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ABSTRACT 

 
 The gold standard for evaluation of arterial disease using MR continues to 

be contrast-enhanced MR angiography (MRA) with gadolinium-based contrast 

agents (Gd-MRA). There has been a recent resurgence in interest in methods 

that do not rely on gadolinium for enhancement of blood vessels due to 

associations Gd-MRA has with nephrogenic systemic fibrosis (NSF) in patients 

with impaired renal function.  The risk due to NSF has been shown to be 

minimized when selecting the appropriate contrast type and dose. Even though 

the risk of NSF has been shown to be minimized, demand for noncontrast MRA 

has continued to rise to reduce examination cost, and improve patient comfort 

and ability to repeat scans.  

 Several methods have been proposed and used to perform angiography 

of the aorta and peripheral arteries without the use of gadolinium. These 

techniques have had limitations in transmit radiofrequency field (B1+) 

inhomogeneities, acquisition time, and specific hardware requirements, which 

have stunted the utility of noncontrast enhanced MRA.  

 In this work feasibility of noncontrast (NC) MRA at 3T of the femoral 

arteries using dielectric padding, and using 3D radial stack of stars and 

compressed sensing to accelerate acquisitions in the abdomen and thorax were 

tested.   
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 Imaging was performed on 13 subjects in the pelvis and thighs using high 

permittivity padding, and 11 in the abdomen and 19 in the thorax using 3D radial 

stack of stars with tiny golden angle using gold standards or previously published 

techniques. Qualitative scores for each study were determined by radiologists 

who were blinded to acquisition type.   

 Vessel conspicuity in the thigh and pelvis showed significant increase 

when high permittivity padding was used in the acquisition. No significant 

difference in image quality was observed in the abdomen and thorax when using 

undersampling, except for the descending aorta in thoracic imaging. All image 

quality scores were determined to be of diagnostic quality. 

 In this work it is shown that NC-MRA can be improved through the use of 

high permittivity dielectric padding and acquisition time can be decreased 

through the use of 3D radial stack of stars acquisitions. 
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1.1 Introduction 

Peripheral arterial disease (PAD) is a classification of conditions that affect 

the arteries that are distal to the aortic arch. PAD is most commonly caused by 

atherosclerosis (1) and is very prevalent today, affecting over 8 million 

Americans, with 12% to 20% of those being 65 years of age or older (2).  

Imaging plays an important role in the diagnosis and planning for treatment, 

because it allows physicians to noninvasively know the extent, severity and 

location of the disease. The main imaging methods used for visualization of 

arteries are contrast-enhanced computed tomography angiography (CTA) (3) or 

magnetic resonance angiography (MRA), both of which present benefits and 

difficulties in their application. 

In order to obtain angiograms, it has been necessary to utilize contrast 

agents.  In CTA, an iodine-based contrast agent is used, while in MRA a 

gadolinium-based contrast agent is used.  CTA can be performed rapidly, but 

there are safety concerns associated with ionizing radiation and iodine based 

contrast agent (4) in patients with impaired renal function. Contrast induced 

nephropathy (CIN) can cause temporary or permanent reduction in kidney 

function. CTA also has been known to produce image artifacts caused by 

plaques in the arteries. MRA does not use ionizing radiation to acquire images, 

but scan times are longer and acquisitions are more technically challenging. In 

recent years, a few cases of nephrogenic systemic fibrosis (NSF) have been  

reported (5,6) and a link to the gadolinium-based contrast agents used in MRI 

has been suggested.  Approximately 30% of PAD patients also have renal 
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insufficiency (7), thus being at risk for NSF from the gadolinium-based contrast 

agent used in MRA or at risk for CIN from iodine-based contrast used in CTA.  In 

addition to risks of NSF, gadolinium deposits have been found in the brains of 

individuals with normal kidney function (8-10).    Due to these concerns, there is 

a clinical need to develop rapid, safe, robust angiographic methods without the 

use of gadolinium-based or iodine-based contrast media or ionizing radiation, in 

order to widen the availability of angiography to all patients, including those with 

reduced renal function.   

In recent years there have been several promising advancements in 

noncontrast magnetic resonance angiography (NC-MRA)(11-15).  Currently the 

use of NC-MRA has been restricted due to the need for special coils, MRI 

hardware, or the time that is required to acquire images. In this work, we have 

developed new NC-MRA methods to image the thoracic aorta, descending aorta, 

iliacs, and the femoral arteries, using standard MRI hardware, coils, and in 

clinically acceptable scan times. These improvements could improve the 

availability of these techniques to more systems and thus more patients, 

including those who are contraindicated for contrast agents.  This has been 

accomplished through improvements in B1+, or transmit RF field, homogeneity at 

high field strengths (>3T), reducing the scan time by a factor 2, and performing 

NC-MRA using standard receiver coils.  

The manuscript begins by giving an overview of the principles of MRI, 

including the current state-of-the-art MRA clinical tools.  Chapter 4 discusses k-

space sampling and compressed sensing reconstruction techniques.  Following 
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this discussion, RF field characteristics and the difficulties presented by higher 

field strengths will be covered. Chapter 6 describes the use of high-permittivity 

padding to improve transmit B1 inhomogeneity to improve ECG-based TSE 

acquisitions of the femoral arteries of the thigh. Chapter 7 will focus on how the 

acquisition of the aorta and iliac arteries can be acquired in half the normal time 

through the use of radial stack of stars undersampled k-space and compressed 

sensing.  Chapter 8 will discuss imaging of the thoracic aorta, and how through 

the use of a T2 prepared acquisition, images of the aorta can be acquired in a 

single breath-hold with the use of standard receiver coils.  
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Medical imaging using MRI requires taking advantage of the nuclear 

magnetic resonance (NMR) effect. The nuclear magnetic resonance (NMR) 

effect was discovered initially in 1946 by Bloch and Purcell (1,2), and has begun 

to be a useful tool in the noninvasive diagnosis of arterial disease.  To improve 

imaging, it is necessary to understand how the imaging is performed.   This 

section will begin the discussion of the nuclear magnetic resonance effect, and 

the associated quantum mechanical principles, along with excitation and 

relaxation mechanisms, and their applications.  To improve imaging methods that 

are already established it is necessary to understand the physics behind MRI to 

aid in the decisions that are made. 

 

2.1 Nuclear Magnetic Resonance 

2.1.1 Nuclear Magnetic Resonance Effect 

NMR relies on the intrinsic spin properties of atoms. Atoms with odd 

numbers of protons and/or neutrons have an angular spin momentum, or a spin, 

and so they will act as magnetic dipoles.  When atoms are not in an external 

magnetic field the spins will align randomly which results in a zero net 

magnetization. When placed in a static external magnetic field, the spins will 

align either parallel or antiparallel to the magnetic field.  The spins in the external 

field will also precess with a known frequency, 

 

=  [2.1] 
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where  is the gyromagnetic ratio.  Different elements will have different 

gyromagnetic ratios, for example, for hydrogen  = 42.58 MHz/T.  This work 

focuses on hydrogen atoms with a single proton, or H1, which due to its 

abundance in the body is the focus of clinical scans.  

When the spins align in the external magnetic field the antiparallel state 

has higher energy than the parallel state. The lower energy state can transition to 

the higher energy state by absorbing energy. The energy can be determined 

through analyzing the Hamiltonian, where  

 

| = | = −ℏ |  [2.2] 

 

resulting in 

 

= −ℏ   [2.3] 

 

which for a proton where = ± , we get that  

 

∆ = ℏ  [2.4] 

 

 where ℏ is Planck’s constant, and B0 is in the z direction.  The lower energy 

state is the preferred state based on the Boltzmann distribution, with the ratio of 

the number of protons in each state given by  
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=
∆   

 , [2.5] 

 

where the number of spins in the lower energy state is given by  and the 

higher by , ∆   is the energy difference between the lower and higher energy 

states and is given above, and T is the temperature.  

 With an increase in the main magnetic field, B0, there is an increase in the 

precession frequency of the protons.  There is also an increase in the separation 

energy between the states, as well as the equilibrium ratio.  Based on the ratio of 

spins parallel and spins antiparallel it is observed that in the limit where the 

temperature approaches absolute zero all spins point with the applied magnetic 

field and the magnetization will be complete. But in practice, at the temperatures 

used in imaging the human body, approximately 310 K, and the magnetic field 

strengths will vary from 0.35 T to 7 T in clinical practice for whole-body systems 

and up to 9.4 T systems for head-only scans.  For these field strengths, the 

excess of the spins is on the order of one spin per one million, with 1.5T 

corresponding to an excess of 10 parallel spins per million.  

 The total observable magnetization is then the vector sum of all the 

magnetic moments individually.   This can be written generally as  

 

= ( − ) [2.6] 

 

or it can be written with respect to a particular axis, using the angular orientation 

to that particular axis, with  
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= 〈 cos( )〉 . [2.7] 

 

When solving these equations with the Boltzmann distribution, the equilibrium 

magnetization can be obtained,  

 

=
ℎ

4
. [2.8] 

 

The equilibrium magnetization is directly proportional to the main magnetic field 

strength.  

 

2.1.2 Excitation 

Hydrogen, when placed in an external magnetic field, will precess at a 

frequency 

 

= , [2.9] 

 

which is in the radio transmission part of the spectrum (for H1at 1.5T,  = 63.86 

MHz and 127.7 MHz at 3T).  Resonance will occur if an electromagnetic wave is 

applied with the same frequency as the precession frequency, and is called radio 

frequency excitation (RF excitation).  The excitation causes the magnetization to 

change according to  
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= ×  [2.10] 

 

where  

 

=  [2.11] 

 

and  

 

=
( )
( )  [2.12] 

 

 (3).  When this excitation is performed the magnetization tips into the transverse 

plane, which allows a signal to be received by receiver coils on the same 

frequency.  

 

2.1.3 Relaxation 

After excitation the spins will relax back to their longitudinal magnetization 

along the direction of the static external field.  There are two relaxation 

mechanisms, spin-lattice or longitudinal relaxation, and spin-spin or transverse 

relaxation.  Both of these relaxations need to be taken in to account when 

determining magnetization and thus Bloch added this to the magnetization 
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equation to make  

 

= × +

−

−

−

, [2.13] 

 

where T1 is the longitudinal relaxation term and T2 is the transverse relaxation 

time (4).   

Spin-lattice relaxation is the relaxation that occurs in the longitudinal or Mz 

direction, as shown in Figure 2.1. After excitation the magnetization will recover 

along the direction of the static magnetic field in an attempt to return to thermal 

equilibrium. The relaxation time, or T1 value, is a time constant specific to 

individual tissues, which characterizes the rate at which the exponential recovery 

occurs along the Mz direction. 

Spin-spin relaxation is the decay along the direction perpendicular, or xy 

direction, to the static magnetic field.  This relaxation is the result of the 

interactions of the molecules within their own unique microenvironment. These 

interactions cause the excited spins to dephase and the net magnetization in the 

xy direction will be zero, as can be seen in Figure 2.2. This dephasing is 

characterized by a time constant T2, which specifies the expected time that the 

tranverse magnetization will decay to approximately 34% of the original 

magnetization.  In practical terms, the transverse relaxation occurs at a faster 

rate due to inhomogeneities in the effective field homogeneity, and this faster 
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relaxation is characterized by the relaxation time T2*.  This field inhomogeneity 

comes from inhomogeneities in the static magnetic field, as well as susceptibility 

differences, which cause dephasing to occur more quickly.   The observed T2 

relaxation, or the effective T2 relaxation, can be determined through 

 

1
∗ =

1
+

1
, [2.14] 

 

where ∗ is the combination of the effect of  and , which is the effective field 

inhomogeneity.  Some sequences are T2* weighted, while others are able to be 

weighted according to T2, and will be discussed later.  

 

2.2 Image Contrast and Techniques 

2.2.1 Image Contrast 

There are multiple ways in which contrast between different structures and 

tissues can be obtained. When acquiring images, it is possible to specify the 

repetition time (TR) and the echo time (TE), as can be seen in Figure 2.3, which 

depending on settings can affect the contrast in the image.  There are three main 

contrasts, or “weightings,” which are clinically relevant:  T1, T2, and proton density 

weighted. For the studies performed in this work, each of these image weightings 

were used. 

T1 weighted images are acquired with a short TR and a short TE, where 

short is typically considered to be TR and TE << T1 or T2, respectively. By 

acquiring the image with a short TR, the more signal the tissue with shorter T1 
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will produce compared to tissues with longer T1. T1 values for common bodily 

tissues can be found in Table 2.1 (5,6). T1 weighted images were acquired in the 

abdominopelvic region, which is discussed in Chapter 7.  

When trying to obtain T2 weighted images long TR and TE is used. Long is 

not generally specified, but is typically considered 3-5x T1 or T2, respectively. 

When imaging for T2 weight, tissues with longer T2 will have greater signal. T2 

values for common bodily tissues can be found in Table 2.2 (5,6). Fast spin echo, 

a T2 weighted acquisition, was used for NC-MRA of the iliac and femoral 

arteries, which were susceptible to B1+ inhomogeneities, or inhomogeneities in 

the transmit RF field, which is discussed in greater detail in Chapter 5. 

Improvements needed are discussed in Chapter 6.  

The third most common image weighting is proton density (PD) imaging.  

PD images are acquired with a long TR and a short TE. When imaged with this 

weighting the areas that have a higher number of protons will have the greatest 

signal.  PD imaging is an important component for B1+ mapping, which will be 

discussed in Chapter 5 in greater depth.  

 

2.2.2 Imaging Techniques 

The conventional imaging techniques used in MRI are gradient echo and 

spin echo imaging. Lately, Steady State of Free Precession (SSFP) techniques 

have begun to be used in MRI for angiography.   

Gradient echo (GRE) imaging is performed by using gradients to form an 

echo.  During the free induction decay, a dephasing gradient is applied, which 
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causes the signal to have an accelerated decay.  In order to obtain a signal, the 

process is reversed, where a rephrasing gradient is applied, the same strength 

but an opposite polarity, which undoes the dephasing that was applied in the first 

step, creating an echo.  This rephasing gradient only refocuses the spins that 

were dephased by the initial dephasing gradient; it will not affect T2 or T2* 

processes. During this process only one RF pulse is applied to the sample.  This 

acquisition type is beneficial because when GRE sequences are applied with a 

low flip angle, then short TR values can be used as well. As a result of short TR 

and short TE, image acquisition can be rapid. However, due to the nature of the 

acquisition, GRE sequence image contrast is obtained not by true T2 weighting, 

but rather by T2* weighting. As a result of this dependence on T2*, GRE 

sequences are affected by susceptibility, chemical shift artifacts, and also 

homogeneity issues.  

Spin echo (SE) relies on the refocusing of the transverse magnetization 

through the application of an RF pulse to put the spins in the transverse plane. 

After a period of time, t, a 180° refocusing pulse is applied.  After time t has 

passed following the refocusing pulse, the nonmoving spins reconverge and a 

signal echo is formed.  Just as with gradient echo imaging, T1 and T2 effects are 

not corrected for. There is also no correction for phase shifts, or flow. It is 

possible, if the T2 for the tissue in question is long enough for multiple signal 

echoes to be formed by repeating the refocusing pulse, to acquire a chain of 

signals.  SE imaging uses an RF pulse for refocusing the spins, where GRE 

sequences refocus using gradients, so B1 inhomogeneities can cause problems 
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with this acquisition type. 

Steady state imaging is done when TR << T2 < T1.  When acquiring 

steady state signal, the transverse signal does not completely decay before the 

next signal is acquired.  This creates a signal that is both T1 and T2 weighted.  It 

is referred to as steady state imaging because the magnetizations, transverse 

and longitudinal, reach a steady state. One specific steady state method is 

balanced SSFP (b-SSFP), since the gradients being applied are balanced, which 

causes the net gradient per TR to be zero, as shown in Figure 2.4, which 

prevents the magnetization from dephasing. The steady state magnetization of b- 

SSFP acquisition can be written as  

 

≃ sin( )
1

1
2 (1 − cos( )) + (1 + cos( ))

 [2.15] 

 

where  is the flip angle.  Of note is the T1/T2 factor in the denominator.  This 

indicates that b-SSFP contrast is actually T2/T1 weighted when the flip angle is 

near 90°.   

One of the advantages of the b-SSFP readout for NC-MRA techniques is 

that blood signal is bright due to the high T2/T1 weighting, but fat signal needs to 

be taken into consideration as well due to its high T2/T1 ratio.  B-SSFP imaging 

also benefits from the fresh blood flowing into the imaging slice, and can also be 

done rapidly, which is beneficial for patient comfort and image quality. 

B-SSFP is highly susceptible to off-resonance effects. If there are B0 

inhomogeneites, the off-resonance effects are typically presented through a 
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banding artifact. Since B0 inhomogeneities increase with increasing field 

strength, b-SSFP imaging can become more challenging at higher field strength 

(≥3T). Improving B0 homogeneity and minimizing TR can be used to minimize 

these artifacts.  

 

2.3 MRI Hardware 

MR scanners are categorized in many different ways. There are low-field 

systems (< 1.0T), high-field systems (1.0T to 3.0T) and lately ultra-high-field 

systems (> 3.0T) have begun to be commercially available. Open-bore systems 

utilize a permanent magnet which is typically in a horseshoe shape, and are 

typically in the low-field range.  High-field and ultra-high-field systems are closed 

bore systems where a superconducting solenoid creates a stable homogenous 

magnetic field.  Superconducting properties of the solenoid are maintained 

through the use of a liquid helium cooling system.  MRI hardware structure for a 

superconducting closed bore magnet can be seen in Figure 2.5. 

Gradient coils are loops of wire, or thin conductive sheets that are just 

inside the bore of the scanner.  These loops, or sheets, can have a current 

passed through them, which will create a magnetic field. This gradient field 

distorts the main magnetic field and allows for localization of signal.   There are 

three sets of these gradient coils, one for each of the x-, y-, and z-directions, 

which can be applied independently or together.   

In addition to the main magnetic field coil and gradient coil, there are also 

RF coils.  These coils are responsible for the transmission of the RF field which 
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perturbs the spins, and also for the reception of the signals from the perturbed 

spins.  For transmission, the B1 field is produced through current being passed 

through specific RF-transmit coils.  This rotating magnetic field is perpendicular 

to the direction of the main magnetic field, and when applied near the Larmor 

frequency of the spins being imaged, deposits energy in to the system.  Coils 

used to receive the signal from the excited spins are placed on the body in the 

area that is being imaged.  Different receive coils exist to try improve the 

visualization of the specific body parts being imaged.  Specialty coils, such as 32 

channel cardiac coils, are expensive and not available at all scanners but can 

improve image quality, whereas standard coils, such as the 8-channel flex coil, 

are readily available and good for general purpose imaging.  

Shimming is a method of correction that is used to correct the 

homogeneity of the magnet once the magnet is placed on site.  There are two 

ways in which a homogeneous B0 is achieved: passive and active shimming.  

Passive shimming involves the introduction of ferromagnetic materials within the 

bore of the magnet, with many iterations required before the desired 

homogeneity is achieved. Active shimming uses specialized shimming coils to 

create a corrective magnetic field.  Active shimming requires a prescan field map, 

which determines unwanted spherical harmonics, and an equal and opposite 

spherical harmonic is created by the active shim coils.  The superposition of 

these two spherical harmonics corrects the inhomogeneity.  Active advanced 

shimming was performed for the studies performed at 3T in order to ensure a 

homogeneous B0 for experimentation.   
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2.4 Summary 

Improvements to MRI require understanding the physics and the 

associated mechanical principles related to the NMR effect. The improvements 

that increasing B0 can have on imaging, by increasing the signal, and impacting 

the T1 values in tissue, but also by affecting the Larmor frequency which causes 

an impact on the excitation, will be discussed further in Chapter 5.  When 

performing imaging, hardware considerations must be taken into account, and by 

not relying primarily on specialized, expensive equipment, access to MRI imaging 

can be improved.   
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Figure 2.1: T1 relaxation for common tissues that need to be accounted for in 
NC-MRA.  

 

 
Figure 2.2: T2 relaxation for common tissues that need to be accounted for in 
NC-MRA.  
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Figure 2.3: Representative pulse sequence diagram showing repetition time 
(TR), and echo time (TE).   
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Figure 2.4: Representative pulse sequence diagram showing a balanced 
steady state of free precession (b-SSFP) readout, which can be repeated n 
number of times.  
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Figure 2.5: Visual representation of clinical MR scanners.Cross-section of a 
representative superconducting closed bore MRI scanner, showing location of 
primary coil, gradient coils, transmit coil, and passive shimming. Longitudinal 
section is also shown which demonstrates the positioning of the table and 
receive coils in the system. The object to be scanned is placed in the scanner 
bore with the area to be imaged placed near the scanners midpoint 
(isocenter). 
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Table 2.2: T2 relaxation times for common body tissues at 1.5T and 3T (5,6). 
 

 

Table 2.1: T1 relaxation times for common body tissues at 1.5T and 3T (5,6). 
 

 



 

 

CHAPTER 3 

 

NONCONTRAST MAGNETIC RESONANCE TECHNIQUES 
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 Angiographic techniques that are used to image vasculature using MRI 

are grouped in the category of Magnetic Resonance Angiography (MRA).  MRA 

images can be used in the diagnosis and treatment of diseases due to the ability 

to image vessel narrowing (stenosis), vessel dilation (aneurysms), complete 

blockages (occlusions), and the presence of blood clots.  

MRA can be performed with gadolinium contrast agents, CE-MRA, or 

without using contrast agents, NC-MRA. There are several recently developed 

techniques for NC-MRA that aim to show contrast between arterial and 

background signals.  The main NC-MRA techniques are: (1) flow-dependent 

techniques, like time-of-flight, phase contrast, or subtraction based techniques; 

and (2) flow-independent techniques, like T2 prepared acquisitions. Several of 

these will be covered in this work, but discussion of every noncontrast technique 

is beyond the scope of this work. 

 

3.1 Common Approaches 

3.1.1 Gadolinium Enhanced MRA 

The use of gadolinium-based contrast agents is the current standard of 

care for MRA, because they are effective at creating signal contrast in the 

vessels and tissues that they are in.  When using gadolinium contrast agents it is 

necessary to image while the contrast agent is in the vessels before it has 

perfused into the extracellular space to obtain the optimal contrast. Gadolinium in 

its free ion form is considered to be somewhat toxic, and so is chelated to protect 

tissues from that toxicity.  



27 

 

Gadolinium is a paramagnetic material with seven unpaired electrons, 

which when placed in an external magnetic field creates magnetic dipoles.  

Unpaired electrons produce a stronger magnetic field than nuclei do, and 

fluctuate around the nuclei. Since a fluctuating magnetic field is necessary to 

relax spins, the unpaired electrons will produce a magnetic field at a frequency 

that is close to the Larmor frequency of hydrogen protons.   The magnetic field 

will perturb due to the large fluctuating magnetic fields.  These large fluctuating 

magnetic fields close to the Larmor frequency will result in the significant 

shortening of the longitudinal relaxation time, or the T1 of the surrounding 

molecules will be greatly reduced. The effect depends on the concentration of the 

gadolinium contrast agent in the area being imaged, and the effect on the T1 

value can be determined from 

 

1
=

1
+

1
 [3.1] 

 

and the value for T1C can be determined by  = [ ], where [C] is the 

concentration of the gadolinium contrast agent.  

Gadolinium contrast is an effective tool in MRI due to the change that it 

has on spin-lattice relaxation rates. It has been used not only in MRA, but also 

when imaging scar tissue infiltration (late gadolinium enhancement), diffusion 

rates in tissue, and several other diagnostic tools. Gadolinium also has been 

linked to nephrogenic systemic fibrosis for individuals with impaired renal 

function, and gadolinium deposits have even been observed in the brains of 
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individuals with normal renal function, so care needs to be taken when 

gadolinium contrast is used, and methods that do not require gadolinium contrast 

agents to obtain diagnostic quality images are important.    

There are two methods used to acquire CE-MRA, and the preferred 

method depends on the gadolinium contrast media that is used.  The most 

commonly used method is a first pass method that uses a gadolinium contrast 

agent that perfuses into the extracellular space as it passes. This method 

requires precise timing to ensure that the contrast has not perfused into the 

extracellular space, thus preventing proper visualization of the vessels. In 

addition, contamination from veins in lower extremities can occur if the contrast 

agent has begun to return to the heart through the veins (1-6).  

Recently gadolinium contrast media which remains in the bloodpool or in 

the blood vessels, intravascular contrast, has been developed and used in CE-

MRA.  Since the contrast does not enter the extracellular space but remains in 

the vasculature, other than some leakage with albumin-binding contrast agent (7-

9), it is possible to use a lower dose of the contrast agent, and also to extend 

imaging beyond the short arterial first pass phase.  This allows for the acquisition 

of steady state images. Steady state imaging allows for a longer acquisition time, 

which allows for the acquisition of higher resolution images.  Steady state 

imaging will result in some venous contamination, but due to the higher 

resolution of the images discerning the difference between veins and arteries is 

possible (3,10-12). There are problems with availability of these agents due to 

the manufacturer for Ablavar (an albumin-binding contrast agent) halting 
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production, and ferumoxytol (an agent around 30 nm large) obtaining a boxed 

warning from the FDA (13).  

 

3.1.2 Time of Flight 

Time of flight (TOF) MRA has been around since the 1980s and is one of 

the most commonly used noncontrast angiographic techniques. Even though it 

has recently been displaced, this bright blood imaging technique is still important 

for noncontrast neurovascular and peripheral angiography (14,15).  When 

imaging using TOF, repeated excitations are performed over the slice or volume 

to be imaged. These repeated excitations have the effect of saturating the 

protons in the stationary tissues that surround the vessels in question.  Fresh 

blood flowing into the slice or volume of interest has protons which have not been 

saturated and thus will have a high initial magnetization.  Since both arterial and 

venous blood is fresh flowing into the region of interest, typically a tracking 

saturation pulse is used to nullify inflowing venous blood.  Maximum 

enhancement of vessels occurs when vessels are perpendicular to the imaging 

plane, and thus TOF is somewhat insensitive to in-plane flow, which can lead to 

pseudostenosis (16).  When imaging in 3D, TOF imaging has a limited slab 

thickness, due to the need for fresh unsaturated blood to reach the region for this 

bright blood signal to be received (17). 

Clinically, the most common application for TOF imaging is in the imaging 

of the intracranial vessels (18-21).  2D TOF was the standard for peripheral 

angiography prior to the use of contrast agents to obtain bright blood images. 
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CE-MRA has largely replaced TOF imaging because TOF has longer acquisition 

times and creates pseudostenosis due to saturation of in-plane vessels.  

 

3.1.3 Phase Contrast  

Stationary and moving spins exhibit different reactions when exposed to 

bipolar magnetic field gradients, which is the basis for phase contrast imaging.  A 

bipolar gradient is created by a gradient being applied in one direction for a 

period of time, then switching to the opposite direction, with the same amplitude, 

for the same period of time.  The net accrual of phase for stationary spins when a 

bipolar gradient is applied is zero, but spins that are moving along the direction of 

the gradient will develop a nonzero phase.  This nonzero phase is proportional to 

the velocity with which the spins are moving in the direction of the applied 

gradient.   

This phase accumulation is not visible on magnitude images, but rather 

through the subtraction of an image obtained using a positive bipolar gradient 

and then an image using a negative bipolar gradient. The signal from the 

stationary spins when these two images are subtracted is canceled, but the 

signal from the moving spins is additive, which creates the angiogram (22,23).  

The use of phase contrast is important in this work because to determine 

the timing used in ECG-gated FSE imaging it is necessary to determine the time 

for systolic and diastolic phases. When imaging in the thigh and calf regions it is 

necessary to run a phase contrast scout to determine at what time the maximal 

flow occurred.   
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3.2 Novel Approaches 

3.2.1 ECG-gated 3D Partial-Fourier Fast Spin Echo  

Sequence 

Initially introduced in 1985 by Wedeen et al. (24), ECG-gate FSE MRA is 

one of the more popular noncontrast MRA techniques, with all major MRI 

vendors having it as a commercially available product. The sequence is gated, or 

begins image acquisition, based off readings acquired from the ECG readings 

the system is receiving. The feasibility of the acquisition was improved with the 

replacement of the spin-echo acquisition with a partial-Fourier FSE acquisition, 

by Miyazaki et al. (25). This method takes advantage of the fact that during the 

systolic and diastolic cardiac phases the flow velocity in the arteries changes.  

During the systolic phase there is signal loss in the arteries due to the dephasing 

of the spins due to the fast flow.  In diastole the blood is slower moving and thus 

dephasing is not observed. Venous blood travels at a more consistent velocity 

regardless of cardiac phase.  When two images are acquired, one in systole, and 

the other diastole, a subtraction can be done, which since the background tissue 

and venous blood exhibit similar signal regardless of cardiac phase they will 

cancel, leaving a bright arterial blood signal, as seen in Figure 3.1.   

This method relies heavily on signal differences between the two 

acquisitions, which relies on transmit flip angles to be applied consistently across 

the volume of interest. Nonuniformity of the transmit radio frequency (B1+) field 

can cause the actual flip angle in tissue to be different from the prescribed or 

nominal flip angle. The B1+ inhomogeneity tends to become more severe for 



32 

 

higher field strengths, and at 3 Tesla, noticeable B1+ variation in different parts of 

the body has been observed by many studies (26-28), and will be discussed in 

detail in Chapter 6.  The flip angle variation can be anywhere from 30 - 50%. 

Therefore, careful consideration of the B1+ inhomogeneity is important to the 

imaging of areas that are affected by this inhomogeneity.  When trying to develop 

ECG-gated FSE NC-MRA it was observed that this inhomogeneity was 

distributed in a radial pattern, with the lowest flip angles being on the right 

femoral artery of the pelvis when the patient was placed feet first supine into the 

bore of the MRI. The effect of this B1+ inhomogeneity was a signal loss in the 

subtracted images which were used for the bright blood angiography.   

 

3.2.2 Quiescent-Interval Single-Shot 

Quiescent-Interval Single-Shot (QISS) imaging is an ECG-gated technique 

that has been shown effective in patients at 1.5T (29) with acquisition timing 

shown in Figure 3.2. After a delay from the cardiac R-wave a slice-selective 

saturation RF pulse is applied to the slice that is to be imaged.  This is then 

followed with a tracking saturation pulse that is used to nullify the signal from the 

inflowing venous blood.  After the application of the caudal RF pulse there is a 

quiescent interval, which coincides approximately with the time when blood is 

flowing most rapidly through the arteries, where no RF pulses are applied.  Prior 

to image acquisition, a chemical shift-selective fat saturation RF pulse is applied 

to nullify fat signal within the imaging slice. Once all preparatory RF pulses are 

applied, image acquisition is performed using a single-shot two-dimensional 
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balanced steady-state of free precession during the diastolic phase when the 

arterial blood is moving slowest, or has stopped.   

 

3.2.3 Quadruple Inversion Recovery 

The use of inversion recovery pulse with 3D balanced steady state of free 

precession readout NC-MRA has been developed and used for the evaluation of 

the renal arteries, and has even been validated in patients who have been 

diagnosed with renal artery stenosis (30-33).  A recent development in NC-MRA 

was use of quadruple inversion recovery RF pulses (34,35) to minimize 

background signal and extend arterial imaging coverage.  This sequence begins 

with a nonselective inversion recovery RF pulse. The nonselective IR pulse will 

invert all of the spins (-M0) in the tissues in the MRI. The NS-IR pulse is followed 

immediately by a slice-selective IR (SS-IR) pulse which is positioned so that it will 

cover the abdominal aorta, as shown in Figure 3.3.  This SS-IR acts to reinvert 

the spins which are contained within the slice, so their magnetization is M0.  A 

predetermined period of time later another SS-IR pulse is applied distal to the 

imaging volume. This IR pulse is used to null fresh spins from the inflowing veins.  

 

3.2.4 T2 Prepared MRA 

 As previously discussed, there is a T2 difference between arterial blood 

and other tissues. This difference can be exploited to acquire angiographic 

images that suppress the myocardial tissue and venous blood. T2 preparation 

begins through the application of a 90° pulse that tips the magnetization into the 
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transverse plane where dephasing begins, then a series of 180° pulses are 

applied to rephase the magnetization. After a prescribed period of time a -90° is 

applied to return the magnetization to the z-axis. Due to the T2 differences in the 

tissues there will be a difference in the magnetizations of the tissues, with arterial 

signal being highest, as seen in Figure 3.4. When used in conjunction with SSFP 

readout it is possible to obtain high quality noncontrast MRA images. The use of 

this sequence is limited in scope due to its susceptibility to inhomogeneities in 

the transmit field. 
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Figure 3.1: Representative timing and acquisition of ECG-gated noncontrast 
MRA using fast-spin echo acquisition. Due to the flow dephasing that occurs in 
the arteries during the systolic phase, there is a signal void in the arteries, 
which when subtracted from a baseline image acquired during the diastolic 
phase when the arterial blood is moving slowly or is stationary, allows for a 
bright blood signal to be acquired. 
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Figure 3.2: Representation of the quiescent interval single shot noncontrast 
MRA acquisition. After a short delay, two saturation recovery pulses are 
applied to null the imaging slice and the inflowing venous blood. Imaging is 
performed after another interval, the quiescent interval, with a fat saturation 
pulse and b-SSFP readout.  
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Figure 3.3: Representative structure and timing for QIR NC-MRA. 
Nonselective inversion recovery pulse is applied, followed immediately by a  
slice-selective inversion recovery pulse, which is positioned over the aorta to 
reinvert arterial spins in the aorta. Another slice-selective inversion recovery 
pulse is applied which nulls fresh inflowing venous blood. Before readout a 
short tau inversion recovery pulse is applied to nullify fat signal which can 
contaminate image quality. Readout is balanced steady-state of free-
precession 
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Figure 3.4: Example of the differences in T2 relaxation shows the signal 
difference that can be acquired through the use of T2 preparation. When the 
signal is allowed to decay according to T2 before being retipped in the z-axis, 
there will be significant signal differences between tissues and arterial blood. 



 

 

CHAPTER 4 

 

K-SPACE SAMPLING AND COMPRESSED SENSING 
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4.1 Sampling 

In general, if an RF pulse is applied to a sample at the resonance or 

Larmor frequency the whole volume will be excited.  In order to localize the 

locations of the spins to create an image, gradients must be applied. These 

gradients create a linear variation in the longitudinal magnetic field that is 

dependent on spatial position.  This variation in the magnetic field will cause a 

change in the resonance frequency of the magnetization that is proportional to 

the gradient field. The acceleration of image acquisitions an understanding of k-

space sampling is necessary to show the impact different acceleration 

techniques will have on image quality. With the application of the gradients, the 

MR system is able to encode the spatial information by superimposing the 

gradient fields.  As previously shown, with the resonance frequency occurring at  

 

= , [4.1] 

  

upon the introduction of the gradient fields, the frequency will vary in space 

according to  

 

= ( + ) [4.2]  

 

(in the x-direction). As a result of this applied gradient, the spins at positive x 

positions will precess faster, while spins at negative x positions will precess 

slower.  
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Spatial encoding of the spins through the use of the gradient creates a 

mixture of signals that are received by the MRI. This signal received by the MRI 

is related to the magnetization distribution through Fourier analysis, and can be 

analyzed through the signal equation,  

 

( ) = ( ) ( ) ,  [4.3] 

 

which is the signal that the receiver coils receives integrated over the entire 

volume imaged assuming the reception field is homogeneous. This equation is 

also referred to as the signal equation for MRI.  It shows that the received signal 

is the Fourier transform of the sampled object m(r) at the spatial frequency, k(t).  

This differs from traditional optical imaging where the actual pixel samples are 

directly measured.   

The method of acquisition is determined by the use of the gradients in 

conjunction with the applied RF pulses, or the pulse sequence.  When applied, 

the integral of the gradient waveform will trace a k(t) trajectory in k-space, or 

spatial frequency space.  The encoding pattern, or k-space trajectory, that is 

chosen is important in the acquisition of images in MRI. There are different times 

when the gradients can be applied that will allow for this spatial encoding.  

 

4.1.1 Slice or Slab Selection 

The first gradient that is typically applied is the slice (2D) or slab (3D) 

selective gradient. As has been discussed previously, excitation occurs when an 
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RF pulse is applied to the sample at the resonance frequency. Without any 

gradients being applied, when an RF pulse is applied at the resonance frequency 

the whole volume inside the scanner will be excited, and is referred to as a 

nonselective excitation.  In order to selectively excite specific regions, a magnetic 

gradient is applied perpendicular to the desired slice plane.  This magnetic 

gradient adds to the static magnetic field B0 and, as a result, the spins will 

precess at different rates. An RF pulse, when applied at the same time as the 

magnetic gradient, will only excite those spins which are at the same frequency, 

so only the spins at the specific slice, or volume, will have a shift in their 

magnetization.  The spins which are located outside of the region of interest 

experience no excitation and they will not emit any signal.  The RF pulse does 

not only have one frequency, as this would require an infinitely long duration, it 

will cover a certain bandwidth, which is dependent on the shape and duration of 

the RF pulse being applied.  If desired, it is possible to adjust the thickness of the 

region being excited, by adjusting the bandwidth of the RF pulse, and/or the 

amplitude of the slice selective gradient.  These are related to each other through  

 

∆ =  ∗ ∗ ∆ , [4.4] 

 

where ∆  is the bandwidth of the RF pulse,  is the amplitude of the slice select 

gradient, and ∆  is the thickness. The z-direction is used here for simplicity, but 

slice selection can occur along any dimension.  
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4.1.2 Phase Encoding 

With the appropriate slice selected, further gradients are necessary in 

order to localize the signal to a particular voxel, since all of the spins in the 

excited slice will contribute to the overall signal.  After slice selection occurs, 

there is frequently a phase encoding gradient that is applied.  This causes a 

change in the resonant frequencies of the spins while the gradient is being 

applied.  Before the readout of the signals is performed, a gradient is applied for 

a period of time and then turned off.  This causes the spins to precess at different 

rates when the gradient is on, but the spins will return to precess at the same 

rate as the other spins once the gradient is off.  The period of time when the 

gradient is applied will cause the spins to have gained or lost phase relative to a 

reference state, even though they return to the same resonance frequency after 

the gradient is turned off.  Therefore, the spins will precess at the same 

frequency but the spins will be in different phases.  The total phase shift that the 

spins has undergone is 

 

= ∗ ∗ , [4.5] 

 

where t is the total time that the gradient was applied, G is the amplitude of the 

gradient, and    is the phase shift that the spins have after the phase encoding 

step has been done.  
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4.1.3 Frequency Encoding 

In order to localize in plane, it is necessary to apply another gradient so 

the location of the protons being imaged can be localized to a particular voxel 

within the slice. If attempting to localize in the x-direction, for example, a gradient 

that varies linearly along the x-axis would be applied.  The effective magnetic 

field B(x) along the x-direction would then be  

 

( ) = + ∗  [4.6] 

 

where  is the main magnetic field, x is the position along the x-axis, and  is 

the frequency encoding gradient.  This effective magnetic field will affect the 

resonant frequency, so that it also varies linearly along the x-axis,  

 

( ) = ∗ ( ) = + ∗ ∗ = + ( ), [4.7] 

 

where  is the Larmor frequency from the main magnetic field, and ( ) is the 

frequency offset.  Since the frequency encoding gradient is being applied while 

the signal is being received, this frequency data is included.  When imaging, 

pixels have a finite width, and thus each pixel will have a range of frequencies, 

and not a single frequency. This range of frequencies contained in a single pixel 

is called the per pixel bandwidth.   

 



48 

 

4.1.4 Resolution and Field of View 

When sampling k-space, discrete points are sampled, which in an 

idealized situation would be an infinite number of acquired k-space samples.  For 

practical considerations, however, it is only necessary to obtain a finite number of 

samples.  For simplicity we will consider a two-dimensional symmetric case 

where FOVx = FOVy = FOV and the pixel width is also symmetric, or ∆ = ∆ =

∆ , where ∆  is the pixel width. The total number of samples needed to obtain 

an image with the desired resolution is determined by the FOV and the pixel 

width.  In relating image space parameters to k-space, there is an inverse 

relationship between FOV and the spacing between k-space samples, or  

 

∆ =
1

, [4.8] 

 

and also between pixel width and the k-space FOV, or  

 

∆ =
1

 [4.9] 

 

as seen in Figure 4.1.  

 

4.1.5 k-Space Trajectories 

There are several different approaches that can be taken when sampling 

k-space. The most common is sampling k-space in a line-by-line scheme, or a 
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Cartesian scheme. This sampling pattern allows an inverse Fourier transform to 

be performed to obtain an image.  Many other non-Cartesian-based sampling 

patterns have been proposed and used, including radial and spiral. Radial 

sampling is robust to undersampling and to motion, and spiral trajectories have 

many of the same benefits. Representations of these trajectories can be seen in 

Figure 4.2.  

Non-Cartesian acquisition trajectories have been developed or seen a 

resurgence lately due to their undersampling, robustness to motion and also their 

efficiency. Even with the benefits of radial sampling, Cartesian acquisitions are 

still the most widely used in clinical practice.  In order to shorten the acquisition 

time for thoracic and abdominopelvic NC-MRA, a 3D form of radial sampling is 

being used: 3D stack of stars with tiny golden angles.  

 

4.1.6 k-Space Undersampling 

MRI imaging is performed by traversing multi-dimensional k-space, with 

the speed of this traveling in k-space being limited by certain restraints.  k-Space 

sampling has been traditionally designed to meet the Nyquist criterion, which is 

dependent on the FOV and the image resolution. As has been previously 

discussed the image resolution is dependent on the k-space region, kmax, being 

sampled.  The trajectory that k-space is traversed is determined by the gradients 

applied as described by  

 

∆ = , =
∗ ∗

. [4.10] 
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The strength with which the gradients are applied will affect the time required to 

cover the trajectory, with a higher amplitude gradient meaning a shorter traversal 

time.  There are a couple of restraints to the use of higher amplitude gradients: 

limits in the gradient systems of current scanners and the effect that they have on 

the human body.  Gradients in current MRI systems are limited by a maximum 

amplitude and maximum slew-rate, and thus are hardware limited.  It has also 

been shown that the rapid switching of gradients and high gradient amplitudes 

can cause peripheral nerve stimulation in subjects. For patient safety and comfort 

this stimulation should be avoided if possible, and thus there is a fundamental 

limit to gradient system performance, even if hardware limitations are overcome.     

Since the speed that k-space samples can be acquired is limited, other 

methods to accelerate acquisitions have been developed.  These methods 

violate the Nyquist criterion and as a result reconstructed images exhibit aliasing 

artifacts, but maintain patient safety and comfort and are within the hardware 

limits.  The method by which k-space is undersampled will have an impact on 

image quality, as seen in Figure 4.3.  By acquiring a smaller kmax the image 

resolution is impacted, which can be detrimental to image quality. If uniform 

undersampling is performed the aliasing artifact created is obviously present. 

When random undersampling is performed image quality is diminished, but 

aliasing artifacts are incoherent. These methods aim to reduce these artifacts by 

generating artifacts that are incoherent and not as obstructive of the image, 

exploiting redundancy in k-space, or exploiting spatial or temporal redundancy.  

The methods proposed in this work utilize these approaches to reduce scan time 
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and maintain image quality. 

   

4.2 Radial Sampling 

4.2.1 3D Stack-of-Stars 

Radial trajectories are robust to motion, and undersampling, due to 

overlapping in the central part of k-space, there is an averaging effect on motion 

(1-5). One approach that has been proposed for obtaining 3D data sets using 

radial trajectories is the use of stack-of-stars. Each kx-ky partition is obtained 

separately with the radial pattern being acquired for each kx-ky partition to 

minimize crosstalk between each partition as well as maintaining a consistent T1 

weighting. Typical commercially available 3D radial sampling requires an 

isotropic resolution due to how the k-space sampling occurs.  

Radial sampling requires accuracy from the gradients systems that was 

not completely possible until a few years ago. The pulse sequence proposed and 

used in this thesis is the 3D radial stack of stars, which samples in the kx-ky 

partition with radial readout sampling, and Cartesian slice encoding in the kz 

direction.  The underlying pulse sequences are based on a balanced steady state 

of free precession readout, with different preparation schemes.   

The readout sampling in radial acquisitions is achieved by rotating the 

Cartesian readout direction by some defined rotation matrix, for example in the x-

direction: 

 

=
cos( ) − sin( ) 0
sin( ) cos( ) 0

0 0 1
 [4.11] 
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where θ is the angle of rotation for each line of k-space.  The gradient can then 

be obtained through  

 

, = =
cos( )
sin( )

0
. [4.12] 

 

These equations demonstrate that unlike in Cartesian sampling where the 

readout gradient is applied along only one direction, the readout for radial 

sampling is applied in both the x- and y-directions simultaneously.  The individual 

gradient strength is then determined based upon the original gradient strength 

and then weighted using sine and cosine with the angle of the acquisition.   

 The angles used for the acquisition can be arbitrarily chosen, but some 

angles are preferred over other angles. The most commonly used sampling types 

are uniform sampling, golden angle sampling, and, recently, tiny golden angle 

sampling.  In each case the angle change from one acquisition to the next is 

constant.  

 Uniform sampling evenly distributes the acquisitions or rays uniformly over 

the range of [0, π], where the angular increment between each acquisition is 

determined by the total number of rays acquired and can be expressed by ∆ =

 where N is the number of rays acquired.  This acquisition method has the 

benefit that the rays are evenly distributed across the acquisition range, and 

allows for acquisitions in incremental order, or interleaving the rays. It also allows 

for rays to be acquired with the orientation of the ray flipped, by increasing the 
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angle by π, which can improve the robustness to off-resonance effects.  

Golden angle acquisitions use an angular increment ∆ = , where  is 

the golden angle,  

 

=
180°

1 + √5
2

≈ 111.24°. [4.13] 

 

Using an angle increment at the golden angle has several advantages which 

have been shown: self-interleaving, approximate uniform distribution, including 

any subsequent set of rays, no ray is acquired twice, and when time is a 

dimension the number of rays used can be retrospectively selected. When 

golden angle is used for the incremental step, each new spoke closes the largest 

gap between the previous spokes. This enables an even distribution of readout 

rays regardless of the number of rays that are acquired, which makes the golden 

angle increment an ideal acquisition pattern for dynamic acquisitions.  When 

acquiring dynamic images, it is possible to “rebin” the rays into temporal frames, 

and by using the golden angle pattern, regardless of the number of rays that 

were acquired, there will be an even distribution of rays in the slice.   

In order to improve the effectiveness of the constrained reconstruction for 

3D imaging, the incoherent artifacts need to appear in different patterns in 

different slices. When acquiring using Cartesian sampling, this is accomplished 

through random distribution of the sampling pattern. When acquiring 3D radial 

stack-of-stars, it is common for the sampling pattern to be repeated for each kx-
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ky partition. If the sampling is done in this way, the streaking artifacts will be 

repeated on each slice, which will minimize the effectiveness of the 

reconstruction method being used. This can be avoided by rotating the sampling 

pattern being used so that the rays do not overlap. To avoid that problem in this 

work the projection angles were rotated by the next golden angle increment from 

the previous ray. This allowed for the artifact in adjacent slices to have a different 

structure.  

Due to the large angle differences between subsequent rays, there are 

rapidly changing eddy currents that are created in the conducting part of the 

magnet. Due to the nature of b-SSFP readout, and its need for homogeneity in 

the field, as discussed in Chapter 2, these eddy currents can exhibit strong signal 

fluctuations.  In order to still gain the advantages of the irrationality of the use of 

golden angles, an irrational angular increment based on the golden angle has 

been proposed.  This angle measure takes smaller steps between each 

successive ray which minimizes the creation of eddy currents.   

 

=
1 + √5

2 + − 1
, [4.14]

 

 

where N = 1, 2, 3…, where the first two terms are the golden angle and the 

complementary golden angle. When N > 2 the angles are tiny golden angles, and 

have the same benefits when used in a radial acquisition when more than 2N 

samples are acquired. For this work, it was determined that an optimal value for 

N was 7. Even distribution across k-space can also be seen for the golden angle 
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and tiny golden angle, with N = 7, in Figure 4.4. The separation between the 

maximum angle and minimum angle between two adjacent rays converges and 

maintains close proximity in these three radial k-space sampling techniques after 

a certain number of rays has been acquired, as shown in Figure 4.5.   

 

4.2.2 Non-Cartesian Reconstruction  

When dealing with Cartesian sampled acquisitions, reconstructions are 

simple and straightforward; a simple inverse Fourier transform is all that is 

necessary.  For non-Cartesian sampling, inverse Fourier transform is not an 

option, but there are several other viable options available, for example 

resampling, conjugate phase reconstruction, and projection-reconstruction.   

Projection reconstruction was the original method used for the 

reconstruction of MRI images (6,7).  This reconstruction technique is very similar 

to how CT images are reconstructed, and so is accomplished by a filtered back 

projection of a 1D inverse Fourier transform of each line.   

Conjugate phase reconstruction is computationally very intensive as it 

requires that an integral to be done for each pixel separately (8-10).  

Resampling is a method where the non-Cartesian data is sampled as 

Cartesian data, then the inverse Fourier transform can be applied. The most 

commonly used resampling method is called gridding.   For the radial trajectories 

that were acquired in these studies, gridding was used with a density 

compensation for the overlapping central k-space points.  In order for the 

gridding method to be used it is necessary to know the angle that each 
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subsequent acquisition is acquired in relation to the last.  A typical gridding 

algorithm that is used is  

 

, = , , , ∗ , ×
∆

,
∆

 [4.15] 

 

where ,  is the density compensation function, ,  is the 

convolution kernel, ,  is the non-Cartesian sampling function, and 

∆
,

∆
 is the Cartesian grid sampling. 

 

4.3 Constrained Reconstruction 

The constrained reconstruction method has been around for decades. 

There are many different kinds of constraints that have been proposed in the 

literature, and a discussion of all the different constraints that have been 

proposed is beyond the scope of this work.  For this work we will discuss a few, 

but focus on the nonlocal means denoising algorithm. 

It was originally thought that it was not possible to recover information that 

was beyond the measurement cutoff frequency. The information is not apparent 

in the measured data, but by looking elsewhere, these frequencies can in fact be 

partially restored.  Rather than treating the unmeasured data as zeros, which is 

what conventional Fourier reconstruction aims to do; these constrained 

approaches instead recover the unmeasured data based on a priori information.   

Compressed sensing (CS) while relatively new, promises to 
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mathematically produce accurate signal reconstructions when data is sampled 

below the Nyquist sampling rate.  There are some requirements to the use of 

compressed sensing modeling. 

1. The model being used for CS is sparse in a transform domain. This means 

that in a certain transform representation that a fully sampled data set 

should only have a few nonzero coefficients.  

2. When undersampling is performed in the measurement domain the 

artifacts that are created should be incoherent. For this reason, random 

sampling of k-space is performed, since regular sampling will produce 

coherent artifacts in the image that are not separable in the sparsity 

transforms and they cannot be eliminated using CS. 

If these conditions are not met then the application of nonlinear 

reconstruction methods can be used to estimate the image, which is both 

consistent with the samples that have been measured and represented with a 

few coefficients can be some nonlinear reconstruction methods.  Noncontrast 

MRA is a candidate for CS due to the sparsity of the data acquired.  

Nonlocal means (NLM) denoising is the primary method of constrained 

reconstruction used for this work. NLM denoising takes advantage of the 

redundancy in the data that is contained in the image (11-14). Normally in the 

denoising of natural images, the data contains areas that contain varying 

textures, or smoothness, that can be used in this algorithm. When using NLM 

denoising in medical images, some care must be taken because areas of the 

image might contain similar textures, while having different meanings, and thus 
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should not be used for comparison.    

One of the downsides to NLM denoising is that it is computationally 

demanding and requires significant time for reconstruction due to the 

comparisons being made across the image (11,14). In order to accelerate the 

reconstruction using NLM denoising, a 3D method where the comparison is 

being done in a smaller three-dimensional volume was used (14).  It is also 

possible that the use of the redundancy in the image can introduce artifacts in the 

clinical images.  

Another popular method is the use of a wavelet transform (15-17). The 

use of a discrete wavelet transform is beneficial because in application it is a 

sparse representation of the data and can be used to describe local features. 

Due to the sparsity of the transform, it is possible to filter out most of the noise, 

while still being able to preserve the fine details, or the high frequency data.  The 

use of a wavelet transform filter was proposed for the conditions where the noise 

is Rician. It is necessary for the noise variance to be estimated, and is based on 

the square of the magnitude image that comes from the k-space data.  

 

4.4 Summary 

There are many different approaches to sampling k-space. The most 

common in clinical practice is the use of a Cartesian sampling pattern.  Lately a 

resurgence in non-Cartesian sampling patterns has occurred due to the many 

potential benefits that non-Cartesian sampling patterns offer in comparison to 

Cartesian sampling.  It was not until recently that non-Cartesian sampling was 
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feasible in a clinical setting due to the need for accurate gradient systems and 

homogeneities in the fields. With the use of radial sampling specifically, it is 

possible to accelerate the acquisition and use a constrained reconstruction 

method to recover the data and produce images with the incoherent artifacts 

removed. 
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Figure 4.1: Example showing the structure for the sampling of k-space in a 
Cartesian sampling pattern. 
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Figure 4.2: Representative common k-space trajectories (a) 2D from left to 
right: Cartesian, radial, and spiral; and (b) 3D from left to right: Cartesian, 
stack-of-stars, and stack-of-spirals. 
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Figure 4.3: Imaging phantom representation of impact of k-space extent and 
violation of Nyquist criterion. The k-space that was used and the resultant 
images are shown. A fully sampled image (a) is shown for comparison to a (b) 
downsampled, (c) equispaced undersampling, and (d) irregular random 
undersampling. Both (c) and (d) have been undersampled by a factor of 2. It 
is evident the impact on the resolution from decreasing kmax. Coherent folding 
artifacts are present when sampling is uniform, but incoherent when sampling 
is randomly distributed. 
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Figure 4.5: A comparison of the angle separation for uniform distribution, and 
the maximum and minimum angle between adjacent rays for golden angle 
(GA), and tiny golden angle (TGA) with ψ7.  

 
 
Figure 4.4: Golden angle, ψ1, ordering compared to tiny golden angle, ψ7. 
Both show comparable radial coverage starting with number of rays 12 or 
greater. 



 

 

CHAPTER 5 

 

RADIOFREQUENCY FIELD 
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To alter the net magnetization of the spins in the external magnetic field a 

perturbing field must be applied.  This perturbation is an RF field that is applied 

perpendicular to the direction of the main magnetic field.  When the RF field is 

applied at the appropriate frequency, which is  

 

= , [5.1] 

 

resonance will occur. The excitation causes the magnetization to change 

according to  

 

= ×  [5.2] 

 

where 

 

=  [5.3] 

 

and for the case of clinical MRI 

 

=
( )
( ) . [5.4] 
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When this excitation is performed the magnetization will tip depending on the RF 

pulse that is applied. The application of the RF field for excitation, or B1+, can 

present challenges in acquisition types due to excess heating or inhomogeneities 

in B1+. 

For transmission, the B1 field is produced through current being passed 

through specific RF-transmit coils.  This rotating magnetic field is perpendicular 

to the direction of the main magnetic field, and when applied near the Larmor 

frequency of the spins being imaged, deposits energy into the system.  The B1 

field is typically applied for brief periods of time, usually msec, and thus is called 

an RF pulse.  Early RF coil design used linearly polarized RF pulses, which 

caused both transmission and reception of electromagnetic waves to be along a 

single axis.   The field oscillating at the resonance frequency can be decomposed 

into two counter-rotating subfields, one of which rotates with the same frequency 

and direction as the NMR signal, while the other subfield rotates in the opposite 

direction and frequency. The subfields which rotate with the same frequency and 

direction induces a change in the nuclear magnetization, whereas the other 

subfields only deposit unwanted thermal energy into the body, increasing the 

Specific Absorption Rate (SAR), as defined below, without signal benefit.  

To counter this effect a second set of coils perpendicular to the first, with a 

phase shift of 90° is introduced, as seen in Figure 5.1. This array of coils creates 

a circularly polarized B1+ field as shown. Due to the phase shift introduced, the 

unwanted counter rotating fields are always out of phase with each other and 

cancel out. The useful subfields are in sync with each other and interact 
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additively to produce the rotating field without depositing unnecessary thermal 

energy into the body.   

When RF coils are used to receive the oscillating magnetic flux from the 

spins, a current in the coil is induced, which is processed to obtain the frequency 

and phase information.  The signal received by the receiver RF coils is frequently 

termed B1-. When receiver coils are arranged in an array, it is possible to use 

parallel imaging to accelerate acquisitions (1). 

 

5.1 Specific Absorption Rate 

In the transmission of radiofrequency waves into the body, RF pulses can 

deposit energy into the body due to dielectric heating. As previously discussed, 

the RF pulses applied are dependent on the field strength that is being used, due 

to the need to produce resonance at the Larmor frequency. On modern MR 

systems, this frequency can range from 68 MHz to 300 MHZ for whole body 

systems and up to 400 MHz for head only systems. The plane-wave solutions for 

these RF pulses are given by  

 

( , ) = ( ) [5.5] 

 

and  

 

( , ) = ( ). [5.6]  
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When MRI is being performed, due to the location of the patient, the 

patient is in the “near-field region” and the primary source of effects from the RF 

is from the magnetic field, with negligible contribution from the electric field.  

When time-varying magnetic fields are present, electric fields will be induced,  

 

∇× = − , [5.7]  

 

according to Maxwell’s equations.  When these electrical fields are present in 

body tissues during B1 excitation, they will drive electrical currents in the tissues, 

which will heat the tissues, due to dielectric heating. This heating is monitored 

and must remain within certain limits specified by the Food and Drug 

Administration and is known as the Specific Absorption Rate (SAR).  The value 

for SAR in practice is approximated as  

 

=
| |

2
[5.8] 

 

where the conductivity is given by ,the electric field is E,  is the tissue density, 

the pulse duration ,  is the number of pulses, and  is the number of slices 

(2,3).  As the frequency of the wave increases, the induced electric field will 

increase linearly, since from Maxwell’s equations we know that  

 

∇× = ( ). [5.9] 
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The SAR equation can be simplified to a proportionality where the  

 

∝ ∝ . [5.10] 

 

At higher field strengths, the SAR value can become a limiting factor if care is not 

taken when designing and implementing acquisitions. 

  

5.2 Transmit Field Inhomogeneities 

 As previously stated, the frequency of the RF pulses applied depends on 

the strength of the main magnetic field, and for clinical systems range from 63.86 

MHz to 400 MHz, with 63.86 MHz at 1.5T and 127.7 MHz at 3T being the focus 

for this work. These frequencies correspond to wavelengths of 4.7 m at 63.86 

MHz to 0.75 m at 400 MHz in free space.  

The wavelength of the RF pulse in a medium can be simplified for most 

materials, where the magnetic permeability of the material is close to the 

magnetic permeability in free space, to a relationship with the materials 

permittivity,  

 

=
2

√
=  [5.11] 

 

where  is the permittivity,  is the permeability, and  is the frequency of the 

RF pulse.   As can be seen, when these RF pulses come in contact with any 

medium, the human body in the case of MRI, these RF pulses have a shorter 
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wavelength, as seen in Figure 5.2, and the amplitude is attenuated in the 

medium.  In the case of fields > 3T, where the wavelengths are 2.35 m and 

shorter, the effective wavelength becomes comparable to, or less than, the 

dimensions of the body, typically being 26 cm and shorter.  With the shortened 

wavelengths standing waves can be created, along with the propagation of the 

waves.  As a result of the creation of standing waves, inhomogeneity in B1+ can 

result with regions of increased and decreased magnitudes. For lower fields, < 

3T, the wavelengths of B1+ are not short enough to create standing waves in the 

human body, so do not suffer from the same inhomogeneity that is present in 

higher field strength MRI.   

In order to test the inhomogeneities in the field, and determine the best 

way to correct them, it was necessary to perform a test to show the location and 

extent of the inhomogeneities. In order to do this test, B1+ maps were acquired. 

As will discussed in Chapter 6, a previously determined method of B1+ mapping 

was used, where the use of the slice selective preparatory pulses and the lack of 

the preparatory pulse were combined in to one sequence with a delay of 10 

seconds, to enable the magnetization to relax to equilibrium (4). The method 

used is shown in Figure 5.3.  The relative B1+ value can be calculated using the 

following equation  

 

=
cos

 

[5.12] 

 

which provides a normalized B1+ map (4).  
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5.2.1 RF Field Transmit Inhomogeneity Compensation  

Methods 

Several solutions have been proposed to correct these inhomogeneities in 

the transmit field. The use of a parallel transmit system is an active process that 

can be controlled by the user. In normal MR systems the transmit coil is sending 

a single B1 field, but in a parallel transmit system, the transmit system can be 

divided into separate and independent controlled elements that will produce their 

own B1 subfields. When these are summed, the sum B1 will be the net B1 

experienced by the tissue. This makes it easier to control the homogeneity of the 

excitation. Calibration prior to scanning is required to optimize the RF pulses 

from the individual sources.  This transmit method also requires the system to be 

equipped with a parallel transmit system, which can be very expensive. 

A cheaper, passive system that has had success at improving B1 

homogeneity is the use of high permittivity padding.  One of the common high 

permittivity materials used in the pads is barium titanate. Barium titanate 

(BaTiO3) is of the perovskite family. Barium titanate has been shown to have a 

large dielectric constant at room temperature, with grain size impacting the 

dielectric constant (5,6).  When an EM wave enters a dielectric there is a 

secondary field that is created, according to Maxwell’s equations,  

 

∇× = + = +  [5.13] 

 

where there are two currents, conductive current and displacement current, that 
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are 90° phase shifted from each other.  When plane waves travel through a 

homogeneous medium, the conductive current decays in the direction of the 

propagation, while the displacement current acts as a secondary field that 

facilitates the RF wave propagating through the medium. A ratio showing the 

contributions to the B1 can be considered  

 

= , [5.14] 

 

where it can be seen that materials with a low conductivity and a high permittivity 

can cause the B1 field in the region near the material to be strengthened due to 

this secondary field. The use of high permittivity pads has shown improvement in 

B1 homogeneity at high fields for imaging of the liver, head, and angiographic 

applications (7-14).  The effect of the secondary field will be limited in scope and 

thus the padding needs to be placed where the effect would be most beneficial. 

Due to the passive nature of the padding, variability is only attainable by 

changing the padding (shape, thickness, material) (11). It is necessary to 

determine optimal pad thickness and location for improving B1+ homogeneity in 

the region of interest.  

 

5.3 RF Field Summary 

The spins must be perturbed, which affects the magnetization of the 

sample, to create images. This is accomplished through the application of a 

perturbing magnetization that is applied perpendicular to the main magnetic field, 
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and at the resonance frequency of the spins being imaged.  There are practical 

considerations that need to be taken into account and, if need be, corrected for 

the SAR and transmit field inhomogeneities.  SAR, or the heating of tissues due 

to the RF field, can be compensated for by timing of the application of the RF 

pulses, and ensuring proper spacing between subsequent pulses, if needed.  

Field inhomogeneities are a problem at higher main magnetic field strengths due 

to the shortening of the wavelength from the medium. This shortening of the 

wavelength creates standing waves which cause interference and can be 

corrected through the use of parallel transmit, which requires special MRI 

hardware, or high permittivity padding, which is a passive tool for correction. 
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Figure 5.1: Creation of circularly polarized EM fields through the use of 
quadrature coils. The two coils (a) have a 90° phase difference which cancels 
one of the subfields resulting in (b) the circular polarized B1 field. 
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Figure 5.2: When an electromagnetic wave enters a dielectric, the wavelength 
is decreased and the amplitude is attenuated.  

 
 
Figure 5.3: Representative pulse sequence diagram showing the preparatory 
(boxed) step. This sequence is performed in two single shots, once with the 
preparatory RF pulse and once without, with a delay of ten seconds between 
each acquisition. Once acquired the resultant images are compared to obtain 
a normalized B1+ map.  
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7.1 Introduction 

Contrast-enhanced MR angiography (MRA) with a gadolinium (Gd)-based 

contrast agent is a clinically accepted test for assessment of peripheral arterial 

disease (PAD). As of today, over 8 million Americans are affected with PAD, 

where 12% to 20% of those are 65 years of age or older (1). Approximately 30% 

of PAD patients also have renal insufficiency (2). Gd-based contrast agents are 

known to be associated with nephrogenic systemic fibrosis. This concern has 

created a renewed interest in noncontrast MRA (NC-MRA) methods (3-7). NC-

MRA also offers additional benefits such as reduced examination cost and 

capability to repeat as needed. 

We have recently developed quadruple-inversion-recovery (QIR) NC MRA 

(6) for assessment of aortoiliac arteries using parallel imaging and evaluated its 

accuracy in patients with PAD (8). Despite its initial success, its lengthy 

examination time of 12-20 min continues to be a hindrance for routine clinical 

use. 

Compressed sensing (CS) or constrained reconstruction methods are 

well-suited for MRA, because the data content is largely sparse (9-11). 3D radial 

k-space sampling (12) with golden angle ratio (13) has several features that are 

well suited for accelerated MRA with CS, including motion properties and 

incoherent aliasing artifacts with undersampling (14,15). While radial k- space 

sampling with golden angle ratio has several benefits for CS, for applications 

using balanced steady-state free precession (b-SSFP) readout, golden angle 

ratio produces image artifacts arising from eddy currents (16). This problem can 
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be addressed using tiny golden angle ratio, as previously described (16,17).  

In this study, we sought to accelerate QIR NC-MRA using 3D radial         

k-space sampling with tiny golden angle ratio (16,17) and CS using nonlocal 

means (NLM) filtering (18,19). Our goal was to evaluate the performance of QIR 

NC-MRA using parallel imaging compared to CS.  

 

7.2 Methods 

7.2.1 Simulation  

To determine the theoretical limits of acceleration, we evaluated different 

k-space undersampling patterns with different acceleration factors (R). Numerical 

simulation experiments were performed using a fully-sampled data set obtained 

from a healthy volunteer. First, we compared Cartesian and radial stack of stars 

sampling patterns with R = 5.3, which is approximately 2-fold higher than R = 2.7 

with parallel imaging. We note that R in radial k-space sampling is calculated with 

respect to Nyquist sampling in Cartesian space (i.e., same number of k-space 

lines between Cartesian and radial). Given that radial stack of stars is better 

suited for acceleration than Cartesian, additional radial k-space patterns with R = 

10.7 and 16 were tested. Note that the choice of R is constrained by the need to 

achieve consistent inversion time for a partition of k-space. Retrospectively, 

undersampled data sets were reconstructed using the steps outlined below (see 

Image Reconstruction). Here, as a preliminary step in study design, we report 

results from this numerical experiment. As shown in Figure 7.1, compared with 

fully sampled, radial results were in better agreement than Cartesian results at R 
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= 5.3. Radial data with R = 10.7 and 16 produced considerable image artifacts. 

Thus, we used radial k-space sampling with R = 5.3 throughout this study.  

 

7.2.1.1 Image Reconstruction 

Image reconstruction was performed using MATLAB (R2014a, The 

MathWorks, Inc., Natick, MA), applying NLM, a denoising algorithm which 

compares pixels inside of a search window using weighted averages and has 

been shown to reduce incoherent artifacts in MRI images (18,19). Prior to NLM 

denoising, k-space data set was normalized to its largest value.  NLM was 

performed in three dimensions, with comparison and search windows with 3x3x3 

and 5x5x5 dimensions, respectively.  50 iterations of denoising were performed 

per data set. These settings were determined empirically to balance image 

reconstruction time and resulting image quality. See Section 7.6 for more details 

on NLM denoising steps.  

 

7.2.2 Prospective Studies 

7.2.2.1 Volunteer and Patient Studies 

The study performed was HIPAA-compliant and approved by the 

Institutional Review Board. We obtained written informed consent from all human 

subjects. A total of 7 healthy volunteers (4 male, 3 female, mean age 39 yrs, 

range 24-60 yrs), and 4 patients with aortoiliac (2 male, 2 female, mean age 63 

yrs, range 53-71 yrs) were imaged.  Imaging was performed on a whole body 3T 

system (Tim Trio, Siemens Healthcare, Erlangen, Germany; maximum gradient 
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strength = 40 mT/m; slew rate = 200 T/m/s). Excitation was performed using the 

body coil, and two phased array body coils and a spine coil array were used for 

signal reception  

Two different QIR NC-MRA acquisitions were performed: 1) with GRAPPA         

R = 2.7 and 2) 3D stack-of-stars radial sampling with tiny golden angles with R = 

5.3. The pulse sequence order was randomized for each subject.  For parallel 

imaging acceleration each kx-ky partition was acquired in 2 shots. Radial stack-of-

stars with R = 5.3 requires that each kx-ky partition is acquired in one shot.   

In prospective studies it was observed that streaking artifacts were 

contaminating regions of the reconstructed image. We identified coils with severe 

streaking artifacts using a previously developed method (20) and removed them 

during reconstruction. NLM denoising was performed as described in Section 

7.6. 

 

7.2.2.2 Imaging Algorithm 

Our imaging sequence has been described in detail elsewhere (6,8). 

Imaging parameters used were 318 (phase-encoding) x 320 (frequency-

encoding) x 88-144 (partition-encoding) matrix for parallel imaging  and 320 x 

320 x 88-144 matrix for radial acquisition, where the number of partition 

encodings, or slices, depends on patient size, 1.3 x 1.3 x 1.7 mm3 resolution, 

field of view (FOV) 400 x 400 x 176.8 - 244.8 mm3 (last dimension is anterior-to-

posterior coverage that depended on patient size), TR was one respiratory cycle, 

and respiratory gating used a respiratory belt with trigger occurring at 20% of 
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exhalation. The same protocol was performed using conventional GRAPPA 

parallel imaging (R = 2.7) and radial undersampling with tiny golden angle ratio 

and CS (R = 5.3). Acquisition timing differences between radial and parallel 

imaging can be seen in Figure 7.2.   

An oblique coronal imaging slab was used, with the superior edge of the 

slab positioned ~1 cm superior to the kidneys, to ensure inclusion of the renal 

arteries. All other imaging parameters were identical between parallel imaging 

and radial acquisitions, including TE = 2.1 ms, receiver bandwidth = 998 Hz / 

pixel, and flip angle = 100. We used an inversion time (TI) = 1,600 ms, which 

was empirically determined to maximize the signal difference between the blood 

and background. See Section 7.6.2 for more details.     

In prospective studies it was observed that streaking artifacts were 

contaminating regions of the reconstructed image. We identified coils with severe 

streaking artifacts using a previously developed method (20) and removed them 

during reconstruction. NLM denoising was performed in the way as previously 

described in the image reconstruction section, with empirical determined NLM 

and data fidelity weights.  

 

7.2.3 Image Evaluation 

For all acquisitions, source images were anonymized and presented in 

random order to two radiologists (Reader 1 with 9 years of experience, Reader 2 

with 4 years of experience) to perform an independent blinded review. Readers 

were also blinded to clinical history, each other, and patient identity.  There were 
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four regions that were graded for image quality: the aorta, the renal arteries, the 

common iliac arteries, and the external iliac arteries.  Image quality was rated for 

each region on a Likert-type scale from 1 to 5, with 1 = nondiagnostic and 5 = 

excellent. Image artifact was also scored on a scale from 1 to 5, with 1 = no 

visible artifact and 5 = artifacts.  

To quantify the apparent contrast-to-noise ratio (CNR), signal difference 

between the arterial and background signal was determined, the difference was 

divided by the signal of the arteries for normalization. This calculation was 

performed at four locations to determine an average: near the renal artery 

origins, near the aortal bifurcation, and at the left and right iliac bifurcation areas, 

as shown by the arrows in Figure 7.3. This calculation was used as a surrogate 

for a true CNR since measuring CNR from GRAPPA and CS data is not 

straightforward.  Vessel dimensions were also measured at the same four 

locations by the same reader. 

 

7.2.4 Statistical Analysis 

For aortic dimensions and signal difference measurements, the two 

groups (GRAPPA R = 2.7 and Radial R = 5.3) were compared using a paired t-

test. For qualitative image quality scores, the two groups were compared using a 

Wilcoxon rank-sum test. A p value < 0.05 was considered statistically significant.  

All statistical analyses were performed using Matlab (R2014a, Statistics Toolbox, 

The MathWorks, Inc., Natick, MA). 
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7.3 Results 

The mean scan time was 14.6 ± 2.9 minutes and 7.2 ± 1.8 minutes for 

GRAPPA and CS R = 5.3 acquisitions, respectively.  Representative maximum 

intensity projection (MIP) images can be seen in Figure 7.3.  

For quantitative evaluation, vessel dimensions and apparent CNR values 

were not significantly (p > 0.07) different between GRAPPA R = 2.7 and CS R = 

5.3 acquisitions (see Table 7.1). For qualitative evaluation, there was no 

significant difference in image quality, artifact, and noise scores between 

GRAPPA and CS acquisitions (p > 0.06, Table 7.2).  

 

7.4 Discussion 

 This study demonstrates feasibility of 5.3-fold accelerated QIR NC-MRA 

using 3D radial stack-of-stars with tiny golden angle CS, enabling 2-fold 

additional acceleration compared with previously described GRAPPA QIR NC-

MRA with R = 2.7. Image quality scores based on the randomized and 

anonymized results from two radiologists showed no significant difference 

between the GRAPPA and radial accelerated acquisitions. The proposed 

acceleration strategy provides a means to perform QIR NC-MRA within about 7-8 

min.  

Retrospective studies were performed to test different sampling patterns 

and acceleration rates. Radial acquisitions appeared to perform better than 

Cartesian acquisitions for the same acceleration. Additional studies investigating 

different undersampling patterns could be explored to determine an optimal 



94 

 

sampling pattern.   

Because radial acquisitions sample the center of k-space with every ray, it 

was necessary to determine empirically an optimal TI.  One subject was tested 

with varying TIs for GRAPPA and CS radial acquisitions, and for both 

acquisitions TI = 1600 ms was selected as the optimal timing.  Different sampling 

patterns might require further optimization of TI.  

Results showed no significant difference in reader scores between the 

GRAPPA R = 2.7 and radial R = 5.3 acquisitions. Further study is warranted to 

determine optimal CS constraints and diagnostic performance in patients with 

aortoiliac disease.  Due to the constraints presented by the acquisition type (i.e., 

consistent TI weighting per ky-kz partition), reducing rays would not decrease 

acquisition time, but could decrease readout duration per respiratory cycle. There 

was slightly decreased image quality in the renal arteries and the external iliac 

arteries compared to the GRAPPA method with R = 2.7 and radial CS R = 5.3.  

The values were not deemed, however, to be statistically significant.  

This study has several limitations worth mentioning. First, reconstruction 

time is a major issue that needs to be sped up in the future. Current 

reconstruction time per data set using a CPU with 8 cores and 128 GB of RAM is 

on the order of 60 hours. This could be accelerated using GPU and parallel 

computing that is available as a product package in Matlab. Reconstruction time 

reduction strategies need to be explored to make this method viable for clinical 

use. Second, using respiratory gating with QIR NC-MRA can cause signal 

dephasing in the upper aorta, due to inconsistent timing in the cardiac cycle. This 
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inconsistency can be corrected by switching to ECG-gating and free breathing 

acquisition, but in that scenario respiratory motion may obscure the renal 

arteries. One solution might to be use ECG-triggering and respiratory gating, at 

the expense of increased scan time. Third, this study was tested in a limited 

number of subjects (7 volunteers and 4 patients), for the purpose of 

demonstrating feasibility. Further study in a larger cohort of patients is warranted 

to determine the diagnostic performance in comparison with gadolinium-

enhanced MRA. This study demonstrates feasibility of 5.3-fold accelerated QIR 

NC-MRA using 3D radial stack-of-stars with tiny golden angle CS, enabling 2-fold 

additional acceleration compared with previously described GRAPPA QIR NC-

MRA with R = 2.7. Image quality scores based on the randomized and 

anonymized results from two radiologists showed no significant difference 

between the GRAPPA and radial accelerated acquisitions. The proposed 

acceleration strategy provides a means to perform QIR NC-MRA within about 7-8 

min.  

 

7.5 Conclusion 

We have shown that through the use of 3D radial stack of stars with tiny 

golden angles and NLM denoising, it is possible to reduce the scan time of QIR 

NC-MRA of the aortoiliac arteries by a factor of 2 compared with a previously 

reported acquisition with GRAPPA.  
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7.6 Supplemental Materials 

7.6.1 NLM Reconstruction  

NLM denoising was carried out as described below. A cost function is 

applied to the spatial neighborhood, Snbd  

 

Snbd =
∈Ω ( )

( , ) −
∈

 [7.1]
 

 

The cost function, Eqn 7.1, uses an initial estimate m, where mp and mq are 

individual pixels at points p and q in a particular time frame, tfr. By minimizing this 

functional, Eqn 7.1, undersampled k-space data can have resulting image 

artifacts resolved. Iterative steps are used to minimize this functional. 

Steps followed in reconstruction are outlined below. 

(1) An initial estimate is chosen, m0. The initial estimate for this project was 

the inverse Fourier transformed undersampled k-space data, with coil 

sensitivity maps applied.  

(2) The current estimate is projected on the data consistency term: 

 

= + E (d − E ) [7.2] 

 

where E’ is the adjoint operator of E.  

(3) Weights are computed according to 
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w(p, q) =
( , )

; ( , ) = −  [7.3] 

 

where d(p,q) is the Gaussian weighted L2 norm distance between 

neighborhoods. 

(4) The neighborhood term is minimized by applying NLM to the real and 

complex parts individually according to the weights from Step 3. 

(5) The initial estimate is updated according to the new image from the 

constraints. 

Steps 2-5 are repeated a predetermined number of times. In this study the 

number of iterations performed per data set was 50, with a step size of 0.05.  

Data fidelity and NLM weights were 0.7 and 0.7 for R = 5.3. The initial estimate, 

m0, was the inverse Fourier transform of the undersampled data with coil 

sensitivity maps applied. Coil sensitivity maps are estimated from the highly 

sampled center of k-space (64x64 center lines)(11,21). 

 

7.6.2 Empirical Determination of Optimal TI 

Since QIR NC-MRA relies on nulling the background, while allowing 

adequate time for the reinverted, fresh blood from the aorta to transit into the iliac 

arteries, an optimal TI needs to be determined at 3T, as was previously done for 

1.5T (6). Given that T1 of tissue is higher at 3T than at 1.5T, we set TI = 1,500 

ms as the lower limit and increased it to 1,800 ms (100 ms steps). This same test 

was conducted for parallel imaging and radial sampling acquisitions in one 

volunteer.  
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Optimal TI was determined by measuring signal of artifact/signal-free 

background tissue. Four locations were tested for background signal: near the 

renal arteries, at the aortal bifurcation, and near the right and left iliac bifurcation 

sites, with results shown in Figure 7.4. Our preliminary analysis showed that the 

background signal was lowest with TI = 1,600 ms, as shown in Figure 7.5.  As a 

result, TI = 1,600 ms was used throughout. 
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Figure 7.1: Fully sampled data was acquired, and then retrospectively 
undersampled with a (i) Cartesian R = 5.3 and radial (ii) R = 5.3, (iii) R = 10.6 
and (iv) R = 16 undersampling patterns with a nonlocal means denoising 
algorithm. 
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Figure 7.2: Representative timing for (a) parallel imaging and (b) radial with R 
= 5.3. For the parallel imaging and radial R = 5.3, one kx-ky partition is 
acquired in two respiratory cycles, with red and blue denoting lines acquired 
in each respiratory cycle, and one respiratory cycle, respectively.  
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Figure 7.3: Representative maximum intensity projection images showing 
results for (left) GRAPPA R = 2.7 and (right) radial R = 5.3. Quantitative 
results were obtained at the four locations specified with the red arrows.  
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Figure 7.4: Determination of optimal TI for parallel imaging (GRAPPA) and 
radial accelerated acquisitions. Optimal TI was selected by determining which 
TI timing resulted in the lowest background signal.  It was determined that for 
both GRAPPA and radial acquisitions the optimal TI was 1,600 ms.   
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Table 7.2: Comparison of overall image quality score, noise, and artifact 
scores evaluated. Results represent mean ± standard deviation of average of 
2 readers. 
 
 

 

GRAPPA Radial

R=2.7 R=5.3

Renal Arteries 4.0 ± 1.27 3.41 ± 0.91 0.06

Aorta 4.18 ± 0.96 4.05 ± 1.00 0.5

Common Iliacs 4.60 ± 0.80 4.73± 0.46 0.77

External Iliacs 4.23 ± 1.11 3.64 ± 1.50 0.15

3.68 ± 0.95 3.45 ± 0.74 0.32

3.95 ± 0.95 3.66 ± 0.68 0.07

Acquisition

p-value

L
o

ca
ti

o
n

Noise

Artifact



 

 

CHAPTER 8 

 

BREATH-HOLD NONCONTRAST THORACIC MRA  

USING 3D RADIAL STACK-OF-STARS  

AND COMPRESSED SENSING  
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8.1 Introduction 

Contrast-enhanced 3D magnetic resonance angiography (CE-MRA) is 

routinely used for diagnosis of aortic disease. Without ECG gating, high spatial 

resolution is possible at the expense of acquisition, particularly at the aortic root. 

Alternatively, ECG gating can be used to suppress motion-induced blurring, but 

at the expense of spatial resolution. Neither approach has emerged as a clear 

winner.  Both approaches require a gadolinium-based contrast agent, which is 

contraindicated for patients with impaired renal function (1-3).  

ECG-gated, noncontrast (NC)-MRA is an alternative method that could be 

used for the general population and can be repeated immediately as needed. 

This method is based on T2-preparation and fat suppression prior to balanced 

steady-state free precession (b-SSFP) readout. A previous approach reported an 

acceleration factor (R) = 2 with a breath-hold duration of 40 heartbeats (4), which 

is not clinically feasible. Another approach reported GRAPPA acceleration factor 

(R) = 6 using a 32-element cardiac coil array (5), which is not widely available. 

This study seeks to develop and evaluate an accelerated NC-MRA pulse 

sequence using standard coil arrays.  

3D radial k-space sampling (6) with golden angle ratio (7) has several 

features that are well suited for accelerated MRA with compressed sensing (CS), 

including motion properties and incoherent aliasing artifacts with undersampling 

(8,9). While radial k-space sampling with golden angle ratio has several benefits 

for CS, for applications using b-SSFP readout, golden angle ratio produces 

image artifacts arising from eddy currents (10). This problem can be addressed 
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using tiny golden angle ratio, as previously described (10,11). For this study, we 

developed an accelerated NC-MRA using a combination of 3D radial stack-of-

stars with tiny golden angles (10,11) and CS. We compare its performance 

versus ECG-gated CE-MRA.   

 

8.2 Methods 

8.2.1 Imaging Technique 

The study performed was HIPAA-compliant and approved by the 

Institutional Review Board, and written informed consent was obtained from all 

subjects.  19 patients scheduled to undergo clinical cardiac MRI were scanned 

on a 1.5T scanner (Avanto, Siemens Healthcare, Erlangen, Germany; maximum 

gradient strength = 40 mT/m; slew rate = 200 T/m/s) with standard coil arrays. 

Each patient underwent breath-hold ECG-gated NC-MRA (research) and breath-

hold ECG-gated CE-MRA (clinical). NC-MRA with b-SSFP readout used the 

following imaging parameters: TR = 1 heart beat, TE = 2.2 ms, flip angle =100°, 

FOV = 350 x 350 x 76.8-83.2 mm3, image acquisition matrix = 256 x 256, slices = 

24-26, resolution = 1.3 x 1.3 x 3.2 mm3, with slice resolution interpolated to 1.6 

mm, bandwidth 500 Hz/pixel, radial views = 48 per cardiac cycle, T2 preparation 

pulse with TE = 50 ms, and fat suppression pulse. Representative timing is 

shown in Figure 8.1. The 48 radial views gives an acceleration factor (R) of 5.3. 

We note that R in radial k-space sampling is measured with respect to Nyquist 

sampling in Cartesian space (i.e., same number of k-space lines between 

Cartesian and radial). Preliminary retrospective undersampling tests were 
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performed to determine if a lower number of rays could be used, results can be 

seen in Section 8.6.  

Baseline CE-MRA was performed using a 3D GRE sequence with TR/TE 

2.75/0.94 ms, flip angle 40°, FOV 450 x 365 x 67.2-78.4 mm3, matrix 384 x 265, 

slices 48-56, resolution of 1.2 x 1.4 x 1.4mm3, with slice resolution interpolated to 

1.4 mm, bandwidth 592 Hz/pixel.  Postcontrast 3D CE-MRA with the same 

imaging parameters as baseline was then performed under suspended 

respiration following administration of Gd-DTPA 0.2 mmol/kg intravenously at 2 

mL/sec followed by 20 mL saline flush at the same rate, with image acquisition 

timed based on CARE bolus tracker. Image acquisition time was recorded for 

each patient for both CE- and NC-MRA acquisitions.  

 

8.2.1.1 Image Reconstruction 

Image reconstruction was performed using MATLAB (R2014a, The 

MathWorks, Inc., Natick, MA). Coil sensitivity maps were self-calibrated using the 

densely acquired center of k-space (central 32x32 lines, see Figure 8.2), as 

previously described (12,13). Undersampled data were reconstructed using an 

NLM denoising algorithm with 50 iterations on a computer with 6 cores and 96 

GB memory. 

 

 8.2.2 Image and Statistical Analysis 

For qualitative evaluation, images were anonymized and randomized for 

blind review by two radiologists (Reader 1 with 9 years of experience, Reader 2 
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with 4 years of experience). Each reader graded for image quality, artifact, and 

noise on a Likert-type scale of 1-5 (worst-best). We define a score ≥ 3.0 as 

diagnostically acceptable. A Wilcoxon matched-pairs signed-rank test was 

performed to determine whether significant difference exists between CE- and 

NC-MRA acquisitions. For quantitative evaluation, vessel dimensions were made 

at 3 locations (ascending, arch, descending aorta, Figure 8.3) Apparent contrast-

to-noise ratio (CNR) between vessel and background was estimated by 

measuring signal in the vessel, subtracting the signal value in a region of interest 

near the vessel, and dividing by the signal in the vessel, to normalize results.  

This surrogate CNR measurement was necessary because CNR is not 

straightforward to calculate from GRAPPA and CS data. The locations of the 

measurements being performed can be seen in Figure 8.3. A paired t-test was 

performed to determine whether significant difference exists between CE- and 

NC-MRA acquisitions.   

 

8.3 Results 

Representative multiplanar reconstructed images can be seen in Figures 

8.3 and 8.4. As summarized in Table 8.1, qualitative evaluation by two 

radiologists showed that there was no significant difference in image quality at 

the ascending aorta and aortic arch (p > 0.07), but there was significant 

difference at the descending aorta (p < 0.02). Artifact and noise scores were 

higher (p < .01) in NC-MRA compared with CE-MRA acquisitions. Apparent CNR 

measurements were significantly different (p < 0.05) between CE- and NC-MRA 
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acquisitions (see Table 8.1). However, vessel dimensions were not significantly 

different (p > 0.23) between both MRA acquisitions (Table 8.2). According to the 

linear regression analysis (Figure 8.5A), vessel diameters were strongly 

correlated (r = 0.992). According to the Bland-Altman analysis (Figure 8.5B), the 

measurements of aortic diameter using the two imaging methods were in good 

agreement (mean difference = -0.02 cm) and showed no systematic trend in 

difference, and the 95% confidence intervals were relatively narrow (0.12 and -

0.16 cm).  

     

8.4 Discussion 

This study demonstrates feasibility of accelerated NC thoracic MRA using 

3D stack-of-stars and CS. This method is capable of producing diagnostically 

acceptable image quality on a 1.5T system equipped with standard array coils.  

In 19 subjects, while apparent CNR was higher in NC-MRA studies, we 

found that there was no significant difference in image quality of the ascending 

aorta and aortic root. Image quality scores were lower for NC-MRA than CE-MRA 

in the descending aorta, but were nonetheless diagnostically acceptable (> 3.0). 

Noise and artifact scores were significantly worse for NC-MRA than CE-MRA, 

although these differences did not appear to impact the measurement of vessel 

dimensions.  

This study has several limitations that merit discussion. First, signal loss 

related to susceptibility artifact from adjacent bowel gas, the lung-liver interface, 

or surgical metal produced banding artifacts. This could be addressed with 
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advanced static magnetic field shimming. Second, in order to improve patient 

comfort, imaging was performed at end inspiration. Further study is warranted to 

test the impact of breath holding on image quality.  Third, this study did not 

include a comparison with other angiographic modalities such as digital 

subtraction angiography and computed tomography angiography. Fourth, it was 

not possible to randomize the pulse sequence order, because NC-MRA must be 

performed before CE-MRA. While the pulse sequence order is not expected to 

be a confounder, we are unable to confirm that it had no impact. Fifth, NC-MRA 

exhibits bright venous single (14), which is not the case for CE-MRA. Therefore 

readers could not truly be blinded to imaging technique.  Sixth, the image 

reconstruction time is a major limitation.  Current reconstruction time per data set 

using a CPU with 6 cores and 96 GB of RAM is on the order of 6 hours. This 

could be accelerated using GPU and parallel computing that are available as a 

product package in Matlab. Faster reconstruction algorithm needs to be explored 

to make this method viable for clinical use.  

 

8.5 Conclusion 

This study demonstrates feasibility of accelerated NC thoracic MRA using 

3D stack-of-stars and CS. This new method produces diagnostically acceptable 

image quality on a 1.5T scanner equipped with standard coil arrays. The results 

indicate that this could a viable alternative to CE-MRA for patients with poor IV 

access, or contraindications to gadolinium-based contrast. Further testing is 

needed to determine the clinical utility in patients with aortic disease, with 
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comparisons to other modalities. Finally, further improvements in reconstruction 

speed are necessary before clinical translation.  

 

8.6 Supplemental Materials 

8.6.1 Nonlocal Means Reconstruction  

NLM is a denoising algorithm which compares pixels inside of a search 

window using weighted averages and has been shown to reduce incoherent 

artifacts in MRI images (15,16). Prior to NLM denoising k-space data was 

normalized to the largest value.  NLM was performed in three dimensions, with 

comparison and search windows of size 3x3x3 and 5x5x5 respectively.  50 

iterations of denoising were performed per data set.  

NLM denoising was carried out as described below (17). A cost function is 

applied to the spatial neighborhood, Snbd  

 

Snbd =
∈Ω ( )

( , ) −
∈

 [8.1]
 

 

The cost function, eqn 8.1, uses an initial estimate m, where mp and mq 

are individual pixels at points p and q in a particular time frame, tfr. By minimizing 

this functional, 8.1, undersampled k-space data can have resulting image 

artifacts resolved. Iterative steps are used to minimize this functional. 

Steps followed in reconstruction are outlined below. 

(1) An initial estimate is chosen, m0. The initial estimate for this project was 

the inverse Fourier transformed undersampled k-space data, with coil 
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sensitivity maps applied.  

(2) The current estimate is projected on the data consistency term: 

  

= + E (d − E ) [8.2] 

 

where E’ is the adjoint operator of E.  

(3) Weights are computed according to  

 

w(p, q) =
( , )

; ( , ) = −  [8.3] 

 

where d(p,q) is the Gaussian weighted L2 norm distance between 

neighborhoods. 

(4) The neighborhood term is minimized by applying NLM to the real and 

complex parts individually according to the weights from Step 3. 

(5) The initial estimate is updated according to the new image from the 

constraints. 

Steps 2-5 are repeated a predetermined number of times. In this study the 

number of iterations performed per data set was 50, with a step size of 0.05.  

Data fidelity and NLM weights used were 0.4 and 0.3 respectively. The initial 

estimate, m0, was the inverse Fourier transform of the undersampled data with 

coil sensitivity maps applied.  
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8.6.2 Retrospective Undersampling 

In order to test the effect of different number of radial rays acquired, a 

patient data set was retrospectively undersampled with 32 rays and 16 rays.  

This retrospective undersampling was performed in the same manner as the 

retrospective undersampling.  The first 32 or 16 rays were selected from each kx-

ky partition and reconstruction was performed using NLM reconstruction with the 

same weighting parameters as were used for the prospective acquisitions. 

Reconstructed images can be seen in Figure 8.6.  
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Figure 8.1: Pulse sequence diagram: (a) timing structure for acquisition and (b) 
3D radial stack-of-stars sampling pattern with tiny gold angle ratio that has 
been downsampled by a factor of four for improved visualization. Note that tiny 
golden angle continues from one stack to another. 

 
 
Figure 8.2: Schematic illustrating self-calibration of coil sensitivity maps. 
Densely sampled low spatial frequencies are used to generate a low spatial 
resolution image and processed to estimate coil sensitivity as shown. k-Space 
figure has been downsampled by a factor of four for visual clarity.  
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Figure 8.3: Representative multi-planar reconstruction of contrast-enhanced 
MRA (left) and noncontrast (right) MRA in a patient (39yr, female). Arrows 
point to locations where vessel diameters were measured. 
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Figure 8.4: Representative multiplanar reconstruction of contrast-enhanced 
MRA (left) and noncontrast (right) MRA in a patient (73yr, Female). 
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Figure 8.5: Scatter plots comparing vessel diameters between CE-MRA and 
NC-MRA: linear regression (a) and Bland-Altman analyses (b). According to a 
regression analysis, vessel diameters were strongly correlated (r = 0.992). 
According to the Bland-Altman analysis, the two measurements were in good 
agreement (mean difference of -0.02 cm) and showed no systematic trend in 
difference. The upper and lower 95% limits of agreement were 0.12 and -0.16, 
respectively.  
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Figure 8.6: Retrospective undersampling was performed on the accelerated 
acquisition to determine if there was a possible lower value that would be 
acceptable. 32 rays and 16 rays were tested. It was decided to continue with 
48 rays for this study. 
 



123 

 
  

T
a

b
le

 8
.1

: A
pp

a
re

nt
 n

or
m

a
liz

e
d

 C
N

R
 (

le
ft

) 
a

nd
 v

e
ss

e
l d

ia
m

e
te

r 
m

e
as

u
re

m
e

n
ts

 (
rig

h
t)

 fo
r 

C
E

-M
R

A
 a

n
d

 N
C

-M
R

A
. 

 
M

e
a

su
re

m
e

nt
s 

w
e

re
 ta

ke
n

 a
t 

th
e

 s
in

o
tu

bu
la

r 
ju

n
ct

io
n

, 
ao

rt
ic

 a
rc

h
, 

a
nd

 d
e

sc
e

n
d

in
g

 a
o

rt
a 

(a
s 

sh
o

w
n

 in
 F

ig
u

re
 8

.3
).

  
V

a
lu

e
s 

re
p

re
se

n
t 

m
ea

n
 ±

 s
ta

n
da

rd
 d

e
vi

a
tio

n
. F

o
r 

a
pp

a
re

nt
 C

N
R

 t
h

er
e

 w
a

s 
a

 s
ig

n
ifi

ca
nt

 d
iff

e
re

n
ce

 b
e

tw
e

e
n 

th
e

 t
w

o
 

m
e

th
o

d
s 

a
t a

ll 
lo

ca
tio

ns
. 

F
o

r 
ve

ss
e

l m
ea

su
re

m
e

n
ts

, 
no

ne
 o

f t
he

 d
ia

m
e

te
rs

 w
e

re
 s

ig
n

ifi
ca

n
tly

 d
iff

e
re

nt
 b

e
tw

e
en

 th
e

 
tw

o
 m

e
th

o
d

s.
 

  

 

C
E

-M
R

A
N

C
-M

R
A

p
-v

a
lu

e
C

E
-M

R
A

N
C

-M
R

A
p

-v
a

lu
e

S
in

o
tu

b
u

la
r 

Ju
n

c
ti

o
n

0.
7

6
 ±

 0
.1

2
0

.8
3

 ±
 0

.1
1

0
.0

3
3

.1
4

 ±
 0

.4
4

3.
1

2
 ±

 0
.4

9
0

.2
6

A
o

rt
ic

 A
rc

h
0.

8
2

 ±
 0

.1
2

0
.9

1
 ±

 0
.1

0
0

.0
3

2
.4

1
 ±

 0
.3

5
2.

3
9

 ±
 0

.3
5

0
.2

8

D
e

s
ce

n
d

in
g

 A
o

rt
a

0
.8

4
  

± 
0

.0
5

0
.8

9
  

± 
0

.0
7

0
.0

2
2

.0
8

  
±

 0
.3

2
2

.0
6 

 ±
 0

.3
1

0
.2

3

N
o

rm
a

li
ze

d
 S

ig
n

al
 D

if
fe

re
n

c
e

V
e

ss
e

l 
D

ia
m

e
te

r

M
e

a
s

u
re

m
e

n
ts

 (
c

m
)

Location



124 

 

  

Table 8.2: Comparison of overall image quality score, noise, and artifact 
scores evaluated. Results represent mean ± standard deviation of average of 
2 readers.  
 
 

 

CE-MRA NC-MRA p-value

Aortic Root 3.58 ± 1.29 3.34 ± 0.94 0.25

Ascending Aorta 3.95 ± 1.06 3.58 ± 0.89 0.08

Descending Aorta 4.11 ± 1.11 3.34 ± 1.19 0.016

4.03 ± 1.05 3.08 ± 1.19 0.001

3.84 ± 1.10 3.03 ± 1.03 0.009
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n

Noise
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9.1 Conclusion 

MRA is a powerful tool that can be used for the diagnosis and for guiding 

treatment in patients with arterial diseases. Contrast enhanced methods, through 

the use of a gadolinium based contrast agent, have been the most frequently 

used. With the emergence of the risk for NSF for patients with impaired renal 

function, and recently with reports of gadolinium remaining in the brain even in 

patients with normal renal function (1-3), their clinical utility is beginning to be 

explored again. There are multiple techniques for imaging of the arteries that 

have been developed.  

When increasing the field strength there are multiple benefits possible. 

There is an increase in the SNR, which can be leveraged to accelerate the 

acquisition, or increase the resolution of the images.  It also presents technical 

challenges, increase in SAR, and increase in field inhomogeneities.   

When using ECG-FSE to image the arteries of the thigh and pelvis at 3T it was 

observed that there was signal loss in the right femoral artery due to B1+ field 

inhomogeneities.  There are a couple approaches to correcting these B1+ 

inhomogeneities, but one of the approaches requires specialized hardware to 

perform parallel transmission. The other method of correcting these is through 

the use of high permittivity padding (4-11). Parallel transmission is an active 

method of correction that can improve homogeneity across the sample, whereas 

the use of padding is passive.  Through the use of high permittivity padding we 

were able to improve the conspicuity of the femoral arteries.  

The quadruple inversion recovery sequence has been shown to be robust 
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(12,13), but the acquisition is long, typically on the order of ~12-15 minutes. By 

imaging at 3T we were able to leverage the increased SNR to accelerate the 

acquisition. It has been shown that through the use of 3D radial stack-of-stars 

with tiny golden angles that it is possible to acquire the abdominopelvic MRA in 

one half the time as previously performed through the use of just parallel 

imaging.   

When imaging the thoracic aorta visualization of the aortic root, including 

the annulus and sinotubular junction is diagnostically relevant. In order to acquire 

images with clear diagnostic quality it is necessary to image during the diastolic 

phase of the cardiac cycle to minimize cardiac motion, and be able to perform the 

imaging in a single breath hold to eliminate bulk motion from respiratory motion.  

This work showed that it was possible to accelerate a T2-prepared b-SSFP 

readout acquisition through the use of 3D radial stack-of-stars imaging, and 

obtain diagnostic quality results.   

MRA is an important tool for the diagnosis and treatment of arterial 

diseases in patients. As a result of recent concerns with the gadolinium contrast 

agent used in MRI for improving visualization of blood vessels, it has become 

important to develop imaging methods that acquire diagnostic quality images. 

Several of the methods that have already been developed show promise, but still 

need further development and improvement. In this work we have shown that 

through the use of high permittivity padding, we are able to improve vessel 

visualization. We have also been able to produce diagnostic quality images of the 

thoracic aorta, and acquired abdominopelvic images in half the time as previous 
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methods through the use of 3D radial acquisitions.   
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