primarily proton density weighted can be obtained with a short TE and a long TR. An example of a 

proton density weighted image is shown in Figure 3.7c. 

*. * 

Figure 3. 7 Axial brain images with (a) Ti-weighting (TE/TR = 14/400), (b) Tj-weighting (TE/TR = 
90/2400), and (c) proton density weighting (TE/TR = 30/2400). 



3.3 Types of Sequence Trajectories 

One of the unique aspects of MR imaging is that spatial information is achieved via the encoding 

of signals using gradient fields. There are two basic trajectories used in 2D imaging: Cartesian, and polar. 

Cartesian imaging was described in chapter 2. The altemative polar trajectory is often referred to as the 

projection reconstruction or radial acquisition method. 

For the present discussion of 2D imaging methods, we will simplify the situation by considering a 

general excitation pulse sequence. First, the excitation will consist of a 90° selective excitation in the 

presence of a Gz gradient, such that a planar slab in the z-direction is tipped into the transverse plane. 

Second, the excited spins within the selected slice are spatially encoded with the use of gradient fields and 

the received signal is the result of excited spins producing an EMF in a neighboring receiver. The pulse 

sequence is repeated multiple times. The number of measurements depends on the sequence and how k-

space is filled. 

2D projection reconstmction (PR) or radial imaging is related to methods used in x-ray 

computerized tomography (CT). The data collection for radial imaging consists of a set of radial lines 

("spokes") passing through the origin of k-space such that the sampled data lie on a polar grid. A basic 

radial sequence using a gradient echo acquisition is shown in Figure 3.8. Following the selective excitation, 

two gradients are applied to pre-position the trajectory in k-space. The gradients in the x and y directions 

have the same pulse width but have amplitudes that are scaled by G* = GqCOsG and Gy = GoSinG. Once the 

positioning gradients are turned off, two readout gradients are applied. The readout gradients have the same 

amplitude as the corresponding positioning gradient but are of opposite polarity. The readout gradients 

cause the k-space trajectory to tum around and go back through the center of k-space. In the next TR 

period, the sequence is repeated for another projection angle, 9. We can fill angles from 0° to 180° in k-

space by appropriately scaling G* and Gy. To acquire a radial line that is symmetric about the center of k-

space, the areas of the positioning gradients need to be half the areas of these readout gradients. 
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Figure 3. 8 Radial Imaging Sequence: a) Timing diagram: a negative gradient precedes the positive; 
the signal is read out during the positive gradient, b) k-space trajectory extends outward 
and then retraces itself. 

3.4 Reconstruction Techniques 

There are several ways to acquire data in MR. Similarly, there are several ways to reconstruct 

data. We have already mentioned that we can reconstruct an image via a discrete 2DFT for data sampled on 

a rectilinear grid. For data collected on a polar grid, an image can be reconstructed via filtered back 

projection reconstruction (FBPR). 

The basis of FBPR is the result of the Central Section Theorem^*. 

Central Section Theorem: Let peCx') be the projection off(x.y) at some angle 0 and let 
F(k„ky) be the 2D Fourier transform off(x,y). Then the ID Foiuier transform of the 
projection pe(x') equals the 2D Fourier transform F(kx,ky) along the radial line at that 
same angle 9. 
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Figure 3. 9 Central Section Theorem: The ID Fourier transform of pe(x') equals the radial slice of 
F(kx,k;y) at that same angle 0. 

Figure 3.9 illustrates this theorem. Mathematically, the central section theorem can be derived by 

rewriting the 2D Fourier transform equation in polar coordinates with kx= krCOS0, ky = krSin0, and dk^dky 

= krdkrd0; 

2;roo 
f{x .y)  = J ^F{kj.,d^sxp\i2K{k^ CQsd X +kf.sia.d dk^ dO. (3-7) 

0 0 

The expression in equation (3.7) reduces to 

/(x,y)= 
>-xcos0+ysin0 

0 

d6, (3.8) 

where Pe(k) is the Fourier data acquired at angle 0, and |k| is the filter function. P0(k) is the Fourier 

transform of the projection, Pe(x')- In this case, k is a variable that runs from -oo to oo with values of 0 

ranging from 0 to n. By definition, a ID parallel projection is a collapsed version of a 2D object taken 

along an arbitrary direction at an angle 0. For an object hyj{x^), a projection of this object can be 

expressed as. 
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Pe (^') = |/(^' cos 0 - y' sin x' sin 0 + 3^' cos d)dy', (3.9) 

where x' is the distance from the origin of the projection. The filter function, |k|, is basically a ramp 

function in frequency space and is used to compensate for the large density of samples acquired at the 

center of k-space. 

The process for reconstructing an image for data obtained with a radial sequence is as follows: 

1. Obtain a radial line of data in k-space for a projection angle of 0: PeCk) 

2. Multiply the projection data by filter function, jk|: P0(k)-|k| 

3. Perform a ID inverse Fourier transform to obtain a 

filtered projection: P0(k)-|k| —> P0t(x') 

4. Backproject pet(x') onto xcosG + ysinS using a discrete approximation of equation (3.8). 

5. Repeat the process for 0 from 0 to n. 

3.5 Sampling Issues 

Thus far, our discussion of k-space and data acquisition has been with continuous time domain 

signals. However, the received signal is digitally sampled which can be expressed as 

, k y )  =  M { k ^ , k y ) -
1 

Akj^Aky 
• m 

Ak^ Aky 
•rect 

_ ajt., ^ 
i t _ + — —  k , , - {  

2 J' 2 
Wkr W k ,  (3.10) 

where Ak^ and Aky are the sampling periods, and Wk^ and ^^'ky are the widths traversed in k-space. The 

comb fimction in equation (3.10) is defined as 

/ / / ( x , y ) = ^ ^  - i,y- J ). 
' J 

(3.11) 

The k-space sampling periods, Akx and Aky, are functions of the incremental area under the gradients Gx 

and Gy, respectively. For the phase gradient, the sampling interval is set by incremental change in the area 

of the gradient each TR. For the read gradient, Ak* is returned by the temporal rate sampling period. The k-

space widths are given by 
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Wk^=N-iiJc^ and Wky=M-Ak^, (3.12) 

where N is the number of samples collected. The Fourier transform of equation (3.10) is given by 

m(x,y)  = m(x,y)  **^II l (Ak^,Aky)**fVk^Wky sinc(Pf^;t.)sinc(fW:y), (313) 

where ** indicates the 2D convolution operation. 

From sampling theory, if sampling is done in one domain then replication occurs in the other 

domain. Since we sample in frequency space, then replication occurs in the object domain. If sampling is 

infinite in extent, then equation (3.13) becomes 

mix,y)  = m{x,y)  .  (3.14) 

The convolution of m(x,y) with the comb fimction means that m(x,y) is replicated at intervals of 1/Ak^ in 

the x-direction and 1/Aky in the y-direction. This effect is shown in Figure 3.11 -The effective FOV of the 

displayed image is determined by the separation of the replicated images, which can be expressed by, 

FOV^ =-^ 

and (3.15) 

^ ^ky 

The spatial resolution of the reconstructed object is determined by the maximum spatial firequency 

acquired. If the k-space sampling extends over a range of and ±kynux) then the spatial resolution is 

given by 

1 FOV, 
'>k N 

and (3.16) 

. - 1 
d i» • 

^ Ik N ^^yrnsix y 

Therefore, by selecting the number of sampling points and FOV, the k-space sampling is defined as the 

spatial resolution in the image. 
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Figure 3.10 a) Sampling in k-space and b) corresponding replication in the object domain. 

3.6 Signal-to-Noise Ratio 

One of the main measures of image quality is the signal-to-noise ratio, SNR, of the reconstructed 

object. SNR is defined as the signal amplitude divided by the standard deviation of the noise. It is standard 

practice in MRI to define signal as the intensity in a uniform signal area, and noise as the standard 

deviation of the intensity in a region outside the object. The strength of the signal is affected by the proton 

density, the timing parameters of the particular sequence used, and the spatial resolution of the image (i.e. 

voxel dimensions). 

In MRI, the dominant noise in the received signal is derived from random, thermal fluctuations in 

the receiver coil electronics, which is commonly referred to as Johnson noise. This noise can be modeled as 

Gaussian-distributed, additive, white, and uncorrelated from sample to sample. Thus, the noise in the image 

domain will also be additive, white, Gaussian, and uncorrelated. It can be shown that the standard deviation 

of the noise is proportional to the signal bandwidth, Af, which is inversely related to the temporal sampling 

interval. At. With averaging the signal is increased linearly by the number of averages, but the standard 

deviation is increased by only Vn. A general expression for the SNR can be written as 
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snraz{ax)(a.yx^)—^l^''^ f{p.t,,t2), (3.17) 

where N^ve is the nvimber of scan averages, N is the number of readout point, and f(p. Tj, T^) is a pulse 

sequence dependent expression used to determine the signal ampUtudes at readout. An underl3^g principle 

for MRI is that the SNR is proportional to the square root of the measurement time, since it is the 

cumulative measurement duration that dictates the SNR. 
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4. DIFFUSION IMAGING 

4.1 Introduction 

In previous chapters, we mentioned several parameters that affect the signal in MRI. In addition to 

Ti, T2, and the density of spins, another parameter affecting signal is diffusion. Diffusion-weighted MRI 

(DW-MRI) is a relatively new but potentially useful imaging method, where the image contrast is 

dependent upon the amount of random motion of the molecules that produce the signal. DW-MRI is 

currently being investigated for a number of clinical applications. In addition to applications mentioned in 

chapter 1, it is also used for nerve fiber orientation^^"'®, and identification of lipids^'. However, DW-MRI 

has limitations in that image quality is compromised due to its iimate sensitivity to small motions of the 

object. Current DW-MRI techniques collect data in a single shot experiment or attempt to remove errors 

due to motion. Regardless of the method utilized, there are limitations with current DW-MRI methods. 

4.2 Theory of Diffusion Weighting 

DW-MRI is implemented by adding a difiusion preparation period prior to acquisition of the 

signal. In the diffusion preparation period, strong gradients are added to suppress signal from rapidly 

diffusing spins^®. To describe the effect of diffusion gradients on the signal, consider the sequence shown in 

Figure 4.1. The diffusion preparation period consists of two gradients of the same duration, T, but separated 

by a time, T. Each of the gradients has the same area but the second gradient has an amplitude opposite to 

that of the first gradient. 

-G, 

.Diffusioii Preparation 
Period 

Acquisitio n 

Figure 4.1 A balanced bipolar gradient in a DW sequence. 
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For a stationary spin, the phase that is accumulated by the first gradient is unwrapped by the 

application of the second gradient. However, for a moving spin there is an accirmulation of phase. This 

additional phase can be calculated by the expression. 

(4.1) 

If the gradients in the diffusion preparation period are applied in the x-direction, and a spin is moving with 

a constant velocity, v, in the x-direction; then firom equation (4.1), the phase accumulated by the moving 

spin after the diffusion period is 

<l>=rG^ x„r + -
vr" v r "  

(4.2) 

where x,, is the position of the spin at the beginning of the first gradient, and Xi is the position of the spin at 

the beginning of the second gradient. The position, Xi is given by (Xo+vT), thus the accumulated phase is, 

(f)=YvG,,TT, (4.3) 

where y is the gyromagnetic ratio, and Gj is the gradient strength. If we expand this relation to examine a 

volume of randomly moving spins, then there will be a distribution of phase shifts, which leads to a 

reduction in the signal governed by, 

5 = . (4.4) 

In equation (4.4), So is the base signal strength, D is the scalar self-diffiisivity or diffusion coefficient for 

the material, and b is often referred as the b-value. The diffusion coefficient of water at 20° C is 2.0 10'^ 

mmVs and the range of values foimd in normal brain is 0.3-1.0 10'^ mm"/s The b-value in equation (4.4) 

is determined by the strength, duration, and separation of the magnetic field gradients, and is calculated by 

>2 

dt ' .  (4.5) b  =  r \  \ G { n d f  
0 vo > 

For the simple gradient waveform shown in Figure 4.1, the b-value expression in equation (4.5) reduces to 

(4.6) 
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The strength of the b-value reflects the amount of difftision weighting in the signal for DWI. In general D is 

space variant, so that by including the diflfiision gradients in an imaging sequence one can weight the image 

intensity by a factor of 

The balanced bipolar gradient scheme can be changed to a SE sequence by adding a 180° pulse 

between the diflftision gradient pulses. The SE diffusion preparation is shown in Figure 4.2. The SE 

preparation produces the same b-value as the balanced bipolar gradient scheme; the only difference is that 

the second gradient has a shifted polarity due to the 180° RF pulse. The SE preparation has the advantage 

in that the acquisition occurs during the formation of the spin-echo, where the signal is in phase. 

M TE/2 «• TE/2 H 

W T M 
T 

M— T —H 

rkifFiicinn H 
Period 

i< >1 

Acqiiisitio n 

Figure 4. 2 A spin echo diffusion preparation in a DW sequence. 

4.3 Diffusion Anisotropy and the Apparent Diffusion Coefficient 

Equations (4.4) and (4.5) are useful for measuring the diffusion coefficient of isotropic media, 

such as water, but when imaging anisotropic media, one can observe significandy different diffusion values 

when diffiision gradient are applied in different directions'"'. Stejskal and Tanner derived an analytic 

expression that relates the signal intensity to the anisotropic diffusion for a spin-echo diffusion preparation 

period'". Basser"" expanded Stejskal and Tanner's expression for anisotropic diffusion by defining the 

effective diffusion tensor, 



d^ = 

Dg Dg Dg 

D% Dg Dg 

Dg Dg Dg 

(4.7) 

The reduction in signal, as a result of diffusion anisotropy, can be expressed as. 

I n l f  
O J ,=i j=\ 

(4.8) 

where by is the ij"'' component of a symmetric matrix, The b matrix performs the same role in 

anisotropic diffusion that the scalar b-value performs in isotropic diffusion. A general expression for the b 

matrix is given by 

I I  I  

b = y - j  j G { t ' ' ) d t "  df. (4.9) 

where G is a vector 

G(0 = . (4.10) 

The components of G(t) are the applied magnetic field gradients. For the simple gradient pulse sequences 

commonly used in DWI, analytic expressions can be derived for each matrix element, by. For a SE 

diffusion preparation period with gradients applied on all of the gradient axes simultaneously (Figure 4.3), 

the b-value matrix elements are given by, 

b,_j=rG,Gjr'-i;r-y^, (4.ii) 

where the indices ij = x, y, or z. 

Equation (4.8) suggests that we can design different experiments to observe different matrix 

elements of D'^by applj^g diffusion gradients along various combinations of directions. For example, to 

observe the attenuation of the signal caused by we would design a gradient pulse sequence which 

only has diffusion weighting in only the x-direction (i.e. only b^x?^ 

The apparent diffusion coefficient (ADC) is the measured scalar value of the ID diffusion that 

occurs in the effective direction of the applied diffusion gradients. To obtain information about anisotopic 

systems, multiple ADC measurements need to be acquired along multiple directions. For anisotropic 
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systems of cylindrical symmetry, Hsu"*^ determined that only four ADC measurements are required to 

determine fiber orientation, where seven ADC measurements are required in a situation where no symmetry 

exists. 
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Figure 4.3 Spin echo diffusion preparation gradient waveforms. 

4.4 Effects of Motion in the Presence of Diffusion Gradients 

Image degradation caused by object or patient motion is a common problem in MRI, but in DWI 

these problems are amplified due to the presence of additional strong gradient pulses. Motion will affect 

each acquisition differently in a multi-shot acquisition sequence (i.e. data collected in multiple TR periods), 

and it is this inconsistency within a data set that typically produces severe ghost artifacts in the image"'*''". 

In terms of a 2DFT sequence we can describe the errors produced as a result of rigid-body and rotational 

motion in the presence of diffusion gradients. 

For a 2DFT sequence we found that the received signal is a line of data acquired along kx with a 

fixed position in ky (i.e. x is the readout direction, y is the phase encoding direction, and z is the slice 

direction). For a stationary object, fs(x,y), the n'** acquired signal S„(t) can be expressed as 
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= (4.12) 

where Fj is the Fourier transform of the object fj (Figure 4.4). From chapter 2, we found tfciat repeated 

measurements fill Ic-space and the image is reconstructed via an inverse 2DFT. Patient motion during the 

scan will lead to errors in the acquired data and to artifacts in the reconstructed image. 

a) b) 

S„(t) = F,[K,(t),K,J 

Figure 4. 4 a) Object fs(x,y) and its FFT, b) Fs(k„ky). 

During the course of an MRI exam, in-plane, rigid body, translations can occur. For the case of 

DW-MRI, where strong balanced gradients are used, even small subpixel motions can cause significant 

errors. The phase errors produced are the result of motion occurring during the application, of the diffusion 

gradients, before the acquisition of data^". For this specific condition, the effect of rigid body motions on 

the acquired signal is relatively simple, where the phase is described by equation (4.3). Rigid body 

translations diuing the application of the diffusion gradients induce constant phase shifts in the acquired 

data^'"^". For the case of diffusion gradients applied on all of the axes, the n"" acquired signal in the presence 

of rigid body motion is given by 

5„(0 = e'^''F,[/:.,(0,-t^J, (4.13) 
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where (|)„ = (jj^n <t'\ + <t'^n- For an object moving at a constant velocity, v = v^ i + Vy j + v^ .k, is the 

phase error caused by the object moving in each of the three orthogonal directions, as seen in Figure 4.5. 

.y b) 
W 4 

a f;(x,y) ^ 

m 

a 

fc 

m K 
pr-

Figure 4. 5 a) Moving object fs(x,y) and its FFT, b) Fs(k„ky). 

Another type of motion, which we can describe mathematically, is rigid body rotations. Rigid 

body rotations that occur during the application of diffusion gradients induce data shifts in Fourier space^^ 

(Figure 4.6), which can be expressed as 

S n ( 0  =  V x  (') - ̂ x n . -ty/z " ̂ y n  ]• (4-14) 

These shifts in the Fourier data are primarily orthogonal to the applied gradient. For example, if diffusion 

is applied in the x-direction , then rotations will cause shifts in ky and k^. Data shifts in the slice direction, 

kz, will modify the slice integral. Since the slice thickness is small, the Fourier data varies slowly in the k^-

direction and the shifts in this direction can be ignored^'*. 

Non-rigid body motions of the object lead to spatially, and time varying phase, and are very 

difficult to describe mathematically. Therefore, errors due to these types of motions are very difficult to 

correct. 



62 

a) y b) K 

Ak, 
'X .  

rotate 

fs(x,y) 

X T k 

/ 
S„(t) = F\[k,(t)-Ak„,k,+Ak^] 

Figure 4. 6 a) Rotated object fs(x,y) and its FFT, b) Fs(k„ ky).  

4.5 D WI Methods 

For conventional 2DFT methods, image quality is compromised with diffusion weighting due to 

the inherent sensitivity to small motions. 2DFT MRI images for b = 0 and 620 s/mm" are shown in Figure 

4.7, where the diffusion-weighting image is cormpted by motion artifacts. To coimteract the effects of 

motion, existing DW-MRI techniques collect data in a single shot experiment or attempt to remove the data 

errors due to motion. Currently, there are three competing DWI techniques: single shot EPI, navigator 

echoes, and radial scan techniques. 
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Figure 4. 7 2DFT MRI image with (a) b = 0 s/mm^ and C) b = 620 s/mm". 

Single shot techniques, such as echo planar imaging (EPI), acquire all the data necessary to 

reconstruct an image after a single RF excitation. The pulse sequence for EPI was shown in chapter 3. For 

D WI, the main advantage of EPI is that there are no phase difference errors ft-om one line to the next since 

all data for a single slice are taken after one excitation (i.e. one diffusion preparation). Since EPI is a fast 

scanning technique, another advantage is that the whole brain can be imaged in approximately 3 to 7 

seconds for a single b-value. However, EPI typically produces images with low resolution, is sensitive to 

magnetic field inhomogeneities, and has problems with eddy currents produced by the fast switching 

gradients. The magnetic field inhomogeneities produce signal dropout at areas of high susceptibility (i.e. 

auditory canals and sinus cavities), and the eddy currents distort the image. Examples of diffusion-weighted 

single shot EPI (SSEPI) images are shown in Figure 4.8, where arrows designate areas of susceptibility 

dropout. 
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Figure 4. 8 SSEPI diffusion-weighted images of human brain. 

The navigator echo technique was introduced by Ehman and Femllee^^ and later was adapted to 

correct for motion in DWI^®. In this method, the gradient waveform in the pulse sequence is modified so 

that an additional line of data is acquired along the ky=0 line in Fourier space for every line of image data. 

Thus, for each line of image data, a "navigator" line is also acquired. It is assumed that each line of image 

data and its respective navigator have the same phase error. For each navigator, the zero-order phase is 

determined by finding the average phase across the whole line of data. InterScan translational motion is 

corrected by removing the zero-order phase from each line of image data. The advantage of navigator 

echoes is that you can obtain high-resolution DW images. However, the motion correction is not always 

effective. Another caveat is that additional data need to be acquired and the data reconstruction is more 

time consuming^^. 

Radial scan techniques, which were described in chapter 3, have been shown to be very insensitive 

to artifacts produced as a result of motion^®'^'. With radial imaging, a phase factor is added to each 

projection as a result of bulk motion occurring during the application of the diffusion gradients. However, 

there are simple ways to correct these phase errors in radial imaging. These correction methods will be 

discussed in detail in the next chapter. When the phase error is eliminated, there is a reduction of the 

motion artifacts in the final image. Figure 4.9 shows examples of DW images with phase-corrected radial 

data acquisition. For DWT, radial scaiming has the advantage of obtaining high-resolution images without 
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the presence of susceptibility artifacts. The scan time to image the whole brain is significantly longer for 

SSEPI. 

Figure 4. 9 DW images of human brain with data acquired with a radial trajectory. 
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5. DIFRAD-FSE 

5.1 Introduction 

In the previous chapter, we introduced the basics of diffusion imaging and the difficulties of 

obtaining high quality images with the current DWI techniques. In this chapter, a new imaging technique 

that obtains high-resolution DWT without artifacts due to motion or susceptibility is introduced. DIFRAD-

FSE, or Diffusion with Radial Acquisition of Data with Fast ̂ in-Echo, is an imaging sequence that has the 

advantages of radial acquisition with an improvement in imaging riming provided by FSE. 

Discussion of the sequence will include four motion correction techniques implemented to reduce 

artifacts and an alternative diffusion preparation to help reduce the effects due to eddy currents in the 

gradients. 

5.2 Introduction to DIFRAD-FSE Pulse Sequence 

The DIFRAD-FSE pulse sequence is shown in Figure 5.1 for an ETL = 4, where slice selection is 

done in the z-direction. The sequence begins with CHESS presaturation, which is a technique used to 

suppress signal from a chemically shifted nuclear species®''". CHESS presaturation consists of a 90° 

chemically shifted excitation pulse followed by a gradient. The excitation pulse excites the magnetization 

of the whole volume, but has a center frequency that is tuned to the Larmor frequency of the nuclear 

species to be suppressed. Only the chemically shifted nuclear species is excited due to the narrow 

bandwidth of the 90° RF CHESS pulse. The signal from the chemically shifted nuclear species is dephased 

by the ensuing gradient. Thus, unwanted signal is suppressed prior to the imaging sequence. Water (HjO) 

and fat (CHi groups) are the most abundant 'H species in the human body. In DWI, where water diffusion 

in tissues is observed, the CHESS presaturation pulse is used to suppress signal from fat. 

A Stejskal and Tanner spin-echo diffusion-weighted preparation period follows the CHESS 

presaturation. The signal is excited by a 90° RF slice selection pulse and refocused by the first 180° RF 

slice selection pulse. The middle of the first 180° RF pulse is placed at TEi/2 so that an echo is formed at 

TEi. Due to the imperfect nature of slice selection, crusher gradients have been added on either side of the 

slice selection gradients. The purpose of the crusher gradients is to null out any residual signal that can be 
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excited into the transverse plane by the imperfect 180° RF pulse. The crushers, that are placed around every 

180° slice selection pulse, ensure that any signal received is due only to the spins excited by the initial 90° 

RF excitation pulse. 

The DW gradients are shown on the Gdw axis in Figure 5.1. The SE DW gradients can be applied 

on each of the physical gradient axes (i.e. Gx, Gy, and Gz) and placed to avoid any overlap with the slice 

selection gradients. The first DW pulse is appUed directly after the 90° slice selection refocusing pulse, and 

the second DW pulse is applied a time, A = TE|/2, after the first DW pulse. The amplitudes and the timing 

of the diffusion preparation (i.e. 5, TEi, and Gj) are determined by the b-value needed for diffusion 

weighting and the amount of T2-weighting that is acceptable in the signal. 
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Figure 5.1 DIFRAD-FSE pulse sequence for ETL = 4. 
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Following the diffusion preparation, radial lines of Fourier data are acquired at various points in 

the ensuing echo train. The echo train consists of a series of 180° RF slice selection pulses separated by a 

time TE2. The middle of the first 180° RF slice selection pulse occurs at TEj + TE2/2, which causes the 

echo at TEi to reform at TE1+TE2, where radial acquisition occurs. 

Radial acquisition of the echo consists of three gradient segments. A sequence diagram of a single 

radial acquisition is shown in Figure 5.2a. The first gradient segment occurs from point 0 to 1, where the 

positioning gradients are used to scan out along a half radial line (Figure 5.2b). The acquisition occurs 

during the second gradient segment, from point 1 to 3 across a full radial line of data. Point 2 is where the 

center of the echo occurs and the trajectory crosses the center of k-space (Figure 5.2c). Lastly, the third 

segment is used to scan another half radial line back to the origin (Figure 5.2d). The gradient waveform 

used for the radial acquisition is symmetrical about the echo point. The area of the positioning gradient is 

equal to half the area of the readout gradient, which is demonstrated by the shaded regions in Figiu'e 5.2e. 

The radial acquisition gradient waveform was designed taking into consideration the gradient 

hardware specifications, imaging specifications (e.g. FOV, resolution, etc.), and minimization of TEi. The 

gradient waveform in Figiire 5.2e can be seen as three consecutive trapezoids: pre-positioning, read, and a 

post-positioning. Each trapezoid can be separated into an attack, plateau, and decay section, with tlie timing 

of each of these sections represented as the attack, plateau, and decay pulse widths. 

The acquisition of data occurs during the plateau section of the read gradient. The pulse width of 

the read gradient, pw-read, is determined by the sampling rate of the receiver and the number of points to 

be sampled, Nn^d- Both the sampling rate and Nrcad are sequence parameters selected by the user. The attack 

and decay pulse widths for the read gradient, pw-reada and pw-readd, are determined by the maximum 

slew rate of the gradient hardware. The slew rate is defined as the maximum gradient amplitude divided by 

the minimum time for the gradient to ramp from zero to this maximum amplitude. The reference amplitude. 

Go, for the read gradient can then be determined by equation (3.15). 
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Figure 5. 2: (a) An expanded view of one acquisition in DIFRAD-FSE. G'-d) The k-space trajectory 
for the acquisition in (a), (e) The gradient waveform needed for a radial acquisition in 
DIFRAD-FSE. 
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The frequency of the receiver is set to match the resonant frequency of the nuclear species being 

imaged. This value is set for a FOV that is centered with respect to the isocenter of the magnet. However, 

for a FOV that is displaced from isocenter, the receiver frequency needs to be adjusted to center the image 

in this offset FOV. The receiver frequency is determined by the relation. 

where fo is the center frequency of the nuclear species being imaged, Af is the frequency range of the 

receiver filter in kHz, Ax is the displacement of the FOV away from isocenter along the x-direction. Ay is 

the displacement of the FOV away from isocenter along the y-direction, and 0 is the angle of the radial line 

being acquired. Thus, for every radial line of Foxurier data collected, the frequency of the receiver is 

adjusted according to equation (5.1). 

The only requirement of the pre-positioning pulse is that it must have an area that is exactly half of 

the read gradient. To minimize TE?, the total pulse width of the pre-positioning pulse needs to be set to a 

minimimi. This is accomplished by setting the amplitude of the pulse to the maximum amplitude value of 

the gradient, Gmax- Tbe attack and decay pulse widths, pw-posa and pw-posd, are determined by the 

maximum slew rate of the gradients. If Apos is the area required for the pre-positioning pulse, then the 

plateau pulse width is 

Following the first acquisition of radial data, another 180° slice select pulse is added to refocus an 

echo at TEi+2*TE2. Another radial line of data is acquired for a different angle (Figure 5.1). Subsequent 

180° RP pulses are added in the echo train to acquire additional lines of radial data. The number of 

acquisitions, or the echo train length (ETL), is a sequence parameter selected by the user. After the last 

radial acquisition, a killer pulse is added on the Gy gradient axis to dephase any remaining signal to prevent 

any crossover of signal into the next TR period. 

(5.1) 

max 

(5.2) 
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The DIFRAD-FSE sequence is repeated in multiple TR periods until k-space is filled. The 

simplest way to fill k-space is to collect radial lines in a sequential order changing the projection angle, 0, 

each acquisition by tt/N, where N is the total number of radial lines to be collected. The "sequential" 

collection strategy is shown in Figure 5.3 for the first two echo trains with an ETL = 8. An angular 

distribution of ETL-A0 = tt-ETL/N is covered in each TR period. 

Figure 5. 3 "Sequential" k-space trajectory for an ETL=8 and N=32 {echo train number, echo number). 

Whenever TEi ^ TEi, stimulated echoes involving the 90° RF pulse and the first 180°pulse will 

not be phase coherent with the subsequent spin-echoes. Consequently, artifacts will be introduced in the 

image. These artifacts are more prevalent in areas of high field inhomogeniety (i.e. deviation of Bo away 

from k), where only a fraction of the magnetization is flipped into the transverse plane. When obtaining 

non-difflision-weighted image, diffusion gradients can be tumed on with enough amplitude to dephase 
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unwanted stimulated echoes, but not enough to cause significant signal decay due to difilision (i.e. b~ 2 

s/mm"). 

The DIFRAD-FSE sequence was implemented initially to image sHces of the human brain. Data 

were acquired with 256 complex points in the radial readout direction along 256 projection angles utilizing 

the sequential k-space trajectory, ETL = 8, TEj = 70 ms, TR = 1500 ms, TEi = 15 ms, FOV = 24 x 24 cm", 

and a slice thickness of 5 mm. A 3D rendering of the magnitude of the complex data without diffusion 

weighting is shown in Figure 5.4a. From the figure, we can see that the peak value of the magnitude of the 

signal occurs as each projection passes through the center of k-space. The peak signal occurs at point 128 

for the situation of acquiring 256 complex points along a radial line. The peak signal in each radial line is 

plotted in Figure 5.4b. The effects of T2 decay during the echo train are clearly seen in Figure 5.4b. There is 

an exponential drop in the peak signal since the Fourier data are collected at different echo times. 

4000 
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Projection Number 

Figure 5. 4 a) A 3D rendering of the magnitude of a set of complex radial obtained using DIFRAD-
FSE. b) A plot of the signal at point 128 in the radial acquisition vs the projection 
number. You can easily visualize the T2 along the echo train. 

DIFRAD-FSE images of human brain are shown in Figure 5.5, for b = 2 s/mm" (a,c) and b = 200 

s/mm" (b,d). The diffiision weighting was achieved by applying diffusion to the z gradient coil. The 

strength of diffusion weighting was calculated by a nimierical approximation of equation (4.9). The images 

were reconstructed using a complex FBPR and displayed after taking a magnitude of the complex image. 
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In Figure 5.5 we can see some signal dropout and severe streaking in the DW images. A majority 

of these artifacts are the result of patient motion and eddy currents produced by diffusion gradients. The 

quality of the images can be improved by applying a motion correction technique. 
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Figure 5. 5 DIFRAD-FSE images for b = 2 s/mm (a,c) and b = 200 s/mm (b,d). 
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5.3 Motion Correction Techniques 

Chapter 4 discussed the effects on MR data when bulk motion occurs during the application of the 

diffusion gradients. Simple motions, such as translational and rotational motion, are easy to describe 

mathematically. For the case of translational motion, each radial line in Fourier space is multiplied by a 

different constant phase factor. A shift in the k-space trajectory occurs for bulk rotational motion. The 

radial acquisition used in DIFRAX)-FSE is different from other k-space acquisition techniques in that every 

line of Fourier data passes through the center of k-space. We can use this imique characteristic of radial 

acquisition to partially correct for errors in the data due to motion. Since each radial line of Fourier data has 

a common intersection point, we can use this data point as reference for motion correction. 

In theory, the complex data point obtained at the center of k-space should be the same from one 

acquisition to the next. For an acquisition of256 complex data points, the peak signal should occur in the 

center of the acquisition window at point 128. Also, the phase of the peak signal should remain the same 

from one radial line to the next. This property is apparent if we examine the raw data for a non-diffusion -

weighted scan. In Figures 5.6c and 5.6a, are plots showing the location of the peak signal in the acquisition 

window and the phase of the peak signal for the image shown in Figure 5.5a. As expected, the peak signal 

occurs at point 128 for all the radial lines, and the phase of the peak signal remains relatively constant. 

However, for diffusion-weighted images we see deviations in the data. In Figiues 5.6d and 5.6b, 

there are plots showing the location of the peak signal in the acquisition window and the phase of the peak 

signal for the image shown in Figure 5.5b. In Figure 5.6b we can observe large deviations in the phase as 

the result of small bulk translational motion. Similarly, shifts in the location of peak signal in the 

acquisition window are indicators of bulk rotations occurring during the application of diffusion gradients. 
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Plots of the location of the peak signal (a, c) in each projection and the phase of the peak 
signal (b, d) for the raw data acquire to produce the images shown in Figure 5.5e (a, c) 
and 5.6f( b, d). 

To compensate for the motion artifacts seen in the DW images, we can modify the radial lines of 

Fourier data prior to FBPR. Motion correction can be accomplished via the following correction 

techniques: phase correction, shift correction, a combination of the phase and shift correction, or 

magnitude. To assist in the discussion of each motion correction scheme, the same radial Fourier data set of 

Figure 5.5b will be used. 

The phase correction scheme is used to compensate phase produced by bulk translational motion. 

The first part of the correction entails finding the location of the peak signal for a radial line of Fourier data, 

which is determined after a magnitude operation. The second step is to determine the phase of the peak 

signal. The data are then corrected by dividing the selected complex radial line of Fourier data by this 

phase. The process is repeated for each radial line in the data set (i.e. each radial line of Fourier space has 
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its phase shift removed). Following the phase correction of the data, an image is reconstructed via complex 

FBPR. 

Shown in Figure 5.7 is a DW image reconstructed without and with phase correction prior a 

complex FBPR. A majority of the streaking artifacts have disappeared from the phase corrected image. 

Figure 5. 7 Diffusion-weighted image reconstructed with a (a) complex FBPR and (b) phase 
corrected complex FBPR. 

The shift correction scheme is used to partially compensate for shifts in k-space produced by 

rotational motion. Ideally, the peak signal should occur in the center of the acquisition window as the k-

space trajectory passes through the center of k-space. However, in the presence of rotational motion during 

the application of the diffusion gradient, the radial line of Fourier data is shifted away from the center of k-

space (Figiure 5.8a), which produces a shift in the location of the peak signal (Figure 5.8b). These Fourier 

shifts produce a linear phase across the projection, which corrupts the final back-projected image. The 

Fourier data shifts can be partially corrected by forcing the peak signal to occur in the center of the 

acquisition window (Figure 5.8c). This correction scheme only partially corrects the Fourier data, since we 

can only determine the shift that is parallel to the selected k-space trajectory, Ak||. 
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Figure 5. 8 (a) A k-space trajectory that is shifted by (Akx,Aky) produces (b) a radial line of Fourier 
data whose signal peak is shifted away from the center of the acquisition window by Ak||. 
(c) The Fourier line of radial data can be partially corrected by shiftiog the peak signal 
location to the center of the acquisition window. 

The shift correction scheme begins in the same manner as the phase correction. First, one 

determines the location of the peak signal. Then, the peak signal is shifted to the center of the acquisition 

window. Unknown data at the end of the radial line are filled with zeroes. For example, if the peak signal is 

shifted 5 pixels to the left then data points in the far right columns are filled with zeroes (Figure 5.8c). This 

process is repeated for each radial line of data. Following shift correction, the image is reconstructed via 

complex FBPR. 

Shown in Figure 5.9 is a DW image reconstructed without and with a shift correction prior a 

complex FBPR. There is some improvement in the image reconstructed with shift correction; however, the 

image quality is still poor due to streaking artifacts. 
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a )  b)  
Figure 5.9 Diffusion-weighted image reconstructed with a (a) complex FBPR and (b) a shift 

corrected complex FBPR. 

The third correction scheme is a combination of the phase and shift correction, which is used to 

compensate for both translational and rotational motion. The phase and shift correction begins with finding 

the location of the peak signal. If the peak signal does not lie in the center of the acquisition window then 

the data are shifted appropriately. The phase is determined at the peak, and subsequently subtracted from 

all data points in the radial line of Fourier data. The procedure is repeated for each projection. Following 

the motion correction, the image is reconstructed with complex FBPR. 

Shown in Figure 5.10 is a DW image reconstructed without and with a shift and phase correction 

prior a complex FBPR. There is an improvement in the total signal without the presence of streaking 

artifacts due to motion for the motion corrected image. For the images displayed, the phase and the shift 

and phase correction scheme produce images of similar quality. However, the total signal is slightly higher 

for the shift and phase corrected image. 



79 

a )  b) 

Figure 5.10 Diffusion-weighted image reconstnicted with a (a) complex FBPR and (b) phase and shift 
corrected complex FBPR. 

Magnitude is the final correction scheme, and is used to compensate for both types of bulk motion. 

The magnitude correction scheme makes the following assumption: The object is a positive real quantity, 

and therefore each projection of the object, should be a positive real quantity®''". This assumption is true 

for a stationary object in ideal circumstances (i.e. no phase variation across the object). However, for an 

object in motion, projection data become complex. Utilizing the above assumption, we can obtain a 

corrected projection by taking the magnitude of the signal following a IDFT. 

The magnitude correction begins by taking a IDFT of a radial line of Fourier data to obtain a 

complex projection. A magnitude is taken of the complex projection data to obtain a positive, real valued, 

projection. The procedure is repeated for each radial line of data, with the final image reconstmcted by 

FBPR. 

Shown in Figure 5.11 is a DW image reconstructed with a complex FBPR with no correction, and 

magnitude corrected data reconstructed with a real valued FBPR. The quality of the image reconstructed 

with the magnitude correction is similar to that shown in Figiu-e 5.10b. However, the magnitude 

calculation is computationally faster than the phase and shift corrected reconstruction. 



80 

Figure 5.11 Diffusion-weighted image reconstructed with a (a) complex FBPR and (b) a magnitude 
corrected FBPR. 

It is apparent that some type of motion correction needs to be completed prior to reconstmction. 

For the case of brain imaging, the magnitude correction scheme is robust when correcting patient motion. 

However, when imaging other parts of the body another correction routine might provide better images. 

Therefore, each correction scheme needs to be explored for each imaging task. 

For an object wath significant phase variation, the center of k-space does not correspond to the 

peak of the signal. Therefore, more complicated motion of the object, which leads to spatially, and time 

varying phase will not be corrected by the schemes described above. In this situation there will be residual 

artifacts in the image that manifest as signal drop out and streaking throughout the image. 

5.4 Eddy Current Compensated Diffusion Preparation 

For the SE diffusion preparation shown in Figxire 5.1, the gradients are typically applied at the 

maximum intensity, and produce eddy currents in surrounding structures. These eddy currents act like an 

additional imaging gradient, distorting the k-space trajectory in a direction that depends on the diffusion 

axis. Reese et al.^ proposed an alternative diffusion preparation that minimizes the eddies by changing the 

design of the diffusion preparation. This is achieved by adding a second refocusing pulse, and splitting the 

two long gradients into two bipolar gradients (Figure 5.12). Eddy currents from pairs of positive and 
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negative transitions partially cancel. Increasing the number of transitions from four to eight reduces the 

magnitude of residual eddies. For the same b-value, the twice-refocused SE produces a much decreased 

eddy current magnitude compared with the single SE preparation. 

The eddy current compensated DIFRAD-FSE pulse sequence is shown in Figure 5.12. The pulse 

sequence begins with a CHESS presaturation pulse, followed by a twice refocued spin-echo diffusion-

weighted preparation period. The signal is excited by a 90° RF slice selection pulse, which is then 

refocused by two 180° RF slice selection pulses. The 180° RF pulses are placed at TEi/4 and 3TE,/4 so that 

echoes are formed at TEi/2 and TEj. The DW gradients, which are shown on the Gdw axis in Figure 5.12, 

can be applied on any of the gradient axes (i.e. Gx, Gy, and Gz) and are placed to avoid any overlap with 

the imaging gradients. The first DW pulse is applied directly after the 90°RF slice selection. The second 

DW pulse is applied directly after the crasher following the first 180° RF pulse. The third and fourth DW 

gradients are an exact duplicate of the first two, except they occur a time TE|/2 later. The amplitudes and 

the timing of the diffusion preparation (i.e. 5, TE(, A, and Gd) are determined by both the b-value needed 

for difftision and the amount of Ti-weighting that is acceptable in the signal. 
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Figure 5.12 Eddy current compensated DIFRAD-FSE pulse sequence for ETL = 4. 
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Sagittal slices of a "pineapple" phantom using both diffiision preparation sequences are shown in 

Figure 5.13 for b = 2 s/mm" (top row) and b = 340 s/mm" (diffusion direction indicated). To achieve the 

same diffusion weighting for both diffusion preparation sequences, 5 = 22ms for the SE preparation (left 

column), and 5 = 12 ms for the eddy current compensation preparation (right column). The strength of 

diffusion weighting was calculated by a numerical approximation of equation (4.9). Data were acquired 

with 256 complex points in the radial readout direction along 256 angles utilizing the sequential k-space 

trajectory, ETL = 16, TE| = 85 ms, TR = 1500 ms, TEt = 15 ms, FOV = 24 x 24 cm\ and a slice thickness 

of 5 mm. The images were reconstructed using a complex FBPR and displayed after taking a magnitude of 

the complex image. 

If we examine the images in the left column, we can see that there is a significant amount of signal 

dropout. Since patient motion is not an issue with the phantom, the signal dropout can be attributed to eddy 

currents producing a distortion in the k-space trajectory. There is a significant improvement when utilizing 

the eddy current compensated diffusion preparation. The images have good resolution with well-defined 

structures and no signal dropouts. 
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Figure 5.13 DIFRAD-FSE image of a pineapple with SE diffusion preparation in the left column and 
the eddy current compensated diffusion preparation in the right column. The top-most 
images have minimal diffusion weighting (b w 2 s/mm^). Other images were obtained 
with b = 340 s/mm^ in directions indicated in the figure. 
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5.6 Summary 

In this chapter, the DIFRAD-FSE sequence was introduced as a means for obtaining diffusion-

weighted images with high-resolution. To improve the image quality changes to the basic sequence and the 

reconstruction method were developed. 

The next chapter will discuss how selection of various sequence parameters (e.g. TEi, TE2, ETL, 

rBW, Nread. and N) affect the image quality, and develop alternative k-space trajectory view orders to 

improve image quality. 
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6. DIFRAD-FSEBRA3N IMAGING RESULTS 

6.1 Introduction 

The goal of this chapter is to evaluate varioos imaging parameters when DEFRAD-FSE is utilized 

for brain DWI. By appropriately selecting imaging parameters, such as ETL, TEi, and the k-space scan 

trajectory, image quality can be optimized. Images will be evaluated on the appearance streaking artifacts, 

signal drop out, and SNR. Our imaging has been based on the assumption that the anatomy itself does not 

distort or move within the skull. This assumption wiO be explored by determining the effect of the cardiac 

cycle when obtaining DW images of the brain. 

In chapter 5, we concluded that the eddy current compensated diffusion preparation along with 

magnitude FBPR worked best for brain imaging. All images in this chapter wll be acquired with the eddy 

current compensated DIFRAD-FSE pulse sequence ajid reconstructed using the magnitude motion 

correction scheme prior to FBPR. 

6.2 Effects of ETL and Diffusion weighting 

DIFRAD-FSE is different from Cartesian FSE in that every acquired line of data passes through 

the center of k-space. This makes the image sensitive^ to T2 decay as multiple radial lines are acquired at 

different echo times and each line contributes more-or-less equally to the reconstructed image®^. A 

noticeable increase in Ti-weighting of images is observed as one increases the ETL because the average TE 

increases. To demonstrate this effect, DIFRAD-FSE "was used to obtain images of a water phantom doped 

with GdDPA. Data were acquired with 256 complex ^joints in the radial readout direction, 256 projection 

angles, and a TR = 1000 ms. Shown in Figure 6.1, ar« images obtained with ETL = I, 4, 8, and 16. The 

signal amplitude, measiu-ed from the magnitude of tlL«e central point of each echo, is plotted in Figure 6.2 

for the first 32 radial lines of the Fourier data (i.e. first 32 views) used to generate images in Figure 6.1. 

With ETL > 1, there is an exponential change of the signal amplitude within the echo train. For 

TE| = 85 ms, TE2 = 15 ms, and ETL = 16, the first ra^dial line has a TE = 100 ms and the last radial line 

acquired in the echo train has a TE = 325 ms. This cc»rresponds to an average TE, TEave = TEj + 

(TE2*ETL)/2) + TE2/2, of 212.5 ms. The average TE for ETL = 4 is 122.5 ms and for ETL = 8 is 152.5. 

The value of the average TE is an indicator of the aimount of T2-weighting expected in the image. 
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Figure 6.1 Non-diffusion-weighted images of a water phantom obtained with DIFRAD-FSE for an 
ETL = (a)l, (b)4, (c)8, and (d)16. The average TE for each of the images is (a) 100ms, 
(b)122.5 ms, (c)152,5 ms, and (d)212.5 ms. 
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Figure 6. 2 The magnitude of the central point of each radial line of data for the ETL = I (solid), 4 
(dotted), 8 (dashed), and 16 (dot-dashed) exams shown in Figure 6.1. Data fi-om the first 
32 views of the 256 views are shown. 

In addition to T2 decay, diffusion also affects the total signal in the image. The amount of 

diffusion weighting observed is determined by the b-value selected. DDFRAD-FSE was used to obtain 

images of a water phantom to demonstrate this effect. Data were acquired with 256 complex points in the 
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radial readout direction along 256 projection angles with TR = 1000 ms, TEi - 65 ms, TE2 = 15 ms, 5 = 10 

ms, and ETL = 4. Shown in Figure 6.3, are images obtained with b = 4, 250, 500, and 750 s/mm". The 

strength of diffusion weighting was calculated by a numerical approximation of equation (4.9). Each of the 

images has the same average TE, but there is a noticeable increase in the diffusion weighting (i.e. decrease 

in signal intensity) as one increases the b-value. The signal amplitude is plotted in Figure 6.4 for the first 16 

radial lines of Fourier data used to generate images in Figixre 6.3. The signal for the first echo has dropped 

due to diffusion weighting, but the T? decay of the signal remains the same regardless of the amount of 

diffusion weighting. 

Figure 6. 3 DW images of a water phantom obtained with DBFRAD-FSE for b = (a) 4, (b) 250, (c) 
500, and (d) 750 and an average TE of 132.5 ms. The areas of signal drop out are due to 
fluid motion caused by mechanical vibration produced by the activation of the diffusion 
gradients. 
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Figure 6. 4 The magnitude of the central point of each radial Fourier line b = 4 (solid), 250 (dotted), 
500 (dashed), and 750 s/mm~ (dot-dashed) exams shown in Figure 6.3. Data from the first 
16 views of the 256 views are shown. 

It is important to note that special consideration needs to be taken when selecting the ETL for a 

fixed b-value. One of the important characteristics of DIFRAD-FSE is the ability to reduce the imaging 

time by increasing the ETL. The total imaging time is reduced by a factor of two when the ETL is increased 

by a factor of two. For DIFRAD-FSE, the effects of both DW and T2 can lead to significant signal loss. As 

the ETL is increased, signal decay can lead to significant degradation of the image. An example of this is 

shown in Figure 6.5. DW brain images were obtained with DEFRAD-FSE with ETL = 4, 8 and 16 for b = 

381 s/mm~. Data for these images were acquired with 256 complex points in the radial readout direction 

along 256 projection angles with TR = 1500 ms, TE[ = 54 ms, TEi = 15 ms, and 5 = 7.5 ms. The signal loss 

is apparent for the image in Figure 6.5c due to the high ETL and diffusion weighting. In order to obtain an 

image with an adequate SNR, the tissue type and the b-value determine the highest, recommended ETL, 

ETLnox- For DW brain imaging, we have determined through observation of multiple studies that ETLn^x = 

16 for b < 400 s/mm" and ETLma* = 8 for b< 1100 s/mm". A careful study will need to be done to establish 

the optimum ETL for a specific application. 
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a) b) c) 

Figure 6. 5 DW brain images obtained with DIFRAD-FSE for ETL = (a) 4, (b) 8, and (c) 16 with b 
= 381 S/'mm^ 

6,3 TEi and TEj Timing Issues 

As stated earlier, the average TE is dependent upon the echo times, TEi and TEi. TEj is related to 

the diffusion preparation period, and its value determines the possible range of diffusion weightings. TE2 is 

related to the echo train, and its value determines the signal difference between the first and last echo. Both 

have an effect on the total signal and streaking artifacts that are observed in the image. 

For a fixed TE[, the amount of diffusion weighting in the image is determined by the pulse widths 

and amplitudes of the diffusion gradients. However, the largest b-value occurs when Gd = Gmax 5 = 

Snutt- For either the Stejkal-Tanner SE or the eddy current compensated diffusion preparation gradients, the 

maximum pulse width of the diffusion pulse, 5max, is determined by the time separation between the end of 

the slice refocusing gradient and the begiiming of the crusher on the first 180° pulse (see Figure 6.6). For 

diffusion gradients being applied along the z-direction only, a plot of the maximima b-value vs. TEi with 

Gmax = 22 mT/m is shown in Figure 6.7. The b-value was calculated via a numerical integration of equation 

(4.9). 
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Figure 6. 6 The first part of the DIFRAD-FSE sequence is shown, and demonstrates the longest 
possible diffusion pulse. 
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Figure 6. 7 Maximimi b-value vs TE| for the eddy current compensated (solid) and Stejkal-Tarmer 
SE (dotted) diffusion preparation. 

A shorter TEi will produce images with a stronger signal, due to a shorter TEave- However, the 

change in the signal along the echo train will be larger for shorter preparation times. Figure 6.8 shows the 

decay of the signal over time for an object with a specific Tz- The asterisks denote four data points. The 

first two data points represent an experiment with a short TE,, ETL — 2, and TE2 = AT. The last two points 

represent the same experiment, except that TEi is longer. As a result of TEi, the signal difference between 

the first two points is much greater than the signal difference between the last two, ASi > ASi. 
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Figure 6. 8 Signal strength vs. time for T2 decay and the effect of the different TEi on signal 

variation within the echo train. 

The streaking artifacts seen in Figure 6.Id are largely due to the difference in the peak signal as 

you proceed through the echo train. For long ETL's where the signal difference is large, the streaking 

artifacts can be partially corrected by extending the preparation period. However, this is done at the risk of 

reducing the total signal of the image. 

Minimizing the echo spacing in the echo train can also reduce the difference in signal between the 

first and last echo. To achieve minimum echo spacing, several issues need to be considered in designing the 

gradient structures of the echo train. First, only the slice select gradient (i.e. Gz) can be applied during the 

application of the RF pulse. If any additional gradient are applied during the application of the slice select 

pulse, the slice profile will change. Second, gradients on the slice select axis carmot be applied concurrently 

with the read gradients. Any gradients on the sUce axis will change the k-space trajectory during 

acquisition. Lastly, the crusher gradient must be turned off before the read gradient is turned on. 

A section within a DIFRAD-FSE echo train is shown in Figure 6.9. The figure begins with a 180° 

slice select pulse surrounded by two crasher pulses. The gradient waveform used for radial acquisition is 

placed immediately after the slice select pulse. To minimize TEi, the radial acquisition waveform begins 

immediately upon the completion of the RF pulse. After the radial acquisition, another 180° slice select 

pulse with crushers is appUed. The 180° RF pulse begins upon completion of the second positioning pulse. 

The minimum echo spacing in the echo train, or TE2.mm. 's given by. 
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Min TEi = 2 * pvjpos + pwread + /JwlSO, (6.1) 

where pwpos, pwread, and pwI80 are the pulse widths for the positioning, read, and 180° RP pulse, 

respectively. As long as these design criterion are met, the sequence will work properly. There is no 

problem with the positioning pulses and the slice crusher pulse being applied in the same time period. 
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Figure 6. 9 A small section in the echo train of DIFRAD-FSE. 

The pulse width of the plateau portion of the read gradient is determined by the number of points 

to acquire, N, and the sampling rate of the receiver, Af = 1/At. The minimum echo spacing can be reduced 

by either reducing the number of points sampled or increasing the sampling rate. It is important to note, that 

the amplitude of the read gradient needs to be adjusted for a change in the sampling rate. From equation 

(3.15), the image FOV is inversely proportional to the amplitude of the read gradient and the sampling 

time. If At is reduced by a factor of 2 then the amplitude of the read gradient needs to be increased by a 

factor of 2 to maintain the image FOV. The data sampling rate is controlled by the bandwidth setting of the 
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reciever (rBW). Af equals the full frequency range of the filter. Thus, for rBW = ± 16 kHz, Af = 32 kHZ 

and At = 3l.25(is. 

The design of the positioning pulse was discussed in chapter 3. Since the area of the read gradient 

determines pw-pos, by reducing the number points sampled there is a further reduction in TEi. The user can 

also adjust the pulse width of the 180° RF pulse. However, the minimum value is determined by the 

hardware. 

Non-diffusion-weighted images of a ball phantom were obtained with TEi = 85 ms, TR = 1500 

ms, ETL = 16, and FOV = 24 cm. Data were acquired with 256 complex points in the radial readout 

direction along 256 projection angles for TE2 = 15 (pwlSO = 4.0 ms; rBW = ±16 kHz), 12.4(pwl80 = 2.4 

ms; rBW = ±16 kHz), and 8.4 ms (pwl80 = 2.4 ms; rBW= ±31.25 kHz). Images are shown in Figure 6.10. 

For each TE2, the signal amplitude, estimated from the magnitude of the central point of each echo, is 

plotted in Figure 6.11 for the first 16 radial lines of Fourier data. From Figure 6.11, a reduction in the signal 

difference between the first and last echo is observed when TEi is decreased. 

Figure 6.10 Non-diffusion-weighted images of a water phantom obtained with DIFRAD-FSE for TEj 
= (a) 15 ms, (b) 12.4 ms, and (c) 8.4 ms. 
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Figure 6.11 The magnitude of the central point of each radial Fourier line for TE2 = 15 ms (solid), 

12.4 ms (dotted), and 8.4 ms (dashed) for the images shown in Figure 6.10. Data from the 
first 16 views of the 256 views are shown. 

There are difficulties using the sampling rate to improve the signal. Per equation (3.17), whenever 

there is an increase in the sampling rate there is an increase in the standard deviation of the noise. If the 

sampling rate is doubled, then the standard deviation of the noise increases by V2. The SNR does not 

change in a linear fashion, since the increase in the total signal is governed by an exponential factor (Soc 

exp[-TE/T2]). 

To demonstrate this behavior, the SNR was evaluated for a 40x40 pixel region in the center of the 

FOV for the images in Figiu-e 6.10. For this situation, the SNR is defined as the mean divided by the 

standard deviation of the signal in the selected region. The SNR was found to be 18.9, 21.9, and 18.4 with 

the standard deviation of the noise being 29.7, 28.6, and 47.5 for images in Figures 6.10a, 6,10b, and 6.10c, 

respectively. There is an improvement in the SNR, when the pulse width of the 180° RF pulse is reduced. 

When the sampling rate is increased, the standard deviation of the noise increases such that there is a 

reduction in the SNR. However, the reduction is much less than a factor of V2 because of the increased 

signal with shorter TE2. Selection of the sampling rate needs to be evaluated carefully based on the TEi, 

ETL, b-value, and the T2 of the tissue being imaged. 
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6.4 KSpace Trajectories 

Regardless of the sequence parameters, Fourier data are collected in a radial manner. For all the 

results shown thus far, the projection angle was incremented sequentially in each acquisition. For N radial 

lines of Fourier data, an angular distribution of ti-ETL/N is covered in each TR period. Within this angular 

distribution, there is an exponential decay of the signal, due to variations. There are two difficulties with 

this trajectory scheme. Even though object motion typically occurs throughout the scan period, the majority 

of errors produced are the result of motion occurring during the application of the diffusion gradients, 

before the acquisition of data'. Thus, all radial lines of data within a single TR period have the same error 

due to motion. For the "sequential" trajectory scheme (Figiure 6.12a), artifacts due to motion are grouped 

together in small angular sections, whose size is dependent upon the ETL. The second problem has to do 

with the T2 variation. Since T2 variations are the same within each angular section, the signal vs. projection 

angle will produce a saw tooth pattern in the signal strength, which has a periodicity determined by the 

ETL. Due to the T2 distribution in k-space, streaking will occurs in the image with strength that varies 

azimuthally with the same frequency as the saw tooth pattern. The artifacts are dependent upon the ETL, 

and the T2 of the tissue being imaged. Changes to the k-space trajectory can be made to minimize the 

motion and Ti related artifacts. Three k-space trajectory schemes will be discussed: star, star with skip, and 

bit-reversal (bit-rev). 

The "star" trajectory covers the entire tc radians in each TR period with radial lines separated by 

AGccho = tt/ETL. The starting orientation for the first echo train is 0 = 0. For subsequent echo trains, the first 

echo is shifted by AGecho + A0, where A9 = tt/N. A general expression for determining the projection angle 

for the "star" trajectory scheme, Gjor, is 

9star = ['" • ^^ec/io + (« " l)" {^declio + mod TT, (6.2) 

where i and n are the echo and echo train index, respectively. The index is i = 0 for the first echo, / = 1 for 

the second echo, and i = ETL-1 for the last echo within an echo train. Similarly, n = 1 for the first TR 

period, n = 2 for the second TR period, and n =N/ ETL for the last TR period. The "star" collection 

strategy is shown in Figure 6.12b for the first four echo trains with an ETL = 4. The "star" and "sequential" 
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k-space trajectory have the same T2 distribution, but the "star" trajectory scheme evenly distributes the 

effects of motion azimuthally in k-space. 

Figure 6.12 (a)"Sequentiar', (b), "star", (c) "star with skip", and (d) "bit-rev" k-space trajectory for 
an ETL = 4. Gskip = 33.75° for the "star with skip" trajectory. In the each of the figures 
above, the first number is the echo train index, n, and the second number is the echo 
index, i. The first four echo trains are shown. 
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Within a TR period, both the "star" and "star with skip" trajectory schemes have radial lines that 

cover the entire it radians; each radial line is separated by AGecho = u/ETL. However, for the "star with skip" 

scheme, the start position for subsequent echo trains is shifted by A0echo + AGjidp- A general expression for 

determining the projection angle for the "star with skip" trajectory scheme, Ga, is 

^ss = E" • ^^echo +(«-!)• {^9echo + ̂ ^skip )]mod K. (6.3) 

AGskip is a variable chosen based on the ability to fill k-space (i.e. all view must be acquired), and the 

randomization of Ti variations azimuthally. There are many values of AGjiup that fulfill these requirements. 

The "star with skip" collection strategy is shown in Figure 6.12c for the first four echo trains with an ETL = 

4. 

The "bit-rev", as with the "star" trajectory, has a T2 decay pattern that is repeated for each angular 

section and evenly distributes the effects of motion azimuthally in k-space. The basis of the "bit-rev" 

trajectory scheme is to randomize Tt variations wthin a single TR period by performing a bit-reversal 

operation on the echo index, i. For the "bit-rev" trajectory scheme, each radial line is separated by an angle 

that is determined by the bit-reversal index, m,. The first echo is shifted by AGecho + ^9 for subsequent echo 

trains, which is similar to the "star" trajectory scheme. A general expression for determining the projection 

angle for the "bit-rev" trajectory scheme, Gbi^ev, is 

^bit—rev i• ^ + W," - A0 + (/I — l)- {^decfio + mod ;r. (6.4) 
iV 

For a nimiber represented by 4 bits, the bit-reversal operation of the echo index consists of 

switching the first with the fourth bit and the second with the third bit. Shown in Table 6.1 are echo and bit-

reversal index values written in Arabic and binary format for ETL = 16. To demonstrate the effect of the 

bit-reversal operation on the T2 variation, the magnitude of the central point of each radial Fourier line is 

shown for the "sequential" and the 'Tait-rev" k-space trajectory in Figure 6.13. Data are shown for the first 

echo train with ETL = 4, 8, and 16. 
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Figure 6.13 The magnitude of the central point of each radial Fourier line for the "sequential" (solid) 
and the "bit-rev" (dashed) k-space trajectory scheme. Data are shown for the first echo 
train for an (a) ETL - 4, (b) 8, and (c) 16. 

i binary i binary m, rtii 
0 0 0 0 0  0 0 0 0  0 
1 1 0 0 0  0 0 0  1  8 
2 0  1 0 0  00 10 4 
3 1 1 0 0  00 11 12 
4 00 10 0  1 0 0  2 
5 10 10 0 10 1 10 
6 0  1 1 0  0  1 1 0  6 
7 1 1 1 0  0  1 1 1  14 
8 0 0 0  1  1 0 0 0  1 
9 1 0 0  1  1 0 0  1  9 
10 0 10 1 10 10 5 
11 1 1 0  1  10 11 13 
12 00 11 1 1 0 0  3 
13 10 11 1 1 0  1  11 
14 0  1 1 1  1 1 1 0  7 
15 1 1 1 1  1 1 1 1  15 

Table 6.1 Echo and bit-reversal index values written in Axabic and binary format. 

DIFRAD-FSE was used to obtain non-diffiision-weighted images of a water phantom to 

demonstrate the effect of the k-space trajectory schemes on streaking due to Ti decay. Data were acquired 

with 256 complex points in the radial readout direction along 256 projection angles with TR = 1000 ms, 

TEi = 50 ms, TE2 =15 ms, 5 = 6 ms, and ETL = 4, 8, and 16. Shown in Figure 6.14, are images obtained 

with the "sequential", "star", "star with skip", and the "bit-rev" k-space trajectory scheme. 
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Figure 6.14 Non-diffusion-weighted images of a water phantom obtained with the "sequential' 
(a,b,c), "star" (d,e,f), "star with skip" (g,hj) and "bit-rev" (k,l,m) k-space trajectory. Data 
were acquired for an ETL = 4 (a,d,g,k), 8(b,e,h,l), and 16(c,fj,m). 
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Streaking in the background is very noticeable for images obtained with the "sequentjal" and 

"star" k-space trajectories. The streaking gets more pronounced as the ETL increases. The increase in 

backgroimd variation is less as you increase the ETL for the "star with skip" and the "bit-rev" k-space 

trajectory. To demonstrate this behavior, the SNR was evaluated for the images in Figures 6.14c, 6.14f, 

6.14J, and 6.14m. For this situation, the SNR is defined as the mean signal for a 30x30 pixel region in the 

center of the FOV divided by the standard deviation of the signal for a 30x30 pixel region outside of the 

object (i.e. background). The SNR was foimd to be 23.1, 23.3, 40.8, and 43.1 for images in Figures 6.14c, 

6.14f, 6.14j, and 6.14m, respectively. 

The change in signal amplitude with view angle, estimated from the magnitude of the central point 

of each echo, is plotted in Figure 6.15 for the radial lines of Fourier data used to generate images c, f, j, and 

m in Figure 6.14. The low frequency saw tooth pattern in the signal amplitude does not exist when 

acquiring data with the "star with skip" and "bit-rev" trajectory. The removal of the low frequency pattern 

removes much of the streaking in the background of the phantom images, thus improving the overall SNR 

of the images. 
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Figure 6.15 The magnitude of the central point of each radial Fourier line from the "sequentiar'(first 
row), "star"(second row), "star with skip"(third row), and "bit-rev"(fourth row) exams 
shown in Figure 6.14. Data from all views are shown with and ETL =16. 

Shown in figures 6.16 and 6.17 are DW images of two axial slices in a second volunteer with b = 

617 s/mm and TR = 2000 ms. For ETL = 4, 8, and 16 the total number of slices you can image within the 

specified TR period is 11,9, and 6, respectively. With diffusion weighting, the "sequential" k-space 

trajectory consistently produces images with more streaking artifacts and areas of signal drop out. For echo 

train lengths of 4 and 8, the image quality appears to be similar regardless of the acquisition scheme (i.e. 

excluding the "sequential" traj'ectory). However, with an ETL = 16, the "bit-rev" traj'ectory scheme 

produced the best image over all. 
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Figure 6.16 DW images of a human volunteer obtamed with the "sequential" (a,b,c), "star" (d,e,f), 
"star with skip" (g,hj) and "bit-rev" (k,l,m) k-space trajectory. Data were acquired for an 
ETL = 4 (a,d,g,k), 8 (b,e,h,I), and 16(c,fJ,m) and b = 617 s/mm^ 
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Figure 6.17 DW images of a human volunteer obtained with the "sequential" (a,b,c), "star" (d,e,f), 
"star with skip" (g,h j) and "bit-rev" (k,l,m) k-space trajectory. Data were acquired for an 
ETL = 4 (a,d,g,k), 8(b,e,h,I), and I6(c,fJ,m) and b = 617 s/mm^. 
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Throughout the development of DIFRAD-FSE, images of multiple volunteers were acquired. 

Images were subjectively evaluated based on SNR, streaking artifacts, and signal drop out. Overall, the 

"star with skip" and the "bit-rev" k-space trajectory consistently produce images with reduced motion 

artifacts. 

6.5 Cardiac Motion and Sequence Triggering 

Images shown thus far have been obtained with a fixed TR. However, anatomy in and around the 

brain stem deforms due to CSF flow. This deformity is pulsatile with the cardiac cycle. This is not a 

difficulty for non-diffusion-weighted imaging. However with DWI, small motions lead to signal drop out in 

the areas of motion. The effect of these deformations with DWI, can be visualized by cardiac gating and 

imaging at various points in the cardiac cycle. In "cardiac gating", the data acquisition is triggered at some 

point relative to the electrocardiogram (EKG) waveform. A diagram of the EKG waveform is shown in 

Figm-e 6.18. The first 90° RF pulse in the DIFRAD-FSE sequence is applied such that the middle of the 90° 

occurs at a delay time To following the peak of the R-wave in the EKG waveform. The R-R interval, which 

is the time from one R-wave to the next, determines the TR of the sequence. 

R-R interval 

EKG _ 
Waveform 

DEFRAD-FSE 
n = 2 

DIFRAD-FSE 
« = ! 

Figure 6.18 EKG waveform where n is the echo train index and T0 is the time delay from the peak of 
the R-wave to the middle of the 90° RF excitation pulse in DIFRAD-FSE. 

To demonstrate the effect of the cardiac cycle on the motion of the brain stem, a single sagittal 

slice through the spinal cord was acquired. Diffusion was appUed along the superior/inferior (S/I) direction 

with b = 547 s/mm^ Data were acquired with 256 complex points in the radial readout direction along 256 

projection angles with TE[ = 85 ms, 5 = 12 ms , TE2 =15 ms, ETL = 4, FOV = 26 cm", and the "bit-rev" k-

space trajectory scheme. A single R-R period was selected with cardiac gating which gave an average TR = 
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1016 ms for this subject which allowed 4 slices to be imaged within the cardiac cycle. Shown in Figure 

6.19 are images acquired with delay times incremented by 50 ms sparming the fiill range of the cardiac 

cycle. 

1 
1 

1 H 
9 

• 1 

1 1 
1 H 

1 1 
H III 

Figure 6.19 A DW sagittal slice of a human volunteer. Images were taken at To (ms) = (a) 50, (b), 
100, (c) 150, (d) 200, (e) 250, (f) 300, (g) 350, (h) 400, G) 450, (k) 500, (1) 550, (m) 500, 
(n) 550, (o) 600, and (p) 650. A final image (q) was taken with a fixed 111 = 1016 ms 
(i.e. no cardiac gating) that is approximately equal to the average TR of the cardiac cycle. 

From figure 6.19, it can be seen that there are time points where signal from the spinal cord and 

brain stem are clearly seen (e.g. Figures 6.19d and 6.19p) and other time points where the signal has 
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completely dropped out (e.g. Figures 6.19b and 6.19h). For a fixed TR (i.e. no cardiac gating), there is 

signal drop out around the spinal cord and brain stem (e.g. Figure 6.19q). The image appears to be an 

average of the images acquired over the full cardiac cycle. The severity of this signal drop out can be 

demonstrated further by imaging axial slices through the brain stem. Diffusion was applied along the S/I 

direction with b = 547 s/mm" Data were acquired with 256 complex points in the radial readout direction 

along 256 projection angles with TEi = 85 ms, 5 = 12 ms , TEt = 15 ms, ETL = 4, FOV = 26 cm^ and the 

"bit-rev" k-space trajectory scheme. In this set of images, a single R-R period was selected with cardiac 

gating which gave an average TR = 833 ms for this subject which allowed 3 slices to be imaged within the 

cardiac cycle. Shown in Figures 6.20 and 6.21 are axial images at two locations acquired with delay times 

incremented by 50 ms spanning the full range of the cardiac cycle. 

From Figiu-es 6.20 and 6.21, it is apparent that the selection of Tq is very important. The signal 

drop out appears to occur at the same time points in the cardiac cycle throughout the brain stem region. 

There is signal drop out for the images acquired with a fixed TR (Figures 6.201 and 6.211). Therefore, 

cardiac gating is necessary for imaging areas around the spinal cord or the brain stem when diffusion 

weighting is applied, and proper selection of when these images are acquired in relation to the cardiac cycle 

is essential. 

The amount of signal drop out is also determined by the magnitude and direction of the diffusion 

gradients. Equation (4.8) suggested that different matrix elements of DcffCan be observed by appl3dng 

diffusion gradients along various oblique directions. This can also be applied to the deformity of the brain 

stem caused by pulsatile flow. Directional aspects of the brain stem deformity can be visualized by 

applying diffusion gradients along various oblique directions. To demonstrate this, diffusion was applied on 

an axial slice along three directions. A "bad" cardiac time point of Tq = 350 ms was selected to visualize 

the variations in the signal drop out. Data were acquired with 256 complex points in the radial readout 

direction along 256 projection angles with TEi = 85 ms, 5 = 12 ms , TE2 = 12.4 ms, ETL = 4, FOV = 24 

cm^ and the "bit-rev" k-space trajectory scheme. With b = 1090 s/mm', gradients were applied along three 
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orthogonal directions: (0, -y, z), (V2/3x, V2/3y, V2/3z), and (-V2/3x, V2/3y, V2/3z). Images are shown in 

Figure 6.22, where the amount of signal drop out varies in the diffusion series. 
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Figure 6. 20 A DW axial slice near the brain stem of a human volunteer. Images were taken at To (ms) 
= (a) 50, (b), 100, (c) 150, (d) 200, (e) 250, (f) 300, (g) 350, (h) 400, 0) 450, and (k) 500. 
A final image (1) was taken with a fixed TR = 833 ms (i.e. no cardiac gating) that is 
approximately equal to the average TR of the cardiac cycle. 
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Figure 6.21 A DW axial slice more superior than the images shown in Figure 6.21. Images were 
taken atTo (ms) = (a) 50, (b), 100, (c) 150, (d) 200, (e) 250, (f) 300, (g) 350, (h) 400, 0) 
450, and (k) 500. A final image (1) was taken with a fixed TR = 833 ms (i.e. no cardiac 
gating) that is approximately equal to the average TR of the cardiac cycle. 



Figure 6. 22 DW axial brain images obtained with diffusion gradients in the following orientations; (a) 
0, -y, z; (b) V2/3x, V2/3y, V2/3z; and (c) -V2/3x, V2/3y, V2/3Z . Cardiac gating was 
utilized with Tq = 350 ms and b = 1090 s/mm^. 

To be time efficient, DIFRAD-FSE is often used in a multi-slice imaging mode. Shce ordering 

becomes an issue when cardiac gating is implemented. On average, a cardiac gated acquisition will allow 4 

slices to be imaged within a single RxR period and an ETL = 4. To image 4 slices within a single TR 

period. To = 50 (slice 1), 250 (slice 2), 500 (slice 3), and 750 ms (slice 4). The location of these slices is 

determined by the time delay. For "good" To values (i.e. 250 and 750 ms), the location of shces 2 and 4 

will be in areas around the brain stem (i.e. the lower half of the brain). For "bad" Tq values (i.e. 50 and 500 

ms), slices 1 and 3 will be located above the ventricles (i.e. the upper half of the brain). To completely 

image the brain (i.e. for a slice thickness of 5 mm), the scan needs to be repeated 5 times for different slice 

locations. Thus, for whole brain imaging for a single diffusion direction, the total scan time is 

approximately 5 minutes. 

6.6 DIFRAD-FSE Imaging Results 

Shown in the figures below are examples of images taken with the DIFRAD-FSE sequence with 

the "best" sequence parameters and k-space trajectory implemented. All data were acquired with 256 

complex points in the radial readout direction along 256 projection angles with TEi = 85 ms, 5=12 ms, 

TEt = 12.4 ms, and the "bit-rev" k-space trajectory scheme. With b = 1090 s/mm^ gradients were applied 

along three orthogonal directions: (0, -y, z), (V2/3x, V2/3y, V2/3z), and (-V2/3x, V2/3y, ^2/3z). All data 

were acquired with "cardiac gating" with a time point selected to visualize the anatomy in the brain stem. 
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Figures 6.23-25 have an ETL = 4 and Figure 6.26 has an ETL - 8. Variations in intensity through the 

diffusion series are indicative of significant anisotropy in the brain. The examples demonstrate the ability 

of the DIFRAD-FSE sequence to obtain high quality DW images. 

a) b) 

c) d) 
Figure 6. 23 DW sagittal brain images obtained with diffusion gradients in the following orientations: 

(a) 0, 0, 0; (b) 0, -y, z; (c) V2/3x, V2/3y, V2/3z; and (d) -V2/3x, V2/3y, V2/3z . Cardiac 
gating was utilized with Tq = 200 ms. ETL = 4, FOV = 26 cm^ and b = 1090 s/mm~. The 
total scan time for each diffusion direction is 68 sec. with 4 slices per TR. 
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c) (1) 

Figure 6. 24 DW axial brain images obtained with diffusion gradients in the following orientations: (a) 
0, 0, 0; (b) 0, -y, z; (c) V2/3x, V2/3y, V2/3z; and (d) -V2/3x, V2/3y, V2/3z . Cardiac gating 
was utilized with To = 200 ms. ETL = 4, FOV = 24 cm^ and b = 1090 s/mm". The total 
scan time for each diffusion direction is 68 sec. with 4 slices per TR. 
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C) d) 

Figure 6. 25 DW axial brain images obtained with diffusion gradients in the following orientations: (a) 
0, 0, 0; (b) 0, -y, z; (c) V2/3x, V2/3y, V2/3z; and (d) -^2/3x, V2/3y, V2/3z . Cardiac gating 
was utilized with To = 200 ms. ETL = 4, FOV = 24 cm", and b = 1090 s/mm". The total 
scan time for each diffusion direction is 68 sec. with 4 slices per TR. 
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c) cl) 
Figure 6.26 DW axial brain images obtained with diffusion gradients in the following orientations: (a) 

0, 0, 0; (b) 0, -y, z; (c) V2/3x, V2/3y, V2/3z; and (d) -V2/3x, V2/3y, V2/3z . Cardiac gating 
was utilized with Tq = 200 ms. ETL = 8, FOV = 24 cm^ and b = 1090 s/mm". The total 
scan time for each diffusion direction is 34 sec. with 3 slices per TR. 
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6.7 Summary of DEFRAD-FSE Imaging Results 

We have found that the following needs to be implemented to obtain high quality images with 

DIFRAD-FSE. 

• Eddy current compensated diffusion preparation 

• Magnitude or phase with shift motion correction 

• Radial data collected with the "star with skip" or the "bit-rev" k-space trajectory scheme 

• Select the shortest TEi for the b-value 

• Select the shortest TE2 possible for a fixed receiver bandwidth. 

• When imaging aroimd the brain stem, trigger the acquisition to the cardiac cycle and 

select timing to get brain stem slices imaged near a quiescent point. 
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7. 3D-DIFRAD-FSE 

7.1 Introduction 

In the last chapter we saw that DIFRAD-FSE, a difiusion-weighted (DW) fast spin-echo radial 

scan sequence, is a very useful method for obtaining DW images of the human brain. DIFRAD-FSE 

produces images with high in-plane spatial resolution without artifacts due to motion or susceptibility. An 

extension of the original DIFRAD-FSE sequence is presented in this chapter, which collects a 3D radial 

data set. 3D-DIFRAD-FSE f3D DIFflission-Weighted Radial Acquisition of Data with Fast ̂ in-Echo) 

enables whole brain diffusion-weighted imaging with good SNR and high spatial resolution in all three 

directions. 

7.2 3D-DIFRAD-FSE Sequence 

The 3D-DIFRAD-FSE pulse sequence is shown in Figxire 7.1 for an ETL = 4, with slab selection 

done in the z-direction. In 3D imaging, the depth of the excitation volume is determined by the slab 

thickness, and the slice thickness is determined by the way k-space is sampled along kz. The sequence 

begins with the CHESS saturation followed by the eddy-current compensated diffusion preparation period, 

which was discussed in chapter 5. Immediately after the diffusion preparation, radial lines of Fourier data 

are collected in 3D k-space in the ensuing echo train. Data collection in 3D-DIFRAD-FSE consists of a set 

of radial lines that pass through the origin of k-space such that the sampled data lie on a spherical grid. The 

relationship between rectangular and spherical coordinates in k-space is given by 

kx=krsm.9sm.(l>, cos^sin^, and cos(^. (7.1) 

The basic design of the gradient waveforms in the sequence is similar to what is done in 2D; however, there 

are two differences between the 2D and 3D versions of the DIFRAD-FSE sequence. In 3D, a read gradient 

waveform is added to the Gz gradient axis, to allow radial acquisition in the kj-direction. The crusher 

following the 180° slab select pulse now serves as both a crusher and a positioning gradient. 
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Figure 7.1 3D-DIFRAD-FSE pulse sequence. 

The readout waveform of the 3D radial acquisition of the echno consists of three gradient segments. 

A detailed sequence diagram of a single radial acquisition is shown ina Figure 7.2a. The first gradient 

segment consists of the G* and Gy positioning pulses and the combin&d positioning and crusher pulse on 

Gz- The radial acquisition waveform on the Gx and Gy gradient axes arre the same as in the 2D sequence, 

except that the G^ and Gy waveform amplitudes are scaled by sin0-sin«<|) and cosS-sincj), respectively. The 

gradient waveform on the G^ axis is different since the crushers surroumding the 180° slice select pulses 

serve the dual purpose of crusher and positioning pulse. The cnisher's: total area is a combination of the 

area of the crusher pulse and the area of a positioning pulse (Figure 7^ 2g). The combined pulse on G^ 

provides a timesaving in the echo spacing, TEi. 

An example of a single 3D radial k-space trajectory for 0 = O is shown in Figiues 7.2b thru 7.2e. 

Prior to the first gradient segment, the slice select gradient moved the trajectory along from point 0 to 1 

(Figure 7.2b). Upon completion of the slice select pulse; the first graddent segment moves the trajectory to a 
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location that is a half radial line from the origin of k-space from point 1 to 2 (Figure 7.2c). The acqxiisition 

occurs during the second gradient segment across a fuU radial line of data from point 2 to 4, with read 

gradients applied on all three gradient axes (Figure 7.2d). The center of the echo coincides with the 

trajectory crossing the center of k-space at point 3. The last segment consists of the Gx and Gy positioning 

pulses and the combined positioning and crusher pulse on Gz, which moves the trajectory from point 4 to 5 

(Figure 7.2e). Points 1 and 5 have the same k-space location. The first gradient segment for the next radial 

acquisition moves the trajectory to a location that is a half radial line from the origin of k-space for a 

different projection angle, (|)b (Figure 7.2f). For each projection, the gradient waveform on each axis is 

symmetrical about the echo point. 

The design of the crusher pulse widths is determined in the same manner as the crusher pulses in 

the 2D sequence. First, the amplitude of the crusher is set to the maximum value of the gradient so that the 

pulse width of the crasher pulse is minimized (i.e. Gd = Gnux)- Second, the values of the attack and decay 

pulse widths, pw-crasha and pw-crashd, are determined by the maximum slew rate of the z-gradient. The 

plateau pulse width is then calculated so that the crasher meets the area requirements, Acmsh = A°ciush. where 

A°ciush is the initial area of the crusher pulse. In order for the crusher to execute its purpose as a positioning 

pulse as well, the total area of the crusher is adjusted for each radial acquisition. The crusher's total area is 

a combination of the area of the original crasher pulse and the area of a scaled positioning pulse (Figure 

7.2g). The total area of the crasher is given by, 

^crus„.^ = krush " \os " cos (7-2) 

where Apos = Gd ('/2 pw-posa + pw-pos + Vz -pw-posd). Apos is the unsealed area of the positioning gradient. 

The area corresponding to Acnish,i)i is shown in the crossed region in Figure 7.2b. Thus, for a projection angle 

of (j) (the calculation is independent of the angle 9), the amplitude of the crasher is determined by 
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^crush ~ ^ 

sin^H pw—crusha-G2^ 55 crush 
(7.3) 

— • pw — crusha + pw — crush + — • pw — crushd 

As with the 2D sequence, acquisition of data occurs during the plateau section of the read gradient. 

The pulse width of the plateau section of the read gradient, pw-read, is determined by the sampling rate of 

the receiver and the mmiber of points N to be sampled. For a given FOV, the reference ampUtude, Go, can 

be determined from equation (3.15). The position of the FOV relative to isocenter determines the value of 

the receiver frequency. To center the image in an offset FOV, the receiver frequency is varied according to 

the relationship. 

where fo is the center frequency of the nuclear species being imaged, Af is the frequency range of the 

receiver filter in kHz (i.e. 2xrBW), Ax is the displacement of the FOV away from isocenter along the x-

direction, and Ay is the displacement of the FOV away from the isocenter along the y-direction. Since the 

patient table is adjusted such that the selected slab is centered about isocenter, the receiver frequency does 

not have to be adjusted for FOV offsets in the z-direction. 

From Figme 7.2b, it appears that there can be fluther timesavings, since the total pulse width of 

the crusher pulse is greater than the total pulse width of the postioning pulse. However, the crushers are 

needed to null out any residual signal that can be excited into the transverse plane by imperfect 180° RF 

pulses. As the value of (j) increases, the area of the crusher decreases. When data are collected in the kj = 0 

plane (i.e. (j) = 0), the area of the crusher is at its minimum value. In order to "crush" any unwanted residual 

signal, this minimum value cannot be equal to zero. When A°cnish is set equal to (0.9*10®*N)/(FOV*y), 

where y is the gyromagnetic ratio of the nuclear species being imaged, the minimum area of the crusher 

gradient will provide enough gradient strength to null out any residual signal. The above value for A°crush 

was determined in EPIC code provided by GE. 

(7.4) 
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Figure 7.2 (a) An expanded view of one acquisition in 3D-DIFRAD-FSE. (b-e) The k-space 
trajectory for the acquisition in (a), (g) The gradient waveform needed on the Gz axis for 
a radial acquisition. 
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For the current gradient waveform design, the minimum echo spacing in the echo train is given by, 

Min TE^ =2* pwcnish + pwread + /^wlSO, (7.5) 

where pwcrush and pwread are the total pulse widths of the crusher and read gradient pulses. 

Lastiy, slab selection in 3D-DIFRAD-FSE determines the excitation volume of interest in the z-

direction. The image FOV is the same in all three directions for 3D-D1FRAD-FSE. To avoid aliasing from 

objects outside the FOV of interest (e.g. neck and shoulder), a slab select pulse can be added to the RF 

excitation. For the purpose of whole brain imaging, the location and thickness of the selected slab is 

adjusted to enclose the anatomy of interest (Figure 7.3). 

Figure 7.3 Slab selection in 3D-DIFRAD-FSE. 

7.3 KSpace Trajectory Selection 

In 3D-DIFRAD-FSE, the orientation of each radial line of Fourier data is determined by the angles 

(j) and 0. The values of ([) are determined based on the matrix size of the image, and then values of 0 are 

determined for each value of (j). 

For a matrix size of NxNxN, there are N/2 values of (}). The values of (j) are given by 
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for«=l,2,..., (7.6) 

where A(J) = tc/N. To ensure that the total number of projections is a factor of 2, a projection is not collected 

for (j) = 0. For each value of <|), radial lines are acquired for multiple values of 0. The number of radial lines, 

Mn, acquired for each ({)„ is determined by 

= floor[/V •sin((^„ )+ O.s], (7.7) 

where the floor function returns the closest integer less than or equal to its argimient. For each (j)„, the 

values of 0 are given by 

^ n , m  = m = 0 , 1 , . . . . ,  M „  - 1 ;  ( 7 . 8 )  

where A0„ = 27t/M„. 

The simplest way to fill k-space is to collect radial lines in a sequential order. Acquisition begins 

with n = \ and m = 0 (i.e. (j)i = Jt/N and 0i,o = 0). Subsequent radial lines of data are collected for each 

incremented value of m. Once m = Mi, the value of n is incremented to 2. The process is repeated through 

the remaining values of n. 

The number of radial lines acquired is determined by the number of voxels in the final image data 

set. For a NxNxN image, the number of radial lines is approximated by (NxN)/tc. Shown in Figure 7.4 are 

values of ({)„ and M„ for N=32, where the total number of projections is 342. For N=64 and 128 the total 

number of projections are 1268 and 5152, respectively. 
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Figure 7. 4 2D view of k-space. Values of <})„ and Mn are shown for N=32. 

7.4 3D Magnitude FBPR 

Image reconstruction for 3D radial Fourier data can be carried out via a method similar to 2D 

FBPR by using the 3D central section theorem. A ID projection of the 3D object,can be expressed 

as 

where r is the distance along the projection away from the origin; and the angles, 0 and (j), determine the 

direction of the projection. P0,>(k) is the ID Fourier transform of p0^(r) and F(kx,ky,k2) is the 3D Fourier 

transform ofJ{x,y,z). The 3D central section theorem states that P0,j,(k) equals a line from F(kx,ky,kz) that 

passes through the center of k-space at angles 0 and (j). 

The 3D expression for FBPR is very similar to the expression for 2D FBPR, which is shown in 

equation (3.8). The main difference is the form of the filter fimction. The |k| filter fimction that is used in 

2D FBPR becomes a Ic filter in the 3D case. An expression for the filtered projection is given by 

P0,^('-) = ^ j jdxdydz f{x, y, z)S(r- x sin 9 sin <l>—y cos 6 sin ̂  — z cos , (7.9) 

(7.10) 
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The filter function, kr, compensates for the 1/p" density of samples at the center of 3D k-space. An 

alternative expression for the filtered projection is given by 

/'i ('") = \pe<^ ('") * 

where * denotes a ID convolution, and A(r) is equal to the ID Fourier transform of |k"l. When 

reconstructing from discrete data, the convolution function is represented by a three point convolution 

kernel. The functional form of A(r) when reconstructing from sampled data is 

A(r) = • S(r -1)+ «5(r)- - ^(r +1). (7.12) 

The process of back projection in 3D is mathematically expressed as 

2;r 

J" —*xsm0sm^+ycos0sm^+zcosifi ^ ^ ^ 
0 0 

In chapter 5, it was shown that motion correction is needed for data obtained with diffusion weighting. 

The best approach to motion correction was to perform a magnitude operation on the projection prior to 

filtered back projection reconstruction. This motion correction scheme can also be applied to the 3D radial 

data. 3D Magnitude FBPR is the process for reconstracting a motion corrected image firom data obtained 

with the 3D-DIFRAD-FSE sequence. The 3D Magnitude FBPR process is as follows: 

1. Obtain a radial line of data in k-space along direction (0,(j)): 

2. Perform a ID inverse Fourier transform to obtain a projection: Pe^Cr) 

3. Performing a magnitude operation on the projection to correct phase 

error due to motion: | P0ij)(r)| 

4. Convolve the motion corrected projection with the filter fimction 

to obtain a filtered projection, |p04,(r)|t: I P0,t(r)| ** A(r) 
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5. Backproject onto the plane r = x sinG sincj) + y cos6 sincj) + z coscj) using a discrete 

approximation of equation (7.13). 

6. Repeat the process for the range of projection angles (i.e. 0 <(!> < 7i:/2 and 0 < 0 < 2k . )  

7.5 3D-DIFRAD-FSE Results 

The 3D-DIFRAD-FSE sequence was implemented to image the human brain. Data were acquired 

with 128 complex points in the radial readout direction along 5152 projection angles utilizing the 3D 

sequential k-space trajectory, ETL = 8, TEi = 80 ms, TR = 500 ms, TE2 = 10 ms, and a FOV = 21x21x21 

cm^. The total scan time for an individual 3D data set is 5.33 minutes. The images were reconstmcted on a 

128x128x128 grid with a voxel size of 1.64x1.64x1.64 mm^. Data were acquired with b = 0 s/mm" and b = 

358 s/mm" with diffusion applied in the R/L direction. To demonstrate whole brain imaging, surface 

renderings of the data acquired without and with diffusion-weighting are shown in Figures 7.5a and 7.5b. 

As a result of DW, the eyes in figure 7.5b are no longer seen. 

Representative 3D-DIFRAD-FSE images are shown in Figures 7.6, 7.7, and 7.8. The images 

shown are axial (Figiure 7.7), coronal (Figure 7.8) and sagittal (Figure 7.9) sections from individual 3D 

image sets, with b = 0 s/mm" (a,c,e) and b = 358 s/mm^ (b,d,f) with diffusion gradients applied in the R/L 

direction. 

Figure 7. 5 Surface rendering of a human brain for 3D data acquired (a) without and (b) with DW. 
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Figure 7. 6 Axial sections from 3D image set, with b = 0 s/mm? (a,c,e) and b = 358 s/mm^ (b,d,f). 
Diffusion gradient applied in the R/L direction. 



Figure Coronal sections from 3D image set, with b = 0 s/mm'' (a,c,e) and b = 358 s/mnr (b,d,f). 
Diffusion gradient applied in the R/L direction. 
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Figure?. 8 Sagittal sections from 3D image set, with b = 0 s/mm (a,c,e)'andb = 358 s/mm (b,d,f). 
Diffusion gradients applied in the R/L direction. 
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7.6 Discussion 

3D DIFRAD-FSE is capable of producing DW images of the entire brain with small, isotropic 

voxels. This would make it a powerful imaging tool for measuring diffusion anisotropy in fiber tract 

mapping. 3D-DIFRAD-FSE is capable of producing images with good SNR and without susceptibiUty 

artifacts, and image distortion. 

However, streaking artifacts exist in all the images, and signal dropout exists around the brain 

stem. The artifacts are believed to be the result of the k-space trajectory, signal aliasing, and the fixed TR. 

From chapter 6, it was demonstrated that view ordering in the k-space trajectory has a large effect on the 

streaking artifacts, and that the "sequential" trajectory produced the least acceptable images. A majority of 

the streciking artifacts appear to be emanating from the neck and shoulders. This is believed to be the result 

of areas outside of the brain being excited by the RF pulses, which produce signal that is aliased back into 

the image FOV. The signal drop out is due to the fixed TR of this sequence. As was demonstrated in the 2D 

sequence, to reduce signal drop out around the brain stem, cardiac gating needs to be implemented. 

To improve image quality, the following are proposed for further development. 

• Develop a k-space trajectory that distributes Tt decay and errors due to motion in a maimer similar 

to the "bit-rev" k-space trajectory. It is believed that a majority of these artifacts can be removed 

with proper view selection. 

• Adjust the thickness of the slice select pulse or add saturation pulses that null out the signal from 

the neck and shoulder to reduce the aliasing effects. 

• Add cardiac gating to the sequence in order to reduce signal dropout around the brain stem. 

This sequence is expected to be useful for obtaining high isotropic spatial resolution images with good 

SNR and without susceptibility artifacts, image distortion, or artifacts due to motion. 
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8. DIFRAD-FSE APPLICATIONS 

8.1 Introduction 

The purpose of this chapter is to demonstrate applications of DIFRAD-FSE. The discussion will 

include stroke, diffusion anisotropy, liver, and heart imaging. In some areas, direct comparison with 

existing clinical sequences will be shown. 

There are challenges when imaging the torso region of the body. The liver and heart have very 

short Ti's. To improve SNR, it is necessary to image with a very short TEi, which is achieved with the 

Stejskal and Tanner diffusion preparation. Also, motions in the body cavity cannot be described as simple 

bulk movement (i.e. translational and rotational motion). CompUcated motion in the torso can be 

represented by phase with multiple orders (i.e. (t)(rj = (j)o +<}'i(r) +<t>2(r") ---)• The magnitude motion 

correction scheme removes aU phase from each projection. The phase correction scheme removes the 

constant average phase from each projection. Removal of the some or all of the phase information in the 

projection can lead to areas of signal drop out in the image. The liver and heart images were reconstracted 

via complex FBPR without motion correction. The absence of motion correction is less of an issue in the 

heart and liver images, because only a small amount of diffusion (b ~ 5 s/mm") is applied in these 

applications simply as a technique to suppress signal from flowing blood. 

To review, all brain images were acquired with the eddy current compensated DIFRAD-FSE 

sequence and reconstructed via FBPR with the magnitude motion correction scheme. All DIFRAD-FSE 

body images were acquired with the Stejskal and Tarmer diffusion preparation, and reconstructed with a 

complex FBPR. 

8.2 Ischemic Stroke 

Ischemic regions in the brain are clearly seen in images with b ~ 1000 s/mm". Clinically, DW-

SSEPI (i.e. diffusion-weighted single-shot EPI) images are used to identify these regions. However, DW-

SSEPI typically produces images with low resolution. DW images of an acute stroke patient were obtained 

with both a SSEPI and DIFRAD-FSE sequence and are shown in Fig. 8.1. The SSEPI and DIFRAD-FSE 

images were obtained with b w 1000 and 820 s/mm-, respectively, with in-plane resolutions of 
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approximately 2.34 and 0.94 mm. DIFRAD-FSE images clearly show an improvement in resolution 

compared to SSEPI, which results in a more accurate representation of the ischemic region in terms of size 

and location. 

d) 

Figure 8.1 SSEPI (a,c) and DIFRAD-FSE (b,d) images of ischemic stroke. SSEPI imaging 
parameters: 30 x 19 cm^ FOV, = 10000 ms, TE = 97 ms, 5 mm slice. DIFRAD-FSE 
imaging parameters: 24 x 24 cm^ FOV, TR = 1500 ms, TEeff= 120 ms, 5 mm slice, 
ETL=4, "star" k-space trajectory. 
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8.3 Diffusion Anisotropy Mapping 

To fiilly examine diffiision anisotropy in the brain, all elements in the diffusion tensor need to be 

determined. To achieve this, Basser and Pierpaoli®® determined that seven ADC measurements need to be 

acquired with gradients applied the directions: (0,0,0), (x,0,z), (-x,0,z), (0,y,z), (0,y,-z), (x, y, 0), and (-x, y, 

0). The DIFRAD-FSE sequence was used to obtain cardiac gated images of a normal human brain. Data 

were acquired with 256 complex points in the radial readout direction along 256 projection angles utilizing 

the "bit-rev" k-space trajectory, ETL = 4, TEi = 85 ms, TE2 = 15 ms, FOV = 24 x 24 cm^ and a slice 

thickness of 5 mm. A non-DW image and DW images (b = 1090 s/mm^) utilizing the gradient directions 

described above are shown in Figures 8.2 and 8.3, respectively. Variations in intensity within a diffusion 

series are indicative of significant anisotropy in the brain. 

The apparent diffusion coefficient (ADC) is the measiu^ed scalar value of the ID diffusion that 

occiurs in the effective direction of the applied diffusion gradients. ADC maps were calculated on a pixel-

wise basis according to ADC(x,y) = -In[I(x,y)/Io(x,y)]/b where I is the intensity in the diffusion-weighted 

image and lo is the intensity in an image obtained without diffusion gradients. ADC maps for the images 

shown in Figure 8.3 are shown in Figure 8.4. Through combinations of these ADC maps, the six diffusion 

tensor elements can be determined: D^z, Dy^, D^y, D^j, D^x, and Dyy®'. Once the elements of the diffusion 

tensor are known, fiber tract orientation within a voxel can be determined. 

f ? 

& 

Figure 8. 2 A non-DW image of a normal human brain. 
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Figure 8.3 DW images were obtained with diffusion gradients in the following orientations: (a) 
x,0,z; (b) x,0,-z; (c) 0,y,z; (d) 0,y,-z; (e) x,y,0; and (f) -x,y,0. 
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Figure 8.4 ADC maps of the images shown in Figure 8.3 obtained with diffusion gradients in the 
following directions: (a) x,0,z; (b) x,0,-z; (c) 0,y,z; (d) 0,y,-z; (e) x,y,0; and (f) -x,y,0. 
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8.4 Liver Imaging 

When imaging the torso, there are difficulties associated with cardiac and respiratory motion. To 

reduce errors associated with respiratory motion, images of the liver either need to be acquired within the 

time period of a breath hold (i.e. 10 — 25 sec.) or triggered to the respiratory cycle. However, there are still 

some residual errors associated with cardiac, peristaltic, and flow motion. Radial scan techniques provide a 

robust method for dealing with these residual errors. 

Images of a patient with an hemangioma were obtained with both a SSFSE (i.e. single-shot fast 

spin-echo) and DIFRAD-FSE sequence. The images are shown in Figure 8.5 and were obtained within the 

time of a breath hold. In the SSFSE image there are artifacts due to flow. However, with the DIFRAD-FSE 

image, there is increased soft tissue resolution, increased contrast around the spleen, and absence of venous 

flow artifacts. In the SSFSE sequence, the high spatial frequencies are collected at the end of the 

acquisition window. The improvement in the resolution for the DIFRAD-FSE sequence is due to the fact 

that these high spatial frequencies are collected at shorter echo times. 

When respiratory triggering is utilized, imaging can be done with multi-shot sequences. Shown in 

Figure 8.6, are liver images obtained with a standard FSE and DIFRAD-FSE respiratory triggered 

sequences. In the FSE image, venous flow produces severe ghosting in the image (i.e. dark lines of signal 

drop out). However, with the DIFRAD-FSE image, the flow artifacts are absent and there is increased soft 

tissue resolution. 
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Figure 8. 5 SSFSE (a) and DIFRAD-FSE (b) liver images obtained within a breath hold. SSFSE 
imaging parameters: 30 x 30 cm" FOV, TR = 1500 ms, TE = 90 ms, 5 mm slice. 
DIFRAD-FSE imaging parameters: 30 x 30 cm^ FOV", TR = 1500 ms, TEi= 35 ms, TE2 = 
8.9 ms, 5 mm slice, ETL=16, "star with skip" k-space trajectory. 

a)  b)  
Figure 8. 6 SSFSE (a) and DIFRAD-FSE (b) liver images. SSFSE imaging parameters: 30 x 30 cm 

FOV, TE = 90 ms, 5 mm slice, ETL =16. DIFRAD-FSE imaging parameters: 30 x 30 
cm^ FOV, TEi= 35 ms, TE2 = 8.9 ms, 5 mm slice, ETL=16, "star with skip" k-space 
trajectory. 
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A small amount of DW can be used to suppress flow in liver imaging. For a FSE sequence, even 

small amounts of DW will produce severe ghosting in the image. This is demonstrated in Figure 8.7a. DW 

images of a normal patient were obtained with both a FSE and DIFRAD-FSE sequence. Both images were 

obtained with respiratory triggering and have b ~ 5 s/mm". The ghosting is nonexistent in the DIFRAD-

FSE image with the venous flow suppressed. 

Figure 8. 7 FSE (a) and DIFRAD-FSE (b) liver images acquired with b~5 s/mm~. SSFSE imaging 
parameters: 32 x 32 cm^ FOV, TE = 90 ms, 5 mm slice, ETL = 16. DIFRAD-FSE 
imaging parameters: 32 x 32 cm^ FOV, TEi= 35 ms, TE2 = 8.9 ms, 5 mm slice, ETL=16, 
"star with skip" k-space trajectory. 

Shown in Figure 8.8 are liver images obtained without (a,c) and with (b,d) flow suppression using 

DIFRAD-FSE. Figure 8.8 demonstrates the effectiveness of DIFRAD-FSE to suppress flow for either a 

(a,b) respiratory triggered or (c,d) breath hold scan. 
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Figure 8. 8 DIFRAD-FSE liver images acquired without (a,c) DW and (b,d) with DW (b~5 s/mm^). 
Imaging parameters for the (a,b) respiratory triggered images: 30 x 30 cm" FOV, TEi= 35 
ms, TE2 = 8.9 ms, 5 mm slice, ETL=16, and "star with skip" k-space trajectory. Imaging 
parameters for the (c,d) breath hold images: 32 x 32 cm^ FOV, TE|= 35 ms, TEi = 8.9 
ms, 5 mm slice, ETL=16, "star with skip" k-space trajectory, and TR = 1500 ms. 
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8.6 Heart Imaging 

As with liver imaging, there are difSculties when imaging the heart. To reduce errors associated with 

respiratory and cardiac motion, images of the heart are acquired with cardiac gating within the time period 

of a breath hold. Even without diffusion-weighting, SSFSE produces images with severe ghosting due to 

the rapidly changing motion of the heart. Non-difiusion-weighted heart images of a normal patient were 

obtained with the SSFSE and DIFRAD-FSE sequence, and are shown in Figme 8.9. Ghosting in the phase 

encode direction that exists in the SSFSE image, does not appear in the DIFRAD-FSE image. Diffusion-

weighting can also be used to suppress flow in the heart. Shown in Figure 8.10 are images without and with 

flow suppression with the DIFRAD-FSE sequence. 

Figure 8. 9 SSFSE (a) and DIFRAD-FSE (b) heart images obtained with cardiac gating within a 
breath hold. SSFSE imaging parameters: 32 x 32 cm" FOV, TE = 90 ms, 5 mm slice. 
DIFRAD-FSE imaging parameters: 30 x 30 cm" FOV, TEi= 17 ms, TE2 = 8.9 ms, 5 mm 
slice, ETL=16, "star with skip" k-space trajectory. 
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Figure 8.10 DIFRAD-FSE heart images obtained (a) without and (b) with diffusion-weighting (b~5 
s/mm^). DIFRAD-FSE imaging parameters: 32 x 32 cm^ FOV, TEi= 34 ms, TE2 = 8.9 
ms, 5 mm slice, ETL=16, "star with skip" k-space trajectory. 

8.7 Future Work 

DEFRAD-FSE has a wide range of appUcations. Previous development has been centered on 

diffusion-weighted brain imaging, with fiber tract mapping as a main application. Future work will 

concentrate on diffusion-weighting of the liver with higher b-values. DW-MRI is currently being 

investigated as a technique to monitor response to chemotherapy. It has been demonstrated that there is an 

increase in the ADC value of tumors when chemotherapy is effective'®"^^. However, at b~400 s/mm^ 

respiratory motion and complicated motions in the body cavity will become more of an issue. 
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The DIFRAD-FSE method produces high-resolutioa images without significant artifacts. Artifacts 

in DIFRAD-FSE images are due to l)motion occurring during the application of the diffusion gradients, 

2)eddy currents produced by strong gradient fields, 3)T2 variation in the acquired data, and 4)flow effects 

(e.g. flow of the cerebrospinal spinal fluid in the brain). Artifact reduction is accomplished via proper 

selection of the imaging parameters. It was determined that some type of motion correction needs to be 

implemented prior to reconstruction for data acquired with strong diffusion weighting. Four motion 

correction techniques were investigated, with the "magnitude" selected as the "best" correction scheme for 

brain imaging. A reduction in the effects of eddy currents was achieved through implemeataticn of the 

eddy-current compensated diffusion preparation scheme. The effects of T2 decay can be minimized through 

reduction of TEi and TEi- However, there is an increase in the noise and decrease in SNR when increasing 

the receiver bandwidth to reduce TE2. The order in which radial lines of Fourier data are acquired has a 

large effect on streaking artifacts seen in diffiision-weighted imaging. The effects of T2 decay and motion 

can be reduced through proper view order selection. This is accomplished by distributing T2 and motion 

effects azimuthally in k-space. The "star with skip" and the "bit-rev" produced the best results for DW 

images. Lasdy, when imaging regions around the brain stem, acquisition needs to be triggered to the 

cardiac cycle. This removes signal drop out, which is caused by CSF flow distorting areas of the brain. 

An extension of the original DIFRAD-FSE sequence was also presented, which collects a 3D 

radial data set. The 3D-DIFRAD-FSE sequence enables whole, brain, diffusion-weighted imaging with 

good SNR and isotropic voxel sizes. To reduce image artifacts, future works needs to concentrate on 

implementation of cardiac gating, view order selection of the k-space trajectory, and saturation of signal 

outside the image FOV. 3D-DIFRAD-FSE is an ideal imaging approach for the application of fiber tract 

mapping. 

Several applications of the DIFRAD-FSE sequence were presented. For brain imaging, DIFRAD-

FSE can be implemented to image ischemic stroke and diffusion anisotropy. For body imaging, DIFRAD-
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FSE can be used to reduce the effects of cardiac and respiratory motion. Small diffusion gradients can be 

used in this case to suppress the effects of flow. 

DIbKAD-FSE shows promise for high-resolution clinical DWI. Future work will concentrate on 

developing DIFRAD-FSE as a technique to monitor response to chemotherapy for cancer in the brain and 

liver, and for obtaining high-resolution images of the heart and liver where motion is problematic. 
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