
Chapter 2

Principles of FMRI

Functional Magnetic Resonance Imaging (FMRI) is an imaging technique for

examining brain function. Since its first appearance in 1991 (Belliveau et al.[8])

the use of FMRI in neuroscience has grown exponentially. The main reason for

this is that FMRI has many advantages over other techniques for functional brain

mapping. These advantages include its unique ability to combine relatively high

spatial and temporal resolution, together with the ability to perform repeated

measurements safely on the same subjects due to its non-invasive nature. A

schematic comparison of the FMRI technique with other imaging modalities is

shown in Figure 2.1.

FMRI exploits the existing Magnetic Resonance Imaging (MRI) method as its

main tool for the generation of images. MRI and its properties are discussed in the

first few sections of this chapter. The following sections describe the physiological

principles of FMRI specific to the scope of this thesis. Finally, a set of imaging

artefacts that are commonly present in FMRI data are also described.
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Figure 2.1: Relative spatial and temporal sensitivities of di!erent functional brain mapping
methods are shown. FMRI is unique in its ability to combine relatively high spatial and
temporal resolution. An additional characteristic of FMRI, which is probably one of the most

important is that it is non-invasive. Figure adapted from Cohen et al. [18].

2.1 Physical principles of image generation

In this section we summarise the key physical phenomena exploited by magnetic

resonance (MR) techniques in the formation of images. We introduce how MR

signals are generated, manipulated, detected and processed into an image. In do-

ing so, we start with the microscopic magnetic moments µ in an object and then

trace step-by-step how they are subsequently converted to a magnetisation M, a

transverse magnetisation Mxy, and an electrical signal S(t). S(t) is measured and

reordered into a matrix which is called k-space in such a way that it represents

Fourier coe!cients of the desired image I(r). I(r) is reconstructed computa-

tionally via the Inverse Discrete Fourier Transform (IDFT). The flowchart of the

process is represented by the relations:

µ ! M ! Mxy ! S(t) ! S(k) ! I(r). (2.1)

An outline descriptive summary of this process is given in Figure 2.2. More details
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S(kx, ky)

ky kx

Mxy ! S(t)

M ! Mxy

S(t) ! S(kx, ky)

µ (magnetic moment). In the absence of an external magnetic field, these magnetic

µ ! M

(e.g. the main magnet of the scanner), magnetic

moments start precessing about the axis of the field.

They tend to orient with the field which creates a net

magnetisation M in the direction of the B0 field.

An additional magnetic field B1 (RF field) is transmitted from the RF coil (part of the MRI scanner). If the

M starts relaxing i.e. rotating back

The RF field is then turned o! and

proportional to the strength of the magnetic field.

They precess with the frequency ! which is directly

vector M flips in a rotating fashion away from the z-axis creating a projection in the x-y plane Mxy .

During the rotation, the magnetization

in the x-y plane, Mxy , is

to its original position with the

strength of the magnetic field.

frequency of the RF pulse matches the precession frequency of the protons, then those protons get excited and the

the signal S(t).

frequency directly proportional to the

Each of the hydrogen protons in an object spins (in classical analogy) and produces a small magnetic field

Once the object is in an external magnetic field B0

measured via an RF coil, producing

During the process of signal collection, two additional, mutually independent magnetic fields are applied. They are

called the x and y gradient fields and are spatially changing (linearly) in the x and y direction respectively. Controlled

manipulation of these gradient fields creates spatial and time dependent changes in the magnetic field and therefore

in the frequency of rotation of the magnetisation vector M. These changes are encoded as information in the signal S(t):

S(kx, ky) ! I(x, y)

Once the signal is reordered into the k-space,

Discrete Fourier transform (DFT)

the amount of change of the gradient fields and indirectly the frequency content of the signal.

hydrogen protons as a function of x and y.

S(kx, ky) =
R R

Mxy(x, y)e!i2!(xkx+yky)dxdy

The final image represents the magnetisation of

moments orient randomly, cancelling each other.

where Mxy(x, y) represents the transverse magnetisation in the object and kx(t), ky(t) describe

it is then reconstructed into an image using the

Once calculated, the signal is reordered into a 2D matrix which “lives” in an abstract space called the k-space.

M

Mxy
Mxy

M

!

Figure 2.2: The MR image of the object I(x,y), is derived from the signal that comes from
hydrogen protons. It describes the transverse magnetisation Mxy(x, y) that is created in the
object. The magnetisation can be reconstructed from its Fourier coe"cients S(kx, ky) which in
turn have physical interpretation in the MR signal. The goal of MR imaging is to extract these
coe"cients from the signal and then to use them to reconstruct the image. This figure describes
descriptively the process: measuring Fourier coe"cients, their ordering into the frequency space
(often called the k space), and consequent image reconstruction by the means of the Discrete

Fourier Transform (DFT).
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can be found in [1], [14], [29], [48] and [33].

2.1.1 Magnetisation Vector: µ ! M

Classical Response of a Single Nucleus to a Magnetic Field

In this section the focus is on a single proton’s response to an external magnetic

field B, ignoring the interactions of the proton with its surrounding environment.

A fundamental property of a nucleus with an odd atomic number is that it

possesses an angular momentum J, often called its spin. Although nuclear spin

is a property characterised by quantum mechanics, in the classical vector model,

these nucleons can be visualised as spinning charged spheres that give rise to a

small magnetic moment µ . In biological systems, the hydrogen nucleus 1H (a

single proton), is the most abundant nucleus of this type, generating the largest

signals, and therefore is by far the most commonly used in imaging. Throughout

this thesis, when we talk about magnetic moments, spins etc., we will assume

that we are only looking at hydrogen nuclei.

The direct relationship between the magnetic moment µ and the spin angular

momentum vector J is found from experiment,

fµ = !J (2.2)

where ! is a nucleus dependent constant, called the gyromagnetic ratio. For the

hydrogen nucleus, it is found to be

! = 2.675 " 108 rad/s

T
(2.3)

where T is Tesla, the unit of magnetic field strength [29].

According to classical mechanics, the torque N that a magnetic moment µ

experiences from an external magnetic field B is N(t) = µ(t) " B(t). Also,

nonzero torque on a system implies that the system’s total angular momentum
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J changes according to dJ(t)
dt = N(t) [29]. Using both of these equations, and

including the relation between the spin and the magnetic moment expressed in

equation 2.2 we have

dµ

dt
= !µ " B (2.4)

which is the fundamental equation of motion for isolated spins in the classical

treatment. The quantum description of the precession details can be found in [1]

and [14].

!

!

!;

;!

Figure 2.3: Precession of a spin about an applied external magnetic field B

If we form the scalar product of both sides of equation 2.4 with µ we get

equation 1
2

d
dt(µ · µ) = 0 which implies that the magnitude of the magnetic mo-

ment does not change with time. On the other hand, the direction of the vector

µ changes with time. We can see in Figure 2.3, that as dµ = !µ " Bdt is per-

pendicular to the plane defined by µ and B, the tip of the magnetic moment µ
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will be pushed on a clockwise precession around a circular path. The angular

frequency of the precession is

" #
!!!!
d#

dt

!!!! = !|B|. (2.5)

where d"
dt is the change in time of the precessional angle of the magnetic moment

This equation is also know as the Larmor precession formula and it is one of the

most important equations in MRI as it relates the strength of the magnetic field

to the frequency that the spins precesses about it.

Magnetisation Vector and the Bloch Equation

In this section we extend the approach we used in the previous section to more

than one spin, and focus on modelling the behaviour of the magnetisation of the

spin system in the external magnetic field B.

Let us consider a collection of spins placed in a small volume element, that

is being exposed to a homogeneous magnetic field B. We introduce the averaged

vector sum of all the magnetic moments in the element, called the magnetisation

vector

M =
1

V

N"

n=1

µn (2.6)

where N is the total number of spins in the voxel and V is the element volume.

In analogy with the magnetic moment of one nucleus, M represents the local

magnetic moment of the element.

If there were no interactions between the spins and their neighbourhood, the

magnetisation vector would, according to equations 2.4 and 2.6, behave in the

same fashion as the individual magnetic moments

dM

dt
= !M" B. (2.7)

However, due to interactions of the spins with their environment this is not the

case.
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The thermal equilibrium of the magnetisation vector when exposed to a con-

stant, static magnetic field B0ẑ is

M = M0ẑ (2.8)

where M0 is a value determined from quantum statistics

M0 =
!2!2B0$

4KTs
, (2.9)

! is Planck’s constant h (6.6 " 10"34J) divided by 2%, $ is the spin density of

the sample (number of spins per unit volume), K is the Boltzmann constant

(1.38 " 10"23J/K), and Ts is the absolute temperature of the spin system. MRI

experiments are often carried out at room temperature, and therefore the only

controllable parameter is B0 which depends on the imaging system and typically

ranges from 0.2 to 7 Tesla (the scanner used in FMRIB, Oxford is a 3T scanner).

According to the laws of thermodynamics, a spin system that has been per-

turbed from its thermal equilibrium state (due to the perturbation of the external

magnetic field) will return to this state, provided su!cient time is given. In MRI

this process is characterised by two independent relaxation processes:

1. Recovery of the longitudinal magnetisation component Mz, called the lon-

gitudinal relaxation.

2. Cancellation of the transverse magnetisation component Mxy = Mxx̂ +

Myŷ, called the transverse relaxation.

Longitudinal relaxation is due to the spins giving back the energy they acquired

from the perturbation of the external magnetic field to the surrounding lattice in

order to go back to their equilibrium state. The time constant associated with

this process is called the T1 relaxation time, it is determined empirically and is

fixed for a specific tissue (at a given static field strength).
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The transverse relaxation is due to the spins de-phasing. It happens because

when two spins are close to each other they slightly change the strength of the

magnetic field that each is experiencing, and therefore the speed of their preces-

sion changes (according to equation 2.5), making them go out of phase relative

to each other. Consequently, the vector sum of their magnetisation, in the trans-

verse plane, tends to cancel. The time constant associated with this process is

called the T2 relaxation time, it is also determined empirically and is fixed for a

specific tissue (at a given static field strength).

The process of transverse relaxation happens faster if the main magnetic field

is not perfectly homogeneous. This is because the inhomogeneity in the field

introduces additional di"erences in the speed of their precession and as a result

they go out of phase relative to each other more than in the case when the field

is perfectly homogeneous. In order to characterise this, another time constant

known as the T #
2 relaxation time can be used instead of the T2 relaxation time.

T #
2 is not fixed for a given tissue as it depends on the inhomogeneity of the external

field as well as tissue type and overall magnetic field strength.

Both the longitudinal and the transverse relaxation are modelled by including

additional relaxation terms in equation 2.7. The newly formed equation describ-

ing the time dependent behaviour of the magnetisation vector is called the Bloch

equation and is of the form

dM

dt
= !M "B $ Mxy

T2
+

(M0 $ Mz)ẑ

T1
. (2.10)

For the case when there is only the main static magnetic field B = B0ẑ we have

dMz

dt
=

M0 $ Mz

T1

dMx

dt
= "0My $

Mx

T2

dMy

dt
= $"0Mx $

My

T2
(2.11)
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where "0 = !B0 is the Larmor frequency of the spin system. We can easily solve

equations 2.11, with initial conditions M(0) = Mx(0)x̂ + My(0)ŷ + Mz(0)ẑ, and

we present three di"erent representations for the solution:

Cartesian Representation: The solution of the system in the Cartesian rep-

resentation is

Mz(t) = Mz(0)e"t/T1 + M0(1 $ e"t/T1) (2.12)

Mx(t) = (Mx(0) cos("0t) + My(0) sin("0t))e
"t/T2 (2.13)

My(t) = (My(0) cos("0t) $ Mx(0) sin("0t))e
"t/T2 (2.14)

Figure 2.4 gives the graphical representation of the solution for each of the
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Figure 2.4: The regrowth of the longitudinal component of magnetisation from the initial value
Mz(0) = 0 (time t = 0 represents the moment just after the RF pulse is finished) toward the
equilibrium value M0 = 1 is shown with the Mz curve. The ‘oscillatory’ decay of the transverse
magnetisation from the initial values Mx(0) = 1, My(0) = 0 is shown with curves Mx and My.

Note that the initial values of the magnetisation vector are illustrative.
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components of the magnetisation vector for a fat tissue sample in the brain where

T1 = 250ms and T2 = 60ms, which are typical values at B0 = 1.5T . In three

dimensional space, the vector M spirals clockwise about the z-axis, with the

angular frequency "0, until it reaches its equilibrium state M0ẑ (see Figure 2.2).

Matrix Representation: If we represent a clockwise rotation about the z-axis,

through an angle & by the matrix

Rz(&) =

#

$$$%

cos & sin & 0

$ sin & cos & 0

0 0 1

&

'''(
(2.15)

and denote

W (t) =

#

$$$%

e"t/T2 0 0

0 e"t/T2 0

0 0 e"t/T1

&

'''( and Q(t) =

#

$$$%

0

0

M0(1 $ e"t/T1)

&

'''( (2.16)

then the solution in matrix form is

M(t) = W (t)Rz("0t)M(0) + Q(t) (2.17)

where

M(t) =

#

$$$%

Mx(t)

My(t)

Mz(t)

&

'''(
(2.18)

Complex Representation: Let us introduce the complex notation of the

transverse magnetisation:

M c
xy # Mx + iMy . (2.19)

We use equations 2.13 and 2.14 and get

M c
xy(t) = e"t/T2(Mx(0)(cos("0t) $ i sin("0t)) + My(0)(i cos("0t) + sin("0t))

= e"t/T2M c
xy(0)e"i!0t (2.20)
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Magnitude-phase notation will prove more useful in describing the signal later,

and is M c
xy(t) = |M c

xy(t)|ei"(t), giving

M c
xy(t) = e"t/T2 |M c

xy(0)|e"i(!0t""(0)) (2.21)

which is the solution for the transverse magnetisation of the system 2.11 in com-

plex representation.

This form of the solution is the most useful for representing the accumulated

phase of the magnetisation vector due to its precession about the magnetic field.

Rotating Reference Frame

In order to visualise the rotation of a magnetisation vector about the static mag-

netic field in a simple manner, it is convenient to use a reference frame rotating

at the Larmor precession frequency. To distinguish it from the conventional sta-

tionary frame (also called the laboratory frame), we use x$, y$ and z$ to denote

the three orthogonal axes of the rotating frame and correspondingly, x̂$, ŷ$ and

ẑ$ as their unit direction vectors. The two frames are related by the following

transformation:
#

$$$%

x̂$

ŷ$

ẑ$

&

'''(
= Rz("0t)

#

$$$%

x̂

ŷ

ẑ

&

'''(
(2.22)

where Rz(&) is the rotation matrix introduced in the previous section and it

describes clockwise rotation about the z-axis by an angle &.

The Bloch equation for the magnetic field B = B0ẑ in the rotating frame can

then be expressed in the form :

dMrot

dt
= $ Mx"x̂$ + My"ŷ$

T2
+

(M0 $ Mz")ẑ$

T1
(2.23)

where Mrot = Mx"x̂$ + My"ŷ$ + Mz" ẑ$ is the magnetisation vector in the rotating

frame [48]. Its relation with the laboratory frame magnetisation vector is given
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by the transformation rule between the two reference systems:

Mrot = Rz("0t)M. (2.24)

2.1.2 RF pulse: M ! Mxy

In this section we will introduce the main properties of an RF (radio frequency)

pulse and describe the impact it has on the magnetisation of the object while

exposed to the static magnetic field B0ẑ.

An RF pulse is an electro-magnetic field that oscillates with a frequency in

the range 40-300 MHz, which belongs to the radio frequency window of the elec-

tromagnetic spectrum. Such pulses are usually transmitted from the RF coil

which is built-in to the scanner, as seen in Figure 2.8. A typical RF pulse has its

magnetic field perpendicular to the main magnetic field and is of the form

B1(t) = Be
1(t)[cos("rft)x̂ $ sin("rft)ŷ] (2.25)

where B1 is the usual symbol for the RF field, "rf is the carrier frequency of

the field and Be
1(t) is its envelope function. The form of the envelope function

determines the shape of the RF pulse. The most common RF pulse in MRI is

the sinc pulse and its envelope function is

Be
1(t) =

)
*

+
B1sinc[!rf

2 (t $ trf
2 )], 0 % t % trf

0, otherwise
(2.26)

where sinc(x) = sinx
x .

Now we will look into the e"ects of an RF pulse on a spin ‘isochromat’ (a

collection of spins with the same precessional frequency, "0). One very important

property of this system is that when it is ‘hit’ by an oscillating magnetic field

with the carrier frequency "rf = "0, resonance occurs and the system becomes

‘excited’ – that is, it is supplied with additional energy and is therefore perturbed
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from its equilibrium state. When both the static and RF fields exist, then spins

will precess about the total applied magnetic field, so that two rotations will take

place. One rotation is about the static field B0ẑ and the other one is about the

RF field B1. In order to quantitatively describe this process we go back to the

Bloch equation during the RF pulse:

dM

dt
= !M" (B0ẑ + B1(t)) $

Mxy

T2
+

(M0 $ Mz)ẑ

T1
. (2.27)

First of all, as the RF pulse is applied for a very short time (trf & 4ms), for most

of the imaging methods, compared with typical relaxation times (T1 & 1000ms,

T2 & 100ms) we therefore have

trf ' T1 trf ' T2 (2.28)

for most tissues. As the relaxation times describe the return of the magnetisation

vector to its equilibrium, we can assume that during the RF pulse, no relaxation

happens. Therefore, when solving the Bloch equation during this period (com-

monly called the excitation period), we can neglect the last two terms in (2.27)

and get a simpler form of the equation:

dM

dt
= !M " (B0ẑ + B1(t)) (2.29)

where the RF field B1(t) is defined as in equation 2.25.

In the rotating reference frame we introduced in the previous section, we

obtain

dMrot

dt
= !Mrot " Be

1(t)x̂
$ (2.30)

where Mrot = Rz("0t)M as defined in equation 2.24. For more details on the

derivation see [48]. The solution of this equation describes the behaviour of the

magnetisation vector during an excitation period and in the rotating frame is
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Figure 2.5: Excitation: the B1 field, tuned to the Larmor frequency and applied in the trans-
verse plane, induces rotation of the magnetisation vector as it tips away from the z-axis for a
flip angle ! in a) the frame rotating at the Larmor frequency about the z-axis and b) the real

scanner (laboratory) frame.

given by:

Mx"(t) = Mx"(0)

My"(t) = My"(0) cos'(t) + Mz"(0) sin '(t)

Mz"(t) = $My"(0) sin '(t) + Mz"(0) cos'(t) (2.31)

where 0 ! t ! trf , Mx"(0), My"(0) and Mz"(0) are the values just before the RF

pulse and ' is the angle that the magnetisation vector M is tipped away from

the z axis:

'(t) =

, t

0

"1(t
$)dt$ =

, t

0

!Be
1(t

$)dt$ (2.32)

where "1 is the angular frequency of the rotation of the magnetisation vector

about the B1 field. '(trf) is called the flip angle and gives the position of the

magnetisation vector just after the RF pulse as seen in Figure 2.5.

A common flip angle is 90% where a magnetisation that is initially aligned with

the z-axis is rotated to lie completely in the (x, y) plane, with no Mz component.

In that case, the magnitude of the transverse magnetisation just after the RF

pulse is |Mxy(t
+
rf)| = M0 where t+rf stands for the time just after the RF pulse
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finished. Often we will use t+rf = 0 as it also represents the initial time from which

the relaxation period starts and during which, as we will describe in the following

section, the signal is being collected.

2.1.3 Signal Detection: Mxy ! S(t)

Once the magnetisation vector M is tipped away from the z-axis by the RF pulse,

it will start relaxing back to its equilibrium position M0ẑ. During the process

of relaxation, magnetisation has to be detected i.e. converted into an electrical

signal. This is done by the receiver coil, which in traditional imaging systems

also serves as the RF pulse transmitter and can be seen in Figure 2.8. In this

section we will briefly describe the basics of the signal detection process. For a

more detailed version see [1], [29], [48].

The process of signal detection is based on Faraday’s law of electromagnetic

induction which states that a time-varying magnetic flux through a conducting

loop (a receiver coil) will induce in the coil an electromagnetic force (voltage)

that is equal to the rate at which the magnetic flux #(t) in the coil is changing

[29]:

V (t) = $d#(t)

dt
. (2.33)

The relationship between the magnetic flux and the magnetisation vector can be

seen in

#(t) =

,

object

Breceive(r) · M(r, t)dr (2.34)

where Breceive(r) is the laboratory frame magnetic field at location r produced

by a hypothetical unit direct current flowing in the RF coil which describes the

spatial coupling of the field to the receiver coil. The signal S(t) measured by the
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receiver electronics is proportional to V (t) [29]:

S(t) ( $ d

dt

,

object

-
Breceive

x (r)Mx(r, t) + Breceive
y (r)My(r, t) + Breceive

z (r)Mz(r, t)
.
dr.

(2.35)

Consider the general solutions of the Bloch equation for each of the components

of the magnetisation vector M during relaxation:

Mz(r, t) = Mz(r, 0)e"t/T1(r) + M0(1 $ e"t/T1(r)) (2.36)

M c
xy(r, t) = e"t/T2(r)|Mxy(r, 0)|e"i(!0t""0(r)). (2.37)

Di"erentiation in (2.36) gives:

dMz(r, t)

dt
= $ 1

T1
Mz(r, 0)e"t/T1(r) $ 1

T1
M0(1 $ e"t/T1(r))

dM c
xy(r, t)

dt
= $ 1

T2
e"t/T2(r)|Mxy(r, 0)|e"i(!0t""0(r))

$ i"0e
"t/T2(r)|Mxy(r, 0)|e"i(!0t""0(r)). (2.38)

The Larmor frequency, "0, is at least four orders of magnitude larger than typical

values of 1/T1 and 1/T2, and therefore all but the last term in the second equation

can be neglected, giving the signal, S(t), as

S(t) ( "0

,

object

e"t/T2(r)|Mxy(r, 0)|[Breceive
x (r) sin("0t $ #0(r))

+Breceive
y (r) cos("0t $ #0(r))]dr (2.39)

where Breceive
x and Breceive

y can be written in terms of magnitude and phase,

Breceive
x (r) # B& cos(&B(r)), Breceive

y (r) # B& sin(&B(r)) with &B(r) the reception

phase angle and B& = |Breceive
xy |. This leads to

S(t) ( "0

,

object

e"t/T2(r)|Mxy(r, 0)|B&(r) sin("0t $ #0(r) + &B(r))dr. (2.40)

The oscillations at the frequency "0 are removed from the signal by the electronic

process of demodulation, which is equivalent to viewing the signal from a rotating
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reference frame. More details can be found in [1], [14], [29]. Then, using the

complex representation, the signal is given by,

S(t) ( "0

,

object

e"t/T2(r)|Mxy(r, 0)|B&(r)ei("0(r)+#B(r))dr. (2.41)

When the transmitting and receiving RF coils are su!ciently uniform, the receive

field directional phase &B and the receive field amplitude B& are all independent

of position [29], and therefore, together with the proportionality constant, can be

absorbed into a single constant $. In the future, unless stated otherwise, when

writing signal equations we will omit all the constants that are both spatially and

temporally independent.

S(t) = $

,

object

e"t/T2(r)|Mxy(r, 0)|ei"0(r)dr. (2.42)

This equation can also be written in the form:

S(t) =

,

object

M c
x"y"(r, t)dr (2.43)

where M c
x"y"(r, t) is a complex representation of the transverse magnetisation in

the rotating frame.

2.1.4 k-space: S(t) ! S(k)

We have seen in the previous section the process of signal detection. However,

the goal of MR imaging is not only to determine the global signal coming from

the object but also to determine the spatial distribution of the signal within the

object. In MR this is achieved by measuring the Fourier coe!cients of the image.

Since identical nuclei precess at di"erent rates in locations where the magnetic

field is di"erent, the spatial localisation of the signal can be determined from the

frequency content of the resulting MR signal, provided that a well defined spatial

field variation is superimposed on the homogeneous static field B0ẑ (the B0 field)
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during the imaging process. This variation is created by a (spatially) linearly

varying magnetic field BG called the gradient field.

A gradient field is a special kind of inhomogeneous field whose z-component

BGz varies linearly in space along a specific direction called the gradient vector.

The gradient field also has components in the x- and y- direction but these are

ignored because the B0 field is much stronger than the gradient field (three orders

of magnitude stronger) and it is in the z-direction, therefore the vector sum of

B0ẑ and BG only significantly changes the field magnitude when the z-component

of the gradient field changes. The gradient field is defined by

G(t) # )BGz(r, t)

=
(BGz(r, t)

(x
x̂ +

(BGz(r, t)

(y
ŷ +

(BGz(r, t)

(z
ẑ

# Gx(t)x̂ + Gy(t)ŷ + Gz(t)ẑ (2.44)

and therefore the total magnetic field (static plus linear) can be written as

B(r, t) = (B0 +BGz(r, t))ẑ = (B0 +Gx(t)x+Gy(t)y +Gz(t)z)ẑ = (B0 +G(t) · r)ẑ

(2.45)

As we have seen in equation 2.5, the angular frequency of the precessing spins is

proportional to the field strength

"(r, t) = !|B(r, t)| = !B0 + !BGz(r, t) = "0 + !G(t) · r. (2.46)

This equation is of primary importance for spatial encoding of the signal as it

relates the spatial coordinates with the frequency of precession of the magneti-

sation vector. The process of spatial encoding is done (for multi-slice imaging)

using two steps:

1. Selective excitation

2. Spatial information encoding
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The first step is the process of selective excitation (Figure 2.6). In order to

generate an image of a two-dimensional slice, spins are selectively excited in only

one plane of the brain, leaving the spins outside that plane unperturbed. In

practice this is done by having the RF pulse on in the presence of a magnetic

field gradient orientated in the direction normal to the desired plane [40]. The
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Figure 2.6: Slice selection for a slice in the (x, y) plane (z is the normal direction of the slice).
FT stands for the Fourier Transform and shows the frequency profile of the sinc RF pulse.
Only spins precessing with frequencies belonging to this range will get excited. As the desired
frequency range only occurs in a small spatial range, then the e!ect is to select only this spatial

‘slice’.

direction of the gradient field determines the direction of ‘slicing’. Let us assume

for now that it is the direction of the z-axis i.e. BG = Gzz and that we have

a sinc RF pulse. A property of sinc pulse is that the range of frequencies that
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it selects is approximated by a ‘box-car’ (rectangular window function), so only

those spins whose frequency lie within the range of the box-car will be excited.

The second step is the process of spatial information encoding. After spins

of the chosen slice of the object are excited by a selective RF pulse, spatial

information is encoded into the signal during the relaxation period. In this period

the Bloch equations take the form

dMz

dt
=

M0 $ Mz

T1
(2.47)

dMx

dt
= ("0 + !G(t) · r)My $

Mx

T2
(2.48)

dMy

dt
= $("0 + !G(t) · r)Mx $

My

T2
. (2.49)

The solution for this system will have an additional, spatially dependent, accu-

mulation in phase, compared to the solution in the static field case (when all the

spins have the same phase): #(r, t) = $
/ t

0 "(r, t$)dt$ = $"0t $ !
/ t

0 r · G(t$)dt$.

Therefore the complex representation of the transverse magnetisation is:

M c
xy(r, t) = e"t/T2(r)|Mxy(r, 0)|e"i(!0t+$

R t
0 r·G(t")dt") (2.50)

In the case when the z-gradient is used for a selective excitation, the slice is

parallel to the (x, y) plane so only the x-gradient and the y-gradient are needed

to encode the spatial information in the phase of the magnetisation vector. This

information will be present in the spatial frequency of the detected signal:

S(t) =

, ,
e"t/T2(r)|Mxy(r, 0)|e"i$

R t
0 (Gx(t")x+Gy(t")y)dt"dxdy. (2.51)

The signal is commonly collected at uniformly spaced time points and then stored

in a two dimensional plane called k-space with coordinates kx and ky defined by:

kx(t) =
!

2%

, t

0

Gx(t
$)dt$, ky(t) =

!

2%

, t

0

Gy(t
$)dt$. (2.52)

The coordinates in k-space at which the signal is stored form a regular grid

(see Figure 2.7) whose size is commonly chosen to be 64 " 64, 128 " 128 or
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256 " 256. From equation (2.52) it can be seen that a Gx gradient moves the

k-space coordinate along the kx direction and a Gy gradient moves the k-space

coordinate along the ky direction. This can be easily seen in the typical case

when the gradients are constant so that:

kx(t) =
!

2%
Gxt, ky(t) =

!

2%
Gyt. (2.53)

Neglecting the decay term e"t/T2(r) and using equation (2.9), the signal in terms

of k-space coordinates is:

S(kx, ky) =

, ,
$(x, y)e"i2%(kxx+kyy)dxdy. (2.54)

It is clear that this represents the Fourier coe!cients of the spin density $(x, y)

evaluated at specific points in k-space.

5)
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5) 5*/0###@####2

Figure 2.7: Two dimensional k-space for Fourier transform samples.
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2.1.5 Image reconstruction: S(k) ! I(x)

After the signal is sampled at discrete time points, corresponding to discrete

locations in k-space, the reconstruction process is performed. The problem of

reconstructing a function from its Fourier coe!cients can be formulated as follows

[48]:

determine the image I(r) if the signal S(kn) =

,

object

I(r)e"i2%(kn·r)dr is given,

where kn * %, and % contains the set of k-space points at which measured data

are collected.

The computational tool used for this type of image reconstruction when the

samples are regularly spaced on a grid is the Inverse Discrete Fourier Transform

(IDFT). In MRI, the common approach is to sample 2r (r * N ) number of

points for each k axis so that the Fast Fourier Transform (FFT) algorithm can

be applied.

With this section we have completed the principles of the process of image

production in MRI, starting from signal generation, through spatial encoding, to

image reconstruction. In order for this whole process to be carried out, a set of

instructions needs to be provided to the various coils in the magnet. The way

this is done determines the properties of the image we want to generate. This is

the topic of the following section.

2.2 Imaging system

2.2.1 Imaging hardware

The basic components of MRI hardware are:

• The main magnet. This provides a strong, uniform, static, magnetic field
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referred to as the B0 field. The conventional coordinate system used for the

scanner has the B0 field directed along the z-axis, so that B0 = B0ẑ, where

B0 is the constant describing the strength of the main magnetic field.

Waveform
Generator

Gx Amplifier

Gy Amplifier

Gz Amplifier

Gradient Coils

Controls
Shim

CPU

Processor
Image

Image Viewer

Magnet and Shims

RF
Amplifier

Converters
A/D

Electronics
RF

RF Coil

Console
Storage

Figure 2.8: MRI system hardware. The figure courtesy of Stuart Clare.

• The RF system. This consists of a transmitter coil (RF coil) that is capable

of generating a rotating radio-frequency electromagnetic field (known as

the B1 field or an ‘RF pulse’) in the brain, and the receiver coil that is

responsible for the detection of the signal, S(t), emitted by the brain.

• A system of three orthogonal gradient coils called the gradient system, which

produces a time-varying magnetic field, BG, of controlled spatial nonuni-

formity which varies linearly with position.
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• A shimming system is a set of coils which is used to correct static inhomo-

geneities in the main magnetic field.

• A computer-based imager system, which stores, reconstructs and displays

the obtained image.

The diagrammatic representation of the MRI system is given in Figure 2.8

2.2.2 Pulse sequence

In order for an MR image to be created, a set of instructions must be provided

from the main console of the scanner to the gradient coils and to the RF coil

which are located in the bore of the scanner (Figure 2.8). This set of instructions

is known as the pulse sequence. The pulse sequence specifies the waveform of

the RF pulses. It also specifies three waveforms, one for each of the Gx, Gy and

Gz gradient fields. Furthermore, the pulse sequence specifies the timings of the

signal read-outs which are then supplied to the RF coil. An accessible and widely

used way of illustrating the pulse sequence is by the use of a pulse sequence

diagram. A pulse sequence diagram is, as Hashemi et al. [33] nicely put it, “ to

an MR scientist as sheet music is to a musician”. An example of a pulse sequence

diagram is shown in Figure 2.9.

The first line (from top) of Figure 2.9 describes the instructions for the RF

pulse: timing and the size of the flip angle. The second line describes the Gz

gradient waveform. The Gz gradient together with the RF pulse is responsible

for the slice selection. This is why it is often referred to as the slice-select gradient.

The third line describes the Gy gradient waveform. It is this one that is used for

going from one line of the k-space to the next and is known as the phase-encode

gradient. Both the Gy gradient and the Gx gradient are used initially to move

the position in the k-space to the starting position just before the read-out takes
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Figure 2.9: An example of a pulse sequence diagram (left) representing a sampling of a few
di!erent lines in the k-space (right). The five di!erent lines of the pulse sequence describe five
di!erent sets of instructions for the RF coil and the gradient fields. One RF pulse is needed for

each of the di!erent lines of the k-space.

place (full magenta). After one line of the k-space is sampled, Gy gradient changes

in intensity while all the other gradients and the RF pulse repeat the previous

instructions in order to acquire the next line (dashed magenta). This process

continues until the whole of the k-space is sampled. The fourth line is for the

Gx gradient waveform. When this one is positive we are moving in the positive

direction of the kx-axis (and opposite when it is negative). It is when this gradient

is non-zero that the signal read-out takes place. This is why it is known as the

read-out gradient. And finally the fifth line is the Analogue-to-Digital Conversion

(ADC) line and it is on this one that the signal read-out timings are specified (in

red). The corresponding sampling points are shown in the k-space image on the

right. Note that this is just a schematic representation of the sampling points

and that during the scanning the number of these points per line is much larger,

e.g. 64, 128. Also, the role of di"erent gradients can change depending on the

slice orientation during scanning (axial, sagittal or coronal) so Gz can become
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the read-out gradient and Gx can become the slice-select gradient and so on.

The pulse sequence which was just described in Figure 2.9 is called a standard

gradient echo (GE) pulse sequence. The term “gradient echo” comes from a signal

property called an “echo”. A signal echo is formed when, during the relaxation

process while the spins are dephasing, the application of an RF pulse or a gradient

field makes spins rephase causing a regrowth in the MR signal. Depending on

whether an RF pulse or a gradient field was used for rephasing of the signal, the

echo can be called a “spin” or “gradient” echo respectively. Figure 2.10 shows

the collective behaviour of spins during a gradient echo.

Figure 2.10: Gradient echo. Spins precess in the rotating frame and are all in phase (a). Once
the gradient field is applied spins start dephasing as spins acquire di!erent precessional speeds
and go out of phase with each other (b). With a rapid switch of the gradient in the opposite
direction spins refocus (c). After some time spins are again in phase (d). The time it takes
from the moment the spins were excited to this moment when they are again in phase is called

the echo time. Figure courtesy of Stuart Clare.

Echo-Planar Imaging (EPI)

In the following we will describe one of the most commonly used pulse sequences

in FMRI: echo-planar imaging (EPI) [53]. EPI is a gradient-echo-based fast scan

imaging technique as it allows whole volume images of the brain to be acquired

in just a few seconds. Its great speed comes from its ability to sample an entire

k-space matrix (a single slice) using only a single RF pulse (during the standard

GE sequence as we saw in the previous example, one RF pulse is applied per
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line). The EPI pulse sequence and the corresponding sampling of the k-space is

schematically represented in Figure 2.11.
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Figure 2.11: Schematic representation of the echo planar imaging (EPI) pulse sequence (on the
left) and corresponding sampling of the k-space (on the right) for imaging of one slice. Only

one RF pulse is used to sample the whole slice.

Read-out points in the k-space progress chronologically from the bottom left

corner, following the arrows until the sampling ends at the top left corner. The

sampling interval on the horizontal lines is &kx = $
2%

/ tn+1

tn
Gx(t$)dt$ and it corre-

sponds to the area under the Gx gradient waveform between two successive read

out time points. &ky = $
2%

/ tn+1

tn
Gy(t$)dt$ is the interval between two horizontal

lines and is determined with the blips of the Gy gradient we see in Figure 2.11.

Once the sampling of the signal for one slice is finished, two dimensional

reconstruction from the Fourier samples is performed in order to obtain the image

of the slice. The carrier frequency of the RF pulse is then shifted in order to cover

the range of frequencies of the next slice, and the new RF pulse is applied with

the whole process of k-space sampling being repeated. The image of the whole

brain (often called the MR volume) is the collection of all the slices. In a typical

scanning session, the volume is acquired in a few seconds and usually 20 or more

slices are imaged.
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2.2.3 Scanning parameters

In this section we will discuss various scanning parameters. These are the parame-

ters that can influence the image properties and quality and they can be controlled

and adjusted by the operator. The scanning parameters can be divided into two

groups: primary and secondary scanning parameters (Figure 2.12).
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Figure 2.12: Scanning parameters. The primary parameters are set directly with the pulse
sequence (left) while the secondary parameters are the ones that are derived from the primary
parameters and describe the image (right). The idea for the figure was based on the division

of the parameters done by Hashemi et al. [33].

The primary parameters are those parameters that are set directly into the

pulse sequence. The secondary parameters are those that describe the image.

They are derived from the primary parameters and are: image contrast, resolution

and SNR. In this section we will describe each of these parameters.

Image contrast

Image contrast is an important imaging parameter as it helps to distinguish one

brain tissue from another. It can be achieved because each of the brain tissues has

di"erent MR parameters: the spin density (often also referred to as the proton

density), T1 relaxation time and T2 decay time. All three parameters contribute

to the contrast, but usually one is emphasised. Figure 2.13 shows an example



2.2. IMAGING SYSTEM 39

MR image for each of these three di"erent contrast types.

Figure 2.13: Di!erent image contrasts of an axial brain slice at 3T: (a) PD-weighted image (SE
spin-warp sequence with TR/TE = 4000/15 ms); (b) T1-weighted image (GE FLASH sequence
with TR/TE = 14/5 ms and flip angle = 20!); (c) T2-weighted image (SE sequence with TR/TE
= 4000/100 ms); (d) T "

2 -weighted image (GE FLASH sequence with TE = 30 ms). The figure
courtesy of James Wilson.

Which MR parameter is emphasised depends on the primary parameters TE

and TR used when acquiring the image.

TR (repetition time) is the time between two consecutive applications of

an RF pulse.

TE (echo time) is referred to as the echo delay time. It describes a period in
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time which passes between the RF pulse and the time when the signal is measured

at the center of the read-out period.

By varying these two parameters, TR and TE, the contrast between di"erent

tissue types is altered. This is shown in Figure 2.14 where the values for T1 and

T2 that tissues typically have are given.
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Figure 2.14: The figure shows the di!erent rates by which signal coming from di!erent tissues
change at 1.5T. T1 recovery and T2 decay curves for white matter (WM), grey matter (GM)
and cerebrospinal fluid (CSF) are shown. Whether the tissue types will show up bright or dark

on the image is determined by the choice of TR and TE parameters.

The degree of T1 recovery that has occurred after an RF pulse will determine

how much longitudinal magnetization is available to be flipped by the following

RF pulse. If nearly complete T1 recovery is allowed to occur after an RF pulse

(i.e. TR is long) and a signal is acquired very quickly after the next RF pulse

(i.e. TE is short) then intensity will depend on proton density. Proton density is

the starting point of the signal in the plot on the right of Figure 2.14. However,

if TR is short (e.g. TR1 in this figure) and TE is short (e.g. TE1 in this

figure), then intensity will depend on the T1 recovery times of the di"erent tissue

types. Therefore, in a T1-weighted image white matter is bright, grey matter

is intermediate and CSF is dark. If TE is long (e.g TE2 in this figure) then
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intensity will depend on the T2 decay of the di"erent tissue types. Therefore, in

a T2-weighted image CSF is bright, grey matter is intermediate and white matter

is dark. There is also a third form of weighting called the T #
2 -weighting. T #

2 is

often much shorter than T2 as it describes the extra dephasing due to the external

magnetic field inhomogeneities. Gradient echo sequences are used to obtain T #
2

weighting, as spin echo sequences will rephase the e"ects of the inhomogeneities.

Image resolution

Resolution is the minimum distance that we can distinguish between two points on

an image [33]. In object-space, the spatial resolution of the image is represented

by &x and &y. It depends on FOVx, FOVy, Nx, and Ny.

FOVx,FOVy describe the Field Of View (FOV) of the image in the x- and

y- directions respectively.

Nx,Ny describe the size of the k-space matrix where Nx is the number of

sampling points on a k-space line parallel to the kx axis (number of samples in

the kx direction) and Ny is the number of lines (number of samples in the ky

direction).

Both field of view and the number of samples in the k-space determine the

resolution of an image:

&x =
FOVx

Nx
, &y =

FOVy

Ny
. (2.55)

FOVx and FOVy are determined by the pulse sequence. During the pulse se-

quence, the phase-encoding gradient, Gy, is applied for a period ty and is in-

cremented in Ny steps of &Gy from $Gy,max to +Gy,max. During readout, the

readout gradient has a fixed amplitude of Gx that is applied for time T . The sam-

pling period of the analogue to digital converter (ADC) that samples the signal

is &t and Nx data points are sampled per readout.
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In k-space, the sampling intervals are defined as &kx and &ky while the

highest spatial frequencies sampled are kx,max and ky,max. Using the above terms,

the FOV of the image can be expressed as

FOVx =
1

&kx
=

1
$
2%Gx&t

, and (2.56)

FOVy =
1

&ky
=

1
$
2%&Gyty

, (2.57)

while the spatial resolution of the image can be expressed as

&x =
1

Nx&kx
=

1

2kx,max
=

1
$
2%GxT

, and (2.58)

&y =
1

Ny&ky
=

1

2ky,max
=

1
$
2%2Gy,maxty

. (2.59)

The latter two equations imply that, along each axis of the image, the resolution

size is the half-cycle width of the highest spatial frequency recorded.

Signal to Noise Ratio (SNR)

Signal to Noise Ratio (SNR) is a way of characterising the quality of the signal.

It describes the proportion of the noise that is present in the image. The signal

is primarily a function of the magnetisation M0 available. The amount of mag-

netisation is proportional to the number of spins present within each voxel in

the image. If the voxel size is increased (with either lower in-plane resolution or

thicker slices), the voxel will contain more proton spins and therefore the signal

will increase.

SNR also depends on the amount of time spent collecting the data. The

signal increases linearly with the number of samples collected, whereas the noise

increases only with its square root. This is because, provided that the samples are

independent, the total variance when N measurements are combined )2
N , is equal

to the sum of the N individual variances, all equal to )2. The noise )N will hence
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be equal to
+

N), where ) is the noise correspondent to a single measurement.

This can be summarised as follows:

SNR ( voxel volume
0

acquisition time. (2.60)

The acquisition time is proportional to the number of excitations and the read-

out time (which is given by the number of points collected along the frequency-

encode direction Nx multiplied with the sampling interval &T , and the number

of phase-encode steps Ny), so the equation 2.60 becomes

SNR ( V

1
NxNyNex

BW
. (2.61)

where V is the volume of the image voxel. A voxel is a three-dimensional volume

element with dimensions &x, &y, and &z and so its volume is calculated as

V = &x&y&z. &x and &y define the in-plane resolution while the &z parameter

specifies the slice thickness.

Nex (Number of Excitations) is the number of times a scan has been

acquired.

BW (Receiver Bandwidth) The receiver bandwidth is related to the sam-

pling interval &T with the following equation 1:

BW =
1

&T
. (2.62)

The sampling interval &T is the time that passes between the acquisition of the

two adjacent points (in kx direction) in k-space.

From the expression 2.61, it is possible to see what the impact of increasing

image resolution is on the SNR of the images. For instance, if the voxel dimension

along each axis is halved, the SNR decreases by a factor of 8. This e"ect can be

1In MR imaging two di!erent kind of bandwidths are commonly used. One is the RF band-
width (the transmission bandwidth). The transmission bandwidth is the range of frequencies
that are “sent” to the head by the RF coil. This bandwidth determines the slice thickness. The
other commonly used bandwidth is the receiver bandwidth.
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compensated for by increasing the number of repeats. However, since the SNR

only increases with the square root of the acquisition time, 64 averages would

need to be acquired to maintain the same level of SNR. As it is in practice not

feasible to prolong the scanning times in this way, other means of increasing the

SNR need to be considered if high-resolution is to be attained (e.g. using a higher

static magnetic field).

2.3 Physiological principles of BOLD imaging

FMRI is a method which investigates brain function in-vivo. As it typically has

an in-plane resolution of 3mm or larger, it is concerned not with the behaviour

of single neurons but with activity of large populations of neurons. The data

produced is nonetheless highly informative, as single neurons do not work inde-

pendently, but function together in large groups [40].

When the body is performing a particular task (finger tapping, listening to

an audio stimulus, looking at changing colour etc.) certain parts of the brain

become activated and neurons start exchanging information. Information transfer

between neurons in the brain is an energy-requiring process, and because of this

the places in the brain where this transfer is happening have greater demand for

energy and hence a greater demand for oxygen. To meet this increased metabolic

demand, neuronal activation is accompanied by increased local blood flow.

It has been observed that the additional influx of oxygen exceeds the amount

extracted, therefore creating a higher concentration of oxygen in the blood locally

compared to the resting state. Since oxygen is not very soluble in blood, it is

transported bound to the large iron containing molecule, haemoglobin [40]. The

form of the compound that contains oxygen is called oxyhaemoglobin and without

oxygen is called deoxyhaemoglobin.
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Deoxyhaemoglobin has di"erent magnetic properties from the surrounding

tissues and creates inhomogeneities which cause local dephasing and hence a re-

duction in the value of T #
2 . In a T #

2 weighted imaging experiment, this will cause

a signal loss (a darkening of the image in those voxels containing the vessels).

Due to activation the relative concentration of deoxyhaemoglobin decreases and

therefore induces less signal loss, causing the signal intensity to increase. The

parts of the images which show increased intensity should therefore correspond

to the brain areas which were activated due to the task performance. This char-

acteristic provides the basis for Blood Oxygenation Level Dependent (BOLD)

FMRI (Figure 2.15).

Figure 2.15: Blood Oxygenation Level Dependent (BOLD) signal. Figure courtesy of Heidi
Johansen-Berg.

In order to be able to image BOLD contrast, the imaging sequences used must
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produce T #
2 weighted images and therefore must be based on a gradient echo. In

addition to this, BOLD FMRI needs to be performed with very fast imaging tech-

niques to capture the temporal changes while still covering a substantial region

of the brain. For these reasons, one of the most suitable, and most commonly

used sequences in BOLD FMRI is EPI.

Fast imaging of BOLD-related inhomogeneities comes at the price of several

artefacts. These are set out in the following section.

2.4 Imaging artefacts

2.4.1 Magnetic-susceptibility-induced B0 inhomogeneities

Magnetic-susceptibility-induced B0 inhomogeneities are caused by the magnetic

susceptibility di"erences between di"erent tissues types in a head 2. The magnetic

susceptibility is a property possessed by every substance and it describes the

extent to which that substance can become magnetised when placed in a magnetic

field. When an object consists of a few di"erent substances which have di"erent

magnetic susceptibilities, magnetic field distortion will occur at the interfaces of

these substances (such as tissue-air or tissue-bone interfaces).

One of the main remedies for this type of inhomogeneity is the use of mag-

net shimming coils which form a part of imaging hardware and are schematically

represented in Figure 2.8. The currents in these coils are set at the beginning of

each imaging experiment, usually based on measurements of the field, in order

to counteract the inhomogeneities. Shimming, however, often can not appro-

priately correct for smoothly varying fields and hence does not full correct the

2Throughout this thesis magnetic-susceptibility-induced B0 inhomogeneities are often just
referred to as the B0 inhomogeneities as they are the ones that this thesis is concerned the
most.
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inhomogeneities.

The B0 inhomogeneity causes dephasing of spins i.e. a distribution of reso-

nance frequencies which are di"erent from the Larmor frequency associated with

the static magnetic field. Inhomogeneities in the magnetic field are especially

problematic in the EPI pulse sequence which is very sensitive to it due to the

fact that an entire plane of k-space is sampled after just one RF pulse. The o"-

resonance e"ect creates a phase error and this propagates throughout the whole

acquisition of the k-space without a chance to be rephased (as it is the case in

spin-echo sequences) or to be nulled after acquisition of each k-space line (as is

the case in standard gradient echo pulse sequences). The phase error is more vis-

ible in the phase-encode direction (ky) because during the EPI scanning it takes

much longer to sample in this direction than in the read-out direction which gives

more time for the phase error to accumulate. This creates large translations (up

to several voxels) along the y-axis for the a"ected voxels in the output image and

is known as “geometric distortion artefact”.

An example of the distorted area of an EPI image, due to magnetic-susceptibility-

induced field inhomogeneity, is shown in Figure 2.16 (a). Another susceptibility

artefact is referred to as “signal loss artefact”. It is due to a local decrease in

image signal in regions that exhibit large intrinsic B0 gradients in the slice-select

direction. An example of signal loss artefact is shown in Figure 2.16 (b).

2.4.2 Rigid-body motion

Rigid-body motion is an important issue in FMRI analysis as even the slightest

patient motion (less than a degree of rotation or a mm translation) during a scan

can mean that a voxel location does not correspond to the same physical point in

the volume as the same voxel in a subsequent volume, given a spatial resolution
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Figure 2.16: Magnetic-susceptibility-induced artefacts in an EPI image: geometric distortion
(a) and signal loss (b). The phase encoding was in the y-direction.

of a few mm in the acquisition process (2.17). In addition, the change in signal

intensity due to motion can be far greater than the BOLD e"ect itself (e.g. 5-

10% change in the signal due to motion and 1-2% change in the signal due to

BOLD), particularly at tissue boundaries, at the edge of the brain or near major

ventricles.

In addition to position displacement, there are various artefacts that can occur

in images as a consequence of motion. Figure 2.18 gives a descriptive represen-

tation of artefacts associated with each of the di"erent motion parameters.

When a head moves in a field which has susceptibility-induced inhomogeneities

two di"erent types of B0 distortions can occur. Type 1 distortion occurs when

the magnetic field inhomogeneities move together (aligned) with the object (each

voxel will continue experiencing the same magnetic field although the object is

moving). This happens when the structure and the position of the tissue-air

boundaries in the object does not change (with respect to the direction of the B0
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K&=7

Figure 2.17: Due to the motion artefact (position displacement) a brain region of one acquired
MR volume will not correspond to the same brain region in the following volume.

field) with object’s motion. An example of this is when the object rotates about

the z-axis of the scanner coordinate system. On the other hand when the object

rotates about the x- or y-axis of the scanner coordinate system, the tissue-air

boundaries within the object change with respect to the direction of the B0 field.

This creates type 2 distortion which results in the magnetic field changes as the

object moves (i.e. they do not move together any more). More detail about both

types of these inhomogeneities can be found in Andersson et.al.[2].

Spin-history e"ects (Figure 2.19) occur for all motion that causes movement

in the through-slice direction (translation in z, rotation about x, rotation about

y). It occurs because if a spin gets excited by the RF pulse during the acquisition

of one volume and then the head moves in the z-direction, the frequency of the

precession of the spin will change possibly matching the frequency of the RF pulse

which was planned to happen for the following slice. The following RF pulse will

then excite that same spin again sooner (or later) than when the planned RF
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Figure 2.18: A description of the main motion-related artefacts in FMRI data. Each of the
motion parameters (translations Tx, Ty, Tz and rotations Rx, Ry, Rz) has its own set of artefacts
and these are shown in the figure. Plots show the type of the slice-misalignment created with
di!erent motion parameters. The artefacts are listed for the case when the phase encode is in

the y-direction.

pulse was supposed to happen. This will result in a spike in the image intensity.

Another very prominent e"ect of motion is slice misalignment which occurs

in a di"erent fashion for each of the motion parameters. Plots in Figure 2.18

descriptively show how this occurs. In the case of motion in plane and during the

read-out window, blurring also occurs (Figure 2.20).

2.4.3 Chemical shift

The chemical shift artefact is caused by di"erences in precessional frequencies

of protons from di"erent molecules. Two such molecules in the head are water

and fat. Protons found in water precess slightly faster than those ones found in
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Figure 2.19: Spin history artefact identified as an independent component (IC) by the use of
Independent Component Analysis (ICA). Tz represents translation in the z-direction.

Figure 2.20: Blurring artefact caused by the rotation about the z-axis.
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fat. Similarly, as in the case of B0 inhomogeneities, this is called an o"-resonance

e"ect and it will create the same kind of artefacts as the one caused by the B0

inhomogeneity (translation and signal loss). An example of chemical shift artefact

is shown in Figure 2.21 where we can seen how the fatty tissue is shifted by many

voxels from its original position.

Figure 2.21: Chemical shift artefact in an EPI image. The fatty tissue is shifted by many voxels
from its original position and appears as a slightly shifted white ring around the image.

The main di"erence between the chemical shift artefact and the artefacts

caused by the magnetic inhomogeneities is in the way they interact with the

rigid-body motion of the head. While the artefacts due to the magnetic field

inhomogeneities interact with motion (as described in the previous section: B0

inhomogeneity type 2), the amount of distortion due to chemical shift does not

change when the head moves.
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2.4.4 Eddy Currents

Eddy currents are small electric currents that are generated when the gradient

coils are rapidly switched on or o" [33]. This is a result of the electromagnetic

induction due to the rapid changing of the magnetic field. In the presence of

eddy currents, the shape (profile) of the gradient applied will be di"erent from the

shape of the gradient waveform supplied by the gradient amplifier. The di"erence

between the desired and the actual gradient shape is shown in Figure 2.22.

9'%:&";0:'$%<2 =$72102%'";0:'$%<2

Figure 2.22: Eddy currents cause the shape of the gradient to change. The shape supplied
by the gradient amplifier (left) and the actual shape of the applied gradient due to the eddy

currents (right, solid line).

Examples of a few di"erent eddy current e"ects are shown in Figure 2.23. The

main di"erence between the eddy currents applied in each of these images is their

spatial orientation.

Figure 2.23: Geometric distortions induced by eddy currents in EPI images. a) Undistorted
base image; b) shearing induced by an eddy current field along the read direction; c) scaling due
to a phase-encode eddy current field; d) translation due to the presence of spatially invariant
eddy current. The read out direction is horizontal, while the phase encode direction is vertical

on these images. Figure and most of the caption courtesy of Rita Nunes.
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2.5 Summary

This chapter has described the process of MR image formation. It started by

introducing magnetic moments in an object and then traced step-by-step how

they are converted to a magnetisation vector M, a transverse magnetisation Mxy,

an electrical signal S(t), a k-space signal S(kx, ky) and then finally, via the IDFT,

into the desired image.

This chapter also described the basic physiology of FMRI, especially blood

oxygen level dependent (BOLD) FMRI and introduced EPI – the most commonly

used pulse sequence in this type of image acquisition.

The goal of this chapter is to give the background required for the next chapter

in which we describe the mathematical model which simulates the whole FMRI

process.


