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ABSTRACT 

 

 Body magnetic resonance imaging (MRI) has progressed rapidly over the last 12 

years. The advances in hardware and software have allowed the implementation of faster 

and better pulse sequences for body imaging. Despite the improvements in MRI 

technology there are still problems associated with current body MRI techniques that 

limit their diagnostic capabilities. The main goal of this work is to develop novel body 

MRI methods to improve the diagnosis of cardiac and abdominal pathologies.   

One of the goals of this work is to develop a technique to improve the detection of 

lipid infiltration in the heart.  For this purpose an interleaved double-inversion fast spin-

echo technique was developed. The method yields co-registered lipid and water images 

of the heart from data acquired in a single breath hold, producing data with optimal 

contrast between lipid and myocardium as well as minimal artifacts caused by chemical 

shift and blood flow. 

 A technique combining GRAdient and Spin-Echo (GRASE) data acquisition and 

an iterative algorithm for lipid-water separation (Iterative Decomposition of water and fat 

with Echo Asymmetry and Least-squares estimation, IDEAL) was also developed. By 

shifting the typical GRASE data acquisition and employing correction for phase errors 

due to eddy currents, the IDEAL-GRASE technique achieves more time-efficient and 

robust lipid-water decomposition in the presence of field inhomogeneities. The technique 

was developed to acquire data for Cartesian and radial k-space trajectories. The radial 

IDEAL-GRASE with auto-correction of phase errors was developed to accomplish 
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insensitivity to motion artifacts as well as for the generation of high resolution parametric 

maps (T2 and T2
†) for tissue characterization. 

 A radial “variable flip angle” Steady-State Free Precession (SSFP) technique with 

slice profile correction was also developed to obtain fast estimation of another parameter, 

i.e. the T1/T2 value. This method was developed as an alternative for fast parametric 

imaging. 

 These body MRI techniques were evaluated in phantoms, healthy volunteers, and 

patients and demonstrated for a series of applications including pelvic, cardiac, 

abdominal, and musculoskeletal imaging. 
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CHAPTER 1 

THE BASICS OF MRI 

  

 Stemming from the principles of Nuclear Magnetic Resonance (NMR) 

phenomenon, Magnetic Resonance Imaging (MRI) is a powerful tomographic imaging 

modality used primarily in medical settings to non-invasively produce high quality 

images of the human object. MRI has experienced dramatic growth since the first MR 

image was reported in 1973 [1]. In this chapter, the basics of NMR and MRI are briefly 

introduced. A more detailed description can be found in the literature [2, 3, 4]. 

 

1.1 Spin, magnetization, and their interaction with the magnetic field 

 Nuclei that have an odd number of protons and/or odd number of neutrons can be 

visualized as spinning charged spheres with an angular momentum L and a magnetic 

moment µ. In the human body, hydrogen (1H) – a nucleus with a single proton – is the 

most abundant species, and therefore is widely studied in MRI. Others nuclei, such 31P 

and 23Na, can also be utilized for certain applications.  

 The angular momentum L and the magnetic moment μ are related by  

     γ=μ L ,                                                (1.1) 

where γ is the gyromagnetic ratio, a unique constant for each nucleus. For instance, 

8 1 12.675 10 rad s Tγ − −= × ⋅ ⋅  for 1H. According to classical mechanics, a magnetic dipole 

moment in the presence of a static magnetic field B experiences a torque, μ×B. The 

torque is equal to the rate of change of the angular momentum: 
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        d
dt

= ×
L μ B .     (1.2) 

 If we multiply both sides of Eq. 1.2 by γ, we get the equation of motion for 

magnetic moment in the presence of a field B, 

     d
dt

γ= ×
μ μ B .     (1.3) 

 According to quantum theory, when placed in a static magnetic field B, the 

potential energy of the magnetic dipole moment is split, a phenomenon known as the 

Zeeman splitting. For 1H, there are two energy states separated by     

     E Bγ ωΔ = =h h ,    (1.4) 

where h  is Planck’s constant (divided by 2π), and Bω γ= . The ratio of populations of 

high energy (anti-parallel to B) and low energy (parallel to B) nuclei is determined by the 

Boltzman distribution. At room temperature, this ratio is about 0.999993, indicating that 

there is an excess of only 7 out of 106 1H nuclei in the parallel (low energy) state. 

Although very small, macroscopically this excess generates an observable net 

magnetization for the sample 

     = ∑M μ .     (1.5) 

Therefore for an ensemble of spins, Eq. 1.3 can be rewritten as 

     d
dt

γ= ×
M M B .    (1.6) 

If we consider a static magnetic field along the z direction, B0 = B0z, the solution to Eq. 

1.6 is 
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0 0( ) (0) (0)

( ) (0)

j B t j t
T T T

z z

M t M e M e
M t M

γ ω− −= =
=

,   (1.7) 

where ( ) ( ) ( )T x yM t M t jM t≡ + is defined as the complex transverse component of the net 

magnetization M, Mz is the longitudinal component of M, (0)TM  and (0)zM  are the 

initial status at time = 0 for the transverse and longitudinal components, respectively. At 

thermal equilibrium, M and B0 will point in the same direction (MT(0) = 0) so M keeps 

unchanged. If M is made to point in a different direction from B0, however, M will then 

precess about B0 at the frequency of 0 0Bω γ=  as time progresses. 0ω  is called the 

Larmor frequency. This precession at frequency 0ω  is the resonance phenomenon of 

nuclear magnetic resonance. 

 

1.2 Relaxation and the Bloch equation 

 Following a perturbation from the thermal equilibrium state, the longitudinal 

component of the magnetization, Mz, will recover to its initial state, M0, as the result of 

the exchange of energy between the spins and the surrounding lattice. This behavior is 

characterized by 

     0

1

zz M MdM
dt T

−
= − ,    (1.8) 

where T1 is called the spin-lattice relaxation time, a constant characterizing the return of 

Mz to equilibrium. T1 is dependent on B0 since the exchange of energy is different at 

different magnetic fields (higher fields require more energy). 
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The net transverse component of the magnetization resulting from the excitation 

(see Section 1.3) decays away because of the interaction between spins as well as the 

spin-lattice energy exchange. This transverse decay is described by 

     
2

T TdM M
dt T

= − ,     (1.9) 

where T2 is called the spin-spin time constant and characterizes the decay of the 

transverse magnetization. T2 is approximately independent of the magnetic field strength. 

 Incorporating the T1 and T2 decay effects into Eq. 1.6, the time-dependent 

behavior of the nuclear magnetization can be described by the Bloch equation: 

   0

2 1

( )x y zM M M Md
dt T T

γ
+ −

= × − −
x y zM M B .   (1.10) 

 

1.3 Excitation  

 Now consider that in addition to the static magnetic field B0 a time-varying 

circularly polarized magnetic field B1 rotates in the transverse plane at the frequency ω. 

In NMR ω is in the radio frequency range, so this B1 field is also called an RF excitation 

field. The B1 field can be modeled as  

   1 1 1( ) ( ) cos( ) ( )sin( )t B t t B t tω ω= −B x y ,   (1.11) 

where B1(t) is a potentially time varying amplitude for the circularly polarized magnetic 

field. Therefore the overall magnetic field is 

   0 1 1( ) cos( ) ( )sin( )B B t t B t tω ω= + −B z x y .   (1.12) 
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 In practice, the duration of an RF pulse (duration of non-zero B1(t)) is short 

compared to T1 and T2 thus the T1 and T2 effects can be ignored. Using a rotating frame of 

reference (x′ y′ z′) where 

    ' cos( ) sin( )t tω ω= −x x y  

    ' sin( ) cos( )t tω ω=y x + y     (1.13) 

    ' =z z  

locked to the rotating rate of the circularly polarized field. We can rewrite Eq. 1.10 as 

  rot
rot 0 1 rot[( ) ' ( ) '] effB B t

t
ωγ γ
γ

∂
= × − + = ×

∂
M M z x M B ,   (1.14) 

where Mrot is the magnetization in the rotating frame of reference. As discussed in 

Section 1.1, at thermal equilibrium, if there is only a static magnetic field B0, the net 

magnetization M points to the same direction as B0, i.e., the z direction (or the 

longitudinal direction), so does Mrot. If the frequency of the time-dependent magnetic 

field equals the Larmor frequency (i.e., 0ω ω= ),  

      1( ) 'eff B t=B x      (1.15) 

and 

     rot
rot 1( ) 'B t

t
γ∂

= ×
∂
M M x .   (1.16) 

Assuming that the magnetization is at thermal equilibrium when the time-varying 

magnetic field B1 is applied, Eq. 1.16 yields 
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    ( )
( )

rot, '

rot, ' 0 10

rot, ' 0 10

( ) 0

( ) sin ( ') '

( ) cos ( ') '

x

t

y

t

z

M t

M t M B t dt

M t M B t dt

γ

γ

=

=

=

∫

∫

.   (1.17) 

This implies that in the rotating frame, the net magnetization Mrot will precess about the 

'x  axis at a frequency 1 1( ) ( )t B tω γ= . If B1 is applied for a period of τ  (assuming the 

value B1 is constant), then the magnetization Mrot will be tipped away in the rotating 

frame from the 'z  axis towards the 'y  axis with a flip angle of  

    1 10
( ') 'B t dt

τ
α γ ω τ= =∫ .    (1.18) 

If τ is such that ω1τ = π/2, the net magnetization Mrot will be rotated from the longitudinal 

direction to the transverse plane. This type of time-varying magnetic field is called a 90° 

excitation RF pulse. More generally, a time-varying magnetic field that rotates the net 

magnetization Mrot by a flip angle of α is called an α° excitation RF pulse.  

 

1.4 Signal detection and k-space 

 In MRI, the information of the object can be reconstructed from data obtained by 

spatially encoding the object using a gradient field. For a spatially varying magnetization, 

M(r, t), and a spatially non-uniform field pointing in the z-direction, 

0 0( , ) ( , ) ( ( , ))t t B B t= + Δ = + ΔB r B B r r z ,   (1.19) 

the generalized solution of the transverse component of the magnetization is 

 0 0 02 2
( , ) ( , )/ ( ) / ( )( , ) ( ,0) ( ,0)

t t
j d j dj tt T t T

T T TM t M e e M e e e
ω τ τ ω τ τω− − Δ−− −∫ ∫= =

r rr rr r r . (1.20) 
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where  

0 0( , ) ( , ) ( , ) ( , )t B t B B t tω γ γ γ ω ω= = + Δ = + Δr r r r .  (1.21) 

If a coil is placed in the y direction, then the signal induced by My(r,t) is 

    ( , )( ) y
y

V

dM ts t ddt
⎛ ⎞∝ ⎜ ⎟
⎝ ⎠∫∫∫

r r .    (1.22) 

Similarly, for a coil placed in the x direction, the induced signal is 

    ( , )( ) x
x

V

dM ts t ddt
⎛ ⎞∝ ⎜ ⎟
⎝ ⎠∫∫∫ r r .    (1.23) 

Combining Eq. 1.22 and 1.23, we get 

   ( , )( ) ( ) ( ) T
y y

V

dM ts t s t js t ddt
⎛ ⎞≡ + ∝ ⎜ ⎟
⎝ ⎠∫∫∫ r r ,   (1.24) 

Inserting Eq. 1.20 into Eq. 1.24 gives 

0 02

0 02

( , )/ ( )

( , )/ ( )
0

2

( ,0)
( )

1 ( , ) ( ,0)( )

t

t

j dj tt T
T

V

j dj tt T
T

V

d M e e e
s t ddt

j j M e e e dT

ω τ τω

ω τ τωω ω τ

− Δ−−

− Δ−−

⎛ ⎞⎛ ⎞∫
⎜ ⎟⎜ ⎟

⎝ ⎠⎜ ⎟∝
⎜ ⎟
⎜ ⎟
⎝ ⎠
⎛ ⎞∫⎛ ⎞∝ − − − Δ⎜ ⎟⎜ ⎟⎝ ⎠⎝ ⎠

∫∫∫

∫∫∫

rr

rr

r
r

r r rr

. (1.25) 

Since 
2

1
( )T r  and 0( , )ω τ ωΔ <<r , Eq. 1.25 can be approximated by 

  0 02
( , )/ ( )

0( ) ( ,0)
t

j dj t t T
T

V

s t j e M e e d
ω τ τωω

− Δ− −⎛ ⎞∫∝ − ⎜ ⎟
⎝ ⎠

∫∫∫
rrr r .  (1.26) 

The signal s(t) can be demodulated to remove the high frequency component ω0. After 

signal demodulation, the physical signal, ( )f t , is given by 
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02
( , )/ ( )( ) ( ,0)

t
j t dt T

Tf t M e e d
ω τ− Δ− ∫≡ ∫∫∫

rrr r .   (1.27) 

In the presence of a linear gradient field, 

   ( ) ( ) ( )x y zrG t x rG t y rG t zωΔ = + + ,    (1.28) 

We can then express Eq. 1.27 as 

 
0 0 02

2

( ) ( ) ( )/ ( )

2 ( ( ) ( ) ( ) )/ ( )

( ) ( , , ,0)

( , , ,0)

t t t
x y z

x y z

j G xd j G yd j G zdt T
T

j k t x k t y k t zt T
T

f t M x y z e e e e dxdydz

M x y z e e dxdydz

γ τ τ γ τ τ γ τ τ

π

− − −−

− + +−

∫ ∫ ∫=

=

∫∫∫
∫∫∫

r

r
, (1.29) 

where 

    
0

( ) ( )
2

t

x xk t G dγ τ τ
π

= ∫  

    
0

( ) ( )
2

t

y yk t G dγ τ τ
π

= ∫      (1.30) 

    
0

( ) ( )
2

t

z zk t G dγ τ τ
π

= ∫  

are the spatial frequency components in the x, y, and z directions, respectively. If we 

neglect the T2 decay effect, then Eq. 1.29 becomes 

  2 ( ( ) ( ) ( ) )( ) ( , , ,0) x y zj k t x k t y k t z
Tf t M x y z e dxdydzπ− + += ∫∫∫ .   (1.31) 

This means the temporal signal ( )f t is the Fourier transform of the magnetization 

( , , ,0)TM x y z  at spatial frequency (kx, ky, kz) determined by Eq. 1.30. In MRI, the data 

space of ( )f t  is often called “k-space”. 
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1.5 Slice selection 

 For 2D imaging, we want to constrain the signal to come from a slice of the object 

of interest. To selectively excite spins in a slice, a gradient field (slice selection gradient) 

is turned on during the excitation period. If the slice gradient is applied in the z direction, 

the overall effective magnetic field in the rotating frame in the on-resonance condition 

(the oscillating frequency of the B1 field matches the Larmor frequency of the main static 

magnetic field 0ω ) is 

   0 1 1( ) ( ) ' ( ) 'eff z zB G z B t G z B tω
γ

= + − + = +B z x z x .  (1.32) 

In the presence of a gradient field during the excitation, the solution of Eq. 1.16 needs to 

be obtained numerically. However, if we assume (1) the initial magnetization is in the z 

direction, i.e., M = Mzz = M0z; and (2) the flip angle is small, we can use the 

approximations Mz ≅  M0. Invoking this small tip angle approximation, the transverse 

magnetization at the end of the excitation period is given by 

   ( )/ 2( , , , ) ( , , ,0) zj G z
T z zM x y z jM x y z e L G zγ ττ γ γ−= ,  (1.33) 

where   

     ( ) 1( )
2

L B t τ⎛ ⎞• = −⎜ ⎟
⎝ ⎠

F     (1.34) 

is the Fourier transform of the centered version of the envelope function of the RF pulse. 

 Note that in Eq. 1.33 there is an extra linear phase shift / 2zj G ze γ τ− that is z-

dependent and can result in loss of signal due to this phase dispersion term. To eliminate 

this undesirable term, a negative z-gradient is turned on for another τ/2 period after the 
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RF pulse. This gradient field will introduce an additional phase of / 2zj G ze γ τ  which 

refocuses the signal. Therefore, immediately after the refocusing period, we get 

   ( )( , , ,3 2) ( , , ,0)T z zM x y z jM x y z L G zτ γ γ= .   (1.35) 

 Let the pulse envelope B1(t) be a sinc function of the form 

   1
( 2)( )

2 2
s s tB t sincω ω τ

π
Δ Δ −⎛ ⎞= ⎜ ⎟

⎝ ⎠
,    (1.36) 

where Δωs is the bandwidth of the function. Taking the Fourier transform of B1(t+τ/2), 

the centered version of B1(t), and inserting it into Eq. 1.35 yields 

   ( , , ,3 2) ( , , ,0) z
T z

s

G zM x y z j M x y z γτ γ
ω

⎛ ⎞
= Π ⎜ ⎟Δ⎝ ⎠

.   (1.37) 

This equation states that in the presence of the z-gradient, only those spins in a thin slice 

centered at z = 0 will be excited. The slice thickness is given by 

     s

z

z
G
ω

γ
Δ

Δ = .     (1.38) 

  To choose a slice at an arbitrary location z0, we only need to tune the resonant 

frequency of the RF excitation pulse to the resonance frequency at z0 (i.e., ω = ω0+γGzz0). 

In practice, a finite-length RF pulse envelope function B1(t) has to be used and therefore 

its Fourier transform defines the actual slice-selection profile that is achieved. 

 

1.6 Image reconstruction 

 If we neglect T1 and T2 decay effects and excite a slice at z0, similar to Eq. 1.31, 

the signal for the 2D slice is  
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( )

2 ( ( ) ( ) )
0( ) ( , , ,0)

( ), ( )

x yj k t x k t y
T

x y

f t M x y z e dxdy

k t k t

π− +=

=

∫∫
M

,   (1.39) 

where M is the Fourier transform of the magnetization MT(x,y,z0,0). 

 Consider the situation shown in Fig. 1.1a. Following a 90° RF pulse, a negative x-

gradient and a positive y-gradient are turned on for a period of τ. At the end of this time 

period (at t = τ), the signal is 

  
0 0

( ) ( ', ') ( , )
2 2 2 2x y x yf G dt G dt G G

τ τγ γ γ γτ τ τ
π π π π

= − = −∫ ∫M M . (1.40) 

In the following 2τ period, only a positive x-gradient is applied and the signal is  

   ( ; 3 ) ( ( 2 ), )
2 2x yf t t G t Gγ γτ τ τ τ
π π

< ≤ = −M .   (1.41) 

If we collect the signal during this period, then the signal covers a line parallel to the kx 

axis (from 2 xGγ τπ−  to 2 xGγ τπ ) with a constant 2y yk Gγ τπ= , indicated by the solid 

black line in Fig. 1.1b. A negative x- and y-gradients can then be applied to move the k-

space location back to the origin. For a different y-gradient field strength (dotted gray line 

in Fig. 1.1a), the signal ( )f t  covers a different line (solid gray line in Fig. 1.1b) in k-

space.  

 In this description, the x-gradient maps a time signal to a k-space signal that 

encodes the spatial frequency information and thus is referred to as the frequency 

encoding gradient. The direction of the frequency encoding gradient is often called the 

frequency encoding direction. The role of the y-gradient is to move to a specific ky 

location in k-space before data acquisition. Specifically, the transverse magnetization 
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immediately before the data acquisition has a phase linearly dependent of the location y, 

i.e., 

     ( ) yy G yφ γ τ= − .     (1.42) 

Therefore, the y-gradient is often referred to as the phase-encoding gradient and the 

direction of the phase encoding gradient is called the phase encoding direction. 

 By manipulating the amplitude of the phase-encoding gradient and acquiring 

multiple lines to cover the k-space sufficiently in a rectilinear sampling pattern, the 

spatial distribution of the magnetization can then be reconstructed by inverse Fourier 

transform. This rectilinear sampling of k-space is often referred to as Fourier Transform 

(or Cartesian) MRI.  

 

Fig. 1.1    Cartesian imaging: (a) gradient waveform; (b) k-space trajectory. 

  

An alternative for data acquisition is shown in Fig. 1.2. An x- and a y-gradient 

with cos( )xG G θ= −  and sin( )yG G θ= − , respectively, are applied from t = 0 to τ to 
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move to a specific position cos , sin
2 2

G Gγ γθτ θτ
π π

⎛ ⎞− −⎜ ⎟
⎝ ⎠

 in k-space. Then during the 

period 3tτ τ< ≤ , setting cos( )xG G θ=  and sin( )yG G θ=  gives the signal 

   
( ; 3 ) ( ( 2 ), ( 2 ))

2 2

( cos ( 2 ), sin ( 2 ))
2 2

x yf t t G t G t

G t G t

γ γτ τ τ τ
π π
γ γθ τ θ τ
π π

< ≤ = − −

= − −

M

M
, (1.43) 

with  

    
( 2 )cos

2

( 2 )sin
2

x

y

k G t

k G t

γ τ θ
π
γ τ θ
π

= −

= −
.    (1.44) 

This represents a radial line passing through the origin of the k-space, with an angle of θ 

with respect to the kx axis, as shown by the solid black line in Fig. 1.2b. By changing the 

value of θ during different data acquisition periods, different radial k-space lines can be 

acquired. The way to acquire radial k-space lines is referred to as radial MRI. 

 

Fig. 1.2    Radial imaging: (a) gradient waveform; (b) k-space trajectory. 
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 The center slice theorem [5] states that a radial k-space (i.e., the Fourier space of 

the magnetization) line with an angle θ is the 1D Fourier transform of the projection of 

the magnetization at the angle θ.  This allows the image being reconstructed using the 

filtered back projection algorithm. The following procedures are performed to generate 

the image: 

1. Multiply a radial k-space line, ( )f kθ , by the filter function |k| 

2. Perform 1D Fourier transform on ( )f k kθ  to get the filtered projection 

3. Back project the filtered projection onto a Cartesian grid in the image space 

4. Repeat the above steps for all projection angles.  

 

1.7 Chemical shift and its effect on imaging 

 Chemical shift is a small change of the resonant frequency due to the fact that 

protons in different chemical environment experience local magnetic strength variations 

caused by the surrounding electrons. In the presence of an applied static field B0, the 

effective field that the nucleus sees is  

    0 0 0 (1 )effB B B Bσ σ= − = − ,    (1.45) 

where the shielding constant σ  depends on the local chemical environment of the 

nucleus. Consequently, the resulting effective Larmor frequency is 

     0 (1 )effω ω σ= − .    (1.46) 

The shielding constant is defined with respect to the reference frequency 0ω  by 

     0

0

ω ωσ
ω
−

= .     (1.47) 
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 In the human body, the most abundant species, water and fat, are chemically 

shifted due to the different chemical environments, i.e., 1H bound to oxygen in water 

molecules (H2O) and 1H bound to carbon in fat molecules (CH2 and CH3). The resonant 

frequency of 1H in fat is about 3.35 ppm lower than the resonant frequency of 1H in water. 

At 1.5T, this represents a frequency shift of about 220 Hz.  

 In the presence of chemical shiftδω , Eq. 1.20 becomes 

0 02
( )( )/ ( )( , ) ( ,0)

t
j dj tt T

T TM t M e e e
γ τ τω δω − ⋅− +− ∫=

G rrr r .  (1.48) 

and accordingly Eq. 1.29 becomes 

2 ( ( ) ( ) )
0( ) ( , , ,0) x yj k t x k t yj t

Tf t M x y z e e dxdyπδω − +−= ∫∫ .  (1.49) 

Specifically for 2D Cartesian imaging, in the readout period we have 

 

( 2 )
0

( )( 2 )
2

0

( ; 3 ) ( , , ,0)

( , , ,0)

yx

x
yx

j G yj G x tj t
T

j G x t j G yGj
T

f t t M x y z e e e dxdy

M x y z e e e dxdy

γ τγ τδω

δωγ τ γ τγδω τ

τ τ −− −−

− + −
−−

≤ < =

=

∫∫

∫∫
. (1.50) 

Let '
x

x x
G

δω
γ

= + , 

 '( 2 )2
0( ; 3 ) ( ' , , ,0) '

x

yx j G yj G x tj
T G

f t t M x y z e e e dx dyγ τγ τδω τδω

γ
τ τ −− −−≤ < = −∫∫ . (1.51) 

The inverse Fourier transform generates 

2
0( , , ,0)

x

j
T G

M x y z e δω τδω

γ
−− ,    (1.52) 

which is equal to the actual magnetization shifted by 
xG

δω
γ−  with an extra phase 2je δω τ− . 
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 Main magnetic field inhomogeneity and susceptibility-induced variations can also 

lead to a local frequency offset, ( )δω r . Eddy currents from gradient switching can 

generate a time-dependent local frequency offset, ( , )tδω r . These frequency offsets 

behave similarly to chemical shift but are more complicated in that they are temporally 

and spatially varying. 

 

1.8 Echoes 

 Following an RF pulse, the demodulated signal from an object with an additional 

non-uniform frequency offset ωΔ  (caused by the applied gradient fields, the main field 

inhomogeneity, chemical shift, or tissue susceptibility) is given by 

   02
( , ) '/ ( )( ) ( ,0)

t
j t dtt T

Tf t M e e dxdydz
ω− Δ− ∫= ∫∫∫

rrr .   (1.53) 

 As the spatially-dependent phase term 0
( , ) '

t
t dtωΔ∫ r accumulates, the signal 

amplitude decays. In MRI, the so-called “echo” can be formed by momentarily removing 

the spatially-dependent phase to increase the signal strength. 

 

1.8.1 Gradient echo 

 Consider the pulse sequence shown in Fig. 1.3a, and assume that ωΔ  is caused 

only by the time-varying x-gradient field. After the application of an α° RF pulse, spins at 

different x-locations start to accumulate different phases due to the gradient field, as 

shown in Fig. 1.3b. Following the reversal of the x-gradient at time τ, the phase 

accumulation is reversed. At time 2τ, the cumulative phase term at arbitrary x-location is 
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2

0 0
( , ) ' ' ' 0

t

x xt dt G xdt G xdt
τ τ

τ
ω γ γΔ = − + =∫ ∫ ∫r ,   (1.54) 

which means that at this point, the spatially-varying cumulative phase is eliminated and 

the signal is refocused because all spins are in phase. This type of echo is referred to as a 

Gradient Echo (GRE). The time when the echo occurs is called the echo time (TE). 

 In the preceding discussion, a homogeneous B0 field was assumed, which is often 

not the case in practice. The presence of B0 field inhomogeneity results in incomplete 

signal refocusing and yields an equivalent signal  

  
*
2 2 ( ( ) ( ) ( ) )/ ( )( ) ( ,0) x y zj k t x k t y k t zt T

Tf t M e e dxdydzπ− + +−= ∫∫∫ rr ,   (1.55) 

where           

     *
2 2 2

†
1 1 1

T T T
= + .     (1.56) 

T2
† is the time constant representing the additional signal decay caused by magnetic field 

inhomogeneities. 

 

Fig. 1.3    (a) Pulse sequence and (b) phase evolution for gradient echo. 
 



 

37

1.8.2 Spin echo 

 Now consider a different pulse sequence as shown Fig. 1.4, and assume we have 

main magnetic field inhomogeneity, chemical shift, or susceptibility effects. The 

cumulative phase after a period of time τ following the 90° RF pulse is 

    
0

( ) ' ( )dt
τ

ω ω τΔ = Δ∫ r r .      (1.57) 

The application of a 180° RF pulse on the 'y  axis (in the rotating frame) at the time τ will 

flip the sign of this phase term. Then at the time 2τ the phase becomes 

    
2

( ) ( ) ' 0dt
τ

τ
ω τ ω−Δ + Δ =∫r r ,    (1.58) 

and the signal (Eq. 1.53) becomes  

   2/ ( )( 2 ) ( ,0) TE T
Tf TE M e dxdydzτ −= = ∫∫∫ rr .   (1.59) 

This indicates that at the time 2τ the cumulative phase is zero and the signal is refocused. 

However, the signal intensity at TE is less than the signal intensity at t = 0 due to the T2 

decay effect. This loss in signal intensity can not be recovered by the 180° RF pulse. This 

type of echo is referred to as a spin echo (SE). 

Fig. 1.4    Pulse sequence for spin-echo formation. 
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 With the k-space data acquisition scheme (either radial or Cartesian), gradient 

echo or spin echo data can be collected to sufficiently cover k-space. This is called 

gradient echo (GRE) or spin echo (SE) imaging. 

 If a train of multiple 180° RF pulses are applied after the 90° RF excitation at (2n-

1)τ, n = 1, 2, …, N, as shown in Fig. 1.5, a train of N spin echoes are created at 2nτ time 

points with the signal amplitude weighted by 22 /n Te τ− . Therefore, different k-space lines 

are collected at different echo periods and thus have different signal weighting. The 

imaging method utilizing these multiple spin echoes is called Fast Spin-Echo (FSE) 

imaging.  

Fig. 1.5    Pulse sequence of fast spin-echo. 
 

1.9 Image contrast 

 If the object is repeatedly excited by a RF pulse with an interval of TR (repetition 

time), the magnetization will reach a steady state. For instance, in a SE sequence with 90° 

RF pulses separated by a time TR, as shown in Fig. 1.6, and assume TR >> T2, the 

magnetization immediately following the 90° RF is derived by solving the Bloch 

equation, 
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    1 ( )
0( ,0) ( ) 1

TR
T

TM M e
−⎛ ⎞= −⎜ ⎟

⎝ ⎠
rr r ,     (1.60) 

where 0 ( )M r is the equilibrium magnetization. If the spin echo signal is acquired at echo 

time TE, then the k-space data from a 2D slice are 

   1 2 2 ( ( ) ( ) )( ) ( )
0( ) ( )(1 ) x y

TR TE j k t x k t yT Tf t M e e e dxdyπ− − − += −∫∫ r rr .  (1.61) 

 Since the equilibrium magnetization 0 ( )M r  is proportional to the proton density, 

ρ, the reconstructed image will be proportional to 

    1 2( ) ( )( ) ( )(1 )
TR TE

T TI e eρ
− −

∝ − r rr r .    (1.62) 

 If we choose TR and TE such that TR is about the average T1 values of the object 

and TE is short compared to T2, then the image will predominantly reflect the T1 values 

of the object. This is referred to as a T1-weighted image. If TR>>T1 and TE is about the 

average T2 values, then the image is primarily dependent on the T2 values of the object. 

This is called a T2-weighted image. To generate a proton density weighted image, TR 

need to be long compared to T1 and TE short compared to T2. 

Fig. 1.6    Imaging parameters. 
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1.10 Signal to noise ratio 

 One important parameter for evaluating image quality is the signal-to-noise ratio 

(SNR), which is given by 

 1 2SNR ( , , , , , ...)C volume of voxel measurement timeF T T TR TEρ α∝ ⋅⋅ ⋅ , (1.63) 

where C represents influence from the receiver coil. F includes the dependence on the 

properties of the object, such as T1, T2, ρ , and the imaging parameters, such as TR, TE, 

α . SNR is also affected by the voxel volume and the total measurement time. 

 For a 2D Cartesian acquisition, SNR can be rewritten as 

  

2

1 2

2

SNR ( , , , , , ...) r
p

r p

r p

FOV NC z N NEXF T T TR TE BWN N

FOV z NEXC F
N N BW

ρ α∝ Δ ⋅⋅ ⋅

Δ
∝ ⋅

, (1.64) 

where FOV is the field of view, Nr is the number of readout points, Np is the number of 

phase encoding steps, zΔ is the slice thickness, BW is the receiver bandwidth, and NEX is 

the number of averages (excitations), i.e., the number of times the entire k-space data set 

is being collected. 

For a radial acquisition, SNR can be expressed as 

  

2

1 2

2
3

SNR ( , , , , , ...) r
v

r r

v

r

FOV NC z N NEXF T T TR TE BWN N

N NEXC F FOV z
N BW

ρ α∝ Δ ⋅⋅ ⋅

∝ ⋅ ⋅ Δ

, (1.65) 

where Nv is the number of collected radial views. 
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CHAPTER 2 

FAST LIPID-WATER IMAGING OF THE HEART USING AN INTERLEAVED 

DOUBLE-INVERSION FAST SPIN-ECHO METHOD 

 

2.1   Introduction 

2.1.1 Arrythmogenic Right Ventricular Dysplasia 

 Arrhythmogenic Right Ventricular Dysplasia (ARVD) is a disease characterized 

by fibrofatty replacement of myocardial tissue in the right ventricular free wall leading to 

ventricular arrhythmias that may cause sudden death [6]. A gross pathological slice of 

right ventricle (RV) from a patient who died of ARVD is shown in Fig. 2.1. As indicated 

by the arrows, the fingerlike bright yellow structures in the myocardium represent lipid 

infiltrates penetrating from the epicardial border into the myocardium. 

Fig. 2.1    Gross pathological slice of the heart from a patient who died of ARVD. 
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2.1.2 Current MRI techniques for ARVD  

 As a non-invasive diagnostic modality, MRI has been proven to provide accurate 

cardiac morphology and cardiac functional information. In the past 12 years advances in 

MR hardware and software have resulted in tremendous increases in acquisition speed 

and image quality. Two basic techniques have been developed to depict the cardiac 

structure and analyze cardiac function. The “black-blood” imaging technique, based on a 

double inversion (DIR) fast spin-echo (FSE) method, eliminates the signal from flowing 

blood permitting a clear delineation of the heart’s morphology [7]. The “bright-blood” 

imaging technique, based on a steady-state free precession (SSFP) method, yields 

excellent contrast between blood and myocardium due to differences in the T1/T2 value of 

these two species [8]. The bright-blood imaging technique provides good spatial and 

temporal resolution as well as robustness to flow and motion, providing both functional 

and morphological information of the RV. 

 MRI can be used to identify the presence of lipid.  Lipid has a higher density of 

spins, a longer T2 and a shorter T1 than myocardium.  Altogether the differences in proton 

density, T2 and T1 result in the higher signal intensity of lipid relative to myocardium.  

The detection of lipid in the right ventricular free wall with MRI, however, is a 

challenging problem. To successfully detect lipid infiltration in the RV, the technique 

must provide good spatial resolution (the right ventricular free wall is only 3-4 mm thick), 

be robust to motion and flow artifacts, and have optimal contrast between lipid and 

myocardium. 
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2.1.2.1     Conventional MRI methods for detecting lipid infiltration in ARVD   

 Initially, an electrocardiographically gated (ECG) T1-weighted spin-echo (SE) 

technique was the method of choice to evaluate lipid infiltration in the RV [9]. Cardiac 

images obtained with this technique were acquired during free breathing using respiratory 

compensation methods [10]. The image quality of the ECG SE method was often 

degraded by artifacts caused by blood flow and uncompensated respiratory motion thus 

impairing the detection of lipid infiltration in the RV.    

Recently, the method has been replaced by the ECG DIR-FSE (referred to as 

DIR-FSE) [7,11,12]. With DIR-FSE the signal from flowing blood is better suppressed 

and artifacts due to respiratory motion are minimized since the acquisition of data can be 

done within a breath hold.   

 A schematic diagram of the conventional DIR-FSE method is shown in Fig. 2.2a. 

The ECG signal triggers a double inversion preparatory period [7]. The double inversion 

technique consists of two RF pulses, a spatially non-slice-selective 180° RF pulse 

immediately followed by a slice-selective 180° RF pulse. The non-slice-selective 180° 

RF pulse inverts all spins. The slice-selective 180° RF pulse re-inverts only those spins 

within the desired slice. Therefore, blood spins outside the slice are only affected by the 

non-slice-selective 180° RF pulse. Since TR~T1
blood in DIR-FSE, the signal from those 

blood spins outside the slice [4] behaves as     

    ( )2 1 1/ / /
0( ) 1 2t T T T TR Tf t M e e e− − −= − + ,   (2.1) 

where T is the length of the DIR period. Setting Eq. 2.1 to 0 results in 

    ( )1/
1 ln 2 ln(1 )TR TT T e−= − + .    (2.2) 
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Fig. 2.2 Schematic representation of the conventional DIR-FSE method. (a) The 
pulse sequence (for simplicity, all gradient waveforms are not shown) and 
(b) the evolution of the longitudinal magnetization of tissue and blood flow. 

 

This particular value of T is referred to as the inversion time (TI) since the blood signal is 

nulled out. 

 To suppress the signal from blood, TI is about 400-600 ms, depending on the 

actual TR which is determined by the cardiac cycle. Thus any spins from blood that are 

re-inverted by the slice-selective 180o RF pulse (i.e. blood within the slice) will typically 
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flow out of the desired slice and therefore no longer contribute to the signal in the FSE 

data acquisition period. The blood spins initially outside the desired slice only experience 

the non-selective 180° RF pulse. These spins follow Eqs. 2.1 and 2.2 and do not 

contribute to the signal in the FSE acquisition period, as shown in Fig. 2.2b. On the other 

hand the evolution of tissue spins in the desired slice is not affected, as illustrated in Fig. 

2.2b. Therefore, during the acquisition of FSE data, only the tissue signal is observed. 

This results in the black-blood appearance of the reconstructed images. 

 

2.1.2.2     Limitations of conventional DIR-FSE for the detection of lipid infiltration 

in ARVD 

 Despite the improvement in image quality and speed provided by the DIR-FSE 

method, there are still problems with the technique that impair the ability to detect lipid 

infiltration in the myocardium. 

 As discussed in Chapter 1, with FSE, different k-space lines are acquired at 

different TE and thus have different signal weighting due to T2 decay. Those data 

acquired at short TEs have higher signal intensity and those acquired at longer TEs have 

reduced signal intensity. With Cartesian MRI, the contrast in an FSE image is mainly 

determined by the TE of the data at the center of k-space, which is referred to as the 

effective TE, TEeff. If data at short TEs are placed in the center of k-space with data at 

longer TEs placed at the high spatial frequencies (short TEeff), it is equivalent to applying 

a low-pass filter on data without T2 decay. This filter results in blurriness in the 

reconstructed image. On the other hand, if data at long TEs are placed at the center of k-
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space and those at shorter TEs are placed at high spatial frequencies (long TEeff), it is 

equivalent to applying a high-pass filter leading to edge enhancement in the reconstructed 

image. In ARVD protocols it is customary to use a short TEeff with the thought that at 

long TEeff the signal from the anatomy (mainly myocardium) will be gone. Also in breath 

hold imaging the ETLs are long (typical ETL ranges from 16 to 32). This combination of 

long ETLs and short TEeff leads to significant blurriness in the images, making it difficult 

to resolve the bright lipid structures from the gray myocardial background [11].  

 The DIR-FSE method also does not produce optimal contrast between lipid and 

myocardium due to the limitation in the choice of TR in cardiac gated methods. With the 

FSE method, the transverse component immediately following the 90° RF pulse is equal 

to the longitudinal component immediately before the 90° RF pulse, i.e,   

    ( )1/
,0 , 1 TR T

trans z equilibriumM M e−= − .   (2.3) 

For objects containing both lipid and water species, the contrast is in part proportional to 

the difference of the transverse components of the two species, 

 ( ) ( )1,1, //
, ,1 1 lipidwater TR TTR Twater lipid

z equilibrium z equilibriumcontrast M M e M e−−∝ Δ = − − − . (2.4) 

The optimal TR that gives maximum contrast, TRopt,  is 

 
( )

( )
, 1, , 1,

opt
1, 1,

ln /
TR

1/ 1/

lipid water
z equilibrium lipid z equilibrium water

water lipid

M T M T
T T

⎡ ⎤⎣ ⎦=
−

. (2.5) 
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 At 1.5T T1s of water (in muscle) and lipid are about 1 s and 0.25 s, respectively. 

Assuming that the ratio of the equilibrium magnetization of water and lipid is 0.9 [13], 

the optimal TR is about 497 ms, as demonstrated in Fig. 2.3. In DIR-FSE TR is about 

0.8-2 s depending on the heart rate and on the data being acquired every heart beat, 1R-R, 

or every other heart beat, 2R-R. These TR values are much longer than TRopt, resulting in 

poor contrast between lipid and myocardium. This is shown in Fig. 2.4 for images of ex 

vivo tissue (same tissue shown in Fig. 2.1) acquired with TR = 0.3 s (Fig. 2.4a) and TR = 

2 s (Fig. 2.4b). Note that lipid infiltrates are well depicted in the image acquire at TR = 

0.3 s as bright structures within the gray myocardium. Lipid infiltrates are harder to see in 

the image shown in Fig. 2.4b due to the poor contrast between lipid and myocardium.  

Fig. 2.3 Plot of signal intensity versus TR. The dotted and the broken curves are the 
transverse magnetization of lipid and water components (immediately after 
the 90°RF pulse of the FSE sequence), respectively. The solid curve is the 
difference between the two curves. 
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Fig. 2.4 Images of ex vivo tissue shown in Fig. 2.1 obtained with an FSE pulse 

sequence. Images obtained with (a) an in-plane resolution of 0.3 × 0.3 mm2 
and TR = 0.3 s, (b) an in-plane resolution of 0.3 × 0.3 mm2 and TR = 2 s, 
(c) an in-plane resolution of 1 × 1 mm2 and TR = 2 s. (d) Lipid-suppressed 
image obtained with an in-plane resolution of 1 × 1 mm2 and TR = 2 s.  

 

The images in Figs. 2.4a and 2.4b were acquired with very high spatial resolution 

(0.3 × 0.3 mm2) to better compare the MR results with the gross anatomical slide of Fig. 

2.1. If we reduce the spatial resolution to match the typical clinical resolution the 

detection of lipid infiltrates becomes harder. This is shown in Fig. 2.4c for an image 

acquired with TR = 2 s and spatial resolution of ~1 × 1 mm2.  Note that the clear 

depiction of lipid structures in the high-resolution, high contrast image (Fig. 2.4a) is lost 

in the image acquired with clinically-relevant conditions because the blurry lipid 

structures blend in with the signal of myocardium.  

(a) (c)(b) (d) 
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Because the visualization of lipid structures is difficult with the conventional 

DIR-FSE image where lipid and water are observed together, it is common practice to 

acquire a lipid-suppressed image. As can be seen in Fig. 2.4d the contrast between the 

suppressed lipid structures (dark areas in the image) and myocardium is better. Although 

the lipid-suppressed image may help to locate lipid structures, artifacts due to 

unsuppressed blood flow (often present in patients with heart problems) will affect image 

quality.  

Another problem with the conventional DIR-FSE method is the spatial 

misregistration between the lipid and water structures when water and lipid are observed 

together.  The spatial misregistration is due to chemical shift and is along the readout and 

slice-select direction (see Chapter 1). With current imaging protocols, the chemical-shift 

misregistration at 1.5T is about 1-2 mm in the readout direction depending on the 

imaging parameters such as FOV and receiver bandwidth. This may complicate the 

detection of lipid in the myocardium. 

 

2.2 Interleaved DIR-FSE technique for improved detection of ARVD 

 In order to overcome the difficulties associated with the conventional DIR-FSE 

method, we developed an interleaved DIR-FSE method for obtaining a lipid and a water 

image of the heart with high lipid-to-myocardium contrast, reduced lipid-masking due to 

blood flow artifact, and no chemical-shift misregistration. 

 A schematic diagram of the interleaved DIR-FSE pulse sequence is shown in Fig. 

2.5. Unlike the conventional DIR-FSE method, where lipid and water are observed 
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together on every TR period, in the interleaved DIR-FSE method we alternate the 

acquisition of lipid and water data in consecutive TR periods.  During odd TR periods, a 

chemical-shift selective RF excitation pulse followed by a crusher gradient [14] is used 

prior to data acquisition to suppress the water signal. Thus only lipid signals are observed 

in the FSE data acquisition period. During even TR periods the lipid signals are 

suppressed and water signals are observed. During each pair of odd and even consecutive 

TR periods, the same k-space lines are collected. Thus, misregistration between the lipid 

and water data due to motion is reduced. Also, since the carrier and receiver frequencies 

are always tuned on resonance with the component being observed there is no 

misregistration between the lipid and the water data due to chemical shift.  

 

 

Fig. 2.5 Schematic representation of the DIR-FSE method for the interleaved 
acquisition of water- and lipid-suppressed data. 
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2.3  Experiments and results 

 The interleaved DIR-FSE method was implemented on a 1.5T GE Signa NV-CV/i 

MRI scanner (Milwaukee, WI, USA) equipped with 40 mT/m gradients. The technique 

was demonstrated with phantom, ex vivo tissue, and in vivo. 

 

2.3.1 Phantom results 

 A water-lipid phantom was used to evaluate the performance of the interleaved 

method for correction of misregistration between lipid and water due to chemical shift. 

The phantom was made of four 2-cm diameter vials, two containing water and two 

containing oil, placed in a 7-cm diameter container filled with water. 

 Phantom data were acquired with the interleaved FSE method (without the double 

inversion preparation period) using the following imaging parameters: TR = 800 ms, 

TEeff = 20 ms, BW = ±32 kHz, FOV = 24 × 24 cm2, acquisition matrix = 256 × 256, slice 

thickness = 6 mm, NEX = 1, and a four-element torso phased-array coil. For comparison, 

phantom data were also acquired with the conventional FSE method (where lipid and 

water signals are observed together) using same imaging parameters.  

 The results are shown in Fig. 2.6. The lipid/water image obtained with 

conventional FSE method is shown in (a). The lipid and water images obtained with the 

interleaved FSE method are shown in (b) and (c), respectively. The image in (d) is the 

recombined lipid/water image calculated from (b) and (c). As can be seen in Fig. 2.6a, 

when water and lipid signals are observed together, there is spatial misregistration of the 

position of the lipid pixels along the readout (horizontal) direction due to chemical shift, 
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as described in Section 1.7. With the above imaging parameters, the shift in the readout 

direction is 

   220 Hz 240 mm 0.84 mm
62.5 kHz

fx FOV
BW
δ

Δ = = = .  (2.6) 

With the interleaved method each component is acquired on resonance, so there is no 

spatial misregistration, as shown in the recombined water/lipid image in Fig. 2.6d. 

 

 

Fig. 2.6 MR images of a water-lipid phantom (oil vials indicated by the arrows) 
acquired with (a) conventional FSE method where lipid and water are 
observed together and (b-d) with the interleaved lipid/water method. (b) 
Lipid and (c) water image obtained from interleaved lipid/water acquisition. 
(d) Combined lipid/water imaged obtained by adding images (b) and (c). 
Note that on (a) the oil vials are displaced duet to chemical shift 
misregistration. The chemical shift misregistration is not present in the 
combined lipid/water image generated with the interleaved lipid/water 
method (image in d) because each chemical shift species is acquired on-
resonance. 

 

 

2.3.2 Ex vivo tissue results 

 The ex vivo tissue shown in Fig. 2.1 was used to demonstrate the capability of the 

interleaved method for the detection of lipid infiltration in the RV. High resolution data 

were acquired with the conventional and the interleaved DIR-FSE method using the 

(a) (c) (d) (b) 
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following imaging parameters: FOV = 14 × 14 cm2, acquisition matrix = 512 × 256, slice 

thickness = 5 mm, BW = ±32 kHz, NEX = 1, ETL = 4, TR = 2R-R (2 seconds, triggered 

by an external ECG device operating at 60 bpm), TI = 624 ms, and TEeff = 20 ms. The 

resulting in-plane pixel resolution is about ~0.3 × 0.3 mm2. A short echo train (ETL = 4) 

was used to reduce blurriness caused by T2 decay [11, 15]. High resolution images of the 

tissue are shown in Fig. 2.7. In the image acquired with the conventional DIR-FSE 

technique, where lipid and water are observed together (Fig. 2.7a), lipid infiltration 

appears as pixels with high signal intensity compared to the less intense myocardium, but 

the contrast between lipid and myocardium is not optimal, as discussed in Section 2.1. 

Since one component is suppressed with the interleaved DIR-FSE method, the contrast 

between lipid and myocardium in either the lipid or the water image is enhanced, 

resulting in a better visualization of the lipid structures. This is shown in Fig. 2.7 where 

the lipid infiltrates are clearly seen as bright structures in (b) the lipid image and dark 

structures in (c) the water image. Since there is no spatial misregistration due to chemical 

shift, the colorized lipid image can be overlaid onto the water image to further improve 

the visual contrast between lipid and myocardium, as shown in Fig. 2.7d. 

  Images acquired with clinically-relevant imaging parameters are shown in Fig. 2.8. 

The scan parameters were FOV = 24 × 24 cm2, TEeff = 20 ms, TR = 2R-R, TI = 624 ms, 

acquisition matrix = 256 × 256, BW = ±32 kHz, slice thickness = 5 mm, NEX = 1, ETL = 

16. These parameters are similar to those used in breath holding imaging and yield an in-

plane pixel resolution of ~0.9 × 0.9 mm2. As explained above, in the image obtained with 

the conventional method (Fig. 2.8a), the lipid structures blend in with the less intense 
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myocardium due to poor contrast between lipid and myocardium, low spatial resolution 

and blurriness caused by T2 filtering, making it hard to identify the lipid infiltration in the 

myocardium. In the lipid image obtained with the interleaved DIR-FSE method (Fig. 2.8b) 

lipid infiltrates are more clearly seen despite the blurriness of the structures. The 

enhanced contrast between lipid and myocardium in the colorized lipid/water image 

further improves the visualization of lipid infiltrates (Fig. 2.8d).   

To quantitatively evaluate the effectiveness of this technique, SNR and contrast-

to-noise ratio (CNR) were estimated. SNR is measured by averaging the signal intensity 

in a region-of-interest (of relatively uniform lipid or water signal) and dividing it by the 

standard deviation of the noise in a region outside of the object. CNR is the difference in 

SNR between lipid and water. As shown in Table 2.1, the SNR of the lipid signals in the 

lipid/water image obtained with the conventional FSE method (SNR = 80.0) is slightly 

higher than the SNR in the lipid image obtained with the interleaved FSE method (SNR = 

76.5). However, the CNR of the former is only 36.9 which is much lower than the CNR 

of the latter (CNR = 69.7) where the water signal is suppressed. Therefore, despite the 

lower SNR, lipids structures are better depicted with the interleaved DIR-FSE method 

due to the higher CNR.  

 

Table 2.1    SNR and CNR of images obtained with the conventional and interleaved 
DIR-FSE methods 

 Slipid Swater σnoise SNRlipid SNRwater CNR
Lipid/water image (conventional) 320.1 172.2 4.0 80.0 43.1 36.9
Lipid image (interleaved) 367.1 32.5 4.8 76.5 6.8 69.7
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Fig. 2.7 High resolution (in-plane resolution ~ 0.3 × 0.3 mm2) images of ex vivo 
tissue obtained from an individual who died of ARVD. (a) Lipid/water 
image obtained with the conventional DIR-FSE method. (b) Lipid and (c) 
water image obtained with the interleaved DIR-FSE method. (d) Colorized 
lipid map overlaid onto the water image.  
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Fig. 2.8 Images of ex vivo tissue obtained with DIR-FSE using clinically-relevant 
imaging parameters. (a) Image obtained with the conventional DIR-FSE 
method where lipid and water are observed together. (b) Lipid and (c) water 
image obtained with the interleaved DIR-FSE method. (d) Colorized lipid 
map overlaid onto the water image. 

d b a c
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2.3.3 In vivo results 

 Images of a patient with an established diagnosis of ARVD were obtained to 

evaluate the capability of this technique for in vivo lipid-water separation. Informed 

consent was obtained prior to imaging in compliance with Institutional Review Board 

requirements. Data were acquired with the DIR-FSE methods during a breath hold period. 

The imaging parameters were FOV = 26 × 26 cm2, slice thickness = 6 mm, BW = ±32 

kHz, NEX = 1, ETL = 16, TR = 2R-R, TEeff = 20 ms. TI is calculated using Eq. 2.2 based 

on the actual TR. For the conventional DIR-FSE method, the acquisition matrix was 256 

× 192. For the interleaved method the acquisition matrix was 256 × 96. The interleaved 

DIR-FSE method employs a parallel imaging technique (see Section 2.5) to maintain a 

resolution comparable to 192 phase encoding steps while keeping the same total scan 

time as the conventional method.  

In vivo images of the patient are shown in Fig. 2.9. Note that regions of lipid 

infiltration (indicated by box) are clearly seen in the lipid image as indentations from the 

epicardium into the myocardium (Fig. 2.9a), as well as in the water image as black 

structures at the corresponding pixel locations (Fig. 2.9b). The visualization of the lipid 

infiltration is further enhanced in the colorized lipid/water image (Fig. 2.9c). Lipid 

infiltration is better delineated in the images obtained with the interleaved DIR-FSE 

method than in the image obtained with the conventional DIR-FSE method where lipid 

and water are observed together (Fig. 2.9d). The interleaved method has lower SNR 

because it was acquired with 96 phase encoding steps. Despite the lower SNR the 

excellent contrast between lipid and myocardium enhances the visualization of lipid 
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infiltration. The region of lipid infiltration in the images obtained with the interleaved 

DIR-FSE method (Fig. 2.10a) can be correlated to functional data (i.e., SSFP images 

acquired to depict the wall motion) (Fig. 2.10b-c) to improve confidence in the diagnosis 

of ARVD. As shown in Fig. 2.10b, there is a subtle bulging in the outflow tract area in 

systole (arrows) that is relaxed during diastole (Fig. 2.10c). This dyskinetic area 

corresponds to the region of lipid infiltration in the lipid image (Fig. 2.10a). 

Images at a lower slice in the heart of the same patient are shown in Fig. 2.11. 

Despite significant flow artifacts in the water image (Fig. 2.11b), caused by the poor 

contraction of the heart, regions of lipid infiltration are clearly seen in the lipid image (as 

indicated by the arrows in Fig. 2.11a) because water signals are suppressed and flow 

artifacts are minimal. This is also seen in the combined lipid/water image (Fig. 2.11c), 

where the enhanced contrast between lipid and myocardium allows better visualization of 

small lipid structures penetrating directly into the RV cavity. Both the lipid image and the 

colorized lipid/water image generated from interleaved DIR-FSE data are superior to the 

lipid/water image acquired with the conventional DIR-FSE method (Fig. 2.11d) because 

the CNR between lipid and water in the latter is not optimal and the lipid structures are 

partially masked by flow artifacts. The regions of lipid infiltration (Fig. 2.12a) are also 

indicated in the functional images where only a small portion of the myocardium is 

contracting (arrows in Fig. 2.12b, indicated by the change in wall thickness between 

systole and diastole) but all the rest is not (arrowheads in Fig. 2.12b). 
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Fig. 2.9 In vivo images obtained with DIR-FSE using clinically-relevant imaging 
parameters. (a) Lipid and (b) water image obtained with the interleaved 
DIR-FSE method. (c) Colorized lipid map overlaid onto the water image. 
(d) Image obtained with the conventional DIR-FSE method. 

 

b a

c d 
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Fig. 2.10    Correlation between regions of lipid infiltration and functional abnormalities. 
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Fig. 2.11 In vivo images obtained with DIR-FSE using clinically-relevant imaging 
parameters. (a) Lipid and (b) water image obtained with the interleaved 
DIR-FSE method. (c) Colorized lipid map overlaid onto the water image. 
(d) Image obtained with the conventional DIR-FSE method. 

b a

c d 

* *
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Fig. 2.12    Correlation between regions of lipid infiltration and functional abnormalities. 

 

2.4 Limitations of the interleaved DIR-FSE method 

 Although the interleaved DIR-FSE method provides excellent contrast between 

lipid and myocardium, reduced flow artifacts, and perfect registration between the lipid 

and the water image, there are still some problems with the technique. 

In order to suppress one species in each TR, the interleaved DIR-FSE method 

uses a chemical-shift saturation technique [16-18] which is sensitive to field 

inhomogeneities. Field inhomogeneities cause a spatial variation in the resonance 

frequency of lipid or water spins resulting in incomplete and/or nonuniform suppression 

[19]. The effects of field inhomogeneities are illustrated in Fig. 2.11a where the lipid 

signal in the liver region (asterisk) is misregistered water signal. This is caused by 

susceptibility changes between tissue (liver) and air in the lungs. Fortunately, previous 

measurements of field inhomogeneity have shown that there is no significant variation in 

resonance frequency in the RV. The RV is primarily surrounded by mediastinal fat and is 

less affected by air in the lung in particular if breath holds are performed on expiration 
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[20]. Nevertheless, a lipid-water separation technique that is insensitive to field 

inhomogeneities could be more robust than the current interleaved DIR-FSE method. 

 Although the misregistration caused by motion between the lipid and the water 

images is minimized in the interleaved DIR-FSE method, the individual lipid and water 

images are still affected by uncompensated cardiac or respiratory motion. This leads to 

blurriness and/or ghosting artifacts in the images. Motion insensitive techniques, such as 

radial data acquisition, may improve image quality (see Chapter 4). 

 

2.5 Parallel imaging with GRAPPA 

 In order to maintain the spatial resolution of the in vivo images acquired with 

interleaved DIR-FSE comparable to the image acquired with the conventional DIR-FSE 

method, we used an image-space based parallel imaging technique, SENSitivity 

Encoding (SENSE) [21]. With SENSE, partial k-space data are acquired (i.e., under-

sampling in the phase encoding direction of the k-space) resulting in an aliased image, as 

shown by the images on the left hand side of Fig. 2.13. The full image (right hand side in 

Fig. 2.13) is restored by utilizing the sensitivity maps of the coils, which are obtained by 

acquiring additional calibration data in a separate scan. Obviously, the main drawback of 

this method is that a separate scan is required to acquire the calibration data. Also, the 

calibration data can not be used directly in image reconstruction. 

 Recently, a k-space based parallel imaging technique, GeneRalized 

Autocalibrating Partially Parallel Acquisitions (GRAPPA), was developed [22]. Unlike 

SENSE, GRAPPA does not need a separate scan for obtaining calibration data. Instead, it 
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Fig. 2.13 SENSE reconstruction. Images on the left hand side are aliased images from 
the partial data sets. After the SENSE reconstruction, the full image (right 
hand side) is obtained. 

 

acquires a few additional k-space lines (known as autocalibration scan lines, or ACS lines) 

which are used to estimate the missing k-space lines of the partial k-space data set. As 

illustrated in Fig. 2.14, with the GRAPPA algorithm, every other line (solid lines) is 

acquired with a four-element coil, and the other half (dotted lines) is missing. Additional 

ACS lines (broken lines) are also acquired. In this case the acceleration factor is 2 since 

only half of the normal k-space lines are acquired. With GRAPPA, the assumption is that 

each k-space line is a weighted linear combination of adjacent lines in both ky and coil 

direction, as shown in Fig. 2.14. Therefore, the ACS lines and adjacent acquired lines can 

be fit to the model to estimate the weighting coefficients (Fig. 2.14a). Once the  
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SENSE
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Fig. 2.14 Illustration of the GRAPPA algorithm: (a) model coefficients estimation; 
(b) missing line calculation. 

 

coefficients are obtained, they are used to estimate the missing lines from adjacent 

acquired lines by applying the analytical model (Fig. 2.14b).   

 There are many advantages of GRAPPA compared to SENSE. For GRAPPA, a 

separate calibration scan is not required. In addition, the calibration data can be used 

directly in the image reconstruction. With GRAPPA, one complex image is reconstructed 

for each coil, which can then be combined using a sum-of-squares reconstruction. 
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Furthermore, as shown in Fig. 2.15(top), in DIR-FSE there is extra time on each TR 

period (about 1.3 seconds) after the acquisition of data. This extra time can not be used to 

acquire another slice.  However, a small amount of this extra time can be used to collect 

ACS data (Fig. 2.15 bottom). Therefore, GRAPPA is ideal for the DIR-FSE method. 

 

 

Fig. 2.15    Data acquisition of DIR-FSE (top) without and (bottom) with ACS lines. 

 

 In most GRAPPA acquisitions, where the signal weighting is relatively constant 

throughout the k-space, the ACS lines are collected in the center of k-space (as shown in 

Fig. 2.16) for higher SNR and more accurate estimation of the GRAPPA coefficients. In 

FSE acquisitions, where there is signal weighting due to T2 decay throughout the 

acquisition of k-space data, there are two additional things to consider:  

 1) the TE of the ACS lines, and 

 2) the placement of the ACS lines. 

DIR period 
Data acq period 
(regular lines)  Waiting period 

TR period = 2RR 

~600 ms ~100 ms ~1300 ms 

DIR period 
Data acq period 

(regular + ACS lines) Waiting period 

~600 ms ~115 ms ~1285 ms 
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Fig. 2.16 View ordering in conventional GRAPPA application, where the ACS lines 
are collected at the center of k-space. 

 

 

 The effect of view ordering of ACS lines in GRAPPA-FSE was investigated in 

[23]. Initial computer simulations showed that collecting ACS lines at a specific TE and 

placing them at the center of k-space (referred to as the standard view ordering) yielded 

images with residual aliasing (Fig. 2.17a).  On the other hand, collecting the ACS lines at 

different TEs (referred to as the distributed view ordering) removed aliasing (Fig. 2.17b). 

Thus the two view ordering schemes for FSE combined with GRAPPA were 

implemented on a 1.5T GE Signa scanner. Experiments were performed with phantom 

and in vivo. Data were acquired with ETL = 7, acquisition matrix = 256 × 98 (including 

ACS lines). For the standard view ordering, 14 ACS lines were acquired at TE1. For the 

distributed view ordering, 21 ACS lines were acquired with 3 at each TE. A four-element 

torso phased-array coil was used. 
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ACS lines
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Fig. 2.17 View ordering of FSE when combined with GRAPPA acquisition (a) 
standard and (b) distributed.  

 

 

 Images obtained with GRAPPA-FSE are shown for a phantom (Fig. 2.18) and in 

vivo (Fig. 2.19). As indicated by the arrows in the images acquired with the standard 

view ordering (Figs. 2.18a and 2.19a) there are residual artifacts due to the 

inconsistencies in signal weighting (i.e., different TEs) between the ACS and normal 

lines. These artifacts are significantly reduced when the distributed view ordering is used, 

as shown in Fig. 2.18b and 2.19b, because the signal weighting of the ACS lines is 

matched to the acquired normal lines. It should be pointed out that with the distributed 

view ordering, there are 7 fewer normal lines compared to the data acquired with the 

standard view ordering. This results in a slight decrease in image resolution. The slight 

decrease is clearly offset by the reduction in image artifacts. 
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Fig. 2.18 Phantom image acquired with GRAPPA-FSE using (a) standard view 
ordering and (b) distributed view ordering. 

 

 

Fig. 2.19 In vivo image of the heart acquired with GRAPPA-FSE using (a) standard 
view ordering and (b) distributed view ordering. 

 

 The results shown above were obtained with the conventional DIR-FSE method. 

Future work will involve implementing GRAPPA with the interleaved DIR-FSE. 

(a) (b)

(b)(a) 
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CHAPTER 3 

FAST DECOMPOSITION OF WATER AND LIPID 

USING A GRADIENT AND SPIN-ECHO (GRASE) TECHNIQUE 

 

3.1 Introduction 

 As already discussed in Chapter 2, successful decomposition of the water and 

lipid components is an important problem for the diagnosis of ARVD. In MRI there are 

many other clinical applications that require good separation of the water and lipid 

components. Some examples include the diagnosis of fatty livers [24] and the 

characterization of lipid-laden neoplasms such as lipomas, adrenal adenomas and renal 

cell carcinomas [25-28]. Also, in many cases it is necessary to suppress the signal from 

lipids because it may obscure relevant anatomical features. 

With the interleaved DIR-FSE technique, lipid-water separation is performed with 

the widely used chemical shift selective saturation method [14,29-32]. However, 

chemical shift selective saturation is susceptible to field inhomogeneities, which 

introduce spatial perturbations in the resonance frequency of lipid and water spins 

yielding non-uniform suppression over the field of view. As already illustrated in Fig. 

2.11a in the lipid image of the heart obtained with the interleaved DIR-FSE method, the 

lipid signal is not completely suppressed in the liver region due to the field 

inhomogeneity caused by the susceptibility changes between tissue (liver) and air in the 

lungs. Another example is the water image of the pelvis shown in Fig. 3.1 where the 

imperfect lipid suppression of the chemical shift selective saturation technique can be  
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Fig. 3.1 Water image of the pelvis obtained with conventional chemical-shift 
saturation technique. Areas of failure of lipid suppression are pointed out by 
the arrows. 

 

 

easily identified as regions of high signal intensity around the pelvis (arrows). 

As an alternative to the conventional chemical shift selective saturation technique, 

inversion recovery methods [33-36] are also employed for lipid-water separation in many 

clinical applications. Inversion recovery methods result in longer scan times because the 

long T1 values of certain tissues require long TRs in order to allow all spins to return to 

equilibrium before the next inversion pulse. Another drawback of inversion recovery 

methods is that there may be partial cancellation of the chemical-shift component being 

observed if at the inversion time the signal is not fully recovered.   

Another alternative for chemical shift imaging is phase-sensitive methods. Phase-

sensitive methods are based on collecting multiple data sets with different sequence 

timing to control the phase difference between different chemical shift components. In 

order to understand the bases of chemical shift imaging using phase-sensitive methods we 

can express the signal in an MR image as 

    ( )fw n njj j t j t
n w fs e e e eφφ φ ψρ ρ Δ ⋅ Δ ⋅= + .   (3.1) 
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In Eq. 3.1, wρ , fρ , wφ , and fφ  are the magnitude and phase of the water and lipid 

components, respectively, φΔ  and ψΔ  are the chemical shift and local magnetic 

resonance offset frequencies. With a GRE sequence, nt  is the time from the RF excitation 

pulse to the center of the data collection window. With a SE or FSE sequence, nt  is the 

time from the spin-echo point to the center of the data collection window. According to 

Eq. 3.1, the echo time nt  allows the water and lipid spins to dephase with a phase 

difference of ntφΔ ⋅ , and hence is referred to from now on as “echo shift”. Assuming that 

the water and lipid signals are real, and the local magnetic resonance frequency offset is 

negligible, Eq. 3.1 can be simplified as 

     nj t
n w fs e φρ ρ Δ ⋅= + .    (3.2) 

If two images are obtained such that 1 0tφΔ ⋅ =  and 2tφ πΔ ⋅ = , then we have 

     1 w fs ρ ρ= + ,     (3.3) 

     2 w fs ρ ρ= − .     (3.4) 

Therefore, the water and the lipid components can be easily calculated by combining Eqs. 

3.3 and 3.4, i.e., 

     ( )1 2 / 2w s sρ = +     (3.5) 

and 

     ( )1 2 / 2f s sρ = − .    (3.6) 

This method was first proposed by Dixon in 1984 [37] and typically is referred to as the 

“two-point Dixon” method in the literature. 
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In practice the magnetic field inhomogeneities caused by hardware imperfection, 

tissue susceptibility, or eddy current are not negligible, and therefore, the term for local 

magnetic resonance offset can not be ignored when decomposing the lipid and water 

components. Three-point Dixon methods and their variations have been further 

investigated as a means to generate lipid and water images without the effects of field 

inhomogeneities [38-49]. Assuming the inherent phase of the lipid and the water signals, 

wφ  and fφ , are the same, Eq. 3.1 can be rewritten as 

  ( ) 0n nj t j j t
n w fs e e eφ φ ψρ ρ Δ ⋅ Δ ⋅= + .   (3.7) 

The phase 0φ  can be considered as a phase offset caused by RF penetration effects and 

other systematic phase shifts and therefore dependent on location, but not on chemical 

shift [38]. If three images are acquired with an FSE sequence, for example, at tn = -t, 0, t 

such that tφ πΔ ⋅ =  and tψ ψΔ ⋅ = , we have 

   ( ) 0
1

j j
w fs e eφ ψρ ρ −= − ,    (3.8) 

   ( ) 0
2

j
w fs e φρ ρ= + ,     (3.9) 

   ( ) 0
3

j j
w fs e eφ ψρ ρ= − .     (3.10) 

The phase term 0φ  can be extracted from Eq. 3.9. Dividing Eq. 3.10 by Eq. 3.8 yields  

2
3 1

js s e ψ= ,     (3.11) 

from which ψ  can be derived indirectly. After both 0φ  and ψ  are obtained, the lipid and 

the water signals can be calculated. However, the success of these methods to estimate ψ  
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(caused by field inhomogeneities) relies on phase unwrapping or other phase estimation 

techniques that are sensitive to global tissue connectivity, artifacts, and noise in the data. 

 In three-point Dixon implementations with SE or FSE methods the acquisition of 

the middle echo at the SE point (which implies symmetric data acquisition) does not 

generate robust lipid-water separation when the lipid:water ratio is ~1 [50]. This has been 

shown by calculation of the theoretical maximum effective number of signal averages 

(NSA) [51] and other analytical techniques [43]. Better lipid-water separation can be 

achieved when the middle echo is shifted from the SE point by π/2+kπ, where k is an 

arbitrary integer [43,50,51]. 

Recently, an iterative lipid-water decomposition algorithm was proposed [52]. A 

schematic diagram of the iterative algorithm is illustrated in Fig. 3.2. Given an initial 

guess of Δψ, the signals can be estimated, which are then used for calculating the error 

in Δψ. If the error is not small, Δψ is updated. The above procedure is repeated until the 

error is small. The combination of the iterative algorithm and a 3-echo data acquisition 

with the center echo shifted relative to the SE point (Iterative Decomposition of water 

and fat with Echo Asymmetry and Least-squares estimation, IDEAL) is reported to 

generate a robust and accurate separation of water and lipid [50]. IDEAL has been 

implemented with FSE and GRE sequences and has been demonstrated in body [50,52], 

musculoskeletal [50,52] and cardiac imaging [53]. IDEAL requires the acquisition of at 

least three images with different phase shifts (referred to from now on as “source images”) 

between lipid and water in order to calculate a lipid image and a water image and a field 

(B0) map. In FSE applications, the collection of the three phase points is done in separate 
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Fig. 3.2    Flow chart of the IDEAL algorithm. 
 

 

 TR periods. On each TR the acquisition of data is shifted from the spin echo point by a 

time tn. Because three TRs are needed to collect the three source images, the method 

requires relatively long scan times [50]. For high-resolution cardiac imaging this would 

translate into acquiring one source image per breath hold. This will lead to 

misregistration between these source images due to motion, which will result in errors in 

the resulting lipid-water separation. 

As a fast imaging technique, the use of the gradient- and spin-echo (GRASE) 

technique is an alternative to FSE acquisitions. The diagram of a typical GRASE pulse 

sequence is shown in Fig. 3.3. In this diagram we show the collection of one SE and two 

GREs during each SE period, unlike FSE that collects only one SE during each SE period. 

GRASE provides efficient data collection and low SAR [54] as well as the possibility of 

generating images with various phase shifts within one SE period [55]. 

Initial guess of Δψ

Estimate lipid/water signal

Calculate the error in field map

Error is small?

Y

N

Update Δψ  
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Fig. 3.3 Typical GRASE pulse sequence. For clarity, the slice selection gradient 
waveforms are not shown. 

 

 

The research described in the following sections was aimed at the development of 

a robust and time-efficient lipid and water decomposition technique combining GRASE 

and the IDEAL algorithm. 

 

3.2 The initial IDEAL-GRASE implementation 

3.2.1 The pulse sequence 

A schematic diagram of the pulse sequence of the initial IDEAL-GRASE 

implementation is shown in Fig. 3.4. The pulse sequence consists of a 90° RF pulse 

followed by a train of SE periods. Within each SE period, several echoes (referred to as 

GREn, where n = 1, 2, …, N, representing the nth gradient or spin-echo in each SE period. 

If there are three GREs, or two GREs and one SE, collected in each SE period, then N = 3) 

corresponding to the same k-space line are collected back and forth by shifting the 
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polarities of the readout gradients. In typical GRASE acquisitions, one SE and multiple GREs 

(on both sides of the SE point) are acquired. However, as discussed above, the acquisition of the 

middle echo at the SE point is not optimal for lipid-water separation. Thus, in our implementation 

the three echoes (minimum number of phase-shifted echoes that is required for IDEAL) are 

shifted relative to the SE point. This leaves extra space within each SE period that can be 

used for the acquisition of an additional echo, as indicated by the broken rectangular box 

in the sequence diagram. If the echo shift combination is (-π/6, π/2, 7π/6), which is the 

combination for a 3-echo acquisition scheme reported to yield optimal NSA in FSE 

acquisitions [50,51], it leaves sufficient time to collect a fourth echo at -5π/6. Since the 

chemical shift is about 220 Hz at 1.5 T, this echo shift combination requires a delay of 

1.52 ms between two adjacent echoes. Assuming 256 readout points and considering the 

time to switch the gradient polarity, we need to choose a BW = ±125 kHz. If data are 

acquired with a BW = ±62.5 kHz with echo shifts (-π/2, π/2, 3π/2), an additional fourth 

echo can be acquired at -3π/2.  

 

 

Fig. 3.4    Schematic diagram of the initial radial IDEAL-GRASE pulse sequence. 
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 The IDEAL-GRASE sequence was implemented on a 1.5T MRI scanner (GE 

Signa NV-CV/i, Milwaukee, WI, USA) equipped with 40 mT/m gradients. All 

reconstruction algorithms were implemented in MATLAB (The Mathworks, MA, USA). 

 

3.2.2 Preliminary phantom and in vivo results 

 This technique was tested on the lipid-water phantom (see Chapter 2) and in vivo. 

Phantom data were acquired with FOV = 20 × 20 cm2, slice thickness = 6 mm, echo 

shifts = (-5π/6, -π/6, π/2, 7π/6), BW = ±125 kHz, ETL = 10 (or the number of SE periods 

per TR), NEX = 1, and acquisition matrix = 256 × 240 for each echo, TR = 1 s, TEeff = 35 

ms. In vivo data of the pelvis were acquired with similar imaging parameters except FOV 

= 44 × 44 cm2 and  TEeff = 44 ms. Data of the phantom and the pelvis were also acquired 

with the IDEAL-FSE technique with same scan parameters as IDEAL-GRASE to 

evaluate and compare the performance. 

 Images of the phantom are shown in Fig. 3.5. As can be seen from (a) the water 

and (b) the lipid image, the lipid-water separation with the initial IDEAL-GRASE is 

incomplete and nonuniform across the frequency encoding direction (horizontal), 

compared to (c) the water and (d) the lipid image obtained with the IDEAL-FSE 

technique. The same phenomenon can be observed by comparing the water image of the 

pelvis obtained with the IDEAL-GRASE technique (Fig. 3.6a) to that obtained with the 

IDEAL-FSE technique (Fig. 3.6b). In the water image obtained with the IDEAL-GRASE 

technique, the lipid signal is not suppressed completely and uniformly in the left and right 

hand sides, as indicated by the arrows. 
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Fig. 3.5 (a) Water and (b) lipid images of the phantom obtained with the initial 
IDEAL-GRASE technique. (c) Water and (d) lipid images obtained with 
IDEAL-FSE technique. 

(a) 

(d) (c) 

(b) 
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Fig. 3.6 Water images of the pelvis obtained with (a) IDEAL-GRASE and (b) 
IDEAL-FSE. 

 

 

 With the GRASE technique, adjacent echoes are acquired with opposite polarities 

of the readout gradient, as shown in Fig. 3.3 and 3.4. The opposite polarities of the 

readout gradient cause different eddy current, which result in imperfections in k-space 

sampling. These errors manifest as an additional phase (referred to from now on as 

“phase error”) in the image domain which is different for each of the source images. 

When decomposing the lipid and water components with the IDEAL algorithm, the 

additional phase in the source images are propagated to the field map and thus lead to 

error in the resulting lipid and water images. 

 The phase error caused by changing the polarities of the readout gradient was 

verified and demonstrated with FSE. Two images of a ball phantom were acquired with 

(a) 

(b) 
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FSE using the extremity coil, one with positive polarity of the readout gradient, the other 

with negative polarity. The phase of the two images was compared by calculating the 

phase of the ratio of the two images. The resulting phase error is shown in Fig. 3.7 as (a) 

the phase error map and (b) one line along the frequency encoding direction across the 

object. From these results, it is obvious that the polarity of the readout gradient is the 

source of the phase error in the images, and that the phase error only occurs along the 

frequency encoding direction while it is constant along the phase encoding direction. 

 

 

Fig. 3.7 Estimated phase error due to opposite polarities of the readout gradient with 
the FSE sequence. (a) The map of the phase error and (b) one line along the 
frequency encoding direction across the phase error map. The phase error in 
the background region outside the ball phantom is set to 0 using a mask. 

 

 

(a) (b) 
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3.3 IDEAL-GRASE with phase error correction 

 In order to correct the phase error due to polarity switching an additional SE 

period was added after the regular data acquisition period. This is shown schematically in 

Fig. 3.8. The data acquired in this SE period are used to estimate the phase errors in the 

data as a consequence of switching gradient polarities. As illustrated in Fig. 3.8, in odd 

TR periods, the polarities of the readout gradients in the phase-correction SE period are 

the same as those in the regular data acquisition periods. In even TR periods, the 

polarities of the readout gradients in the phase-correction SE period are flipped relative to 

the readout gradients in the regular data acquisition periods. During the phase-correction 

SE period, the phase encoding gradients are turned off in order to take advantage of the 

high SNR for data collected at the center of k-space and improve the accuracy of the 

phase error estimation. This can be done because the phase error is not dependent on the 

phase encoding direction. 

 

 

 
Fig. 3.8    Schematic diagram of IDEAL-GRASE with correction. 
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 Prior to applying the IDEAL algorithm, data acquired in the phase-correction SE 

period (i.e. hereafter referred to as the “calibration data”) are processed in the following 

way:   

1. For the nth echo, GREn, the order of all k-space calibration lines acquired with 

negative readout gradient polarity is first reversed about the k-space origin to 

reflect the k-space scan direction. 

2. The inverse Fourier transform (FT) of the k-space calibration line of GREn 

acquired in an odd TR period is divided by the inverse FT of the calibration line 

of this echo acquired in the following (even) TR period. The phase error 

( ( )error
n xΦ , where x indicates the frequency encoding direction in the image 

domain) is calculated as the phase of the quotient. 

3. Step 2 is repeated over all odd-even TR pairs and ( )error
n xΦ  is averaged to reduce 

noise in the estimation.  

4. The averaged ( )error
n xΦ  curve is smoothed and then fit to a polynomial. The order 

of the polynomial depends on the coil and the object. In order to exclude the 

background noise region in the curve fitting algorithm, all calibration lines of 

GREn collected during odd TR periods are averaged and then inverse Fourier 

transformed. The magnitude of the inverse FT is then thresholded to produce a 

mask, which is used to segment out the background noise region.  

5. The estimated phase error, ˆ ( )error
n xΦ , obtained from the polynomial fit is halved 

and subtracted from the image of GREn in the frequency encoding direction. This 
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is equivalent to eliminating the phase error in data acquired with positive (or 

negative) polarity and making it consistent with data acquired with a pseudo-

neutral polarity. The rational to use the pseudo-neutral polarity point is to remove 

the effect of echo shift on the phase error (further discussion is presented in the 

Results section).  

6. Step 2-5 are repeated for all N echoes and all receivers (for multi-coil 

acquisitions). 

 

3.4 Theoretical noise performance evaluation of the IDEAL-GRASE technique 

 Theoretical calculations of the noise performance were performed based on the 

signal model (Eq. 3.1). Noise performance is described by the NSA for the magnitude 

estimation as 

     
2

2
source

p

NSA σ
σ

= ,     (3.12) 

where 2
sourceσ  and 2

pσ  are the variance in the magnitude of the source images and the 

resulting water or lipid image, respectively. In the theoretical calculations the Cramér-

Rao bound analysis [51] was performed to estimate the lower bound on the variance of 

the lipid or water image (i.e., 2
pσ ). Following the procedure described in [51], the noise 

performance was also estimated using Monte Carlo simulations. The parameters used in 

the simulations were wφ  = fφ  = π/4, Δψ = π/20 radians/ms, SNR = 200, and 500 

independent Gaussian noise realizations for every :w fρ ρ ratio (from 0.01 to 100). The 
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variance of the source image and the decomposed water or lipid image obtained with the 

IDEAL algorithm were used to evaluate the NSA for each :w fρ ρ  ratio. 

In order to investigate the noise performance of IDEAL-GRASE, the NSA was 

calculated for various echo shifts and as a factor of the number of collected echoes.  Fig. 

3.9 shows the magnitude NSA of water and lipid with water:lipid ratios ranging from 

0.01 to 100 for various echo shifts obtained theoretically (solid line) and with Monte 

Carlo simulations (symbols). Although the echo shift combination (-π, 0, π) (Fig. 3.9a) 

gives uniform noise performance for almost all water:lipid ratios, it is prone to small 

perturbations in the echo shifts that lead to instability when water and lipid are equal, as 

indicated by the low NSA yielded by the Monte Carlo simulations at a water:lipid ratio of 

1. This instability in the lipid-water separation caused by the ambiguity of having the 

same amount of water and lipid is not present if the middle echo is shifted from the SE 

point. As shown in Figs. 3.9b and 3.9c, the 3-echo acquisition with echo shift 

combination (-π/2, π/2, 3π/2) or (-π/6, π/2, 7π/6) gives uniform noise performance for all 

water:lipid ratios. As already reported [51], the optimal noise performance for a 3-echo 

acquisition is achieved with the echo shifts (-π/6, π/2, 7π/6). If a fourth echo is acquired, 

the maximum noise performance should approach 4. As shown in Fig. 3.9d this is 

generally true but if the extra echo is added at -3π/2 (data acquired with BW=±62.5 kHz) 

to yield an echo shift combination of (-3π/2, -π/2, π/2, 3π/2) the noise performance is less 

efficient for certain water:lipid ratios. If a fourth echo is added at -5π/6 (data acquired 

with BW = ±125 kHz) to yield an echo shift combination of (-5π/6, -π/6, π/2, 7π/6), the 

noise performance is more uniform across all water:lipid ratios (Fig. 3.9e), but the NSA 
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improvement is slightly less for the dominating component (i.e., the component with 

higher intensity than the other in the same voxel, e.g., if the water:lipid ratio > 1, then 

water is the dominating component) than that achieved at (-3π/2, -π/2, π/2, 3π/2). It 

should be pointed out that despite the non-uniformity of the 4-echo acquisitions with 

respect to the water:lipid ratio, the NSA for any water:lipid value is greater than that for a 

3-echo acquisition.    

 Because the echo shifts in GRASE are dependent on the receiver bandwidth and 

number of readout points, we investigated the overall noise performance including the 

constraints imposed by these parameters. We define the relative SNR (SNRrel  ) as: 

    1
relSNR NSA ETL BW −= × × .           (3.13) 

In order to compare the SNRrel for the echo shifts investigated we fixed the data 

acquisition time during the echo train to be around 110 ms and the number of TR periods 

to 24. This keeps the effects of T2 decay constant and the total scan time fixed. With these 

parameters and assuming 256 readout points, SNRrel for echo shift combination (-3π/2, -

π/2, π/2, 3π/2) was calculated using BW = ±62.5 kHz and ETL = 8. SNRrel for the echo 

shift combination (-5π/6, -π/6, π/2, 7π/6) was calculated using BW = ±125 kHz and ETL 

= 10. Note the number of phase encoding steps is different for these two cases (192 and 

240, respectively), but in the calculation we assume that images are reconstructed into a 

256×256 matrix so in the SNRrel calculation there is no difference due to voxel size. NSA 

was obtained from the theoretical simulations shown in Fig. 3.9. Plots of SNRrel 

calculated from these parameters are shown in Fig. 3.10 (a) for water and (b) lipid and for 

(-3π/2, -π/2, π/2, 3π/2) (dashed line), (-π/2, π/2, 3π/2) (solid line), (-5π/6, -π/6, π/2, 7π/6) 
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(dash-dot line), and (-π/6, π/2, 7π/6) (dotted line). Note that the data were normalized 

such that the highest SNRrel is 1. These plots show that the receiver bandwidth dominates 

the effective noise performance, leading to a better SNRrel at ±62.5 kHz, despite the fact 

that with an echo shift combination of (-3π/2, -π/2, π/2, 3π/2) the NSA is less uniform 

than at (-5π/6, -π/6, π/2, 7π/6). It should be pointed out that with echo shifts (-5π/6, -π/6, 

π/2, 7π/6) more data were acquired in the phase encoding direction which improves 

spatial resolution. Also, with the echo shift combination (-5π/6, -π/6, π/2, 7π/6), the time 

difference between echoes (i.e., Δtn) is less than that for the echo shift combination (-3π/2, 

-π/2, π/2, 3π/2). Thus T2* effects for the echo shift combination (-5π/6, -π/6, π/2, 7π/6) 

are less important which may have an effect on the lipid-water separation.  
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Fig. 3.9 Theoretical magnitude NSA (solid line) and Monte Carlo simulations 
(symbols) of water (top) and lipid (bottom) for various water:lipid ratios. 
Data are presented for echo shifts (a) (-π, 0, π), (b) (-π/2, π/2, 3π/2), (c) (-
π/6, π/2, 7π/6), (d) (-3π/2, -π/2, π/2, 3π/2), (e) (-5π/6, -π/6, π/2, 7π/6).  
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Fig. 3.10 Relative SNR of (a) water and (b) lipid for various water:lipid ratios with 
echo shifts (from top to bottom in each plot) (-3π/2, -π/2, π/2, 3π/2), (-π/2, 
π/2, 3π/2), (-5π/6, -π/6, π/2, 7π/6), and (-π/6, π/2, 7π/6). The plots are 
normalized such that the highest SNRrel is 1. 

 

 

3.5 Experiments and results 

3.5.1 Phase error correction in IDEAL-GRASE 

 In order to demonstrate the phase error in GRASE images due to the switching of 

the readout gradient polarities and the proposed correction scheme, phantom and in vivo 

data were acquired with echo shifts = (-5π/6, -π/6, π/2, 7π/6), BW = ±125 kHz, ETL = 10, 

NEX = 1, and matrix = 256 × 240 for each echo (excluding the calibration data), TR = 1 s. 

The acquisition parameters for the phantom data were FOV = 20 × 20 cm2, slice 

thickness = 6 mm, and TEeff = 35 ms. Phantom data were acquired using an extremity 
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coil and a 4-element phased array coil. The acquisition parameters for the pelvis data 

were FOV = 44 × 44 cm2, slice thickness = 5 mm, and TEeff = 44 ms. Pelvic data were 

acquired using a 4-element phased array coil. For comparison, data were also acquired 

with the IDEAL-FSE technique using the same scan parameters. 

Water and lipid images were decomposed using the IDEAL algorithm from the 

source images reconstructed with and without phase error correction. For the in vivo data, 

a region growing algorithm [56] was integrated into the original IDEAL algorithm to 

avoid convergence to incorrect field map solutions. The region growing algorithm 

requires several steps. First, the original IDEAL algorithm is applied to low resolution 

(i.e., smoothed and down-sampled) source images to obtain a low resolution field map. 

From this low resolution field map a seed pixel is chosen. For those pixels in the high 

resolution source images that correspond to the seed pixel, their field map is estimated 

using the iterative method with the field map value of the seed pixel as the initial guess. 

The field map for the rest of the image is estimated using region growing with a spiral 

trajectory.  In this case the initial guess is calculated using a local 2D linear extrapolation 

from pixels already processed. The region growing algorithm improves the stability of 

the original IDEAL algorithm by globally searching a seed pixel. It also helps prevent 

ambiguity between water and lipid by utilizing neighboring pixels to provide an 

improved initial guess of the B0 map. 

Shown in Figs. 3.11(a-d) are the phase error (symbols) in the phantom for each of 

the four echoes obtained with the extremity coil. Figures 3.11(e-f) show the phase error 

for the in vivo pelvis data from one of the receivers in the phased-array coils. Although 



 

91

the phase error is nearly linear across the small (7 cm diameter) phantom, in general the 

phase error is nonlinear, as shown in Figures 3.11(e-f). In both cases, the phase error can 

be well fit by a polynomial (the order of the polynomial is 1 and 5 for the extremity coil 

and the phased-array coil, respectively), as indicated by the solid lines in the figure. If the 

phase error was independent on the echo shift, it would be sufficient to simply subtract 

the phase error from the echoes acquired with either positive or negative readout gradient 

polarity. However, as shown in the plot, there is a slight dependence of the phase error on 

echo shift. In the proposed algorithm this dependence is removed by halving the 

estimated phase error prior to subtracting it from the source image. 

The effect of the phase error and the performance of the correction algorithm in 

the lipid-water decomposition from IDEAL-GRASE data are shown in Fig. 3.12 for the 

lipid-water phantom. Figures 3.12(a-f) show data acquired using a 4-element phased-

array coil. Figures 3.12(g-l) show data acquired using an extremity coil. Note that the 

lipid-water separation with IDEAL-GRASE without phase error correction (Figs 3.12a-b, 

3.12g-h) is poor (i.e., there is significant mismapping of lipid and water signals) and is 

non-uniform along the frequency encoding direction (i.e., the horizontal direction). The 

error in lipid-water separation is more pronounced in data acquired using the extremity 

coil (Figs 3.12g-h). When the phase error correction is applied, a uniform and complete 

decomposition of lipid and water is obtained (Figs 3.12c-d and 3.12i-j) regardless of the 

coil. The results obtained from IDEAL-GRASE with the phase error correction scheme 

are comparable to the results obtained with the IDEAL-FSE method (Fig. 3.12e-f and Fig. 

3.12k-l), which requires a separate TR for each echo shift resulting in longer scan times. 
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Fig. 3.11 Phase error between data collected with opposite polarities of the readout 
gradients. (a-d) Phantom data acquired with a transmit/receive extremity 
coil. (e-f) Pelvic data acquired with a four channel phased-array coil (data 
shown is from one of the four receivers). The solid curve is the polynomial 
fit to the phase error (symbol). The background region outside the object is 
not shown. The axis, x, represents pixels in the image along the frequency 
encoding direction.  

 

 

(a) (d) (c)(b)

(e) (h) (g)(f)
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Fig. 3.12 (a-d) Decomposed water and lipid image of the phantom using IDEAL-
GRASE from data acquired with a four channel phased-array coil. (a) 
Water and (b) lipid images obtained without phase error correction. (c) 
Water and (d) lipid images obtained with phase error correction. For 
comparison the (e) water and (f) lipid images generated using IDEAL-FSE 
are included. (g-j) Decomposed water and lipid image of the phantom using 
IDEAL-GRASE from data acquired with a transmit/receive extremity coil. 
(g) Water and (h) lipid images obtained without phase error correction. (i) 
Water and (j) lipid images obtained with phase error correction. The (k) 
water and (l) lipid images generated using IDEAL-FSE are also included.   
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Figure 3.13 shows the performance of the phase error correction algorithm in the 

lipid-water decomposition of in vivo data (only the water image is shown). The water 

image of the pelvis obtained without phase error correction (Fig. 3.13a) has significant 

residual errors, especially on the left and right hand sides (the frequency encoding 

direction), as indicated by the arrow. As shown in Fig. 3.13b, lipid-water separation is 

improved with phase error correction and is comparable to the lipid-water separation 

obtained with the IDEAL-FSE technique (Fig. 3.13c) with the advantage that data can be 

acquired three times faster.  

 

3.5.2 Noise  performance in IDEAL-GRASE 

To illustrate the noise performance of different echo shift combinations with the 

IDEAL-GRASE technique, phantom data were acquired with two sets of parameters: (1) 

echo shifts = (-3π/2, -π/2, π/2, 3π/2), BW = ±62.5 kHz, ETL = 8, TEeff = 42 ms, NEX = 1, 

and matrix = 256 × 192 for each echo (excluding the correction data); (2) echo shifts = (-

5π/6, -π/6, π/2, 7π/6), BW = ±125 kHz, ETL = 10, TEeff = 35 ms, NEX = 1, and matrix = 

256 × 240 for each echo. Other common parameters used to acquire the phantom data 

with the IDEAL-GRASE sequence were FOV = 20 × 20 cm2, TR = 1 s, slice thickness = 

6 mm. 

For comparison, data were also acquired with an FSE technique using 

conventional chemical-shift suppression. All parameters except for ETL = 12 were the 

same as the corresponding IDEAL-GRASE data set. A larger ETL was used to keep the 

data acquisition period during the echo train comparable to IDEAL-GRASE. In this  
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Fig. 3.13 Water images of the pelvis obtained with IDEAL-GRASE (a) without and 
(b) with phase error correction. (c) Water image obtained with IDEAL-FSE. 

 

 

manner, the signal decay due to T2 was similar in both methods. 

Lipid images of the water-lipid phantom obtained with the IDEAL-GRASE 

technique are shown in Fig. 3.14 for (a) (-3π/2, -π/2, π/2, 3π/2) and (b) (-5π/6, -π/6, π/2, 

7π/6). Figure 3.14c shows the lipid image generated with the conventional chemical-shift 

(a) 

(b) 

(c) 
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Fig. 3.14 Lipid image of a water-lipid phantom obtained using IDEAL-GRASE with 
echo shifts (a) (-3π/2, -π/2, π/2, 3π/2) and (b) (-5π/6, -π/6, π/2, 7π/6). (c) 
Lipid image obtained using the conventional chemical-shift saturation 
technique.  

 

 

saturation technique. It can be observed that all images generated with the IDEAL-

GRASE technique are superior in lipid-water separation over the conventional saturation 

technique. The lipid-water separation with echo shifts of (-5π/6, -π/6, π/2, 7π/6) is slightly 

better than (-3π/2, -π/2, π/2, 3π/2), which as explained above might be due to T2* effects.  

 

3.5.3 In vivo applications 

 Although the IDEAL-GRASE technique was originally developed for cardiac 

imaging, especially for the diagnosis of ARVD, it can also be applied to image other 

locations such as the pelvis and the knee as a fast imaging technique. In this section we 

demonstrate the IDEAL-GRASE technique in the pelvis, the knee, as well as the heart. 

In vivo data of the pelvis were acquired with FOV = 40 × 40 cm2, TR = 1 s, slice 

thickness = 5 mm. For echo shifts (-5π/6, -π/6, π/2, 7π/6), the parameters were acquisition 

(b) (c) (a) 
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matrix = 256 × 240, ETL = 10, and TEeff = 44 ms. For echo shifts (-3π/2, -π/2, π/2, 3π/2), 

the parameters were acquisition matrix = 256 × 192, ETL = 8, and TEeff = 42 ms. The 

water and the lipid image were also obtained using conventional chemical-shift saturation 

technique with similar parameters. Shown in Fig. 3.15 are the (a) water and (b) lipid 

images (acquired at ±62.5 kHz), (c) water and (d) lipid images (acquired at ±125 kHz) of 

the pelvis obtained with IDEAL-GRASE. In addition to the water and lipid images, we 

can obtain the recombined (e) in- and (f) out-of-phase images from the data (acquired at 

±125kHz). When recombining the calculated water and lipid images, the image distortion 

in pixel position and size due to field inhomogeneities and chemical shift [57] is not 

considered since it is negligible at 1.5T with BW = ±125 kHz (assuming 256 readout 

points) and moderate field inhomogeneity. From the results we can see that the IDEAL-

GRASE technique achieves better and more uniform lipid-water separation compared to 

the conventional saturation technique which fails to suppress the lipid signal in areas 

pointed by the arrows (Fig. 3.15g). 

Imaging parameters for the knee data were FOV = 20 × 20 cm2, slice thickness = 

4 mm, TR = 1 s, TEeff = 45 ms for (-5π/6, -π/6, π/2, 7π/6). For comparison, data were also 

acquired with the IDEAL-FSE and conventional chemical-shift saturation methods. 

Figure 3.16 shows the (a) water and (b) lipid images of the knee obtained with the 

IDEAL-GRASE technique and (c) water and (d) lipid images obtained with the IDEAL-

FSE technique, as well as the (e) water and (f) lipid image obtained with the conventional 

saturation method. Due to field inhomogeneities, the lipid suppression fails with the 

conventional saturation technique, as indicated by the arrows in the bone and the back of  
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Fig. 3.15 Pelvic images obtained from IDEAL-GRASE. (a) Water and (b) lipid 

acquired at ±62.5kHz. (c) Water and (d) lipid acquired at ±125kHz, and 
recombined (e) in- and (f) out-of-phase images at ±125kHz. (g) Water and 
(h) lipid image obtained with conventional chemical-shift suppression 
technique. In the water image with conventional suppression technique, 
there is significant residual signal (arrows) from lipid. The IDEAL-GRASE 
data were acquired with a four element phased-array coil. With BW = ±62.5 
kHz, the parameters are echo shift = (-3π/2, -π/2, π/2, 3π/2), ETL = 8, 
acquisition matrix = 256×192 per echo, TR = 1000 ms, TEeff = 43 ms, FOV 
= 40×40 cm2, and slice thickness = 5 mm. With BW = ±125 kHz, the 
parameters are echo shift = (-5π/6, -π/6, π/2, 7π/6), ETL = 10, acquisition 
matrix = 256×240 per echo, and TEeff = 35 ms. The conventional FSE 
images were acquired with similar parameters with ETL = 12. 

(a) 
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(f) (e) 

(d)(c) 
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Fig. 3.16 Knee images. (a) Water and (b) lipid images obtained with IDEAL-
GRASE. (c) Water and (d) lipid images obtained with the IDEAL-FSE 
technique. (e) Water and (f) lipid images obtained with the conventional 
chemical-shift suppression method. The arrows point to regions with 
incomplete or non-uniform lipid suppression. The IDEAL-GRASE data 
were acquired with BW = ±125 kHz, FOV = 20×20 cm2, ETL = 10 and 
matrix = 256×240 for each echo, TR = 1 s, echo shifts = (-5π/6, -π/6, π/2, 
7π/6), knee coil.  
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the knee, where the suppression is incomplete and non-uniform. The IDEAL-GRASE 

technique successfully corrects the errors due to field inhomogeneities and achieves 

better performance with more uniform and complete decomposition. The spatial 

resolution in the images obtained with IDEAL-GRASE is comparable to the images 

obtained with the IDEAL-FSE technique. 

Black-blood water and lipid images of the heart were obtained in a breath hold by 

combining IDEAL-GRASE with a double-inversion preparation period. Data were 

acquired with FOV = 36 × 36 cm2, slice thickness = 6 mm, TEeff = 14 ms, echo shift = (-

3π/2, -π/2, π/2, 3π/2) at ±62.5 kHz, TR = 1RR. The water and the lipid images of the 

heart obtained with IDEAL-GRASE are shown in Fig. 3.17. Note that in the water and 

lipid images shown in Fig. 3.17 (a) and (b) the signal from liver, which is supposed to be 

water-only, is misregistered. In these images the seed for the region growing algorithm 

was automatically selected. If a seed is determined manually by choosing a pixel in the 

front of the chest, the water and the lipid signals are separated correctly as shown in Figs. 

3.17c and 3.17d. For comparison, the water and lipid images of the same slice generated 

with the interleaved DIR-FSE technique (see Chapter 2) are shown in Figs. 3.17e and 

3.17f, respectively. Both techniques produce similar lipid-water decomposition in the 

heart area. However, the conventional saturation technique yields incomplete separation 

in the liver (broken arrow) and in areas around the chest and the back (solid arrow). This 

is not the case with the IDEAL-GRASE technique (with manually selected seed pixel) 

which provides good and uniform lipid-water separation throughout the entire field of 

view.  
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Fig. 3.17 Black-blood images of the heart from a normal volunteer. (a-d) Water and 

lipid images obtained with the IDEAL-GRASE technique. (a) and (b) were 
generated with automatically selected seed in the region growing algorithm. 
(c) and (d) were generated with manually determined seed in the region 
growing algorithm. (e) Water and (f) lipid images obtained with the 
conventional saturation method. The arrows point to regions with 
incomplete lipid-water separation. The IDEAL-GRASE data were acquired 
with BW = ±62.5 kHz, FOV = 36×36 cm2, ETL = 8 and matrix = 256×192 
for each echo, echo shifts = (-3π/2, -π/2, π/2, 3π/2), a four channel phased-
array coil, with a double inversion preparation period. The conventional 
saturation data were acquired with BW = ±62.5 kHz, FOV = 36×36 cm2, 
ETL = 12 and matrix = 256×192. 
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(f)(e)

(b)
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 Another cardiac example using a short axis view of the heart is shown in Fig. 3.18. 

The images shown in Figs. 3.18(a) and (b) are the water and lipid images obtained with 

the IDEAL-GRASE technique (manually determined seed pixel). The images shown in 

Figs. 3.18(c) and (d) are the water and the lipid images obtained with the interleaved 

DIR-FSE technique. As indicated by the arrows there is incomplete lipid-water separation 

in the images obtained with the interleaved DIR-FSE technique. This example further 

demonstrates the advantage of the IDEAL-GRASE technique over the conventional 

saturation technique for lipid-water decomposition. 

Figure 3.19 shows images of the heart from a patient diagnosed with ARVD. (a) 

and (b) are the water and the lipid images. (c) and (d) are the recombined in- and out-of-

phase images. (e) is the colorized lipid image overlaid onto the water image. The lipid 

infiltration can be clearly seen from the enlargements of the lipid image and the out-of-

phase image. In the out-of-phase image the dark regions in myocardium indicate signal 

cancellation in pixels of both lipid and water components which are due to lipid 

infiltration. Another way to display the data is to colorize the lipid image and overlay it 

onto the water image. This can further improve contrast between lipid and myocardium, 

as shown in Fig. 3.19e. 
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Fig. 3.18 Black-blood images of the heart from a normal volunteer. (a) Water and (b) 
lipid images obtained with IDEAL-GRASE. (c) Water and (d) lipid images 
obtained with the conventional saturation method. The arrows point to 
regions with incomplete lipid-water separation. Imaging parameters are the 
same as those used in Fig. 3.17.  
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Fig. 3.19 Black-blood images of the heart from a patient diagnosed with ARVD. (a) 
Water and (b) lipid images obtained with the IDEAL-GRASE technique. (c) 
and (d) are the in- and out-of-phase images generated from (a) and (b). (e) 
is obtained by overlaying the colorized lipid image onto the water image. 
The IDEAL-GRASE data were acquired with BW = ±125 kHz, FOV = 
26×26 cm2, ETL = 8 and matrix = 256×192 for each echo, echo shifts = (-
5π/6, -π/6, π/2, 7π/6), a four channel phased-array coil, with a double 
inversion preparation period.  
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3.6 Discussion  

MR imaging based on fast-spin echo acquisitions are used routinely in the clinic 

and the IDEAL algorithm was proposed to generate FSE data with robust lipid-water 

separation. We have shown that the combination of GRASE data acquisition with the 

IDEAL algorithm provides robust lipid-water separation in less time than with FSE. 

IDEAL-GRASE also has the advantage of reduced power deposition because the number 

of 180o refocusing pulses is reduced. 

With the GRASE technique, it is necessary to flip the polarity of the readout 

gradients of adjacent echoes. The different gradient polarities induce different eddy 

currents leading to phase errors in the data along the frequency encoding direction. Eddy 

currents depend on variables such as the type of the RF coil, the strength of the readout 

gradient, the readout time. As shown above, with the proposed correction scheme the 

phase errors are effectively removed. The collection of data for phase error correction 

does extend the acquisition by one SE period.  

 From the numerical simulations as well as the phantom results, we see that the 3-

echo data acquisition with the middle echo shifted from the SE point provides good noise 

performance, and the acquisition of a fourth echo provides improved noise performance. 

Having extra echoes may also yield better lipid-water separation due to the extra 

information provided to the IDEAL algorithm. It is also possible to add more echoes but 

this may introduce additional error due to increased T2* effects.  Therefore, in this work, 

we chose only to investigate 4 echoes with echo shift combinations that do not increase 

the length of each spin echo period (and the total scan time) compared to the 
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corresponding 3-echo acquisition. Recently, a modified IDEAL algorithm [58] was 

developed that incorporates the T2* decay in the lipid-water separation and therefore can 

potentially correct the signal drop due to T2* decay. However, this technique assumes 

that both lipid and water components in a voxel have the same T2* and also requires 

increased echo shifts to better estimate T2* values. 

One of the advantages of the IDEAL-GRASE technique is that images with high 

spatial resolution can be obtained in a short period of time. Furthermore, misregistration 

due to motion is minimized by collecting the echoes in an interleaved manner within each 

TR period. Thus, the technique is suitable for imaging locations that suffer from motion 

artifacts and where scanning is constraint to a breath hold such as the thoracic cavity. 

One disadvantage of the method is that the choice of echo shifts is determined by 

the length of the readout window. This imposes a constraint on the choice of echo shift 

combination, the number of readout points, or the receiver bandwidth. This is not the case 

with IDEAL-FSE where the echo shift combination is independent of the readout window 

length. 

Integrated with the IDEAL algorithm, the region growing method [56] leads to 

successful lipid-water separation in most applications by automatically choosing a 

suitable seed pixel. However, we found that in certain applications with cardiac imaging 

misclassification occurs when an improper seed pixel is chosen. The failure of the region 

growing method might be caused by disconnectivity or sparsity of high signal regions in 

the heart image. Although manually choosing an appropriate seed pixel might be able to 
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avoid this problem, it is necessary to find a more robust automatic seed pixel searching 

strategy.  

Finally, it should be pointed that this technique may also be combined with 

parallel imaging techniques (such as SENSE and GRAPPA, [21, 22]) or homodyne 

technique [59] for improved resolution or further reduction of imaging time. However, 

phase information of the source images should be correctly preserved during 

reconstruction to achieve successfully lipid-water separation. 
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CHAPTER 4 

RAPID WATER AND LIPID IMAGING AND T2/T2
† MAPPING  

USING A RADIAL IDEAL-GRASE TECHNIQUE 

 

4.1 Introduction 

 As mentioned in Chapter 2, although motion-induced misregistration between the 

lipid and the water image is minimized with the interleaved DIR-FSE technique, the 

images are still affected by uncompensated cardiac or respiratory motion, resulting in 

ghosting artifacts and blurriness. This issue also exists when imaging the heart with the 

Cartesian IDEAL-GRASE technique. Further improvements in image quality can be 

obtained if we use an imaging technique that is less sensitive to motion.  

 

4.1.1  Motion artifacts 

 As illustrated with the interleaved DIR-FSE and the IDEAL-GRASE technique, 

current MRI images are typically generated by performing two-dimensional Fourier 

transform of the k-space data acquired on a rectangular grid (referred to as 2DFT MRI). 

When imaging areas such as the thoracic cavity and the abdomen, motion caused by 

respiration, heart contraction, pulsatile flow, and/or peristalsis [60] degrades image 

quality. Motion introduces an additional phase that varies from one k-space line to the 

next or accumulates within a k-space line. Since the acquisition time of a k-space line 

(typically ~1-4 ms) is relatively short compared to the time scale of most body motions, 
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in this section we ignore the phase accumulated within a k-space line and only consider 

the additional constant phase variation from one k-space line to the next. 

 Consider that an object is moving at a constant velocity, vy, along the phase 

encoding direction. During the nth phase encoding period, the phase term in Eq. 1.53 

becomes 

 ( , ) ' ( ') ' ( / 2)n n

n n

t t

y y y y y nt t
t dt G y v t dt G y G v t

τ τ
ω γ γ τ γ τ τ

+ +
Δ = + = + +∫ ∫r ,  (4.1) 

where nt  and τ  are the start time and duration of the nth phase encoding period, 

respectively. Since τ << tn, Eq. 4.1 can be approximated by 

    ( , ) 'n

n

t

y y y nt
t dt G y G v t

τ
ω γ τ γ τ

+
Δ ≈ +∫ r .   (4.2) 

Therefore, in addition to the phase term yG yγ τ  there is an extra phase term y y nG v tγ τ , 

which is different from one k-space line to the next due to the motion since vy can be 

different from one line of data to the next. This is illustrated in Fig. 4.1a. The additional 

phase variation from line to line leads to blurriness and/or replicated ghost patterns along 

the phase encoding direction, as shown in Fig. 4.1b for an abdominal image obtained 

with the 2DFT FSE technique. 

 Several methods have been developed to address artifacts due to motion in MRI. 

Signal averaging is used to reduce phase errors due to motion [61]. Respiratory triggering 

is used to reduce artifacts caused by respiratory motion by acquiring data at times of 

minimum respiration [62]. ECG gating is employed to reduce artifacts caused by cardiac 

motion by collecting data at the same time of the cardiac cycle [63].  Other methods, such 

as autocorrective navigator echoes [64], gradient moment nulling [65], respiratory  
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Fig. 4.1 Motion artifacts in 2DFT imaging. (a) Phase accumulation in Cartesian k-
space due to motion. (b) A respiratory-triggered 2DFT FSE image of the 
abdomen. The ghosting along the phase encoding direction is caused by 
motion artifacts. 

 

 

ordering [10], ghost phase cancellation [66], and dynamic imaging by model estimation 

[67], have been developed to correct motion artifacts. All these methods were shown to 

improve image quality, but still have limitations in terms of motion correction. 

 A more efficient way to reduce motion artifacts is to freeze the motion, i.e., 

imaging fast to acquire the entire k-space data in a short time relative to the time scale of 

the motion. Single-shot echo planar imaging (SSEPI) is a fast scanning technique (on the 

order of 50 ms per slice) that has been proposed for obtaining motionless images [68,69]. 

SSEPI images, however, suffer from low spatial resolution and are often distorted due to 

chemical shift and field inhomogeneities. Single-shot FSE (SSFSE) is another fast 

imaging technique that is insensitive to motion [70,71]. SSFSE images are also limited by 
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low spatial resolution and significant blurriness due to the inherent T2 decay caused by 

the long ETL [72,73]. Furthermore, the CNR of soft tissue in SSFSE images is poor due 

to magnetization transfer effects [74].  

 

4.1.2 Radial MRI methods: Motion insensitivity 

 As an alternative to the Cartesian trajectory, which acquires k-space data in a 

rectilinear grid, k-space data can also be acquired in a polar grid (referred to as the radial 

trajectory) [75] with each k-space line crossing the origin, as shown in Fig. 4.2a. Radial 

k-space trajectory is insensitive to motion compared to the Cartesian counterpart [75-78] 

due to the following reasons. First the center of k-space is oversampled which has the 

effect of averaging the low-spatial frequencies and thus reducing the phase errors due to 

motion.  Second, motion artifacts are spread in two dimensions as streaks that emanate 

tangentially from the moving object. This makes the intensity of the artifact less severe 

compared to 2DFT methods. The motion insensitivity of radial MRI is demonstrated in 

Fig. 4.2b.  In this image there are streaking artifacts due to motion.  Despite the artifacts 

the two metastatic lesions (indicated by the arrows) can be clearly seen.  Note that in the 

2DFT counterpart (Fig. 4.1b) ghosting and blurriness due to motion obscures the 

visualization of these lesions.  

 

4.1.3 Radial MRI methods: Parametric imaging 

 Besides motion insensitivity, radial MRI data can be used to generate images with 

different signal weighting from a single k-space data set. This is possible due to the  
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Fig. 4.2 (a) Phase accumulation in radial k-space due to motion. (b) A respiratory-
triggered radial FSE image of the abdomen. Motion artifacts are manifested 
as streaks in the image. The artifacts are less objectionable compared to the 
2DFT image of Fig. 4.1b.  Note that the two metastatic lesions (arrow) are 
clearly seen in the radial image but are missed in the 2DFT image due to 
motion artifacts.  

 

 

oversampling of the low spatial frequencies.  If only a portion of the data acquired are 

used at the center of k-space (up to the radius determined by the sampling rule, i.e., the 

Nyquist radius) and all data outside the Nyquist radius, the reconstructed image has a 

spatial resolution equal to the image obtained with the whole data set, but has a contrast 

determined by the signal characteristics of the data used in the center of k-space. By 

changing the data at the center of k-space, multiple images with different signal 

weighting (or different contrast) can be generated. This approach is known as the multi-

tier reconstruction technique [79,80]. This unique aspect of radially acquired data can be 

exploited in several ways. If data are acquired with a radial FSE pulse sequence, images 

eφ0 

eφ1 
eφ2 

eφ3 

kx

ky 

(a) (b) 



 

113

at various TEeff can be generated from a single k-space data set. The images with variable 

TEeff can be used to estimate T2 by fitting the data to the theoretical exponential decay 

model. T2 values can be used to differentiate malignant from benign lesions, which has 

been shown to be a robust approach for liver lesion characterization [81-88]. If data are 

acquired with a radial GRASE pulse sequence, the method can be used to generate both 

T2 and T2
† maps [55]. T2

† can be very useful in characterizing and quantifying iron or 

blood product deposits [89].  

 In order to take advantage of these unique properties of radially acquired data we 

developed a radial IDEAL-GRASE technique as an alternative to the Cartesian IDEAL-

GRASE method. The goal was to develop a motion insensitive technique for the robust 

and time-efficient lipid-water separation as well as generation of high resolution T2 and 

T2
† maps. 

 

4.2 The radial IDEAL-GRASE technique 

4.2.1 The pulse sequence 

 A diagram of the radial IDEAL-GRASE technique is shown in Fig. 4.3. Similar to 

the Cartesian IDEAL-GRASE the 90° RF pulse is followed by a train of SE periods. On 

each SE period several echoes are collected back and forth at the same radial k-space line 

by shifting the polarities of the readout gradients. As already illustrated with the 

Cartesian IDEAL-GRASE sequence, the shifting of echoes in GRASE leaves extra space 

within each SE period that may be used for the acquisition of an additional echo, as 

indicated by the broken rectangular box. 
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Fig. 4.3 Schematic diagram of the radial IDEAL-GRASE sequence. For clarity the 
slice selection waveforms are not shown. 

 

 

 In radial IDEAL-GRASE there are several options to collect the k-space lines of 

the same echo from different SE periods. The standard scheme (Fig. 4.4a) always 

acquires the radial k-space lines from the negative to the positive direction of the ky axis. 

In the alternating scheme the scan direction of adjacent radial k-space lines of the same 

echo is alternated. This is shown in Fig. 4.4 for (b) odd and (c) even echoes. 

 View ordering is an important issue in radial MRI due to data inconsistencies that 

occur with angle in k-space. We used the view ordering proposed in [55] that has been 

shown to generate images with less artifacts due to motion and T2 decay. 
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Fig. 4.4 Diagrams of scan direction of radial k-space lines for each echo: (a) 
standard scan direction and the alternating scan direction for (b) odd and (c) 
even echoes. 

  

 

4.2.2 Phase error correction with the alternating scan direction  

 As discussed in Chapter 3, radial k-space lines with opposite scan direction also 

have phase error due to gradient delay and eddy current caused by the switching of the 

polarities of the readout gradient. This phase error leads to incomplete and/or nonuniform 

lipid-water separation. With the alternating scan direction, every pair of adjacent radial k-

space lines for a given echo has opposite scan directions. If sufficient number of lines is 

acquired, the angular interval between adjacent radial lines is very small. These particular 

features can be exploited to correct the phase errors. In radial data, the error in k-space 

sampling position manifests itself as a phase error in the projection domain. Therefore, 

similar to the algorithm used in the Cartesian IDEAL-GRASE, we process the data in the 

following way: 

1. For the nth echo, GREn, the order of every other k-space line is reversed about the 

k-space origin to reflect the flipped scan direction. 
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2. For every pair of adjacent k-space lines, the inverse FT of the first line is divided 

by the inverse FT of the second line. The phase error ( ( )error
n pΦ ) is then 

calculated as the phase of the quotient.  

3. The ( )error
n pΦ  curve, excluding the background noise region, is smoothed and 

then fit to a polynomial. The background noise region is excluded by thresholding 

the magnitude of the projection data. 

4. The estimated phase error, ˆ ( )error
n pΦ , obtained from the polynomial fit is then 

halved and subtracted from (added to) the inverse FT of the first (second) line. 

5. Step 2-4 are repeated for all pairs of k-space lines 

6. Repeat step 1-5 for all N echoes and all coils (for a multi-coil acquisition). 

The pre-processed data are then used to generate the source images using filtered back-

projection reconstruction. 

 

4.2.3 T2 and T2
† mapping 

 For data acquired with the radial IDEAL-GRASE technique, the signal intensity 

of an echo at a specific TE is 

     
, †

2 2
,

nm nTE
TT

m nS e eρ
Δ−−

=     (4.3) 

where n=1,2,…,N  is the echo shift index, m=1,2,…M  is the SE period index, TEm,n is 

the TE time of the nth echo in the mth SE period, nΔ  is the time shift of the nth echo shift 

relative to the SE point. 
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 To estimate the T2 map, we choose the echo, n0, with the shortest time shift from 

the SE point. Since this echo has fixed time shift, 
0nΔ , on every SE period  

    
0, ,0 0†

2 2 2

0, '
nm n m nTE TE

TT T
m nS e e eρ ρ

Δ
−− −

= = .   (4.4) 

M images of echo shift n0 (i.e., one for each SE period) can be reconstructed using the 

multi-tier reconstruction technique [79] as demonstrated in Fig. 4.5. In the example 

shown in Fig. 4.5a the k-space lines are acquired at TE1 - TE4. Thus four different subsets 

(Figs. 4.5b-e) can be formed by placing k-space lines of a specific TE at the center of k-

space up to the Nyquist radius and adding other k-space lines progressively in tiers. 

Therefore, four images with different TEeff are reconstructed from a single radial k-space 

data set. T2 values are estimated by fitting the reconstructed image intensities at each 

pixel to Eq. 4.4. 

 In order to estimate T2
† one image is generated at each echo shift by combining 

data from different SE periods. Each image has a signal intensity corresponding to the 

weighted average of k-space lines at different SE periods, i.e.,  

     
, †

2 2

1

nm nTEM
TT

n
m

S e eρ
Δ−−

=

⎡ ⎤
= ⎢ ⎥

⎣ ⎦
∑ .   (4.5) 

Since T2 is already known from Eq. 4.4,  Eq. 4.5 can be rewritten as 

     
, †

2 2'

1

nm nTEM
TT

n n
m

S S e eρ
Δ−−

=

= =∑ .  (4.6) 

The T2
† value is estimated by fitting the N images, normalized by the summation term in 

the denominator, to Eq. 4.6. 
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Fig. 4.5 Representation of the tier reconstruction of (b-e) multiple images with 
different signal weighting from (a) a single radial k-space data set. As 
indicated, the solid lines are acquired at TE1, double lines at TE2, dotted 
lines at TE3, and dashed double lines at TE4. 

 

 

4.3 Experiments and results 

4.3.1 Phase error correction  

 The performance for eliminating the influence of the phase error in lipid-water 

decomposition is demonstrated on the same lipid-water phantom used in the previous 

chapters. Phantom data were acquired with the radial IDEAL-GRASE technique with the 

standard and the alternating scan direction schemes with FOV = 20 × 20 cm2, TR = 1 s, 

echo shifts = (-5π/6, -π/6, π/2, 7π/6), NEX = 1, slice thickness = 6 mm, BW = ±125 kHz, 

ETL = 10, and matrix = 256 × 240 for each echo. The data were acquired using an 

(b) (c) (d) (e)
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extremity coil. The data collected with alternating scan direction were processed without 

and with the proposed phase error correction algorithm prior to image reconstruction. 

Images were reconstructed using complex filtered back projection. Lipid and water 

images were then calculated using the IDEAL algorithm. To evaluate the performance of 

the phase error correction approach the radial IDEAL-GRASE technique was compared 

to the IDEAL-FSE technique. In the latter there is no switching of the readout gradient 

polarities so there is no phase error in the images. The radial IDEAL-GRASE technique 

was also compared to the conventional chemical-shift saturation technique. For the 

phantom data acquired with IDEAL-FSE we used the same imaging parameters as in the 

radial IDEAL-GRASE technique. When collecting data with the conventional chemical-

shift saturation technique, ETL = 12 was used with other parameters the same as those 

used with the radial IDEAL-GRASE method. 

 The lipid image of the phantom obtained with the radial IDEAL-GRASE method 

is shown in Fig. 4.6 for (a) the standard scan direction and the alternating scan direction 

(b) without and (c) with phase error correction. The lipid image obtained with IDEAL-

FSE is shown in Fig. 4.6d.  The lipid image obtained with the conventional saturation 

technique is shown in Fig. 4.6e. Note that there is significant smearing of signal intensity 

across the FOV in the lipid image acquired with the radial IDEAL-GRASE technique 

with the standard scan direction (Fig. 4.6a). The smearing is a consequence of non-

uniform and incomplete lipid-water separation. With the alternating scan direction 

scheme without phase error correction the smearing artifacts are still present but are less 

severe (Fig. 4.6b).  With the alternating scan direction scheme and phase error correction, 
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the artifacts are almost completely removed (Fig. 4.6c) and the lipid-water separation is 

comparable to that with the IDEAL-FSE technique (Fig. 4.6d). Compared to the 

conventional saturation technique (Fig. 4.6e), the radial IDEAL-GRASE technique 

achieves complete and uniform lipid-water separation. It is important to note that with the 

radial IDEAL-GRASE technique it is not necessary to acquire additional calibration data 

for phase error correction as with the Cartesian counterpart. 

 

 

Fig. 4.6 Decomposed lipid image of the lipid-water phantom using the radial 
IDEAL-GRASE technique with (a) the standard scan direction and the 
alternating scan direction (b) without and (c) with phase error correction. 
Lipid images obtained using (d) the IDEAL-FSE and (e) the conventional 
saturation technique.  

(a) 

(d) 

(b) 

(e) 

(c) 
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4.3.2 Lipid-water separation in vivo  

 The radial IDEAL-GRASE technique was demonstrated in vivo for various 

applications, including the pelvis, the heart, and the liver. 

 Pelvic data were acquired with BW = ±125 kHz, FOV = 40 × 40 cm2, ETL = 10 

and matrix = 256 × 240 for each echo, echo shift = (-5π/6, -π/6, π/2, 7π/6), slice thickness 

= 6 mm, NEX = 1, TR = 1 s, and a four-element torso phased-array coil. For comparison, 

pelvic data were also acquired with the IDEAL-FSE technique and the conventional 

chemical-shift saturation technique. For the data acquired with IDEAL-FSE we used the 

same imaging parameters as in the radial IDEAL-GRASE. For the data acquired with the 

conventional saturation technique ETL was 12 with all other parameters being the same 

as in the radial IDEAL-GRASE. 

 Shown in Fig. 4.7 are the (a) water and (b) lipid images of the pelvis obtained 

with radial IDEAL-GRASE. We can also recombine the water and the lipid image to 

calculate the (c) in- and (d) out-of-phase images. The in- and out-of-phase images are 

commonly used by radiologists to determine the presence of lipid in tissues by comparing 

signal intensity changes between them [27]. The water image obtained with the IDEAL-

FSE technique is shown in Fig. 4.7e. The water image obtained with conventional 

chemical-shift saturation is shown in Fig. 4.7f. Note that the radial IDEAL-GRASE 

technique achieves comparable lipid-water separation to the IDEAL-FSE technique, but 

only uses about 1/3 of the total scan time of the latter. The radial IDEAL-GRASE 

technique also achieves more complete and more uniform lipid-water separation 
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compared to the conventional chemical-shift saturation technique, which fails in multiple 

regions of the image, as indicated by the arrows in Fig. 4.7f. 

 

 

 

 

Fig. 4.7 In vivo (a) water, (b) lipid, and recombined (c) in- and (d) out-of-phase 
images of the pelvis. (e) Water image obtained with the IDEAL-FSE 
technique. (f) Water image obtained with the conventional saturation 
method, where the lipid and water are misclassified, as indicated by the 
arrow.  

 

(a) (b) 

(c) (d)

(e) (f) 
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 Images of the heart of a patient diagnosed with ARVD were obtained with the 

radial IDEAL-GRASE technique combined with a DIR preparation period to suppress 

flowing blood. The imaging parameters were FOV = 30 × 30 cm2, BW = ±62.5 kHz, ETL 

= 8 and matrix = 256 × 192 for each echo, echo shift = (-3π/2, -π/2, π/2, 3π/2), slice 

thickness = 6 mm, NEX = 1, and TR = 1RR.  A four-element phased-array torso coil was 

used for signal detection. To reduce motion artifacts caused by respiration, all data were 

acquired in a single breath hold. The water and lipid images are shown in Fig. 4.8a and 

4.8b, respectively. The recombined out-of-phase image and the colorized lipid image 

overlaid onto the water image are shown in Fig. 4.8c and 4.8d, respectively. As shown in 

the enlargements, lipid infiltration can be clearly seen in both the lipid image and the out-

of-phase image. In the out-of-phase image the dark regions in myocardium are due to 

lipid infiltration. The colorized lipid image overlaid onto the water image further 

improves the contrast between lipid and myocardium, as already discussed in Chapter 2. 

 Abdominal images were acquired with BW = ±125 kHz, ETL = 10 and matrix = 

256 × 240 for each echo, echo shift = (-5π/6, -π/6, π/2, 7π/6), slice thickness = 6 mm, 

NEX = 1, and TR = 1 s. Breath hold imaging was used to minimize artifacts from 

respiratory motion. The (a) water and (b) lipid images of the liver from a healthy 

volunteer are shown in Fig. 4.9. A lipid/water map (Fig. 4.9c) can also be obtained by 

dividing the lipid image by the water image.  The lipid/water map is insensitive to the 

sensitivity profile of the coil and can be used for quantitative analysis. From Fig. 4.9b and 

4.9c it can be observed that there is no lipid component in a healthy liver. The water, lipid, 

and lipid/water map from a patient diagnosed with a fatty liver are shown in Figs. 4.9d-f.  
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In contrast to the healthy liver (Figs. 4.9a-c), lipid signals can be clearly seen in the liver 

from both the lipid image and the lipid/water map of the diseased liver (Figs. 4.9e-f).  

 

Fig. 4.8 In vivo (a) water and (b) lipid image of the heart obtained with the radial 
IDEAL-GRASE technique. (c) Recombined out-of-phase image and (d) 
Colorized lipid image overlaid onto the water image. 

(a) 

(d)(c) 

(b)
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Fig. 4.9 Liver images obtained with the radial IDEAL-GRASE technique. (a) Water 
and (b) lipid images from a healthy volunteer. (c) Lipid/water map 
calculated from (a) and (b). (d) Water image, (e) lipid image, and the 
corresponding (f) lipid/water map from a patient with fatty liver. 

(d) 

(f) 

(e) 

(a) 

(c) 

(b) 
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4.3.3 T2 and T2
† estimation 

 T2 and T2
† mapping was demonstrated in vivo. Liver data were acquired in a 

breath hold with BW = ±125 kHz, ETL = 10 and matrix = 256 × 240 for each echo, echo 

shift = (-5π/6, -π/6, π/2, 7π/6), slice thickness = 6 mm, NEX = 1, and TR = 1 s. Images of 

the echo closest to the SE point (echo at -π/6) at various TEeff were generated using the 

multi-tier reconstruction technique [79].  These images (10 total) were then fit to Eq. 4.4 

to calculate the T2 map. Four images, one for each echo shift, were also reconstructed. 

These images were normalized using the T2 information and used to estimate the T2
† map 

using Eq. 4.6. 

 As shown in Fig. 4.10 radial GRASE data can be processed to obtain the (a) water 

and (b) lipid, the (c) in- and (d) out-of-phase images in addition to (e-l) images with 

different signal weighting due to T2 and T2
†. Figures 4.10e-g are 3 out of the 10 images of 

the echo shift at –π/6 (echo closest to the SE point) reconstructed using the multi-tier 

reconstruction technique. The T2 map estimated from these images is shown in Fig. 4.10h. 

Figures 4.10i-k are 3 out of the 4 images of at echo shifts -5π/6, -π/6, and π/2, 

respectively. The 
†

2/1 Te− Δ− map (where small T2
† appears bright) is shown in Fig. 4.10l. It 

is important to note that all these images are generated from a radial IDEAL-GRASE data 

set acquired in a single breath hold. 

 Figure 4.11 shows (a) the water image, (b) the lipid image, (c) the lipid/water map, 

(d) the T2 map, and (e) the 
†

2/1 Te− Δ−  map of a patient with liver lesions. As indicated by 

the red curve, there is a cyst with a T2 value of 324±34 ms. As observed from the lipid 

image and the lipid/water map, the cyst has no lipid. The lesion on the right side of the 
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liver (indicated by the green curve) has a T2 value of 71.4±7.2 ms, slightly lower than that 

of the liver. There is a small amount of lipid in this lesion as indicated in the lipid image 

and the lipid/water map. These characteristics are consistent with the diagnosis of a 

hepatocellular carcinoma. 

Figure 4.12 shows (a) the water image, (b) the lipid image, (c) the lipid/water map, 

(d) the T2 map, and (e) 
†

2/1 Te− Δ−  map of a patient with a metastatic lesion (indicated by 

the blue curve). This lesion has a large necrotic core (dark area in the central part of the 

lesion).  In the non-necrotic region, the T2 value is 91.6±8.5 ms, significantly lower than 

the cyst and slightly higher than the liver. As expected, there is no lipid in metastatic 

lesions. 
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Fig. 4.11 In vivo (a) water and (b) lipid image, (c) lipid/water map, (d) T2 and (e) 
†

2| |/1 Te− Δ−  maps obtained with the radial IDEAL-GRASE technique. The 
cyst (indicated by the red curve) has a high T2 value of 324±34 ms and has 
no fat. The lesion indicated by the green curve has a T2 value of 71.4±7.2 
ms, similar to liver. The lesion contains lipid. 

 

 

 

†
2/1 Te− Δ−

(a) (b) (c)

(d) (e)
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Fig. 4.12 In vivo (a) water and (b) lipid image, (c) lipid/water map, (d) T2 and (e) 
†

2| |/1 Te− Δ−  maps obtained with the radial IDEAL-GRASE technique. This 
patient has a metastatic lesion (indicated by the blue curve) with a large 
necrotic core. The non-necrotic region has a T2 value of 91.6±8.5 ms which 
is significantly lower than the cyst and slightly higher than liver. The 
lesions does not contain lipid. 

 

 

 

 

 

 

(a) 

(d) (e)

(c)(b)
†
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4.4 Discussion 

 As an alternative to the Cartesian IDEAL-GRASE technique, radial IDEAL-

GRASE provides inherent capability for phase error correction due to the radial scan 

strategy. With the standard scan direction, the sampling points on each k-space line of an 

odd echo shift are shifted due to eddy currents in an opposite direction to those of an even 

echo shift. This leads to opposite phase errors in the projection domain. Since the shifts at 

different sampling points on a k-space line are different, the phase errors are typically 

nonlinear. With the alternating scan direction, adjacent projections have opposite phase 

errors. As an averaging effect, the phase errors partially cancel out in the reconstructed 

images and have less effect on the lipid-water separation. With the phase error correction 

algorithm, the shifts in radial k-space lines are further compensated and the phase errors 

in the image are minimized. This results in successful lipid-water separation. Therefore, 

the radial IDEAL-GRASE with alternating scan direction provides a robust and effective 

method to overcome the phase error encountered in the Cartesian IDEAL-GRASE 

technique without the need of additional calibration data. 

 From data acquired in a single breath hold, the radial IDEAL-GRASE technique 

can yield water and lipid images (from which in- and out-of-phase images or lipid/water 

map can be generated) as well as multiple images with various signal weighting from 

which T2 and T2
† information can be obtained. In certain applications, the T2 and T2

† maps 

may provide complementary and helpful information for diagnosis of pathologies. For 

example, the T2 map can be used to differentiate benign and malignant lesions [77], the 

T2
† map can provide useful information about iron deposition in the tissue [79]. The 
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recombined in- and out-of-phase images or the lipid/water map are also important for the 

identification of pathologies involving lipid, such as lipid infiltration in the heart or liver 

and the characterization of lipid-laden neoplasms. Thus, the rich information provided by 

the radial IDEAL-GRASE technique makes it an attractive imaging technique for many 

clinical applications. 

 The radial trajectory reduces the sensitivity of the IDEAL-GRASE technique to 

motion artifacts. It is also important to notice that the radial IDEAL-GRASE technique 

provides the possibility of collecting all data in a single breath hold period, about 1/3 of 

the total scan time required by the IDEAL-FSE technique. Both advantages make this 

technique attractive for acquiring high resolution images of the abdomen and thorax 

where imaging quality is limited by motion and imaging time is restricted by the breath 

hold.  

 One drawback of the radial technique is that the distortion in pixel location and 

pixel size caused by chemical shift and field inhomogeneities [57] is also spread over the 

2D plane, making the image somewhat blurrier than the Cartesian IDEAL-GRASE. 

Fortunately, as discussed in Chapter 3, this is negligible for the high bandwidth scan 

condition used in this work. 
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CHAPTER 5  

A RADIAL “VARIABLE FLIP ANGLE” STEADY-STATE FREE PRECESSION 

PARAMETRIC IMAGING TECHNIQUE 

 

5.1 Introduction 

 One of the major advantages of MRI is that contrast in tissues can be easily 

manipulated by changing experimental conditions without the need of exogenous contrast 

agents. The acquisition of images with variable contrast, for example, 1T - and 2T -

weighted images, is done routinely in clinical MRI because they are valuable for the 

diagnosis of pathological disorders. Currently, tissue characterization based on images 

with variable contrast is done qualitatively by experienced radiologists who compare the 

changes in signal intensities across multiple 1T - or 2T -weighted images. Since image 

contrast depends on MR-dependent tissue parameters (e.g., 1T , 2T , and proton density), 

variable contrast data can be used to estimate these parameters, which in turn can be used 

for the quantitative and more accurate characterization of pathologies.  

Quantitative measurements using conventional MRI techniques are not common 

because the generation of high resolution 1T - or 2T -maps requires long acquisition times 

(~10 minutes or more). This is particularly a problem in regions of the body affected by 

motion, such as the upper abdomen and the thorax. In these regions, data with variable 

contrast have to be acquired over several breath hold periods which results in 

misregistration between data sets making the quantification of tissue-dependent MRI 
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parameters difficult. As an alternative to conventional methods (mainly based on the 

Cartesian acquisition of data) radial MRI has emerged as a better method for parametric 

imaging. This was demonstrated in Chapter 4 for a radial GRASE technique.  It that case,  

images with variable T2-weighted contrast were obtained  from data acquired in a single 

breath hold and used to generate high-resolution T2 and T2
† maps.   

Recently, parametric imaging methods based on the balanced Steady-State Free 

Precession (SSFP) [90,91] technique have been proposed. The inherent speed of SSFP, 

good spatial resolution, and high SNR make it a good candidate for parametric imaging. 

An inversion-recovery prepared SSFP method [92] was proposed to estimate 1T , which 

was proven to be superior to the conventional snapshot spoiled gradient echo technique 

[93]. The inversion recovery technique was extended for the direct estimation of 1T , 2T , 

and proton density [94]. This technique, however, requires more than 2 minutes to collect 

a data set and therefore misregistration and motion are a problem when imaging the body. 

A method [95] was proposed to extract 2T  from SSFP using 1T  information estimated 

from a spoiled gradient echo technique. The drawback of this approach is that data need 

to be acquired with each sequence at two flip angles which are optimized based on a 

priori knowledge of the 1T  and 2T values of the object. Another disadvantage is that 

additional time is needed for the magnetization to return to equilibrium between the two 

data acquisitions. 

 As an alternative we developed a radial “variable flip angle” SSFP technique and 

investigated its potential for parametric imaging.  
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5.2 The “variable flip angle” SSFP technique 

5.2.1 Theory 

 A schematic diagram of the fully balanced SSFP pulse sequence with a train of 

alternating RF excitation pulses is shown in Fig. 5.1. The steady-state equations that 

describe the magnetization of the sequence are [3] 

   2

2

sin sin( )
sin (1 cos( )),

x

y

M QE
M Q E

α β π
α β π

= +

= − +
   (5.1) 

where Mx and My are the x and y components of the transverse magnetization, 

respectively, α  is the flip angle, 1/
1

TR TE e−= , and 2/
2

TR TE e−= . In Eq. 5.1 we take into 

account the effects of field inhomogeneities, BΔ , which are expressed in terms of the 

frequency offset angle, β, defined as  

     B TRβ γ= ⋅Δ ⋅ .    (5.2) 

The term Q is also a function of β and is given by the following expression 

2
0 1

1 2 1 2 2

(1 )
(1 cos )(1 cos( )) ( cos )( cos( ))

TE TM e EQ
E E E E Eα β π α β π

− −
=

− − + − − − +
.     (5.3) 

In SSFP sequences, TR is much shorter than 1T  and 2T , therefore,  

     
1

1

2
2

1

1 .

TRE T
TRE T

≈ −

≈ −
     (5.4) 

Also, if we assume that the effect of field inhomogeneities is negligible i.e., β  = 0 (a 

common assumption in SSFP), then the steady-state equation can be simplified to 
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 .     (5.5) 

If data are collected at various flip angles, the T1/T2 value can be estimated by fitting the 

data to this equation using a least squares approach.  

 

 

Fig. 5.1 Schematic diagram of a regular SSFP sequence. Note that on each TR 
period, all gradients are balanced. 

 

 Like T1 and T2, the T1/T2 value is also a characteristic of tissues. This is 

demonstrated in Fig. 5.2 where the T1/T2 value (obtained from T1 and T2 values reported 

in the literature) is given for a variety of tissues. As shown in the figure, different tissues 

have distinct T1/T2 values. 

TR 
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Fig. 5.2    T1/T2 calculated using T1 and T2 values from literature for various tissues. 

 

 

5.2.2 The radial “variable flip angle” SSFP pulse sequence 

A radial “variable flip angle” SSFP sequence (Fig. 5.3) was implemented by 

adapting the regular SSFP sequence to radial data acquisition with variable flip angle. In 

the radial “variable flip angle” SSFP, N radial views are acquired with the flip angle 

increasing from αmax/N to αmax in N steps. If N is large, the stepsize is small. For instance, 

if we choose αmax = 45° and N = 1024, the stepsize is 0.044°. Therefore, we can assume 

that at each step the steady state is maintained. To keep TR short (<4 ms) the data 

acquisition window needs to be short as well. For 256 readout points this is achieved with 

a BW = ±125 kHz.  
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Fig. 5.3 Schematic diagram of the radial “variable flip angle” SSFP sequence and 
the view sharing scheme. In the latter we assume that N = 1024 views are 
divided into 8 groups thus resulting in 7 images. 

 

 

In the radial “variable flip angle” SSFP sequence we use a view sharing technique 

[96] for the acquisition of k-space data. As shown in Fig. 5.3, N total views are divided 

into M groups (M = 8 in this case), each group with N/M views (128 in this example). 

The first group of 128 radial views spans a range of flip angles from 0.044° to 5.625°, the 

second group of 128 radial views spans a range of flip angles from 5.669° to 11.25°, and 

so on. Any odd group covers the first and third quadrant of k-space and any even group 

covers the other two quadrants. Any two adjacent groups have consecutive flip angles 

AB CB FG HG 
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and form a full k-space radial data set, and can be combined to generate one image. Each 

group of views (except the first and the last group) are used twice, i.e., shared by two 

images.  

In the k-space of each image, the flip angle increases monotonically with view 

number, resulting in an image with signal weighting determined by the mean of the flip 

angles (referred to as the effective flip angle, αeff). Therefore, 7 images are reconstructed 

with αeff at 5.625°, 11.25°, 16.875°, 22.5°, 28.125°, 33.75°, and 39.375°. These images 

can be fit to Eq. 5.5 to extract T1/T2. 

 

5.2.3 Slice profile correction 

 As mentioned in Section 1.5, the profile of the excited slice is determined by the 

Fourier transform of the envelope of the excitation RF pulse. In SSFP the waveform of 

the RF pulse is a truncated sinc function without side lobes (Fig. 5.4a). This provides a 

short RF pulse to minimize the TR period. However, the slice profile of the truncated sinc 

excitation (Fig. 5.4b, solid line) deviates dramatically from the ideal rectangular shape. 

As a consequence, the nominal flip angle cannot be achieved uniformly for all spins 

excited along the slice-selection direction and the T1/T2 estimation is not correct for all 

spins in the slice. In order to correct for slice profile imperfections several functions (e.g., 

a trapezoidal function, a piece-wise linear or non-linear functions) can be used to 

approximate the actual slice profile. In our work we use a trapezoidal function with a 

maximum value of α (Fig. 5.4b, dotted line). Thus the constant flip angle α in Eq. 5.5 is 

replaced by the slice profile of Eq. 5.6 
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where zΔ is the slice thickness. This yields the steady-state equation with slice profile 

correction  
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Note that with this approximation, it turns out that the transverse magnetization is 

independent of the slice thickness Δz.  

 

 

Fig. 5.4 (a) RF pulse envelope; (b) the actual slice profile (solid line) and the 
trapezoidal approximation (dotted line).  
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5.3 Experiments and results of phantom 

 5.3.1 Phantom preparation 

 In order to quantitatively evaluate the technique and the slice profile correction 

algorithm, nine agarose gel phantoms with concentrations of 0.8%, 1.2% and 2.4% doped 

with 1 mM, 1.5 mM, and 2 mM nickel chloride, respectively, were prepared [97]. The 

purpose was to create a 3×3 T1×T2 grid with T1 and T2 values within the range found in 

vivo. The 1T  values of the phantoms were measured using an inversion recovery FSE 

method (ETL = 4, TR = 5 s, TE = 15 ms, BW = ±31.25 kHz, matrix = 256×128, FOV = 

32 cm, slice thickness = 8 mm) with inversion times of 50, 100, 150, 200, 300, 400, 500, 

600, 800, 1000, 1400, 1800, 2400, and 3000 ms. The 2T  values were measured with a SE 

method (TR = 5 s, BW = ±31.25 kHz, FOV = 32 cm, slice thickness = 8 mm, matrix = 

256×128) with echo times of 20, 40, 60, 80, 120, 240, 360, 640, and 1320 ms. The 1T  and 

2T  values for the phantoms are listed in Table 5.1a and 5.1b, respectively. The T1/T2 

obtained from these values is considered to be the “reference” or gold standard value 

(Table 5.1c).  

 

5.3.2 Spectroscopic SSFP measurements of T1/T2 

 To investigate the influence of slice profile on the estimation of T1/T2, non-slice-

selective and slice-selective spectroscopic experiments were performed. The non-slice-

selective spectroscopic experiments were carried out by turning off all imaging gradients 

(i.e., x-, y-, and z-direction gradients). The slice-selective spectroscopic experiments were 

carried out by turning off all x- and y-direction gradients but keeping the z-direction 
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gradient on to select a slice. The experiments were performed by increasing the flip angle 

from 0° to 45° in 1024 steps with TR/TE ~4.0/2.0 ms. The total scanning time for one 

data set was about 4 s. To analyze the data the signal at each flip angle was first Fourier 

transformed. The maximum value of the magnitude of the Fourier transform was then fit 

to Eq. 5.5 and/or Eq. 5.7 to extract the T1/T2 value.  

 Table 5.1 shows the estimated T1/T2 values from (d) non-slice-selective and slice-

selective spectroscopic measurement (e) without and (f) with slice profile correction. In 

order to better visualize the influence of the slice profile on T1/T2 estimation, the 

estimated T1/T2 values are also shown in Fig. 5.5 for the non-slice-selective and slice-

selective experiments and in Fig. 5.6 for the slice-selective experiments. From these 

results, it can be observed that the non-slice-selective spectroscopic measurements (Table 

5.1d and Fig. 5.5) produce T1/T2 estimates very close to the reference values (Table 5.1c). 

On the other hand, the T1/T2 estimates obtained from the slice-selective spectroscopic 

data (Table 5.1e and Fig. 5.5) are nearly half of the reference values. As shown in Table 

5.1f and Fig. 5.6 the T1/T2 estimation is greatly improved if we use a trapezoidal slice 

profile correction algorithm.  

 

5.3.3 Imaging SSFP measurements of T1/T2   

 In the imaging experiments 1024 radial views with 256 sample points per view 

were acquired with the radial “variable flip angle” SSFP technique. With the view 

sharing technique, 7 images at different αeff were generated. The images were fit to Eq. 

5.5 and 5.7 to extract T1/T2 without and with correction for slice profile, respectively. 
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 Table 5.1 lists the estimated T1/T2 values from the imaging experiments (g) 

without and (h) with slice profile correction. The T1/T2 values obtained from the imaging 

measurements are also plotted in Fig. 5.7. As already seen in the slice-selective 

spectroscopic experiments, the T1/T2 values estimated from the imaging experiment are 

approximately half of the reference values. The slice profile correction effectively 

eliminates the errors and significantly improves the estimates. As shown in Table 5.1i, 

the average relative error in the estimated T1/T2 from imaging data with slice profile 

correction (Table 5.1h) with respect to the reference T1/T2 (Table 5.1c) is about 6.16%. 

Figure 5.8 shows the curve fitting of data obtained with the imaging experiments from 

three phantoms. The excellent match between the measured data and the fitted curve 

indicates the good performance of the fitting algorithm. 
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Fig. 5.5 Estimated versus reference T1/T2 values of phantoms. The estimated T1/T2 
values were obtained from non-selective (circles) and slice-selective 
(triangles) spectroscopic measurement without slice profile correction. 
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Fig. 5.6 Estimated versus reference T1/T2 values of phantoms. The estimated T1/T2 
values were obtained from slice-selective spectroscopic measurements 
without (triangles) and with (squares) slice profile correction. 
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Fig. 5.7 Estimated versus reference T1/T2 values of phantoms from imaging 
measurements without (triangles) and with (squares) slice profile 
correction.  
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Fig. 5.8 Signal intensity (symbols) and corresponding fitting curves (solid lines) 
from imaging measurements of three phantoms.  
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5.3.4 Verification of the steady-state assumption 

 So far we have assumed that the magnetization is in steady state at every flip 

angle since the variation between the flip angles in adjacent steps is very small. To verify 

this assumption, non-slice-selective spectroscopic experiments were performed on 

phantoms. The non-slice-selective measurements were carried out to separate any 

residual errors caused by the slice profile from errors due to the deviation from the steady 

state. 

 To obtain the steady-state data, multiple non-slice-selective spectroscopic 

measurements were carried out at fixed flip angles of 5°, 10°, 15°, 20°, 25°, 30°, 35°, 40°, 

and 45°. At each flip angle we collected data from 1024 excitations (steps). As shown in 

Fig. 5.9a, the steady state is built up gradually during the data acquisition at each flip 

angle. Note that for all the flip angles used in our experiments, the steady state is reached 

approximately after 512 excitations, as shown by the flat region in Fig. 5.9a.  

 Data were also acquired with the non-slice-selective “variable flip angle” 

spectroscopic experiment with the flip angle increasing from 0o to 45° in 1024 steps. The 

“variable flip angle” data are shown in Fig. 5.9b (solid line). For comparison, the steady-

state data at 5°, 10°,…, 45°, extracted from the last point of each curve in Fig. 5.9a, are 

plotted in Fig. 5.9b (circles). The results show that with a flip angle stepsize of 0.044°, 

data acquired with the “variable flip angle” SSFP is close to, but not at, steady state. This 

deviation from the steady state introduces a 14.4% error in the T1/T2 estimation compared 

to that obtained from steady-state data. The error for other phantoms ranges from ~10% 

to 20%. 



 

150

 

Fig. 5.9 (a) Steady-state data of phantom with T1/T2 (reference) = 4.69. The data 
were acquired with fixed flip angles using 1024 steps (i.e., 1024 
excitations). (b) Data obtained with variable flip angle with a non-slice-
selective spectroscopic SSFP method (solid line). The curve with symbols 
consists of data at steady state extracted from the last point (step=1024) of 
the plot in (a). 

 

 

5.4  T1/T2 estimation in vivo 

  Imaging of the liver of healthy volunteers as well as patients with various benign 

lesions (cysts and hemangiomas) or malignant lesions (e.g., metastasis) was performed 

with the radial “variable flip angle” SSFP technique (flip angle = 0° to 45° in 1024 steps). 

The liver was chosen because it is a region of the body where measurements need to be 

performed in a short period of time (i.e. a breath hold) and thus the proposed technique 

should be useful.   
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 Figure 5.10 shows liver images of a patient reconstructed from the “variable flip 

angle” SSFP data. Figures 5.10a-c show three out of the seven images at different αeff.  

The T1/T2 map generated from them is shown in Fig. 5.9d. It can be seen that the 

individual images are weighted by αeff. There is a large cyst in the liver (arrow) that is 

more clearly seen as αeff gets larger.  The cyst is also clearly seen in the T1/T2 map as a 

dark structure. The T1/T2 value of the cyst (10.2) is lower than the T1/T2 value of the liver 

(28.9). 

 

 

 

Fig. 5.10 (a-c) Images at aeff = 14.06°, 25.31°, 36.56° generated from the radial 
“variable flip angle” SSFP data. (d) T1/T2 map. The cyst in the liver (arrow) 
has a T1/T2 of 10.2.  

 

(a) (b)

(c) (d)
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 Shown in Fig. 5.11 are the anatomic images from patients with (a) cyst, (b) 

hemangioma, and (c) metastatic lesions as well as the corresponding (d, e, f) T1/T2 maps. 

The lesions (arrows) appear bright in the images and dark in the T1/T2 maps relative to 

the signal intensity of the liver.  The signal intensity versus αeff and the corresponding 

curve fits are shown in Fig. 5.12 for (a) benign and (b) malignant liver lesions. Excellent 

match between the data points and the fitted curve is observed. The experiments also 

demonstrate that different types of neoplasms have characteristic signal intensity vs. flip 

angle curves and distinct T1/T2 values. Benign lesions have T1/T2 values smaller than that 

of the liver, while the T1/T2 values of malignant lesions are usually comparable to or 

higher than that of the liver. Therefore, T1/T2 can potentially be used to characterize liver 

neoplasms. More patient data should be collected in order to statistically justify this 

conclusion. 

 

5.5  Effect of frequency offset on T1/T2 estimation 

Eqs. 5.5 and 5.7 are valid only under the assumption that the magnetic field 

inhomogeneity is negligible. In practice, this might not be always true for SSFP, even 

with well-shimmed magnets, due to gradient errors or field variations caused by tissue 

susceptibilities. If ΔB ≠ 0 in Eq. 5.2, the frequency offset, β, will introduce errors in the 

estimation of T1/T2 if Eq. 5.5 or 5.7 is used to fit the variable flip angle data. 

In order to evaluate the effect of the frequency offset on the estimation of T1/T2, 

numerical simulations were performed. Given a known (“true”) T1/T2 and β, variable flip 

angle data (i.e., M(α)) were generated using Eq. 5.1. The simulated data were then fit to 
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Fig. 5.11 Images at αeff = 22.5° obtained with the radial “variable flip angle” SSFP 
method for (a) cyst, (b) hemangioma, and (c) metastasis. (d-f) 
Corresponding T1/T2 maps. 

(a) (d)

(b) (e)

(c) (f)
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Fig. 5.12 Curve fitting for normalized data of (a) benign and (b) malignant lesions. 
The numbers in the legend are the estimated T1/T2 values. Liver signals are 
used in both plots as reference. 

 

 

Eq. 5.5 (which was derived assuming β = 0) to extract the “estimated” T1/T2. This 

procedure was repeated for various values of β in order to investigate the relationship 

between the “estimated” T1/T2 and the frequency offset. The results are shown in Fig. 

5.13, where plots of the “estimated” T1/T2 vs. β are shown for various “true” T1/T2 values 

(indicated by the number above each line). The figure shows that the frequency offset has 

a significant effect on the estimation of T1/T2. In general, the effect is more pronounced 

for larger T1/T2 values. Note that the minimum of the T1/T2 vs. β curve corresponds to the 

“true” T1/T2 value. 

 

(a) (b) 
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Fig. 5.13 Dependence of T1/T2 estimation on frequency offset (β) for various “true” 
T1/T2 values (number above each curve). Computer simulations were used 
in this plot.  

 

 

 The influence of frequency offset on the T1/T2 estimation was also verified 

experimentally in phantoms. When acquiring the phantom data, a phase-cycling 

technique was used to introduce non-zero frequency offsets. With the phase-cycling 

technique, adding an extra linear phase nΔφ (radians) to the nth RF pulse of the SSFP RF 

pulse train is equivalent to introducing an additional frequency offset of Δφ/(2πTR) Hz to 

the signal. The results for phantoms with reference T1/T2 values of 8.19 and 20.44 are 

shown in Fig. 5.14 with the data (circles) fit to a 4th order polynomial (solid line). As 

predicted in the numerical simulations, the frequency offset influences the T1/T2 

estimation significantly, and the effect is more pronounced for larger T1/T2 values. 
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Fig. 5.14 Estimated T1/T2 vs. frequency offset for phantoms with T1/T2(reference) 
values of (a) 8.19 and (b) 20.44. The symbols represent the experimental 
results and the solid lines are the 4th order polynomial fitting of the 
estimated T1/T2. 

 

 

5.6  Discussion 

 Compared to other SSFP-based parametric techniques, the radial “variable flip 

angle” SSFP technique provides fast acquisition of data. The technique only needs ~ 4 

seconds to acquire a complete data set per slice. With this fast acquisition time per slice 

motion and misregistration errors are minimized and the total imaging time can be kept 

small. For instance, T1/T2 can be estimated for the full liver (~ 20-25 slices) in 4 breath 

holds.  

 A disadvantage of the radial “variable flip angle” SSFP is that the stepsize of the 

flip angle needs to be small in order to make the data as close as possible to the steady 

(a) (b) 
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state. An alternative to obtaining images with variable contrast is to acquire the k-space 

data for each image at a fixed flip angle. By acquiring each image at a fixed flip angle, all 

k-space lines of a data set can be obtained at steady state. This will produce images with 

less artifacts due to changing signal weighting in each k-space line. However, additional 

preparatory time is required to build the steady state at a fixed flip angle prior to data 

acquisition. Also the acquisition of data with fixed angle, with comparable resolution to 

the variable flip angle data obtained with the view sharing approach, requires twice the 

number of k-space lines per image. Thus all together the fixed angle approach requires 

longer scan times. To shorten the total scan time, undersampled k-space data sets can be 

acquired at each fixed flip angle and the images can be reconstructed using a multi-tier 

reconstruction method [79]. The disadvantage of this method is reduced SNR.  

 In state-of-the-art scanners the field inhomogeneity caused by irregularities of the 

main magnetic field is generally very small and in most SSFP studies the effect of 

frequency offset is neglected. Tissue susceptibility, however, can cause significant 

frequency offsets and this introduces errors in the estimation of parameters derived from 

SSFP. A solution to achieve more accurate estimates is to scan the object at a few 

frequency offsets and use the minimum point (or the minimum of the fitted curve) as the 

final estimate. Furthermore, the frequency offset corresponding to the minimum of the 

curve could also be exploited to calculate the field map. Another solution is to calculate a 

field map a-priori and use this information to correct the data. Another issue that may 

affect the accuracy of the estimation of parameters derived from SSFP is the difference 

between the desired and the achieved flip angle due to the B1 field inhomogeneity. The 
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actual flip angle can be measured [98] to improve the accuracy of the T1/T2 estimation. 

However, additional scan time is required to estimate the actual flip angle map. 
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CHAPTER 6 

CONCLUSIONS 

 
 Body MRI has progressed rapidly over the last 12 years. Despite the 

improvements achieved, however, there are still problems associated with current body 

MRI techniques. In the work presented here we developed techniques to improve the 

performance of current body MRI methods. 

 One of the goals was to improve the detection of lipid infiltration in the right 

ventricular heart wall. The only two methodologies used currently in clinic for the 

detection of lipid infiltration in the RV are endomyocardial biopsy and MRI. The former 

carries significant risks when performed in the RV free wall and the sensitivity of the 

technique is not good due to the segmented distribution of lipid in the RV. The capability 

of current MRI techniques is also impaired by the poor image quality. 

 To improve the diagnostic capability of MRI for the detection of lipid infiltration 

in the heart, the interleaved DIR-FSE technique was developed. This technique has 

several advantages over the conventional DIR-FSE method. The artifacts due to flowing 

blood are suppressed by separating the lipid from the water signals. Misregistration 

between the lipid and the water image due to motion is minimized by acquiring the lipid 

and water data in an interleaved fashion. Misregistration due to chemical shift is also 

eliminated by tuning the exciter/receiver frequency to that of the component being 

observed. In the lipid image, CNR between lipid and myocardium is significantly 

enhanced due to the suppression of the water signal. All these advantages improve the 

diagnostic value of this technique for ARVD. 
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 The Cartesian and radial IDEAL-GRASE methods were developed to overcome 

the problem in lipid-water decomposition caused by field inhomogeneities. The radial 

technique was developed as an alternative to the Cartesian method because it provides 

robustness to motion. However, the capability of the IDEAL-GRASE methods to 

separate lipid and water successfully is impaired by the phase error in the source images. 

This phase error is due to eddy currents caused by the switching of the readout gradient 

polarities. A phase error correction approach was developed for the Cartesian IDEAL-

GRASE technique by collecting additional calibration data. An alternating scan direction 

and a phase error correction algorithm were developed for the radial IDEAL-GRASE 

technique. By eliminating the phase error from the source images, complete and uniform 

lipid-water separation is achieved.   

 Thus with the IDEAL-GRASE techniques it is now feasible to obtain robust lipid-

water decomposition in the presence of magnetic field inhomogeneities for body imaging. 

Furthermore, the IDEAL-GRASE techniques provide better time-efficiency than the 

IDEAL-FSE technique. Therefore, in addition to the interleaved DIR-FSE method, the 

Cartesian and radial IDEAL-GRASE techniques are also a choice for the diagnosis of 

ARVD. The IDEAL-GRASE techniques can also be applied to other body regions where 

the lipid or water image is of significance for the diagnosis, such as the knee and the 

abdomen. They are particularly useful when fast imaging is desired, for instance, when 

imaging children or uncooperative patients. 

 Fast abdominal imaging techniques with robustness to motion and the ability to 

accurately obtain tissue-dependent parameters, such as T2, can significantly improve the 
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detection and characterization of neoplasms. The proposed radial IDEAL-GRASE 

technique provides all these features. The technique is insensitive to motion and, as 

shown in Chapter 4, data acquired in a breath hold can be used for the estimation of 

tissue-dependent parameters, T2 and T2
†. The estimated T2 can be used for the diagnosis 

of a wide range of pathological disorders (e.g., neoplasm, stroke, infarction, 

inflammation). T2
† information can be used for the detection of liver diseases caused by 

iron deposition or bleeds which are difficult to diagnose non-invasively. The lipid-water 

separation could also provide extra information to help the detection and characterization 

of different liver lesions. 

 The radial “variable flip angle” SSFP technique with slice profile correction was 

developed for the quantitative measurement of T1/T2. As shown for the case of liver 

lesions, the T1/T2 value can potentially be used to characterize tissues or pathologies.  

 Many aspects of the techniques developed can be further improved. As discussed 

in Chapter 2, future work includes implementing GRAPPA with the interleaved DIR-FSE 

method. The IDEAL-GRASE techniques can also be combined with parallel imaging 

techniques such as GRAPPA to improve resolution or further reduce imaging time.  

In order to achieve better SNR and/or higher spatial resolution the interleaved 

DIR-FSE technique as well as the Cartesian and radial IDEAL-GRASE techniques can 

also be combined with the navigator technique such that more data can be acquired 

without the constraint posed by breath hold imaging. Moreover, free breathing 

acquisitions will help the imaging of patients that may have difficulties with breath 

holding. Thus, future work will involve the implementation of the navigator tracking 



 

162

technique [99]. This technique is currently used for cardiac MRI of the coronary arteries 

[100].    

Further improvements with the GRASE technique can be achieved if the effects 

of T2* are incorporated in the lipid-water separation. As discussed in Chapter 3, T2* may 

affect the lipid-water separation. Since in the GRASE implementation we collect data at 

four echo shifts, there is sufficient information to estimate lipid and water parameters as 

well as T2*. Thus, future work may involve the development of an iterative algorithm for 

the simultaneously estimation of these parameters from data obtained with the Cartesian 

or radial IDEAL-GRASE technique.  

 In order to further improve the accuracy of the estimation of T1/T2 with the radial 

“variable flip angle” SSFP technique, future work may focus on employing more precise 

functions to replace the simple trapezoidal approximation, adopting a B0 field map to 

eliminate the effect of frequency offset, and measuring the actual flip angle. 
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