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Chapter 1    

INTRODUCTION 

1.1 The advent of MR 

Magnetic resonance imaging (MRI) has become a powerful tool not only to analyze the 

anatomical structures of the human body non-invasively but also to investigate brain 

activity with functional MRI (fMRI), which has contributed immensely to the advances in 

human cognitive neuroscience. Looking back at the origins of MRI, the nuclear 

magnetic resonance (NMR) phenomenon of atomic nuclei was first measured and 

described in 1938 by Isidor Isaac Rabi using a molecular beam in vacuum. This 

phenomenon was simultaneously demonstrated in condensed matter in late 1945 by 

Felix Bloch and Edward Purcell, which won them the Nobel Prize in physics in the year 

1952 (Bloch et al., 1946; Purcell et al., 1946).  Subsequent developments of the spin-

echo method by Erwin L. Hahn in 1951 (Hahn 1950) and Fourier transform NMR 

spectroscopy by Richard R. Ernst in 1966 (Ernst 1966) are among the most important 

contributions in the history of MRI. However, the use of NMR for biomedical applications 

was fuelled by the measurement of longer relaxation times in cancerous tissue by 

Raymond Damadian in 1971 (Damadian, 1971). The foundation for MRI in its current 

form was laid in 1973 by Paul C. Lauterbur (Lauterbur 1973) and Peter Mansfield 

(Mansfield et al., 1973), both independently describing the use of magnetic field 

gradients to localize NMR signals. Ever since, an array of novel techniques, methods 

and hardware advancements has transformed MRI in to a remarkable diagnostic tool 

and is now considered the imaging modality of first choice.  

1.2 Race towards higher field strength 

The main magnet that generates the static magnetic field is a fundamental component 

of an MR system. Early commercial clinical scanners were permanent magnets at field 

strengths between 0.3 T and 0.7 T (Mcfarland et al., 1986; Posin et al., 1985). 

Permanent magnets offered small physical footprint, low initial and operational costs 
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and low energy deposition in tissue. Central to the advancement of human MRI on to 

higher field strengths has been the development of superconducting horizontal magnets 

with bore dimensions large enough to accommodate an adult human body. Cylindrical 

closed bore superconducting magnets were used for the construction of 1 T and 1.5 T 

clinical scanners (Bottomley et al., 1984). Introduced for clinical usage in 1985, 1.5 T 

scanner was considered the optimum field for clinical applications for over two decades. 

Technical developments evolved at a rapid rate and the 3 T whole body MR systems 

offered by different manufacturers are current clinical standard (Soher et al., 2007). 

The promise of an increase in signal to noise ratio and spectral resolution proportional 

to the main magnetic field strength motivated a few academic research laboratories to 

pursue even higher magnetic fields. The first 8 T magnet was installed at the Ohio State 

University in 1998 (Abduljalil et al., 1999) while the first 7 T magnet was installed at the 

center for magnetic resonance research, University of Minnesota in 1999 (Vaughan et 

al., 2001). Despite serious concerns like the increased radio frequency (RF) energy 

deposition, susceptibility artifacts, RF power requirements and the dielectric resonance 

phenomenon (Barfuss et al. 1990), early results from these labs demonstrated that 

ultra-high field scanners offer substantial benefits in aspects of MRI and MR 

spectroscopy (MRS). Currently, there are more than 40 research laboratories with 7 T 

installations actively involved in clinical studies (as approved by the site’s institutional 

review board) and methods development, bringing in more man-power and talent to 

overcome the challenges at ultra-high field (UHF). MRI at 7 T is not currently approved 

for clinical usage by the US food and drug administration (FDA) or as well as the 

international electro-technical commission. Compared to the early 7 T images, the 

anatomical and functional brain images produced by the current state-of-the-art 7 T 

systems are exquisite. Great strides in instrumentation have resulted in setup times 

comparable to clinical scanners, increasing throughput of the UHF scanners. UHF MRI 

is destined to make increasing contribution to clinical radiology and MRI at field 

strengths up to 7 T will most likely be approved for clinical use soon, at least for specific 

clinical applications.  
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1.3 Why Ultra-high field 

NMR phenomenon is a result of the interaction of a nuclear spin with an external 

magnetic field. Atomic nuclei with an odd number of protons or neutrons possess a 

property called spin which is key to enabling NMR. The human body has an abundance 

of water in which the hydrogen nucleus contains a single proton and exhibits a spin with 

an associated magnetic moment. 

𝜇 ⃗⃗⃗  =  𝛾𝐽                                 

𝐽 is the spin angular momentum and the proportionality constant 𝛾 is the gyromagnetic 

ratio and depends on the type of nucleus. The hydrogen proton has a 𝛾 value of 42.6 

MHz/Tesla. Under the influence of an external magnetic field (𝐵0), the proton spins 

around the direction of 𝐵0  like a spinning gyroscope. This property is called precession 

with the frequency given by the Larmor equation 

𝜔0 =  𝛾𝐵0 

The applied external magnetic field is usually defined along the 𝑍 direction. Spins align 

in separate orientations to the applied magnetic field. For a spin ½ system, m = ± ½ and 

there are two possible states.  

µ𝑧 = 
1

2
𝛶ℎ (Aligned with 𝐵0) 

µ𝑧 = −
1

2
 𝛶ℎ (Aligned against 𝐵0) 

where, ħ =  
ℎ

2𝜋
   and ℎ is the Planck’s constant. Spins aligned with the external field are 

in a lower and spins aligned against 𝐵0 are in the higher energy state. Thus, the energy 

level of atomic nuclei with spin quantum number 𝑗 is split by an external field 𝐵0 into 

2𝑗 + 1 Zeeman levels. 𝑗 is an integer for even mass numbers and half integer for odd 

mass numbers. Using the Boltzmann relationship, the population difference between the 

upper and lower levels can be shown to be  

𝛥𝑁𝑝 = 
𝑁𝑝ħ𝛶𝐵0

2𝐾𝑇𝑠
 

(1.1) 

(1.2) 

(1.3) 

(1.4) 

(1.5) 
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where, 𝑁𝑝 is the number of protons, 𝑇𝑠 is the absolute temperature of the sample and 𝐾 

is Boltzmann’s constant. If the magnetic moment associated with each proton is 
ϓħ

2
, the 

net magnetization, which is the maximum available magnetization for the formation of 

the MR signal, is then given by:  

 

𝑀0 =
𝑁𝑝ϓ2ħ2𝐵0

4𝐾𝑇𝑠
 

Thus, available magnetization for the formation of the MRI signal is proportional directly 

to the strength of the applied magnetic field and inversely to the sample temperature. 

While the sample temperature cannot be influenced, equation 1.6 provides sufficient 

impetus for increasing the external magnetic field 𝐵0 in search of achievable signal-to-

noise (SNR).    

1.4 RF excitation and reception 

The sample magnetization must be perturbed from its equilibrium state and this is 

accomplished by an oscillating magnetic field (𝐵1) at the Larmor frequency applied 

orthogonal to the static field. An RF coil is used to generate the 𝐵1 field and an RF pulse 

is applied to tilt the sample magnetization to the transverse 𝑋𝑌 plane. The 𝐵1 field can 

be decomposed into two counter rotating components 𝐵1
+ and 𝐵1

−. 𝐵1
+ is the component 

that rotates along with the precession of the magnetic moment whereas 𝐵1
− is the 

component that rotates in the negative sense with the same frequency of 𝜔0.  

𝐵⃗ 1
+ = (𝐵⃗ 𝑥 + 𝑖𝐵⃗ 𝑦)/2 

and  

𝐵⃗ 1
− = (𝐵⃗ 𝑥 − 𝑖𝐵⃗ 𝑦)

∗/2 

The component 𝐵1
+ is to referred as the transmit / excitation field and 𝐵1

− is referred to 

as the receive field (Hoult, 2000).  

A unit current passing through a wire creates a magnetic field. This is defined by 

Ampere’s law.  

(1.6) 

(1.7) 

(1.8) 
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∮𝐵. 𝑑𝑙 =  𝜇0 ∫𝐽. 𝑑𝑠 

𝐵 is the magnetic field and 𝐽 is the total current density. In MRI, the transmit coil is the 

current carrying conductor that is expected to produce a uniform magnetic field over the 

sample volume. 

The nutation angle 𝛼 of the sample magnetization by due to the applied RF pulse to tip 

from equilibrium to the transverse plane is given by  

𝛼 = ∫𝛾𝐵⃗ 1

𝜏

0

𝑑𝑡 

where, 𝜏 is the duration of the RF pulse. When the RF source is OFF, the precessing 

magnetization in the transverse plane induces a signal in the nearby RF coil. This 

induced signal, called the free induction decay (FID), exponentially decays due to spin 

relaxation and forms the basis for all NMR experiments. A detailed discussion on 

principles of NMR, spin dynamics and signal strength calculation can be found in 

several articles and text books (Haacke et al, 1999; Hoult et al, 1997; Hoult, 2000).    

The receive function is defined using Faraday’s laws of induction where the time varying 

magnetic field of the precessing sample magnetization induces an EMF ξ across the 

terminals of the receive coil.  

𝜉 =  ∮𝐸. 𝑑𝑙 =  −
𝑑

𝑑𝑡
Ф𝑠 = −

𝑑

𝑑𝑡
∫𝐵. 𝑑𝑠 

ΦS is the magnetic flux through the surface. The induced EMF ξ is proportional to the 

negative of the rate of change of magnetic flux.    

The principle of reciprocity establishes the correspondence between the transmit and 

receive functions of an RF coil. The sensitivity at any point in space during signal 

reception is proportional to the 𝐵1 field strength produced at that point while unit current 

is applied to the same coil (Hoult et al., 1976). Hence, as per the principle of reciprocity, 

(1.10) 

(1.11) 

(1.9) 
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to maximize the induced receive signal, the 𝐵1  field produced by the coil has to be 

maximized. Since the strength of the 𝐵1  field is inversely proportional to the distance 

from the current carrying conductor, RF coils should closely follow the contours of the 

imaging volume to maximize the receive sensitivity.  

1.5 An RF resonator  

An RF coil plays a significant role in an MR experiment. A typical RF coil is a resonant 

structure designed to generate an oscillating magnetic field within a confined region of 

interest. Applying the reciprocity principle, the RF coil detects the induced EMF by the 

precessing sample magnetization. The resonant frequency of the RF coil is given by  

𝑓 =  
1

2𝜋√𝐿𝐶
 

where, L and C are the equivalent inductance and capacitance of the resonant 

structure. The quality or Q-factor is often used as a figure of merit to characterize an RF 

coil. The Q-factor is defined as the ratio of the peak energy stored over the energy lost 

per duty cycle.  

𝑄 = 2𝜋
𝑀𝑎𝑥 𝑒𝑛𝑒𝑟𝑔𝑦 𝑠𝑡𝑜𝑟𝑒𝑑 (𝐼2𝐿 2)⁄  

𝐸𝑛𝑒𝑟𝑔𝑦 𝑙𝑜𝑠𝑠 𝑝𝑒𝑟 𝑐𝑦𝑐𝑙𝑒 (𝐼2𝑅 2)⁄
 

Which gives    𝑄 =  
𝜔𝐿

𝑅
 

and R is the total loss factor.   

The detected signal level increases by a factor of 𝑄 because the voltage across any 

capacitor at resonance is given by  

𝑉 = 𝑄𝜉 

From equation 1.14, it is clear that the total loss factor 𝑅 must be minimized to increase 

the coil Q factor. While sample loss cannot be controlled, careful design considerations 

can minimize coil loss. The aim of the coil designer is to maximize the coil unloaded Q 

(𝑄𝑈𝐿) and maximize the Q ratio (
𝑄𝑈𝐿

𝑄𝐿
), where 𝑄𝐿 is the Q-factor when the coil is loaded 

by a sample. Furthermore, the loss in SNR compared to a lossless situation can be 

(1.12) 

(1.13) 

(1.14) 

(1.15) 
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estimated as √1 −
𝑄𝐿

𝑄𝑈𝐿
 (Hayes et al., 1985), which establishes further the importance of 

maximizing the Q ratio. Hence it is important to understand the various loss 

mechanisms and minimize the controllable loss factors.     

1.6 The loss mechanisms 

1.6.1  Resistive loss (RΩ)  

The resistive losses are caused by the losses to the coil conductor and the coil 

components. At high frequencies, due to skin effect, the current flows on the outer 

surface of the wire. Hence the resistance of the wire is greater than the resistance at 

low frequencies. The coil conductor loss increases with √ω. Copper is predominantly 

used for coil conductors due to its very high conductivity (59 x 106 Siemens/meter). The 

conductivity of silver is about 7% higher than that of copper (63 x 106 Siemens/meter). 

Coil loss is a critical factor at lower field strength and for small and micro coil designs. 

Coil conductor loss is not a major concern on coils for human imaging at higher field 

strength because of sample noise dominance.  

Coil component losses consist of losses to the capacitors and to the detuning PIN 

diodes used in actively detunable coils. The series resistance (ESR) of the capacitors is 

defined in the manufacturer’s datasheet. The value and the total number of number of 

distributed capacitors used to achieve the desired resonance frequency determine the 

total loss due to the capacitor. In addition to the PIN diode detuning circuit, a passive 

detuning circuit or a protection fuse is used in receive-only coils to provide secondary 

safety in case of malfunction of the active detuning circuit. This further adds to the coil 

loss, thereby reducing the unloaded Q of the coil.  

1.6.2  Radiation loss (Rr)  

The energy loss to the far field is represented by radiation resistance. At higher NMR 

frequencies, RF coils behave like energy radiating antennas, resulting in decreased RF 

transmit efficiency, decreased signal to noise ratio and more importantly, increased 

power absorption in the human subject. On most conventional segmented loop coils 
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used for human imaging at UHF MRI, to reduce the radiation of energy to the far-field, a 

local shield is added at a distance to maximize the QUL/QL ratio. TEM coils and 

microstrip transmission line based RF coils are also well suited for higher NMR 

frequencies because of the inherent RF shielding available in the basic coil element of 

these designs.    

The Q factor of an unloaded coil QUL is defined as  

𝑄𝑈𝐿 = 
𝜔𝐿

𝑅𝐶
 

where 𝑅𝐶 is the sum of ohmic resistance 𝑅𝛺 and radiation resistance 𝑅𝑟 of the RF coil. 

1.6.3  Sample Loss (RS)  

Conduction Current:A transmitting RF coil produces an oscillating magnetic field 𝐵1 

which induces RF currents in any conducting sample loading the coil. Some of the 

transmitted power is dissipated in the conducting lossy sample. The sample noise is 

unavoidable but can be minimized by restricting the RF coil designs to the volume of 

interest. Due to the increase in tissue conductivity with frequency, the losses to the 

tissue conductor increases with field strength.  

It is desirable that most of the noise seen in the MR image comes from the sample 

being imaged because the sample noise is unavoidable. When the coil is loaded with 

the sample, the coil is damped by the sample resistance 𝑅𝑠. The loaded Q of the coil is 

then defined as  

𝑄𝐿 = 
𝜔𝐿

𝑅
, 𝑅 =  𝑅𝐶 + 𝑅𝑆 

The coil is sample noise dominant when the ratio of QUL/QL is maximized.  

Displacement Current: An electric field in the near field of the coil generates 

displacement current in a dielectric sample placed in the RF field of the coil. Consider a 

simple loop coil with a single capacitor as shown in Fig. 1 and the inductive voltage 

buildup as a function of distance around the coil. The distribution of voltage along the 

coil implies that there are electric fields between different parts of the coil. This 

(1.16) 

(1.17) 
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corresponds to stray capacitance outside the coil capacitor. When the voltage 

excursions are larger, the stray electric field and the 

stray capacitance are also larger. 

 

 

 

Consider replacing the single capacitor with a series combination of 4 capacitors of 

equal value, while maintaining equal spacing between the capacitors as shown in Fig. 2. 

The maximum voltage excursion will be 1/4th of that of Fig. 1. The penetration of the 

electric field lines into the volume surrounding the coil is minimized and the stray 

capacitance is greatly reduced.  

 

 

 

 

Capacitors of equal value are symmetrically distributed along the loop with each 

segment length in the range of 
𝜆

10
   to 

𝜆

20
. Non-optimal distribution of capacitors results 

not only in a lower 𝑄𝑈𝐿, but also makes the resonant frequency of the loop highly 

sensitive to variations in sample load.  

1.7  Building blocks of an RF system  

1.7.1  Transceiver Coil 

A transceive coil performs a dual role. For transmit, it produces a magnetic field to 

rotate the spin magnetization, and during reception, a signal is induced by the magnetic 

flux created by the precession of the nuclear magnetization. During transmission, power 

from the RF amplifier (RF PA) is transferred using a coaxial cable with a characteristic 

impedance of 50 Ω to the RF coil through a matching circuit which matches the coil to 

Figure 1. RF coil with a single capacitor 

and the voltage build-up as a function of 

distance around the coil.  

Figure 2. RF coil with four distributed 

capacitors and the voltage excursion is 

1/4th of that in Fig. 1.  
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50 Ω. During reception, the signal is transferred to a noise matched preamplifier which 

requires a source impedance of 50 Ω (provided by the coil) for optimum noise figure. In 

addition, a TR switch is used to separate the transmit and receive functions and to 

protect the preamplifier from high power RF. A functional block diagram of the 

transceive coil setup is shown in Fig. 3.   

 

 

 

 

 

 

1.7.2  Quadrature Excitation 

Driving an RF coil in the quadrature mode produces a circularly polarized magnetic 

field. A quadrature operation requires two orthogonal feed ports on an RF Coil structure 

or two RF coils with their respective EM fields orthogonal to each other. The two feed 

ports are driven by two RF currents of same magnitude with 90° phase difference. 

Consider a 2 coil system with coils A and B as shown in Fig. 4.  

 

 

 

Figure 3. Functional block diagram of a 

TR switch.   

Figure 4: Representation of quadrature excitation and reception 
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To generate a 𝐵1 field which rotates in the same direction as the nuclear precession, RF 

current at coil B should be delayed by 90° compared to coil A. This function is achieved 

by a quadrature hybrid which acts as a splitter during excitation and as a combiner 

during acquisition. 

During reception, an EMF is first induced in coil A as the nuclear magnetization is 

aligned with coil A before pointing to coil B. The received signal from the two coils is in 

phase when the signal from coil A is delayed by 90° and hence doubles the available 

signal. The noise from the two orthogonal coils is uncorrelated, resulting in an increase 

in the noise level by a factor of √2. This leads to an increase in signal to noise ratio of 

up to √2 for orthogonal coils. Applying the principle of reciprocity to the transmit 

condition, a quadrature coil produces the same flip angle as that of a linear coil with half 

the amount of transmit power.  

The size of the samples used for MR imaging often ranges from small phantoms to 

large samples that completely fill the coil volume, mismatching the coil input impedance. 

Amplitude and phase balance of the quadrature hybrid is disturbed due to this 

impedance mismatch. While the loss in transmit efficiency due to this is overcome by 

applying additional RF power, the loss in sensitivity during receive is not recovered. By 

inserting two TR switches as shown in Fig. 5 allows the quadrature hybrid to be 

bypassed during signal acquisition. The signals from the two coils are processed by the 

MR scanner as a two channel receive array.  

 

 

 

 

 

 

 

Figure 5: Transceive coil with 

quadrature excitation and reception 

with two channels.  
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1.7.3  Transmit Only Receive Only Coil 

Another approach is to use a larger outer coil to generate a homogeneous transmit field 

and a smaller coil that closely follows the contours of the anatomy for signal reception. 

A functional block diagram of this setup is shown in Fig. 6.   

 

 

The receive coil is actively detuned during transmit to prevent induced RF current in the 

receive coil which is placed close to the anatomy. During acquisition, the transmit coil is 

actively detuned to prevent noise coupling into the received signal. A typical schematic 

of a single receive element is shown in Fig. 7.   

 

 

 

 

 

 

 

The active detuning circuit consists of a PIN diode (D1) in series with an inductor (LB) 

across one of the capacitors (CB) in the loop. Depending on the size of the resonant coil 

and the operating frequency, one or more blocking networks are used per coil element. 

Figure 6: Transmit-only 

receive-only setup for 

optimum SNR.  

Figure 7: Schematic representation of a single receive element 

Figure 7: Equivalent circuit of a single receive coil 
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The scanner provides the control signal to switch the PIN diodes. The blocking 

resistance 𝑅𝑏 provided by the blocking network is  

𝑅𝑏 = 
𝑋2

𝑅
= 

1

𝑅(𝜔𝐶𝐵)2
 

where R is the total series resistance of the blocking network. The smaller the value of 

the capacitor CB, the larger is the blocking resistance. A protection fuse or a passive 

blocking circuit using fast recovery diodes is added for secondary level of safety, in case 

of malfunction of the active detuning circuit.    

1.7.4  Phased Array Coils 

The phased array technique that forms the basis for most of today’s array coils was 

proposed by Roemer et al (Roemer et al., 1990). A smaller surface coil yields higher 

SNR closer to the coil but the sensitive region of a surface coil is much smaller than that 

of a volume coil (Wright et al., 1997). By using the phased array approach, the high 

signal to noise ratio of a small surface coil is maintained over an extended volume using 

an array of RF coils. The principal consideration in a coil array design is to make the 

individual array elements to function independently.   

 

 

 

 

 

 

 

When a multiple of resonant elements are placed close to each other, the inductive 

coupling between the resonant elements causes the resonant frequency to split, 

reducing sensitivity at the Larmor frequency (Fig. 8).  

(1.18) 

Figure 8: Two coils, tuned to the same frequency, are coupled resulting in a resonant 

peak split. 
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There are different design options to cancel the mutual inductance. The most common 

method is to critically overlap the adjacent coils (Fig. 9a) to the point where the mutual 

inductance is zero and restores the sensitivity of each single element even though 

multiple coils are simultaneously active (Roemer et al. 1990). Another way to cancel the 

mutual inductance is by inductive decoupling (Fig. 9b). Two inductors, one for each 

adjacent loop, are wound in opposite directions and placed in line with each other. The 

number of turns and diameter of the inductors depends on the size of the loop and the 

proximity of the adjacent loops. Note that the size of the loops are smaller when 

inductive decoupling is used. At low frequencies, where sample loading is less, this is 

not a preferred choice.  

 

 

 

 

 

 

 

 

1.7.5 Low noise preamplifiers 

Low noise preamplifiers in an RF coil perform a dual role. Fig. 7 shows the 

implementation of a single element in a coil array. The signal induced in the coil element 

is amplified by the low noise preamplifier and fed to the system receivers. Furthermore, 

the non-adjacent loops are decoupled using preamplifier decoupling. Modern MRI 

preamplifiers are constructed using low noise GaAsFETs / HEMTs and these devices 

have high input impedance. Noise matching is accomplished using a LC circuit which 

transforms the high input impedance at the input of the active device to low impedance 

Figure 9: a) Two coils are critically overlapped to cancel the mutual inductance. b) 

Inductive decoupling. The plot on the right shows that the performance of a single coil 

can be restored by cancelling the mutual inductance.  
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at the preamplifier input. Typical values for the input impedance of state of the art MRI 

preamplifiers are in the range between 1 and 2 ohms. Preamplifier decoupling utilizes 

this low input impedance to transform to high impedance at the input of the RF coil, 

blocking the current flow. Fig. 10 shows the equivalent circuit derived from Fig. 7 

showing only the components that contribute to preamplifier decoupling. Capacitors 

𝐶𝑀, 𝐶𝑆,  inductance L (inductance of the part of the cable/cable trap between the coil and 

the preamplifier) and Rin (input impedance of the preamplifier) form a parallel resonant 

circuit and creates high impedance at the Larmor frequency, thereby reducing the 

current flow in the coil.   

 

    

 

 

The preamplifier is placed close to the coil to reduce the noise in the receive chain. The 

noise figure of the receive chain is minimum when the amplifying stage is in the first 

stage as defined by the Friis equation (1.19). The noise contribution from the 

subsequent stages is scaled by the gain of the first amplifying stage as shown in 

equation 1.19.   

𝐹𝑡𝑜𝑡𝑎𝑙 = 𝐹1 + 
𝐹2−1

𝐺1
+ 

𝐹3−1

𝐺2
+ ⋯ 

1.8  RF coils for ultra-high field  

At high Larmor frequencies, the wavelength in tissue is comparable or even smaller 

than the sample dimensions and 𝐵1 exhibits traveling wave behavior (Wang et al. 2002). 

In this regime, RF excitation coils that are used in clinical scanners cannot be adapted 

to UHF scanners. The RF field produced by a volume resonator is given by:  

|∑𝐵1𝑖
+(𝑥 )| 

(1.19) 

Figure 10: Input circuit of Fig. 7 with components that 

contribute to preamplifier decoupling.  

(1.20) 
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where 𝑖 denotes the individual current carrying elements of the resonator, 𝑥  describes 

spatial location and 𝐵1
+ is a complex quantity that is responsible for spin excitation. At 

the center of the coil, which is equidistant from each coil element, the 𝐵1
+ patterns add 

constructively resulting in central brightening. At spatial locations away from the center, 

the complex summation leads to partial cancellation. Due to this constructive and 

destructive interference, the distribution of  𝐵1
+ is highly inhomogeneous at higher 

frequencies.  

By splitting the volume coil to a multiple of individual coil elements, control over the 

magnitude and phase of the current to each of the coil element is obtained.  

|∑𝐵1𝑖
+(𝑥 )|  ⇒  𝑎1𝐵1 𝑐𝑜𝑖𝑙1

+ (𝑥 )𝑒−𝑖𝜔𝑡1 + ⋯+ 𝑎𝑛𝐵1 𝑐𝑜𝑖𝑙𝑛
+ (𝑥 )𝑒−𝑖𝜔𝑡𝑛 

This results in a transmit array. The process of controlling the current to the individual 

elements of a transmit array is called RF shimming. In the static shimming approach, 

the phase is altered which is commonly achieved by inserting coaxial cables of different 

length in the transmit path. Both amplitude and phase of the current to the coil elements 

are controlled in dynamic RF shimming approach. This is accomplished by an array of 

RF amplifiers. A functional block diagram of a static RF shimming setup for a 

transceiver array coil is shown in Fig. 11.  

 

√∑|𝐵1𝑗
− (𝑥 )|

2

𝑖

 

(1.21) 
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1.9  Choice of RF coils for ultra-high field  

RF coil designs for UHF can be categorized under two main design approaches. These 

are transceiver array (same coil is used for transmit and receive) and transmit-only 

receive-only array designs (separate coil arrays for transmit and receive). The table 

below summarizes the advantages and disadvantages of these two design approaches.  

Transceiver Array Transmit-only Receive-only Array 

Tight fitting arrays provide optimum 

transmit efficiency.  

The array elements must be tuned and 

matched for every subject because the 

elements are closely coupled to the 

load.  

Number of channels is limited by the 

number of transmit channels or power 

splitter 

Simpler to construct 

Tight fitting receive array inside a large 

transmit coil provides optimum SNR and 

parallel imaging performance.   

Lower transmit efficiency because of the 

large transmit array.  

Coil is loosely coupled to the sample and 

hence does not have to be tuned and 

matched for every subject.   

Coil construction is challenging because of 

the close packaging of transmit and receive 

array.  

 

  

Figure 11: Functional block diagram of a static RF shimming setup for a 16-channel 

transceiver array.  
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1.10 Objective of the thesis  

While technical challenges increase substantially with field strength, consequent gains 

in proton imaging, spectroscopy, functional MRI and multi-nuclei imaging/spectroscopy 

are significant. A handful of groups worldwide are equipped with magnets stronger than 

7 T. World’s first 10.5 T magnet has been installed at CMRR in December 2014 and 

even field strengths as high as 11.7 T are under consideration. Since July 2007, a 9.4 T 

whole body human scanner and a 16.4 T animal scanner are operational at the high-

field MR Center of Max Planck Institute for Biological Cybernetics. For a number of 

years, both these sophisticated equipments were the strongest MRI magnets worldwide 

in their respective categories. The excellence of MRI results from these unique 

scanners depends ultimately on the RF instrumentation, techniques to control the RF 

field distribution and acquisition methods. The aim of this thesis work is to develop 

optimized RF coils and front-end RF hardware for spin excitation and signal reception in 

9.4 T and 16.4 T MRI scanners.            
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Rat brain MRI at 16.4T using a capacitively
tunable patch antenna in combination with a
receive array
G. Shajana*, Jens Hoffmanna, Dávid Z. Ballaa, Dinesh K. Deelchandb,
Klaus Schefflera,c and Rolf Pohmanna

For MRI at 16.4T, with a proton Larmor frequency of 698 MHz, one of the principal RF engineering challenges is to
generate a spatially homogeneous transmit field over a larger volume of interest for spin excitation. Constructing
volume coils large enough to house a receive array along with the subject and to maintain the quadrature symmetry
for different loading conditions is difficult at this frequency. This calls for new approaches to RF coil design for ultra-
high field MR systems. A remotely placed capacitively tunable patch antenna, which can easily be adjusted to
different loading conditions, was used to generate a relatively homogeneous excitation field covering a large
imaging volume with a transversal profile similar to that of a birdcage coil. Since it was placed in front of the animal,
this created valuable free space in the narrow magnet bore around the subject for additional hardware. To enhance
the reception sensitivity, the patch antenna was combined with an actively detunable 3-channel receive coil array. In
addition to increased SNR compared to a quadrature transceive surface coil, we were able to get high quality gradient
echo and spin-echo images covering the whole rat brain. Copyright © 2012 John Wiley & Sons, Ltd.

Keywords: patch antenna; remote transmission; MRI at 16.4T

INTRODUCTION

In magnetic resonance imaging, radio frequency (RF) coils are
used to produce RF magnetic fields to excite the nuclei as well
as for acquisition of the induced NMR signal. Volume coils that
generate a uniform excitation field are often used in combi-
nation with single or multiple surface coils for detection. Receive
coil arrays have become widespread in MRI due to the increased
sensitivity offered by a multiple of mutually decoupled smaller
coil elements arranged over a larger volume of interest (1, 2) as
well the possibility to accelerate image acquisition using parallel
imaging (3–5).

The push towards higher static magnetic (B0) field strength in
search of higher signal to noise ratio (SNR) increases the RF (B1)
field frequency. Several issues limit translating the RF coil
designs that are highly successful at clinical field strengths to
small animal imaging at 16.4T with a proton Larmor frequency
of 698 MHz. In addition to the special care that must be taken
to limit the radiative and reactive losses in coil designs specific
to high frequencies, the principal issue is the challenges involved
in generating a spatially homogeneous RF excitation field cover-
ing a larger field of view (FOV).

As RF coils approach wavelength dimensions, the phase
change of the electric current on coil conductors cannot be
ignored. In addition, electrically symmetric volume resonator
structures (6), mainly used for producing a homogeneous excita-
tion field, must be large enough to house the receive array and
the subject. The larger coil conductors have large self-inductance
and high resonance frequency is achieved by using smaller
capacitance values and by series distribution of capacitors.
Hence, minor variations in the component values along with
stray capacitances can have a significant impact on the electrical

symmetry of volume resonators. Furthermore, the tune and
match of the coil must be adjusted at the beginning of an exper-
iment because the coil parameters are very sensitive to the size
of the subject and its position inside the coil. Thus, it becomes
a highly challenging task to build volume resonators for proton
imaging at 16.4T and to maintain their quadrature symmetry
such that they are robust enough across varying sizes and posi-
tions of the subject. Because of these difficulties and limited
space, most RF coil designs for small animal MRI at such high
field strengths are transceiver coils either with a single channel
or as array, which constrain the use of spin-echo sequences
due to the inhomogeneous transmit field (7,8).
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It has recently been shown that a circularly polarized patch
antenna can be used as a simple and robust substitute for
conventional volume coils for spin excitation in the human brain
at 7T and above, with the potential to provide a somewhat more
uniform excitation in addition to the extended coverage along
the direction of propagation (9,10). In the original approach,
termed traveling wave imaging, the RF shield in the magnet bore
acts as a waveguide to propagate signal from a remotely placed
antenna to the subject, provided the cutoff frequency of the
waveguide is lower than the Larmor frequency (11,12). Our
16.4T magnet bore has a cutoff frequency of 1.46 GHz for the
dominant mode and hence does not support wave propagation
at 698 MHz but causes considerable attenuation of the field with
increasing distance from the antenna. However, it has been
shown (9,13) that in such cases, the transmit efficiency can be
strongly improved by moving the antenna close to the subject
without affecting B1

+
field homogeneity and the dimensions of

the excited volume. As a consequence of the close proximity,
the transmit antenna is strongly influenced by the load and thus
a mechanism to easily tune and match the antenna to different
loads, e.g. realized by using variable capacitors, is required
(13,14). In this study, we used the spatially homogeneous near-
field of this modified patch antenna for spin excitation in combi-
nation with a receive-only coil array for highly sensitive signal
reception at 16.4T.

MATERIALS AND METHODS

Experiments were performed on a horizontal bore 16.4T magnet
(Magnex Scientific, UK) interfaced to a BioSpecW spectrometer
(Bruker BioSpin MRI GmbH, Germany). The gradient and shim
coil system had a diameter of 120 mm and was capable of
generating gradient strengths of 1000 mT/m within a switching
time of 212 ms. The MR system had eight receive channels and a
single RF power source with a maximum power output of 1 kW.
Additional measurements were performed on a similar scanner with
a Varian console and otherwise comparable configuration (Center
of Magnetic Resonance Research, University of Minneapolis,
Minnesota).
Tissue equivalent phantoms (15) having equal electrical prop-

erties as average brain or muscle tissue at 698 MHz were used for
characterizing the coil parameters and for imaging experiments.
In vivomeasurements were performed on one healthy rat (850 g)
under isoflurane anaesthesia (1.5%–2%). Animal experiments
were in accordance with NIH animal protection guidelines and
approved by the local authorities.

Transmit antenna design and construction

A conventional patch antenna consists of a radiating patch and a
ground plane separated by a low loss dielectric substrate. In the
original design, the size of the antenna depends mainly on the
permittivity of the substrate as well as the operating frequency
(16). A capacitively tunable patch antenna (13), that provides a
mechanism to easily tune and match the antenna to different
loads, was designed using a 6-mm thick alumina slab (99.7%
purity, MicroCeram, Meissen, Germany) with a diameter of 110
mm. This substrate was selected due to its low loss and its high
relative permittivity (er� 9.6, loss factor tan d� 0.0003), which
was necessary to make the antenna sufficiently small to fit inside
the magnet bore. The radiating patch, which was 60-mm in
diameter, and the ground plane were realized using single sided

copper polyimide laminate (5-mm copper on 25-mm film,
NovacladW laminate, Sheldahl, MN, USA). To reduce eddy
currents, the copper layer on the laminate was meshed using
standard circuit board fabrication techniques to form a netted
layer of copper (0.3-mm linewidth, 0.5-mm spacing).

For circular polarization, two coaxial line feeds with an angular
offset of 90�, with their inner conductors attached to the radiating
patch and their outer conductors connected to the ground plane
of the patch antenna, were used. A capacitively terminated patch
antenna can be best visualized as two linear microstrip half
lambda transmission line elements (17) driven in quadrature.
The equivalent circuit of one of those linear elements is shown
in Figure 1a. The decoupling between the two feed-ports can be
influenced by adjusting the balance between the tuning capaci-
tors CT1 and CT2 and therefore, the current distribution on the
patch (9). In transmit only mode, PIN diodes detuned the antenna
during signal acquisition.

The reflection (S11) and transmission (S21) coefficients of the
patch antenna were heavily influenced by the gradient coil when
the antenna was moved into the bore. To avoid this, the antenna
was wrapped with a 5-cm long copper laminate as shown in
Figure 1b. Four slots were cut along the outer edge for routing
the coaxial cables from the receive coil to the receiver electronics
placed behind the antenna. To accomplish quadrature excita-
tion, a homebuilt quadrature hybrid (Microstrip branch line
coupler, Substrate: RO4003C, Rogers Corporation, AZ, USA) was
used to split the transmit RF into two outputs of equal amplitude
with a 90� phase shift. In transceiver mode operation, a low noise
preamplifier with a circuit for protection from transmit RF was
connected to the receive port of the quadrature hybrid to

Figure 1. Capacitively tunable patch antenna. a) Equivalent circuit of
one linear channel of the antenna. CT1 and CT2 are the tuning capacitors
and CM1 is the matching capacitor. b) Picture of the tunable patch
antenna with the radiating patch, outer shield and input circuit. The slots
along the edges are provided to route the cables from the receive coil to
the preamplifiers.
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amplify the combined receive signal. The quadrature hybrid
together with the TR switch and preamplifier were placed
outside the service end of the magnet bore and two low loss
cables (EZ_250_AL_TP, Huber + Suhner) of equal electrical length
were used to connect the antenna drive ports to the hybrid.

FDTD simulations

FDTD simulations (XFDTD 6.5, Remcom, State College, PA, USA)
were performed prior to the actual construction of the antenna
to find suitable values for the antenna’s physical dimensions,
the permittivity of the substrate and the tuning capacitors. In
addition, RF field behaviour was investigated for two different
situations for comparison with experimental results: first, the
patch antenna was modelled along with a tissue equivalent
phantom (s=0.9 S/m, er = 56.5, 40-mm diameter and 80-mm
long) placed 2 cm in front of the antenna. In a second scenario,
the phantom was replaced with a realistic rat model (Remcom)
composed of 35 different tissue types with electrical properties
valid at microwave frequencies. In both cases, the simulations
included a detailed model of the patch antenna comprising the
outer copper laminate, the RF shield, the four tuning capacitors
as well as the two feed ports. Capacitors for impedance
matching were not incorporated into the model. Perfectly
matched layers (PML; 7 layers) were set as the boundary condi-
tion of the simulation domain. Broadband excitations were
simulated to iteratively find the capacitances needed to shift
the resonance frequency to 698 MHz and to decouple the two
ports. As a result, all four capacitors were set to 3.13 pF in the
case of the phantom and 3.06 pF for the rat mesh. Using a sinu-
soidal excitation of the two ports driven in quadrature, B1

+
fields

were recorded after the simulation converged to a steady state
in which fields did not deviate by more than -30 dB from a pure
harmonic variation. Results were scaled to a net input power of 1
Watt and exported to MATLAB (The MathWorks, Natick, MA, USA)
for data analysis and presentation.

Receive coil construction

Three receive coil elements were assembled on a semi-cylindrical
Teflon tube (2-mm wall thickness and 29-mm inner diameter) that
snugly fit a rat head. Coil elements 1 and 3 were assembled on the
two sides of the cylinder and element 2 was on the top as shown
in Figure 2a. The coil elements were constructed using 2.5-mm
wide silver strips. Each element had four capacitors in series and
the input capacitor was further split to form the matching and
active detuning circuit as shown in the schematic (Fig. 2b). To
adjust the tune and match of the coil elements, a variable capac-
itor was provided in the coil input path. Using a pair of decoupled
flux probes, the unloaded and loaded Q were measured for the
single isolated loops without coaxial cables attached to the input.
Unloaded Q for element 1, with the decoupling inductor, and
element 2 were 178 and 202, respectively. The loaded Q,
measured by loading the coil with a 26-mm diameter phantom
filled with average brain tissue equivalent solution (15), was 59
and 62 for the respective loops.

Elements 1 and 3 were decoupled inductively (18) and -20 dB
of isolation was achieved between the two elements. Geometri-
cally overlapping element 2 with 1 and 3 resulted in an isolation
of -15 dB (1). The decoupling inductor and the geometric overlap
were optimized with the coil being loaded with the rat head
phantom. The element layout adopted for the receive array

allowed for mutual decoupling of the three individual elements
and hence additional decoupling strategies were not required.
A shielded cable trap formed by winding a coaxial cable
(Sucoform 47, Huber + Suhner) in the form of an inductor and
tuned to 698 MHz by a capacitor between the turns of the coax-
ial cable ground shield was connected across the input matching
capacitor. The cable traps were mounted above the level of the
receive coil on a vertical acrylic sheet (Fig. 2a) to reduce the influ-
ence on the transmit field produced by the antenna. A PIN diode
(MA4P7452F-1072T, MA-COM Technology Solutions Inc., Lowell,
MA, USA) detuned the receive coil during transmit by creating
high impedance across the coil input. The control signal avail-
able from the MR system to bias the PIN diode was inserted into
the RF cable through a bias tee in the receiver board.

Receive system

A receiver setup that could support up to four receive channels
was custom-built and mounted behind the antenna on the
animal bed. The setup consisted of two stacked circuit boards,
each with two plug-in preamplifiers and bias tee to insert DC into
the RF cable. The 3-channel receive coil was connected to the
receiver board using coaxial cables (K_02252_D-08, Huber+ Suhner)
routed through the slots provided in the transmit antenna. An
additional cable trap was inserted between the interconnecting
coaxial cable and the receive preamplifier. The fourth channel in
the receiver board was not used for this receive array.

Figure 2. 3-Channel receive array. a) Picture of the receive coil array.
The shielded cable trap is assembled on the vertical plate to minimize
interferences with the transmit field. b) Equivalent circuit schematic of
a single element of the receive coil. The bias current to detune the re-
ceive coil is fed to the diode D1 through the RF choke (RFC). The input
impedance of the coil is adjusted with the variable capacitor.
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A two-stage low noise amplifier in cascode configuration
consisting of a pHEMT (ATF-35143, Avago Technologies, San Jose,
CA, USA) in common source (CS) mode followed by a BJT
(BFR193, Infineon Technologies, Milpitas, CA, USA) in common
base (CB) mode was designed. These preamplifiers were retuned
versions of the two-stage 9.4 T preamplifier presented elsewhere
(19) and had a noise figure of 0.65 dB with 27 dB gain at 698 MHz.

RESULTS

Tunable patch antenna in transceiver mode

Figures 3a and 3b show flip angle maps measured using the AFI
method (20) through the middle of an average rat muscle tissue

equivalent (15) phantom (40-mm diameter, 80-mm long) in the
coronal and axial planes, respectively. The phantom was
centered in the middle of the gradient system and 2 cm in front
of the antenna, which was located to the right of the flask in the
coronal view. The tunable patch antenna was driven in
quadrature and operated in transceive mode. A maximum flip
angle of 73� was obtained in the centre of the phantom using
a 1-ms gauss pulse (2.69 kHz bandwidth). For comparison, the
B1

+ magnitude pattern in the same slice obtained from the FDTD
simulation is displayed in Figures 3c and 3d. The simulation tool
predicted that ~ 80% of the net input power would be absorbed
by the nearby phantom, whereas the rest would be radiated or
dissipated. However, the percentage of absorbed power and
hence the efficiency decreased with increasing distance
between sample and antenna. The simulated B1

+ pattern closely
matched the measured flip angle map, which demonstrated that
the antenna worked as expected and that the excitation field
was well described by the results from the FDTD simulations.
The B1

+
field exhibited a region of constructive interference inside

the phantom similar to that observed with conventional volume
coils. Furthermore, the field tapered with increasing distance
from the antenna but still penetrated several centimetres into
the phantom. This demonstrates the strong influence of the load
on transmit field propagation and thus motivates the utilization
of this tunable patch antenna as a transmit coil for rodent
head imaging.

To further characterize the transmit performance, the
antenna was compared with a custom-built 8-element micro-
strip volume resonator (48-mm ID and 60-mm long) driven in
quadrature. Figures 4a and 4b show axial views of the
measured flip angle maps acquired using the tunable patch
antenna and the microstrip volume resonator, respectively,
for a 26-mm diameter phantom filled with average rat brain
equivalent solution (15). RF power was calibrated to achieve
a flip angle of approximately 70� in the centre of the
phantom with a 1-ms Gauss pulse (2.69 kHz bandwidth) for
both the setups. The tunable patch antenna required an
additional 10 dB of RF power to achieve the same flip angle
and was thus less efficient than the volume resonator, which
is not surprising in view of its much larger excitation volume.
For in vivo measurements, the anesthetized rat was placed on
an animal holder, positioned 2 cm in front of the patch
antenna, and centered in the middle of the gradient system.
The impedance match on both orthogonal ports of the patch
antenna was adjusted to better than -25 dB and the isolation

Figure 3. Validation of transmit performance. a) Measured flip angle
map (degrees) in the coronal plane using a 40-mm diameter phantom.
The transmit antenna was placed at a distance of 2 cm in front of the
phantom. b) View of the transverse plane at the dotted line shown in
Figure 3a. c, d) Simulated B1

+ magnitude maps (mT) through approximately
the same slice locations as shown in Figures 3a and 3b. The phantom
model had similar dimensions and electrical properties as the phantom
used in the measurements.

Figure 4. Comparison with volume resonator. a) Axial view of the flip angle map (degrees) on a 26-mm diameter phantom acquired with the tunable
patch antenna. b) Flip angle map measured with a microstrip volume resonator tuned to the same phantom as used for Figure 4a. The RF power was
calibrated to achieve a flip angle of 70 degrees in the centre of the slice.
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between the two ports was better than -30 dB. Figure 5a
shows an axial multislice gradient echo FLASH dataset
acquired using the following parameters: TE = 2.5 ms, TR = 800
ms, FOV = 4� 4 cm2, slice thickness = 1 mm, matrix size = 256
� 256, flip angle: 40�, 1 ms Hermite pulse. Excellent image
homogeneity free of B1 artefacts was achieved not only
across the brain but also over the whole rat head. The
transmit antenna was able to reach a flip angle of 90� using
a 500-ms block pulse with around one fourth of the available
RF power.

At very high Larmor frequencies, it is common to use surface
coils for both transmit and receive, and hence the use of
spin-echo sequences for imaging larger volumes is constrained
by the inhomogeneous B1

+
field distribution. Due to the

relatively homogeneous excitation field generated by the
antenna, we were able to acquire spin-echo RARE images
(Fig. 5b) over a 4-cm FOV along the z-axis covering the whole
rat brain and even extending into the spinal cord.

To gain more insight into RF field behaviour, simulated B1
+

fields are shown in Figure 6. A sagittal view through the setup,
i.e. antenna, RF shield and rat mesh is depicted in Figure 6a
along with the calculated B1

+
field. Note that all tissues except

for grey matter and skin are hidden to better visualize the field
propagation inside the rat model. Obviously, there was no
considerable field propagation effect along the narrow bore at
this frequency, as apparent from the rapid decay of the transmit

field outside the rat with increasing distance from the antenna
(Fig. 6a). However, inside the rat body, the B1

+
field penetrated

much deeper towards the z-direction so that, in accordance with
experimental results, a strong field could be created even
beyond the rat brain. For example, the average B1

+ magnitude
in grey matter voxels across a single transverse slice dropped
by only 30% from the most anterior to the most posterior part
of the rat brain. The B1

+ pattern in a single axial slice through
the level of the brain centre is shown in Figure 6b. Similar to a
quadrature excitation with a conventional volume coil, the field
was strongest in the centre and dropped off smoothly towards
the periphery to approximately 50% of the maximum value. This
drop-off explains the increased image intensity in the centre of
the rat head in Figure 5a. However, in the FLASH images, the
effect was further amplified due to the characteristic receive
sensitivity of the antenna, which was almost identical to the
B1

+ pattern in this case.

Receive only array

For image acquisition with high SNR, the antenna was combined
with a 3-channel receive-only array. To validate the performance
of the receive array, the SNR in the rat head phantom was
compared with a quadrature transceiver surface coil built on a
semi cylindrical acrylic tube with dimensions identical to the
receive array former. The quadrature coil also had identical

Figure 5. In vivo measurements using the tunable patch antenna. a) Axial FLASH images of the rat head with excellent image uniformity over the
entire volume of interest. b) Sagittal spin-echo RARE images over the entire brain could be acquired due to the high excitation homogeneity achieved
with this setup.

Figure 6. Simulated RF field behaviour in a rat model. a) Overview of the entire model. The gradient RF shield, the complete transmit antenna model,
and a rat mesh along with the predicted B1

+
field behaviour in dB scale are included. Note that all tissues except for grey matter and skin are hidden for

better visualization of the B1
+
field. The dotted line illustrates the location of the axial slice shown in Figure 6b. b) The B1

+ pattern (mT) in a single axial slice
through the middle of the brain. The black line illustrates the outline of the rat brain.
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longitudinal coverage. For both setups, RF power was calibrated
for a sample region, right below the middle element of the
receive array, that is in an in vivo experiment occupied by the
rat brain. Fully relaxed gradient echo images with identical
imaging parameters (TE = 3.8 ms, TR = 15 s, FOV= 3 cm, slice
thickness = 2 mm, excitation angle = 90�) were acquired in both
configurations. In an ROI similar to the size and shape of the
rat brain, the SNR of the 3-channel receive array was 37% better
than the quadrature surface coil. SNR was calculated as the
mean signal value from the chosen ROI divided by the standard
deviation of the signals from voxels in an ROI placed in an
artefact free background.
A 2-dimensional multislice gradient echo dataset of the in vivo rat

brain obtained with the antenna in combination with the receive
array is shown in Figure 7a. The coronal FLASH images were
acquired with a flip angle of 40�, repetition time of 800 ms, echo
time of 2.5 ms and in-plane resolution of 156 mm with 1-mm slice
thickness. All four slices had the same window level and hence
the top slice, which is closest to the coil, appeared brightest due
to the higher sensitivity closer to the receive coil elements.
Figure 7b shows an axial multislice RARE dataset (TR = 1500

ms, TE = 8.26 ms, slice thickness = 1 mm, FOV=4� 4 cm2,
in-plane resolution = 156 mm). The 90� flip angle was achieved
using a 3.3-ms Gaussian pulse with 8.6-dB attenuation at the
output of the RF amplifier. As evident in these spin-echo images,
the flip angles were close to the selected values for regions
covering the whole rat brain due to the homogeneous transmit
B1 field achieved with our simple transmit antenna setup.

DISCUSSION

In this article, we presented the first application of a modified
patch antenna in combination with a receive coil array for small
animal imaging. Though the motivation for this work was originally
from the traveling wave approach (11), which has the potential to
more uniformly excite large volumes of interest at ultra-high field,
the higher cut-off frequency of the narrow waveguide meant that
wave propagation was not supported in our 16.4T MRI scanner.
Hence, the subject was placed in the near-field of the patch antenna
by moving the antenna towards the isocenter of the magnet.

Due to the increased attenuation along the z-axis, the B1
+
field

magnitude was expected to drop towards the caudal part of the
rat, which was also evident in the simulation results shown in
Figure 6a. However, aided by the propagation in tissue (Fig. 6a),
the field homogeneity and transmit efficiency were sufficient to
achieve 180� excitation across the few centimetres covering the
entire rat brain in z-direction as it would have been possible with
a close fitting volume resonator. Except for the increased roll-off
of the B1

+
field away from the antenna, the B1

+
field in the axial

view (Fig. 3, Fig. 4) looked similar to the circularly polarized
quadrature transmit field produced by a birdcage coil.

Conventional volume coils for such high field strengths are,
due to the narrow bore size, closely coupled to the load and
hence the size and positioning of the load greatly influences
the coil parameters like tune and match. Readjusting these
parameters for different loading conditions disturbs the
electrical symmetry and thereby the field homogeneity inside
the resonator. For the presented setup, only slight changes in
tune and match were necessary for different loads. Though less
efficient compared to a volume resonator, the advantages of
the tunable patch antenna lies in the design simplicity, the ability
to excite larger sample volumes and the reduced sensitivity to
changes in load. Hence, we find this transmit antenna a valuable
alternative to the conventional volume resonators for spin
excitation especially at very high Larmor frequencies.

The placement of the transmit antenna anterior to the rat frees
up valuable space around the subject, which can be used for
additional hardware for receive, stimulation, anaesthesia or other
experimental requirements. The transmit antenna was easily com-
bined with a conventional receive array for increased reception
sensitivity, which could be invested in parallel imaging applications
(14). Enhancements in transmit performance can be achieved by
further optimizing the antenna design. For example, losses could
be minimized by using air as a dielectric between radiating patch
and ground. In addition, the transmit efficiencymight be improved
by varying the size of the patch, which could easily be done and
would only require adjustments in the values of the terminating
capacitors. Further improvements in receive performance are pos-
sible by increasing the number of receive elements.

While the performance of this coil combination was compared
to a microstrip resonator as well as a quadrature surface coil,

Figure 7. Receive array in combination with the tunable patch antenna in vivo. a) Multislice coronal gradient echo FLASH images covering the rat
brain. Images were acquired with a slice thickness of 1 mm, TE = 2.5 ms, TR = 800 ms, FOV= 4� 4 cm2, matrix = 256� 256. b) Multislice axial spin-echo
RARE images acquired with the following parameters: FOV= 4� 4 cm2, TE = 8.26 ms, TR = 1500 ms, slice thickness = 1 mm, matrix = 256� 256.
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other possible RF coil options are multiport excitation and multi-
element transceiver arrays. We believe that the setup presented
is much simpler and more robust because of the additional hard-
ware needs and cabling complexities associated with multi-
element transceiver arrays in narrow bore ultra high field scanners.
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Chapter 3 

Discussion 

This thesis focused on the design of RF coil arrays and RF hardware for 9.4T whole 

body human and 16.4T animal MRI scanners. A variety of application specific coils in 

different configurations were built to meet the requirements of the different projects. In 

this chapter, the different types of coils presented in this work are discussed in the 

context of the evolution of coil designs specific to UHF and the work published by other 

research groups.   

3.1  Progress of RF coil design in UHF 

Considering the initial concerns on RF power requirements, dielectric resonances, RF 

penetration and suitability of coil designs routinely used for clinical MR frequencies, RF 

coil technology has made remarkable progress in addressing RF related challenges in 

MRI at UHF. Due to advancements in RF design and image acquisition strategies, 

images with significantly superior SNR and contrast are routinely being acquired at 7T 

and even at 9.4T compared to the early 4T head and body images which exhibited 

strong intensity variations across slices (Barfuss et al. 1990; Bomsdorf et al. 1988). The 

first 4T images were acquired with birdcage resonators (Hayes et al., 1985) which 

turned out to be suboptimal at field strengths where the sample dimensions approached 

the wavelength. TEM resonators, first proposed by Roeschmann (Roeschmann 1988) 

were considered an alternative option for high frequency applications because of the 

transmission line based distributed circuit approach and the shielded cavity. The TEM 

resonator was further advanced by Vaughan (Vaughan et al., 1994) and the design was 

successfully implemented for head imaging at 4T and later also at 7T (Vaughan et al., 

2001). Furthermore, 4T body images of good quality and contrast were demonstrated 

by driving a TEM resonator through a 4-port quadrature splitter (Vaughan et al., 2004).   

The experimental findings suggested that, despite the technical challenges, the 

expected increase in SNR and spectral resolution due to the high field could ultimately 

be realized. The central brightening effect as originally attributed to dielectric resonance 
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(Barfuss et al. 1990) is a fundamental phenomenon dependent on sample dimensions 

and wavelength in tissue. Several studies showed later on that the dielectric resonance 

effect is sufficiently dampened due to the conductivity and heterogeneity of the human 

tissue (Collins et al., 2005; Yang et al., 2002). A UHF volume resonator with a uniform 

B1 field profile when empty will produce non-uniform distribution of B1 when loaded with 

a human head. The B1
+ field adds constructively in the center, being equidistant from 

each coil element and leads to partial cancellation outside of the center. An analogous 

interference can be expected in the receive mode when using a volume coil in 

transceive mode, leading to an inhomogeneous intensity distribution across the image 

(Van De Moortele et al. 2005). If the volume coil is broken up in a way that the signal 

from each coil element is collected on separate receive channels and combined as in a 

receive array (Roemer at al.,  1990), the SNR loss in the periphery can be restored 

leading to a flatter looking image (Adriany et al., 2005). In addition, these types of coils 

make it possible to further homogenize or shape the RF field using static and dynamic 

RF shimming applications because the coils allow control over the amplitude and phase 

of the current to each coil element. Thus, coil designs for UHF applications migrated 

from the routinely used volume resonator excitation coils in clinical scanners to 

transceiver array designs with multi-port excitation and array reception.  

3.2  Microstrip arrays 

Microstrip transmission line (MTL) elements consist of a thin conducting strip and a 

ground plane separated by a low loss dielectric. Typically they resonate at a wavelength 

of λ/4 or at integral multiples of λ/4. The physical length of the resonant elements 

depends on the frequency and the relative permittivity (εr) of the dielectric substrate 

because the RF wavelength scales by √εr. Planar strip arrays (PSA) with microstrip 

elements as fundamental building blocks were proposed as an alternative to 

conventional loop arrays because of the intrinsic decoupling offered by the quarter wave 

transmission lines (Lee et al., 2001). Since the electric field is concentrated within the 

substrate, the loss associated with the electric field is minimized. Though the original 

design was validated at 1.5T, the design was well suited for high field applications, as 

also suggested in the original article, because of the distributed nature of the MTL 
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element. The individual elements can be easily tuned to different frequencies by 

adjusting the element length, substrate type and dielectric thickness. An improved and 

more practical version of the PSA is the lumped planar strip array (LPSA) where the 

physical length of the microstrip element is fixed and the electrical length is altered by 

terminating the ends of the microstrip with capacitors (Lee et al., 2004). Now the 

resonance frequency of the λ/2 resonators can be adjusted by tuning the capacitors 

across the strip and the ground plane.  

Meanwhile, MTL based coil arrays were increasingly applied for 7T applications (Zhang 

et al., 2001). Coil arrays with microstrip loops and straight MTL segments were 

presented and the utility of MTL arrays for RF shimming applications was demonstrated 

(Adriany et al., 2005). Conventional MTL resonators and inverted MTL resonators were 

constructed and the performance was compared to birdcage and TEM resonators at 4T 

and 7T (Zhang et al., 2003; Zhang et al., 2005). MTL based designs also found 

applications in body imaging at 7T (Metzger et al. 2008). More 7T MTL designs in 

several different flavors and features were presented: geometrically adjustable arrays to 

improve the transmit efficiency (Adriany et al., 2008), center-fed microstrip elements to 

extend the longitudinal coverage and reduce the cabling issues (Brunner et al. 2007) 

and meander elements to improve the intrinsic decoupling are some of them (Orzada et 

al. 2009).    

In the first publication on human MRI at 9.4T, both eight and 16 channel microstrip 

arrays were discussed. The eight element version did not use decoupling circuits 

because the physical separation between the adjacent coil elements and the large 

sample loading at 400 MHz was sufficient to dampen the coupling. Static RF shimming 

capability was also demonstrated with the 8-channel array (Vaughan et al., 2006).  

The third 9.4T human MR scanner was installed at the MPI, Tuebingen and the RF coil 

program started in fall of 2007 with the aim to develop customized RF solutions for the 

9.4T human scanner and the 16.4T animal scanner.  The uniqueness of the scanner 

frequencies meant that it was almost impossible to find vendors to supply robust 

solutions for critical components like preamplifiers and TR switches. RF hardware, 

being the front-end, has a significant bearing on the quality of the acquired image. 
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Preamplifiers with electrical and mechanical specifications matching the industry 

standards at 3T were developed. In addition, TR switches with low loss and enhanced 

protection from high-power transmit RF were custom built (Shajan et al., 2011). MTL 

arrays being the design of choice at that time for applications above 3T, a 16-channel 

elliptic transceiver array was developed (Shajan et al., 2011, see section 2.1). Coupling 

between adjacent coil elements was cancelled using decoupling capacitors. The high 

sample loading at 400 MHz dampened the coupling to the next-neighboring elements. 

The custom-built setup provided excellent and robust RF performance as evident from 

the high quality susceptibility weighted images acquired with this setup (Budde et al., 

2011).  

3.3 Dual row arrays 

Conventional circularly polarized (CP) mode excitation of a volume transmit array for 

human brain imaging at UHF produces a central brightening effect and signal 

cancellation at approximately a quarter wavelength away from the center of the coil. 

While this can be visualized on a field map plotted in the transversal plane, there is also 

significant cancellation along the sagittal/coronal plane, especially in the lower brain. A 

field map acquired with the microstrip coil (Shajan et al., 2011) in CP mode is shown in 

figure 1. Even though the microstrip elements are 14 cm long, significant excitation of 

the whole brain is severely limited due to the field drop outs. Furthermore, static and 

dynamic RF shimming techniques are less effective in extending the longitudinal 

coverage with single row coil arrays. Such arrays do not provide sufficient degrees of 

freedom to orient the B1
+ field along the Z-direction. These limitations were addressed 

with the idea to distribute the single transmit coil elements not only over the radius of 

the coil, but also along the z-direction, forming coils with two or more rows of coil 

elements.     

Unique coil layouts with 3D RF shimming capability were proposed to improve image 

homogeneity and achieve whole brain coverage at very high frequencies and field 

strengths (Adriany et al., 2007; Avdievich et al., 2011; Gilbert et al., 2012, 2011). Later 

on, numerical models of dual and multi-row coil arrays were comprehensively analyzed 
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to establish the suitability of dual-row coil arrangements for UHF applications (Kozlov et 

al., 2011a, 2011b). The dual-row microstrip array (Adriany et al., 2007) and the loop 

based multi-row arrays (Avdievich et al., 2011; Gilbert et al., 2012, 2011) were 

transceiver arrays and did not optimize the receive performance.  

    

     

 

 

 

 

 

 

Figure 1: Left: Field map of the 16-element microstrip array in CP mode. Right: Significant field 

drop out in the lower brain are apparent in the sagittal plane. 

State of the art MR systems are delivered with 32 receive channels and multi-channel 

receive arrays constructed on form-shaped coil housing maximize receive performance 

(Keil et al., 2013; Wiggins et al., 2006). To take advantage of the higher intrinsic SNR 

available at UHF (Keltner et al. 1991), the receive performance must be optimized. 

Hence, an optimum RF setup for UHF brain imaging must combine a dual-row parallel 

transmit technique with parallel receive technology. A 16-element transmit array in 

combination with a 31-element receive array for UHF brain imaging was first 

demonstrated by this author (Shajan et al., 2014; Shajan et al., 2012, see section 2.2). 

The coil combination achieved significant gain in SNR compared to a 16-element 

microstrip transceiver array. A subsequent study comparing coil performance and MR 

parameters across different field strengths demonstrated a deterioration of the B1 

homogeneity and transmit efficiency at 9.4T (Pohmann et al., 2015). However, the SNR 

gain was distinctly supra-linear. Though the findings in that study were as predicted by 
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numerical analysis, it is important to note that this ambitious coil setup met its objective. 

Also important is the fact that the original design was meant for a head gradient insert 

and hence the construction of the complicated coil structure was hindered by significant 

space constraints.  

The construction of both microstrip based and loop based multi-row coil arrays is 

challenging because of the coupling between the elements of the different rows and 

through the cable that feeds the lower row elements. If one row is rotated with respect 

to the other row, each element of the upper row can be decoupled with two elements of 

the lower row. Row rotation also reduces the coupling between the diagonal elements of 

adjacent rows because it increases the physical separation. Routing of the feed cables 

to lower row elements is the most significant design consideration. Not the shortest path 

to the lower row, instead, routing the cables through the virtual ground of the upper row 

elements provides the best results. Similarly, the cables in the receive helmet must be 

carefully routed so that the transmit coil remains unaffected. The influence of the 

receive array on the transmit coil is visualized by acquiring field maps with and without 

the receive array physically present in the FOV. Combining transmit and receive arrays 

takes advantage of both parallel transmit and parallel receive methods enabling B1
+ 

correction as well as providing high SNR. Not just for 9.4T, this coil arrangement is 

beneficial for 1H imaging in all UHF scanners (≥ 7T).  

3.4 Methods development and applications 

Not only application specific customized RF hardware is important for MRI at 9.4T, it 

must also be accompanied by strategies for RF field management and by techniques 

and methods optimized for imaging at this field strength. This section gives a short 

overview over some of the studies that focus on these aspects, using the hardware 

presented in the previous chapters.    

3.4.1 RF field management 

MR imaging at 9.4T enters a regime where the high Larmor frequency leads to complex 

behavior of the RF field in biological tissue. This issue is significantly more severe at 

9.4T than at 7T and transmit arrays with elements in multiple rows are needed to 
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distribute the B1
+ in the cerebrum, cerebellum and brainstem (Adriany et al., 2007). RF 

field management plays a significant role in the utilization of three-dimensional transmit 

arrays. Static RF shimming or dynamic parallel transmission approaches are used to 

manage the B1
+ field in the desired target areas with respect to homogeneity, power 

efficiency or SAR (Hoffmann et al., 2013b).  

Due to the increase in energy deposition with frequency, transmit array designs are 

accompanied with numerical simulations in order to assess local SAR as a function of 

forward power and RF shim setting. Moreover, the power limits to comply with local and 

global SAR limits for in vivo scans are set based on simulation results. An excellent 

match between simulation and measurement was achieved (Hoffmann et al., 2013b), 

which was essential to ensure patient safety.   

The static RF shimming capabilities of the dual-row RF coil setup were analyzed 

numerically and validated experimentally with regard to the possibility to achieve whole 

brain void-free excitation even at a field strength as high as 9.4T.  

Figure 2. Slice-by-slice phase-only shimmed TSE and FLASH images acquired from different 

subjects at 9.4T using the 16-channel transmit and 31-channel receive array setup (Shajan et 

al., 2014). Reprinted with permission from (Hoffmann et al., 2013b). 
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3.4.2 Travelling wave imaging with high SNR 

The traveling wave approach has the possibility to excite a large volume of interest at 

high Larmor frequencies (Brunner et al., 2009). However, one of its limitations is its poor 

receive sensitivity due to the large distance to the sample. Combining a tight fitting 

receive array with traveling wave excitation provides extended longitudinal coverage as 

well as a significantly higher SNR (Hoffmann et al., 2013a). Furthermore, this approach 

leaves free space around the head, which improves patient comfort as well placement 

of additional hardware.  

  

 

 

 

 

 

 

 

 

 

 

 

Figure 3. Two-dimensional FLASH images illustrate coverage, signal intensity distribution and 

image contrast. TR/TE = 400/10 ms, two averages, bandwidth = 80 Hz/pixel, flip angle = 25° in 

center of brain. Sagittal images: FOV = 215 x 215 mm2, slice thickness (THK) = 1.5 mm. 

Coronal image: FOV = 177 x 210 mm2, THK = 1.5 mm. Axial image: FOV = 166 x 205 mm2, 

THK = 1 mm. Reprinted with permission from (Hoffmann et al., 2013a). 
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3.4.3 Contrast mechanisms 

The sensitivity to susceptibility variations is known to increase with field strength. 

However, this also opens up new possibilities for improving image contrast. Potential 

benefits of 9.4T for T2*, phase and susceptibility weighted contrast mechanisms were 

investigated (Budde et al. 2011). Imaging was performed using the 16-channel 

microstrip array setup (Shajan et al., 2011). White matter structures not visible in 

conventional images were identifiable in the T2* images. Phase images with excellent 

grey and white matter contrast with an in-plane resolution of 130µm was acquired. Due 

to the high sensitivity to susceptibility differences at 9.4T, susceptibility weighted 

imaging (SWI) was able to depict venous structures with high level of detail. In 

comparison to 3T, performance enhancement at 9.4T in terms of improved contrast as 

well as supra-linear SNR gain was achieved (Budde et al. 2011).  

 

    

 

 

 

 

 

 

 

   

 

 

 

Figure 4. One slice of a T2* map with 
an in-place resolution of 0.35 mm 
and slice thickness of 2 mm. 
Reprinted with permission from 
(Budde et al. 2011) 

Figure 5. Filtered phase image 
computed with combined complex and 
phase filtering, displaying excellent 
contrast   between gray and white 
matter throughout the entire image, 
with an in-plane resolution of 200 µm. 
Reprinted with permission from (Budde 
et al. 2011)  
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Figure 6. Minimum intensity projections of susceptibility weighted images. (a) is acquired at 9.4T 

with an in-plane resolution of 175 µm and (b) is from 3T with the same resolution. The 9.4T 

images field show much more details than the 3T images. Reprinted with permission from 

(Budde et al. 2011) 

3.4.4 Functional MRI at 9.4T  
The increased SNR and higher blood oxygen level dependent (BOLD) signal at ultra-

high field boosts the possible resolution in functional MRI (fMRI) studies. The specificity 

of human functional MRI were investigated at 9.4T using both gradient-echo (GRE) and 

spin-echo (SE) based echo-planar imaging (EPI) (Budde et al., 2014a). First fMRI data 

from human subjects at 9.4T were analyzed to estimate the potential gain that can be 

achieved by increasing the field strength and to demonstrate the feasibility of human 

functional MRI at 9.4T with high spatial specificity (Budde et al., 2014a).   

 

a b 
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Figure 7. Anatomical and functional images from one volunteer. Anatomical images are shown 

in magnitude (a) and phase (b) representation. SE-EPI (g) and GRE-EPI (c, e) images were 

acquired with a resolution of 1.0 mm3 and show clear activations of the motor and 

somatosensory cortex. In (c), all activated voxels are displayed, whereas in (e) the z-statistical 

threshold is set to yield equal numbers of activated voxels for SE-EPI and GRE-EPI. Zoomed 

images of the activation, registered to the high-resolution anatomical data, are shown in (d), (f), 

and (h). The locations of the veins are overlaid in blue. The color bar shows the z-score and 

scaling is equal in whole brain and zoomed images. Reprinted with permission from (Budde, et 

al., 2014a).  

3.4.5 Acquisition weighted imaging at 9.4T 

The principal reason behind increasing the strength of the static magnetic field is the 

promise of increase in SNR, which could then be invested in boosting the spatial 

resolution of in-vivo images. To realize the full potential of ultra-high field MRI, imaging 

techniques that are optimized to obtain highest possible SNR must be applied along 

with RF instrumentation designed to maximize receive sensitivity. These techniques 

could then be used for neuroscientific applications like noninvasive identification of 
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small anatomical structures in cortex or deep brain structures (Logothetis et al., 2002), 

or in medical applications where small-scale pathologies are examined as in the case of 

multiple sclerosis (Hammond et al. 2008). Ultra-high resolution human brain images 

with voxel volume of 0.014mm3 were acquired using the SNR optimized 31-channel 

receive array (Shajan et al., 2014) in combination with acquisition weighting technique 

which provided further 20% increase in image SNR (Budde et al., 2014b).  

 

 
Figure 8. Comparison of in vivo high resolution (0.2 mm in plane) images acquired with 

conventional (top row) and acquisition-weighted (bottom row) imaging. a–b:Whole brain phase 

images, acquired with a slice thickness of 1 mm. c,d: Magnitude images (slice thickness 0.5 

mm), demonstrating the improved visibility of small veins due to improved SNR with the 

weighted sequence. e,f: Phase images, showing a distinct SNR increase, especially visible in 

the interior whitematter. g,h:Magnitude image of the putamen (averaged over three slices). 

The acquisition-weighted images show a clearly improved representation of the fine structure. 

Reprinted with permission from (Budde, et al., 2014b). 
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3.4.6 Arterial spin labeling at 9.4T 

The higher intrinsic SNR together with the longer longitudinal relaxation times at UHF 

can potentially benefit arterial spin labeling (ASL) at this field strength. To this end, the 

feasibility of multi-slice pulsed arterial spin labeling (PASL) of the human brain at 9.4 T 

was investigated (Bause et al. 2015). Quantitative, functional and high-resolution (1.05 x 

1.05 x 2mm3) ASL experiments were performed to demonstrate the potential of arterial 

spin labeling at 9.4T. In comparison to 3T, 23% lower perfusion in gray matter and 17% 

lower perfusion in white matter was observed at 9.4T. Functional and quantitative 

perfusion-weighted images showing a high degree of detail were obtained using the 

dual-row transmit 31-channel receive array (Shajan et al., 2014), even with the limitation 

of field inhomogeneity and SAR that are typical to UHF (Bause et al. 2015).  

 

 
 

Figure 9. a: Measured transmit field (four sagittal slices of the 3D volume are shown) at 9.4 T. 

The white arrow indicates the area with very low transmit field strength in the cerebellum. b: 
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Fitted efficiency of the selective and nonselective inversion in the brain. c: Measured slab profile 

of the WET saturation with optimized flip angles. Reprinted with permission from (Bause et al. 

2015).  

3.5  Sodium imaging at 9.4T 

In addition to protons, several other nuclei in the human brain are visible for MR and 

play an important part in physiological processes. Sodium, as one of the key nuclei in 

cell physiology, is of special interest for neuroscientific and medical applications. 

However, its concentration and NMR sensitivity are low compared to those of protons. 

Hence it is essential to maximize the coil performance at the sodium frequency. In 

addition, 1H imaging capability is a desirable feature as part of a sodium coil for B0 

shimming to maximize the homogeneity of the static magnetic field. Furthermore, the 

gyromagnetic ratio ϓ of sodium is 3.8 times lower than that of 1H resulting in a much 

lower Larmor frequency for sodium. Since coil loading is a function of frequency and 

size of the coil, increasing the number of coil elements in the array is not always 

beneficial. These considerations complicate the design and implementation of RF coils 

meant for sodium imaging. A dual-frequency RF coil setup consists of more than one 

coil. The low frequency coil is always placed close to the sample to maximize sensitivity. 

However, the low frequency coil has low impedance at the 1H frequency and acts as a 

shield to the external coil. Nevertheless, the principal design aim is to maximize the coil 

performance at the sodium frequency and have sufficient 1H signal for B0 shimming. 

Several dual-tuned or dual frequency setups have been proposed for multi-nuclei 

imaging.  Intrinsically orthogonal coil elements, with different B1
+ field patterns, for the 

two different frequencies is one approach. Dual-tuned coils use the same resonant 

structure to resonate at two different frequencies (Schnall et al., 1985). While this 

structure generates similar B1
+ field patters, the additional lumped components affect 

the transmit efficiency. By appropriate choice of components, the loss in the lower 

frequency (x-nuclei frequency) is limited to less than 20% while incurring up to 50% loss 

in the 1H frequency.  Several design variants of dual-tuned or dual-frequency setups 

have been published all with the aim to maximize coil performance at the lower 
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frequency and to minimize the 1H frequency loss. Nested coils (Brown et al., 2013; 

Wiggins et al., 2010) and composite coils (Kaggie et al. 2014) are some of them.   

 

Figure 10. Axial, sagittal and coronal sodium images of five subjects before B0 and B1 

correction. Reprinted with permission from (Mirkes et al., 2014).  

In the example shown in figure 10 from (Mirkes et al., 2014), a proton patch antenna 

was combined with a sodium birdcage coil to provide proton signal without 

compromising the efficiency of the X-nucleus coil. Sodium density weighted images with 

a nominal resolution of 1 x 1 x 5 mm3 were acquired within 30 min with an ultrashort 

echo time sequence. The methods used for signal calibration as well as for B0, B1 and 

off-resonance correction were verified on a phantom and five healthy volunteers (Mirkes 

et al., 2014).  

To improve the SNR further, the three layered coil (Shajan et al., 2015), with maximum 

possible number of receive elements for 23Na receive array was developed. While the 

SNR in the center of the brain is slightly lower than for a single tuned birdcage coil, it 

quickly outperforms the birdcage over the entire brain volume. This result also 

underlines the importance of coil arrangement and choice of loop dimensions for low 

frequency coil design. The unloaded to loaded Q ratio decreases with frequency and 

hence the SNR in the deep brain can suffer due to the smaller size of the coil elements. 

Coil arrangement on the helmet surface is another important factor because arranging 

coils in the frontal part also contributes to the central SNR. The in vivo example 
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presented in the article was acquired in only ten minutes and shows a level of detail not 

previously achieved. Whole brain coverage was achieved even at 400 MHz using a four 

channel dipole array for B0 shimming purposes. Though the presence of the sodium 

transmit and receive array alters the B1
+ distribution of the dipoles, the shielding effect is 

minimized by using a 4-element loop array instead of a conventional birdcage 

resonator. Furthermore, careful choice of cable routing in the multi-element receive 

array keeps the influence on the 1H frequency to a minimum. The three-layered design 

approach is well suited for multi-nuclei imaging at ultra-high field as also demonstrated 

through the 9.4T 31P setup (Shajan et al., 2015).             

Several research groups are actively involved in the design of sodium coils and 

significant gain in SNR has been achieved using innovative coil combinations. The next 

big leap in this topic would be a coil combination that provides optimum sodium SNR as 

achieved in some of the setups (Qian et al., 2012; Shajan et al., 2015) but also optimum 

performance at the 1H frequency.        

3.6  RF Coils for MRI at 16.4T 

The introduction of whole body high field human MR scanners with field strengths of up 

to 10.5T and up to 21T for animal research has pushed the limits of achievable SNR. 

The 16.4T MR scanner installed in our lab had the strongest animal MR magnet at that 

time. RF coil design for small animal imaging presents a completely different set of 

challenges. The coil dimensions are much smaller compared to coils for human 

applications and so the loss factor has a different dimension. While the 9.4 T human 1H 

coils are sample noise dominant, in small coils for animal imaging applications, sample 

loss as well as coil loss must be taken in to account. With manufacturers offering up to 

16 digital receive channels, it is not always advantageous to arrange a large number of 

coils on to a small volume because small coil dimensions will lead to penetration issues 

and the resistive loss from the coil components cannot be ignored. Other major design 

considerations are the lack of space in the small animal magnets and the possibility to 

tune and match the coils which are highly sensitive to load variations and to the 

shielding effect by the bore of the small magnets.  
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In the traveling wave approach, a remotely placed antenna is used for spin excitation 

(Brunner et al., 2009). A 3-channel receive array in combination with a patch antenna 

for imaging at 16.4 T is an extension of this setup. The near field of a tunable patch 

antenna (Hoffmann et al., 2010) is used for spin excitation. The transmit homogeneity 

and excitation patterns were comparable to those of a microstrip volume resonator. 

Significant is the open space this setup provides around the sample which improves 

access to the sample and provides space for the receive array. High-quality gradient-

echo and spin-echo images were acquired to prove its utility. The setup is scalable to 

other frequencies for small animal imaging applications in small bore magnets.  
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Conclusion 

In conclusion, the different studies presented in this thesis demonstrate the importance 

of developing customized anatomy specific RF coils for optimum performance. The 

quality of results depends not only on the design and implementation of the RF coil but 

is also heavily influenced by the performance of the receive hardware behind each coil 

element. The various coil implementations sought to find optimal solutions for the quality 

and reliability aspects of RF components like preamplifiers, TR switches and hybrids to 

ensure maximum gain in SNR. Precise numerical models were developed for the 

different coils (Hoffmann et al., 2013). Excellent match between simulation and 

measurement was achieved (Shajan et al., 2015a; Shajan et al., 2015b) which is an 

essential aspect not only to ensure that the coil performance is as expected but also for 

the safety of the subjects.      
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Chapter 4 

SUMMARY 

Choice of RF coil technology, the engineering behind its implementation and its 

performance are significant components towards realizing the promise of ultra-high field 

(UHF, ≥7T) MRI. A generic excitation coil, similar to the body coil in the clinical 

scanners, is not available in UHF MR systems due to the complex RF field behavior as 

the sample dimensions become comparable to the wavelength. Hence, dedicated and 

application specific RF coil solutions are important at UHF.  

Transceiver arrays with microstrip coil elements have been the design of choice in most 

of the early UHF MR research sites. Design simplicity, small resistive and radiative 

losses and distinct sensitivity patterns of coil elements that aided RF shimming 

performance are the deciding factor behind this trend. A 16-channel microstrip 

transceiver array was developed together with the front-end electronics, which was 

shown to provide excellent image quality. This setup was then used to demonstrate the 

feasibility of novel contrast mechanisms at 9.4T. However, the high voltage across the 

terminating capacitor and the sensitivity towards load variations resulted in reliability 

issues and additional set up time, respectively.   

To extend the longitudinal coverage and to achieve whole brain excitation even at 9.4 T, 

a dual-row transmit array was designed. In combination with a tight fitting receive array, 

it provided optimum SNR and 3D RF shimming capability. Integration and control of in-

built TR switches and interactions due to the independent receive array were effectively 

managed. Despite the complexity of this coil combination, an excellent agreement with 

the numerical model was achieved through precise RF engineering. The dual-row 

transmit in combination with a receive array is a valuable configuration, which can be 

applied not only for 9.4T, but will also be used for other ultra-high field MRI applications 

at field strengths like 7T and 10.5T.   

Multi-nuclei imaging at UHF is equally challenging because of the need to incorporate 

B0 shimming capability at the 1H frequency. Transmit efficiency equivalent to a 
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conventional birdcage coil and significantly high 23Na SNR was achieved using a novel 

three-layered coil arrangement. In addition, B0 shimming capability at the 1H frequency 

was achieved. This new design approach is easily adaptable for other multi-nuclei 

applications at field strengths ≥ 7T.  

In the 16.4T animal scanner, with a proton Larmor frequency of 700 MHz, one of the 

principal RF engineering challenges is to generate a spatially homogeneous transmit 

field over a larger volume of interest for spin excitation. Constructing volume coils large 

enough to house a receive array along with the subject and to maintain quadrature 

symmetry for different loading conditions is difficult at this frequency. Motivated by the 

travelling wave approach, a remotely placed capacitively tunable patch antenna that is 

easily adjustable to different loading conditions was used to achieve homogeneous spin 

excitation. The tunable antenna in combination with a receive array provided increased 

SNR and created valuable real estate in the narrow magnet bore around the subject for 

additional hardware.  

All coils developed for human applications were put through extensive compliance 

testing as per the self-developed validation procedure for patient safety. The RF coil 

designs for human use presented in this thesis work are all meant for brain imaging 

applications catering to the research focus of the institute. Design approaches that are 

successful in imaging the human brain are not necessarily effective for body 

applications because the body dimensions can be a few times larger than the 

dimensions of the head. Attempts to image the body at 9.4T would be even more 

challenging and could lead to several interesting RF coil combinations. 
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