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1.1 Radiofrequency in MRI 
 

Magnetic resonance imaging (MRI) has proven its use in the medical world with its high 

soft tissue contrast and nearly endless imaging possibilities. Furthermore, it is non-

invasive and requires no ionizing radiation, making it very suitable for longitudinal 

studies. However, one of the aspects that is inherent to MRI and could pose a safety issue 

is the use of pulsed radiofrequency (RF) signals. 

Next to the strong static magnetic field and switched gradient fields, RF signals play a 

central role in MRI and are used to induce a measurable signal. In short, the static 

magnetic field (B0) causes nuclei that have an intrinsic magnetic moment or spin to 

align, generating a net magnetization. Additionally, the nuclei will precess at their 

resonance frequency. When an RF pulse is given exactly on the resonance frequency of 

the nuclei, its energy will be transferred to the nuclei (so-called excitation) causing the 

net magnetization to rotate. The amount of rotation depends on the amplitude and 

duration of the pulse. These RF pulses are passed through 10kW amplifiers, to give a 

comparison of how much amplification this is: a radio transmitter covering roughly 

3000 km2 requires only 4kW. When the magnetization is rotated the precession of the 

spins leads to a time-varying magnetic flux that causes an induction voltage at the 

terminal of a coil via Faraday’s law. This induction voltage represents the actual signal 

that is used to generate the images in MRI. RF pulses are therefore always required to 

excite the spins and obtain signal. Opposed to the excitation, the detected 

radiofrequency is miniscule; the largest signal is in the order of several microwatts. 

After acquisition, the magnetization returns to its steady state and the whole process 

can be repeated. 

The risks associated with RF power deposition and the restricting effect it would have 

on MRI were realized as early as 1978(1). In order to better define these risks it is 

important to know the influence of RF on the human body. When an RF pulse is applied 

in MRI an electromagnetic wave propagates through the subject. In addition to exciting 

nuclei, the time-varying nature of the RF field causes currents to be generated in the 

tissue. These currents consist of charged carriers, i.e. ions in human tissue, which 

oscillate over a small spatial range. This movement causes electric and mechanic 

interactions with the surrounding tissue molecules, generating heat. This process is 

called Joule heating or ohmic heating. Another process leading to heating of tissue is 

called dielectric heating. This is caused by molecules with a non-zero electric dipole 

moment, such as water and proteins(2). These polar molecules rotate to align 

themselves to the electromagnetic field and thereby also generate heat via interactions 

with the surrounding tissue. However, the RF frequencies that are used in MRI (42 – 300 

MHz) mainly cause ohmic heating, with only a small contribution of dielectric 

heating(3). Therefore the amount of heat that is generated in the tissue can be described 

by Joule’s first law. This law states that the amount of heat is proportional to the square 

of the current times the electrical resistance of the tissue.  
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The amount of energy that is deposited per second normalized to a local mass is called 

the specific absorption rate (SAR) and is described by this equation: 
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Thus, the SAR level [W/kg] is dependent on the conductivity σ [S/m], the electric field E 

[V/m] and the tissue density ρ [kg/m3]. Finally, the temperature increase caused by this 

SAR depends on the specific heat of the tissue, its thermal conductivity and its perfusion.  

1.2 Guidelines on RF exposure in MRI 

 

There is a history of safe usage with MR(4), because multiple safety guidelines 

concerning the use of RF exposure are issued to guarantee low tissue heating. The 

guidelines for the public exposure to such fields are issued by the International 

Commission on Non-Ionizing Radiation Protection (ICNIRP) and the Institute of 

Electrical and Electronic Engineers (IEEE)(5,6).  

Next to that, the manufacturers of MRI scanners have to follow the safety limits 

described by the International Electrotechnical Commission (IEC)(7). These regulations 

together define the maximal absolute temperature and maximal temperature increase in 

human subjects, as can be seen in Table 1. From these temperature limits maximal SAR 

levels were derived.  

The guidelines on SAR are split up in global and local restrictions and are all averaged 

over 6 minutes. Global SAR, which describes the maximal total amount of power 

deposition in the body, applies when a volume coil is used and a large volume of the 

subject is being exposed to RF. Local SAR restrictions are averaged over 10 grams of 

tissue and apply when small transmit coils are used on a specific part of the body. 

Finally, there are also energy restrictions that define the maximal time a certain SAR 

level can be applied. These are 14.4 kJ/kg for the complete body which corresponds to 

two hours of scanning at 2 W/kg. Table 2 gives an overview of the SAR guidelines.  

 
Max rise of body core 

temperature [°C] 

Max 

temperature 

head [°C] 

Max 

temperature 

trunk [°C] 

Max 

temperature 

extremities [°C] 

Normal 0.5 38 39 40 

First level 

controlled 
1 38 39 40 

 

Table 1: The temperature guidelines for MRI. First level controlled restrictions apply only under medical 

supervision and exclude pregnant women and children  
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1.3 New  developments in RF usage in MRI 

  

In the last decades several trends have changed the way that RF is applied in MRI. One of 

those trends is the progression towards higher field strengths. Higher magnetic field 

strengths increase the signal-to-noise ratio and therefore allow improvements in scan 

time, resolution or sensitivity. However, there are also several difficulties associated 

with these higher magnetic fields. One of them is that an 

increased magnetic field strength is coupled to an 

increased resonance frequency of the protons. This in 

turn results in a decreased wavelength of the RF pulses 

that are required for proton excitation. At a frequency 

of 64 MHz, which corresponds to the clinically most 

used field strength of 1.5 tesla (T), the wavelength (λ) is 

roughly 52 cm in the human body. However, at 298 

MHz (7T) this has reduced to only 11 cm(8). A graphical 

representation of this effect is shown in Figure 1. This 

reduced wavelength results in interference effects 

creating standing waves with high and low intensities 

inside the subject, causing much more variation in the 

RF distribution than what is common at lower field 

strengths.  

One of the ways to address this variation in RF distribution is to perform so-called RF-

shimming(9,10). To obtain a more homogeneous RF field for excitation several transmit 

elements are used in conjunction; this is called a parallel transmit (pTx) 

experiment(11,12). Another application of this method is to facilitate methods that 

decrease scan times (13). However, the use of multiple transmit elements increases the 

dynamic range of SAR values, possibly also generating local increased SAR levels (14).  

These new RF technologies and concerns on local heating have prompted researchers to 

study SAR distributions in more detail. By using electromagnetic simulation studies it 

was demonstrated that local SAR values can become higher than previously 

anticipated(15). This means that even when the guidelines on global SAR are followed, 

the local SAR restrictions might be violated.  

 Global SAR [W/kg] Local SAR [W/kg] 

 whole body head head trunk extremities 

Normal 2 3.2 10 10 20 

First level 

controlled 
4 3.2 20 20 40 

 
Table 2: The SAR guidelines for MRI. First level controlled restrictions apply only under medical 

supervision and exclude pregnant women and children. Note: the SAR limits over any 10 second period 

shall not exceed two times the stated values 

Figure 1: The RF wavelength at 

the resonance frequency of 

protons for different magnetic 

field strengths compared to the 

size of a human head  
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Recently, simulation studies have shown that within the global SAR guidelines local 

tissue temperatures can also reach values above safe regimes (16). This was 

independently confirmed by studies in animals(17–19). As a result, the global SAR level 

is not only a bad estimator of local SAR, but also of the risk of tissue damage. Since global 

SAR guidelines no longer appeared to reflect tissue safety, a transition towards 

restrictions based on absolute temperatures was proposed. Thermal dose could then be 

used as a restrictive safety measure(20). The thermal dose concept is already widely 

used in the hyperthermia community for treatment assessment, and is most commonly 

described by the cumulative equivalent minutes at 43°C (CEM43). However, in order to 

be able to apply guidelines based on temperature exact knowledge of the absolute 

temperature distribution over time is required, which therefore needs to be modeled. 

This means that next to electromagnetic modeling that is required for SAR estimation an 

additional thermal modeling step is required.   

1.4 Modeling safety 

By performing simulations of a certain RF exposure on a given subject a safety assessment 

can be done prior to the actual MRI exam. The first step in this process is to calculate the 

electromagnetic (EM) fields generated by an MR coil geometry, which is called EM 

modeling. This is commonly used in the MR community for the understanding of new RF 

concepts, virtual prototyping (i.e. virtually testing coils before physically building 

them)(21) and, most importantly, safety assessment(16,22). These simulations can be 

performed by using one of the many simulation methods such as the finite elements 

method(23), the volumetric integral method(24) or the finite difference time domain 

method (FDTD)(25). In this thesis the FDTD method was used. As an input this method 

requires an accurate representation of all objects that need to be simulated. In MRI this is 

usually the subject and the coil that is used for the 

RF transmission. From these objects not only the 

geometry needs to be defined but also their 

electromagnetic properties such as conductivity 

and permittivity. The FDTD method then requires 

the model to be gridded into rectangular cells 

(typically millions). On these cells the electric and 

magnetic fields are calculated by numerically 

solving Maxwell’s equations in the time domain 

over the whole grid. Once all the three spatial 

components of the electric field are estimated, the 

resulting SAR levels in the subject can be evaluated using equation 1. An example of such 

a simulated SAR distribution is given in Figure 2. That figure immediately shows that the 

distribution of local SAR values can vary over small spatial locations.  

  

Figure 2: A simulated SAR distribution in 

a calf generated by a twisted birdcage 

coil at 3T normalized to 1W input power 
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To make the transition from SAR to temperature values and further improve the safety 

assessment a thermal model is required, such as Pennes’ Bioheat Equation (PBE)(26). 

This model, which was introduced in 1948, describes the relationship between SAR and 

tissue temperature change. It states that the local temperature change depends on 

thermal conduction and perfusion combined with the heat source terms: metabolic heat 

and RF heating. The equation to describe this is:  

 ρc ��(�, �)
�� = k���(�, �) � ρ�c��(�(�, �) � �� !) " #$ " %&'(�, �) [2] 

with ρ and ρb the density of the tissue and blood respectively [kg/m3], c and cb the 

specific heat capacity of the tissue and blood [J/kg/K], T  and Tart  the temperature in the 

tissue and feeding arteries [K], t the time [s], k the thermal conductivity of the tissue 

[W/m/K], w  the perfusion [m3/s/m3], hm the metabolic heat generation of the tissue 

[W/m3] and PRF  the applied RF power [W/m3].  

It is clear that much more parameters are required than are needed for SAR estimation. 

Usually tissue specific mean literature values obtained from large studies are used for 

these thermal properties(27). The thermal model can be applied to similar cells as those 

that were used in the EM simulations, making a 

very effective combination. Since the model only 

holds for tissue, boundary conditions need to be 

defined at the transition from skin to air. The 

amount of heat loss that occurs over this 

boundary due to convective or radiative heat 

exchange can again be estimated with values that 

are described in literature(28). Because the 

initial conditions, i.e. the starting temperatures, 

are often unknown and difficult to estimate, 

biological tissues are usually set to 37°C at the 

beginning of a simulation. After simulating a 

certain amount of time a steady state 

temperature will be reached with respect to the 

surroundings (commonly the air temperature is 

set to 21°C). Subsequently, the RF power can be 

added to the equation, detecting its influence on 

the temperature distribution.  However, in vivo temperature changes are not only 

dependent on RF exposure but are also determined by the reaction of the body to the 

applied heat, i.e. thermoregulation. The sensors for measuring heating in humans are 

located in the skin and a lower subcutaneous layer, which enables sensing a 

transcutaneous temperature gradient(29). When humans are exposed to acute external 

heat stress, these sensors respond by stimulating an increase in both skin blood flow 

and sweating(30,31). Sweating locally reduces temperature by evaporative cooling 

whereas an increased blood flow transports the heat away. Their combination is a highly 

effective mechanism in humans resulting in a very stable core temperature in all kinds of 

Figure 3: A graphical representation of 

models of thermoregulation 

(image adjusted from (16)) 
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conditions e.g. extreme exercise and thermally stressful air temperatures. However, RF 

heating is not external but rather an internal type of heating. This results in the fact that 

sweating plays a smaller role in the thermoregulation than blood flow increase, since the 

cooling should occur within the body instead of only on the outside. Therefore, a good 

way to include thermoregulation into the PBE is by making the perfusion term 

temperature dependent. Two examples of thermoregulation models that were 

implemented in thermal simulation studies are given in Figure 3(16,32). The results 

from the studies using these models show that thermoregulation might actually be the 

most important factor for correctly estimating temperature. However, since the internal 

heating caused by RF might not activate the sympathetic nerves in the skin the 

prediction of how much thermoregulation actually occurs is unknown. Another factor to 

take into account is that local heating might give rise to other perfusion changes than 

systemic heating(33,34). Finally, thermoregulation is very subject specific and can be 

affected by several characteristics such as age, weight and various diseases. The thermal 

model therefore requires reliable inputs before its results can be used in RF safety 

assessment. Furthermore, the model needs to be validated by comparing it to the actual 

thermal response of the human body to intense RF exposure.  

1.5 Measuring the influence of RF 

 

A large advantage of MRI is that it is possible to measure the temperature and 

thermoregulatory parameters that are required for the input and validation of the 

thermal model using the scanner itself. The MRI scanner can therefore be used for its 

own safety assessment.  

Temperature  

MRI can readily be used to image temperature distributions, this is called MR 

thermometry. It is commonly used for monitoring thermotherapy interventions such as 

high intensity focused ultrasound (HIFU), laser induced thermotherapy and RF 

ablation(35). It can of course also be applied for MR safety assessment.  

Although specific contrast agents were developed to be temperature sensitive(36), the 

MR signal itself is intrinsically temperature dependent. Several parameters that can be 

measured by MRI change due to temperature: the equilibrium magnetization, water 

diffusion, magnetic transfer, T1 relaxation, T2 relaxation and the proton resonance 

frequency (PRF)(37). However, measurements on the PRF are most popular because of 

its linear relationship with temperature and since it is almost independent of tissue 

composition. Normally, the PRF in the main magnetic field is reduced by an electron 

circling around the proton, which generates an opposing magnetic field. This effect is 

called electron shielding. However, when a hydrogen atom is involved in a hydrogen-

bond, e.g. in water, the electron shielding of its proton decreases, causing an increased 

PRF. When these hydrogen-bonds stretch, bend or break due to temperature rises the 

inverse effect is observed: a net decrease in resonance frequency or a so-called negative 

PRF shift (PRFS) (38). This effect is miniscule: one degree change in temperature leads 

to a change in frequency of only 0.01 part per million.  
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So if the proton would be rotating in the clinically most used magnetic field of 1.5T at a 

resonance frequency of 64 MHz, a change in temperature of 1°C would lead to a PRFS of 

only 0.64 Hz. Because the absolute frequency of protons is also affected by magnetic 

field changes and tissue composition, which effects are much larger and unknown, the 

PRF can not be directly translated to absolute temperature. Therefore, usually two 

identical MR scans are made: one before and one after heating. The difference in phase 

of the signal is then linearly coupled to the frequency change which in turn is caused by 

the temperature change.      

This immediately shows the largest drawback of the PRFS method: it can only detect 

increases in temperature with respect to a previously obtained baseline. However, in 

order to do a correct RF safety assessment, absolute temperatures are required. These 

can be obtained by using another MR-based thermometry method called a 

multigradient-echo sequence (39). This method relies on combining a temperature 

dependent signal (e.g. water) with a temperature independent reference signal. A good 

candidate for this reference signal is fat, since it is often present in the human body and 

its protons do not form hydrogen-bonds making their resonance frequency temperature 

independent. When both water and fat are present and mixed in a single voxel, the signal 

from that voxel will vary in amplitude over time. The frequency with which this happens 

is equal to the difference in frequency of fat and water and is insensitive to magnetic 

field drift. The difference frequency therefore enables a direct estimation of an absolute 

temperature. 

Thermoregulation 

In order to obtain measurements on thermoregulation, the blood flow should be 

measured during RF exposure. In large vessels this can be done by using phase contrast 

MRI which was first described by Moran et al.(40) and is currently common practice. 

The MR signal can be made flow sensitive in a specific direction with this method by 

applying a bipolar magnetic field gradient. This gradient causes a phase increase in the 

signal that is dependent on velocity and therefore can be used to get an estimate of 

blood flow in vivo. Next to measuring blood flow, there are several options to measure 

tissue perfusion with MRI. One of the ways is to perform dynamic contrast enhanced 

(DCE) MRI. By following the uptake of a bolus of contrast agent after injection, tissue 

perfusion values can be estimated(41). This method is most commonly used in oncology, 

where it offers valuable information for diagnosis, treatment monitoring and response 

assessment(42,43). It is usually used in combination with a pharmacokinetic model that 

describes the interaction of blood with tissue in order to obtain quantitative perfusion 

related parameters.  If using a contrast agent is undesirable, the only quantitative 

method to measure perfusion is arterial spin labeling (ASL)(44,45). Perfusion is 

determined using ASL by inverting the magnetization of inflowing blood at a distal 

location, which is called labeling. When this inverted blood enters the tissue at the 

measurement location, it locally decreases the signal.  
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By performing a measurement with and without 

labeling the blood and subtracting both results, an 

image is obtained that shows the perfusion by the 

labeled blood. A  small overview of this method is 

depicted in Figure 4. Because ASL intrinsically has a 

very low sensitivity, this experiment is repeated 

many times and the average is taken.      

1.6 Thesis outline 

 

The goal of this work was to measure and study the 

effects of RF heating on the human body using MRI-

based methods. Subsequently, the goal was to test if 

the results of those measurements can be used to 

facilitate the transition of RF safety guidelines from 

SAR to temperature-based restrictions. The first step 

in reaching these goals is to measure temperature 

distributions. Although temperature measurements are well established in MRI, most of 

their usage is in therapeutic procedures such as HIFU. Since in those settings the 

temperature increases are high in limited time (roughly 20 °C in 30 seconds), this asks 

for a completely different approach than that of RF safety where the expected heating is 

much less. In chapter 2 the feasibility of using a multigradient-echo method to measure 

absolute temperature distributions during RF heating was investigated. The main focus 

of the research was to decrease the inaccuracies in the method due to background 

magnetic field gradients, which were described in previous research(46). In chapter 3 

the goal was to study both the heating effects and thermoregulation caused by RF 

exposure over 13 human subjects. The calf muscle was selected as a site to investigate 

since it offers the possibility for high RF exposure, a low starting temperature and 

minimal motion. To measure RF induced heating a PRFS-based thermometry method 

was selected that is relatively easy to implement. However, it is very sensitive to 

magnetic field drift, which needed to be corrected. Furthermore, sequences to study 

thermoregulation needed to be developed and tested. For that purpose ASL and phase 

contrast scans were selected to measure perfusion and blood flow respectively. Since 

perfusion measurements are usually done in the brain, where perfusion is much higher, 

their application in the calf muscle also posed a challenge. When the framework of 

measuring the influence of RF exposure on temperature and perfusion was established, 

the next step was to try to validate thermal modeling using the results. In chapter 4 

electromagnetic and thermal simulations are used to estimate temperature distributions 

caused by RF exposure and compared to the in vivo measurements on the 13 subjects 

from chapter 3. This was done to test the feasibility of estimating RF induced heating 

using electromagnetic and thermal simulations.  

 

Figure 4: An example of a label and 

measure slice in ASL. The 

magnetization of the blood flowing 

through the label slice is inverted 

and affects the signal at the 

measure location giving a 

quantitative measure of perfusion  
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The research in chapter 5 originates from a case of serendipity. The research started 

with applying the field correction method that was used for thermometry to DCE-MRI 

phase data of a prostate cancer study. This led to a further investigation of the data and a 

completely different approach. In DCE-MRI studies one of the largest challenges is to 

accurately measure the input concentration of contrast agent from the large feeding 

arteries. This is important because it greatly influences the results of the 

pharmacokinetic models. Usually, the input concentration is obtained from either the 

signal magnitude or signal phase within the arteries. In chapter 5 the use of complex 

data to obtain this input concentration in DCE-MRI was proposed. The method was 

tested on numerical simulations and phantom data before applying it to in vivo data of 

13 prostate cancer patients. In chapter 6 all results of the previous chapters are 

summarized, followed by a general discussion on the implications of this work and a 

conclusion. 
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Abstract 

 

Purpose: MR thermometry (MRT) is a noninvasive method for measuring temperature 

that can potentially be used for radio frequency (RF) safety monitoring. This application 

requires measuring absolute temperature. In this study, a multigradient-echo (mGE) 

MRT sequence was used for that purpose. A drawback of this sequence, however, is that 

its accuracy is affected by background gradients. In this article, we present a method to 

minimize this effect and to improve absolute temperature measurements using MRI.  

Theory: By determining background gradients using a B0 map or by combining data 

acquired with two opposing readout directions, the error can be removed in a 

homogenous phantom, thus improving temperature maps.  

Methods: All scans were performed on a 3T system using ethylene glycol-filled 

phantoms. Background gradients were varied, and one phantom was uniformly heated 

to validate both compensation approaches. Independent temperature recordings were 

made with optical probes. Results: Errors correlated closely to the background gradients 

in all experiments. Temperature distributions showed a much smaller standard 

deviation when the corrections were applied (0.21°C vs. 0.45°C) and correlated well 

with thermo-optical probes.  

Conclusion: The corrections offer the possibility to measure RF heating in phantoms 

more precisely. This allows mGE MRT to become a valuable tool in RF safety assessment.  
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2.1 Introduction 

 

MR thermometry (MRT) is a non-invasive method for monitoring thermotherapy 

interventions e.g. high intensity focused ultrasound, laser induced thermotherapy and 

radio frequency (RF) ablation (1). MR thermometry can monitor temperature 

distributions inside the body, enabling MR guidance of thermal therapy. A commonly 

used measure to quantify the therapeutic effect is thermal dose, which can be expressed 

in the amount of cumulative equivalent minutes at 43°C (CEM43) (2,3). Therefore 

absolute temperature measurements are very valuable in predicting response and 

monitoring surrounding tissue.  

MR thermometry can also be useful for RF safety assessments in MR (4–7). Simulation 

studies have shown that RF deposition quantified by Specific Absorption Rate (SAR) can 

spatially be very inhomogeneous, leading to hotspots that can exceed temperature limits 

set in regulations (8,9). To ensure safety, RF power is restricted to comply with SAR 

constraints as defined by International Electrotechnical Commission guidelines (10). 

However, tissue damage is not directly related to global or local SAR but to the duration 

of absolute temperature levels, similar to the thermal dose concept in thermotherapy. 

Thus, knowledge of absolute tissue temperature should lie at the core of every RF safety 

assessment. This has been pursued in several studies by means of  thermal modeling of 

the human body with assumptions on patient specific thermal properties such as tissue 

perfusion and discrete vasculature (11–16). A major improvement would be to directly 

measure absolute temperature inside the patient exposed to an intense RF field. 

  

However, there are some prerequisites for such measurements: the precision and 

accuracy should be high (±0.2 °C) as well as the spatial resolution in order to detect even 

small local temperature increases, which are constrained by the boundaries set in the 

guidelines (10). A method that combines all desired characteristics has not been 

presented yet.   

 

There are several temperature dependent properties in MRI, but Proton Resonance 

Frequency Shift (PRFS) methods are most commonly used in MR thermometry (17). 

These methods are based on the principle that the nuclei of hydrogen atoms in 

hydrogen-bonds have a temperature dependent electron screening. Their resonance 

frequency is therefore also slightly temperature dependent (α=-0.01 ppm/oC). The 

difference in phase of an MR signal acquired with a gradient echo before and after 

heating is therefore a direct measure for the change in temperature. A large 

disadvantage of PRFS thermometry is that it does not provide absolute temperature, 

only a change in temperature relative to a baseline scan.  
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An alternative MR thermometry technique is based on a multigradient-echo sequence 

(mGE MRT) and can measure absolute temperatures (18). It relies on a signal containing 

a temperature dependent frequency fT (e.g. water) and a temperature independent 

frequency of a reference compound fref (e.g. fat). When both compounds are present and 

mixed in the same voxel, a beating in the signal envelope of the echo train occurs at the 

difference frequency (Δf) of fT and fref. The reference compound makes the method 

insensitive to magnet drift and movement enabling calculation of an absolute 

temperature map. 

A drawback of mGE MRT is however that it is hampered by background gradients 

caused by susceptibility variations and magnet imperfections (19). These can be 

reduced by precise shimming but residuals will always be present, especially at higher 

magnetic field strengths. Background gradients lead to spatially varying, systematic 

errors in the temperature estimation making the method unsuitable for measuring small 

temperature changes caused by RF heating. Therefore in this study a solution for the 

problems caused by background gradients is proposed and tested in phantoms at a field 

strength of 3T; both at a constant temperature and during a heating experiment.  

2.2 Theory 

 

Because of the chemical shift between the reference and temperature dependent signal, 

the complete signal from one voxel will originate from two slightly different spatial 

locations. After each echo time (TE) this will have led to an additional phase difference 

and therefore a different observed frequency. This means that background gradients 

cause a difference between the true frequency Δf and observed frequency Δf' (19):  

 ��� = �
� + �′ �� 

[1] 

 

In which G’ is the background gradient and G is the readout gradient. The error in 

frequency can then be described as the difference between the true and observed 

frequency: 

 �∆
 = ∆�′ − ∆� = ∆� � −�′
� + �′ [2] 

with εΔf being the error in frequency. The error will be a global shift in frequency for a 

linear G', but will vary spatially for higher orders. εΔf is dependent on the direction of the 

frequency encoding gradient G, so it changes when the gradient direction is reversed 

over time during readout. Therefore, odd echoes and even echoes will result in a 

different Δf'. As a result, the echoes can no longer be combined into one time series for 

fitting (20). This problem can be solved by using flyback gradients for rewinding and 

only acquiring in one readout direction. However, this lowers the spectral bandwidth 

since ΔTE increases. Furthermore, although εΔf  is equal for all echoes, the absolute 

temperature is still incorrect. 
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A possible compensation for the error lies in the use of two scans.  A second scan with a 

readout gradient opposite to the first results in a complementary series which has an 

opposite gradient for each echo. By combining all echoes with a positive gradient 

direction in one series and all the echoes with a negative gradient direction in another, 

two composite series can be obtained.  

The effects of the background gradient on the frequency estimation are opposite in both 

series. The series in which the readout direction is in the same direction as the 

background gradient will lead to frequency Δf' as seen in equation 1. However, in the 

other series, the equation becomes: 

 Δ��� = �
� − �′ �� 

[3] 

 

This leads to two equations with two unknowns which makes it possible to express the 

true frequency Δf as a combination of the two shifted frequencies: 

 Δ� = 2Δ�� ∙ Δ���
Δ�� + Δ���  

[4] 

 

When G'<<G, which will be the case in most situations, the true frequency can also by 

approximated by taking the average of Δf' and Δf'':  

 
Δ�� + Δ���

2 = Δ� �1 + �′� � + Δ� �1 − �′� �
2 �1 + �′� � �1 − �′� � = Δ�

1 − ��′� �� � Δ� 
[5] 

 

2.3 Methods 

 

All scans were performed on a 3T system (Achieva, Philips Healthcare, Best, The 

Netherlands) using ethylene glycol filled phantoms. Ethylene glycol is a well suited fluid 

for mGE MRT since the frequency difference between its two resonances is directly 

related to temperature (21–23). A plastic sphere (10-cm diameter) filled with ethylene 

glycol placed inside a 16-elements knee coil (Philips SENSE T/R knee coil, Philips 

Healthcare, Best, The Netherlands) was used. Shimming gradients were intentionally all 

set to zero and then varied between scans with ±0.1 mT/m in both readout and phase 

encoding direction. This was done to 

mimic the effect of linear background 

gradients and demonstrate the 

related artifacts. Flyback was used to 

fix the readout direction with respect 

to the background gradients. In order 

to achieve a higher temporal 

resolution and high bandwidth two 

dynamics were acquired in which the 

ΔTE was kept constant but the first 

TE was shifted ΔTE/2.  
Figure 1: Schematic of the setup of the heating 
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This resulted in a virtual ΔTE that was half the original ΔTE. The most relevant parameters 

were: 2D multigradient-echo with flyback, flip angle= 30°, 32 echoes, TE= 1.4+N*2.4 ms 

and 2.6+N*2.4 ms, repetition time (TR)= 80 ms, voxel size 2x2x5 mm³, matrix size 64x64, 

total scan time 10.7 s, readout gradient 27.4 mT/m, bandwidth 833 Hz.  

Subsequently a heating experiment was performed using a different setup. Flexible 

surface receive coils (Flex L, Philips Healthcare) were wrapped around a glass cylinder 

filled with water, see Figure 1 The water was homogeneously heated by pumping water 

from a heater through a glass spiral inside the cylinder and was kept stable at 3 different 

temperatures (24, 29 and 32 °C). Inside the cylinder a test tube (height 7 cm, diameter 2 

cm) filled with ethylene glycol was placed, containing two optical probes at different 

heights for temperature verification (Luxtron m3300 Biomedical Lab Kit Fluoroptic 

Thermometer [Santa Clara, CA], 1 Hz sampling). 

 

To test the compensation method a similar mGE sequence as above was used, except 

that flyback was switched off, enabling a lower ΔTE and TR. To achieve sufficient 

bandwidth and avoid aliasing, two dynamic scans were done with opposite readout 

gradients. By combining the even echoes of the first dynamic scan with the odd echoes 

of the second dynamic scan and vice versa, a composite series was obtained for each 

readout direction. The most relevant parameters were: 2D multigradient-echo, flip 

angle= 30°, 32 echoes, TE= 1.5+N*1.25 ms, TR= 45 ms, voxel size 2x2x5 mm³, matrix 

size= 64x64, total scan time= 6 s, readout gradient 27.4 mT/m, bandwidth 800 Hz. 

 

All data processing was done with Matlab (The MathWorks Inc., Natick, MA). The first 

echo of each acquisition was removed because it disrupted the fit. Subsequently, the 

complex signal of the echoes of each voxel was fit in a least squares manner to a two 

Gaussian peak model(24): 

� = �� ∙ exp�−2���� − �!�" ∙ exp�−#� �" + 

�� ∙ exp �−2���� − �!�" ∙ exp �−#� �" 

[6] 

 

with S being the total complex signal and t denotes time. For both peaks the amplitude A, 

frequency f, Gaussian decay factor d and phase offset φ were included. The peaks of a 

zero filled Fourier spectrum were used as initial values for the frequencies. The 

amplitude ratio of the peaks was fixed to 1:2 which is known from the molecular 

structure of ethylene glycol. In order to compensate for background gradients, the 

frequencies resulting from the scans without flyback were averaged according to 

equation 5. 

Several similar relations for linking the frequency difference between both peaks of 

ethylene glycol to temperature can be found in literature (21–23). However, the 

resulting temperatures of these equations differ up to 1.3 degrees, which is much more 

than the intended accuracy of this measurement. The discrepancy can be related to field 

strength, other temperature references or conductivity (25). Therefore for this research 

the median Δf of a 5x5 voxel region of interest (ROI) around one probe was fit against 

the temperature in Matlab with R2=0.9994.  
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This resulted in this equation: 

 ��°�� = 200.2 − 105.9 ∙
Δ�

���
 

[7] 

 

with B0 the amplitude of the static field and γ the gyromagnetic ratio of hydrogen nuclei 

in MHz/T. This result is within the range of the other relationships described in 

literature.  To quantify background gradients caused by the susceptibility distribution of 

the setup, a B0 map was constructed out of the scans without flyback. This was achieved 

by taking the difference of two phase images with equal readout direction (the first and 

third) and dividing by 2ΔTE. The gradient in the readout direction of this B0 map was 

determined numerically in Matlab. Δf then followed from equation 1 and a map of the 

expected temperature could be calculated using equation 2 (19).  

2.4 Results 

 

Temperature maps of the mGE MRT with flyback, i.e. only one readout direction, show 

the direct influence of changing background gradients, see Figure 2. When the shimming 

gradients vary in phase encoding direction no significant effect on the temperature maps 

can be seen. However, when gradients in the readout direction are increased, a global 

offset in temperature is observed. Since the gradient strength is known, the real 

frequency can be retrieved using equation 1. This calculated frequency results in an 

adjusted temperature map equal to the map without added background gradients.  

The background gradients are non-linear in the heating setup because they originate 

from susceptibility variations (Figure 3a and 3b). This non-linearity leads to a variable 

temperature error across the phantom (Figure 3c). The uncorrected temperature map 

shows a clear gradient in vertical direction, although the temperature was constant over 

the phantom according to the optical probes. When the temperature error was 

subtracted a more homogeneous temperature distribution was observed inside the 

phantom.  The correction based on two readout directions is shown on the second row 

of Figure 3. Both readout directions individually show a large variation in temperature 

across the phantom and have an average standard deviation (SD) of 0.45 °C inside a 

large ROI (9x21 voxels).  

Figure 2: Temperature maps with different shims: all shim gradients set to zero (a), increase in the phase 

direction of 0.1 mT/m (b), increase in the readout gradient of 0.1 mT/m (c), adjusted temperature map using 

equation 1(d). The gradient in the phase direction does not affect the temperature whereas an increase in the 

readout direction gives a global offset. When this is known it can be compensated however 
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However, when the temperatures of both directions are averaged as suggested in 

equation 5, the temperature inside the ROI is almost constant (SD =0.21°C).  

During the experiment the optical probes were used as a gold standard. The 

temperature over time given by the probes and MR thermometry is shown in Figure 4. 

The temperature given by MR thermometry is defined as the mean and SD of the ROI 

mentioned above which covers the location of both probes.  

2.5 Discussion 

 

Absolute temperature estimation by mGE MRT is highly affected by background 

gradients in the magnetic field. Uncorrected data showed a clear temperature variation 

in vertical direction, matching with background gradient amplitudes. In this work we 

presented a correction method leading to a much more homogeneous temperature 

distribution in our phantom. This matched with our heating setup which was specifically 

designed to provide homogenous heating.  

Figure 3: A B0 map (a), its resulting background gradient map (b), a temperature map without any 

correction (c) and a corrected temperature map (d). By removing the temperature error estimated from the 

gradient of the B0 map, the homogeneity of the temperature map is improved. The second row shows a 

temperature map with readout in anterior direction / up (e), the same map with readout in posterior 

direction / down (f) and their average (g). The average temperature map shows the expected constant 

temperature inside the phantom. The errors in temperature at the top and bottom of the phantom are 

caused by signal drops due to large local susceptibility differences 
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Furthermore, both optical probes showed the same temperature at different heights in 

the phantom, which did not match with the uncorrected temperature distribution. Our 

correction method can compensate errors caused by background gradients in a robust 

manner. In principle, as others have also demonstrated (19), a correction can be 

obtained by acquiring a B0 map and determining the gradient in the readout direction by 

a finite difference scheme. However, this has some serious drawbacks. First of all, a finite 

difference derivation of a measured B0 map is challenging, especially for in vivo data, 

because of increased noise and artifacts. More importantly, it assumes that the 

background gradients during the B0 map and MRT acquisition are identical.  

An advantage of our method is that it can cope with varying B0 fields over time, which 

might occur due to heating or system drift, as long as the corresponding time constants 

are longer than the acquisition time of two series. In this work we acquired two series to 

have sufficient bandwidth to sample the beating frequency at 3T. In principle, one series 

in which the odd and even echo would be separately fitted should suffice. The use of a 

lower field strength (e.g. 1.5T) would relax the requirement with respect to the echo-

spacing making such a single series approach potentially feasible.  

Figure 4: The lines in the top graph represent the temperature measured by the probes over time, the 

markings show the mean and standard deviation (SD) of the MR thermometry region of interest (ROI) in 

both directions (blue and red) and combined (green).The bottom graph shows the difference in 

temperature between the probes and the thermometry measurement. The SD of the green ROI is smallest 

due to the increased homogeneity 
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At higher field strengths the errors become more serious as can be seen from equation 1, 

since larger frequency differences and more pronounced background gradients occur. 

This makes the compensation more valuable. The requirements for the sequence 

therefore also become more strict, with the need for a higher readout gradient and even 

shorter TE's. After correction the deviations between MRT and probe temperature 

readings were small. However, this was the result of a frequency difference-temperature 

calibration which was performed with the same optical probes. After correction, we 

found that the precision of the measurements was sufficient for measuring RF heating. 

The standard deviation over the large ROI inside the phantom after correction (0.21°C) 

was twice smaller than before correction (0.45°C). Furthermore, the high spatial 

resolution of the scans makes it possible to detect even the smallest hotspots (2x2 mm). 

This method can also be useful in vivo, since even after shimming residual background 

gradients will be present. Their amplitude depends on the target that is scanned and the 

direction of the readout gradient. For example, background gradients due to 

susceptibility changes have been shown to be in the order of 0.1 mT/m for the human 

breast and can reach up to 0.5 mT/m for the human head at 3T (26,27). Since in tissue 

water is the main component and fat is the most obvious choice for a reference, the 

resulting frequency difference becomes twice as large as in ethylene glycol. This will not 

only require a higher bandwidth but will also increase the error in temperature 

estimation. This underlines the importance of the presented correction scheme. Using 

fat as a reference will also result in additional difficulties: it consists of multiple peaks, 

the spectral position can be orientation dependent in muscle tissue (28) and its 

magnetic susceptibility is temperature dependent (29). Furthermore, fat and water 

should be simultaneously present and well mixed in a voxel in measureable quantities. 

This is because separated quantities of water and fat will lead to susceptibility errors 

which are not compensated in the presented method. The limiting factors for in vivo use 

were not addressed in this study. However, we believe that by using the presented 

correction scheme, a large systematic error related to background gradients can be 

eliminated advancing this technique for the use of RF safety monitoring significantly. 

2.6 Conclusion 

 

In RF safety assessment absolute temperatures are an important feature. Therefore mGE 

MRT can be a valuable tool, but these scans are known to be affected by background 

gradients. However, by combining two acquisitions with opposite readout direction the 

temperature maps greatly improve. This method works during heating experiments and 

is stable over time. It improves absolute MRT of ethylene glycol and offers the possibility 

to measure RF heating in phantoms more precisely. 
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Abstract 

Purpose: One of the main safety concerns in MR is heating of the subject due to 

radiofrequency (RF) exposure. Recently was shown that local peak temperatures can 

reach dangerous values and the most prominent parameter for accurate temperature 

estimations is thermoregulation. Therefore, the goal of this research is testing the 

feasibility of measuring thermoregulation in vivo using MR methods. 

Theory and Methods: The calves of 13 volunteers were scanned at 3 tesla. A Proton 

Resonance Frequency shift method was used for temperature measurement. Arterial 

Spin Labeling and phase contrast scans were used for perfusion and flow measurements 

respectively. The calves were monitored during extreme RF exposure (20 W/kg, 16 min) 

and after physical exercise. 

Results: Temperature increases due to RF absorption (range of the 90th percentile of all 

volunteers: 1.1–2.5_C) matched with the reference skin temperature changes. Increases 

in perfusion and flow were defined on the whole leg and normalized to baseline. 

Perfusion showed a significant increase due to RF heating (ratio compared with 

baseline: 1.28±0.37; P<0.05), the influence of exercise was much greater, however 

(2.97±2.45, P<0.01). 

Conclusion: This study represents a first exploration of measuring thermoregulation, 

which will become essential when new safety guidelines are based on thermal dose. 
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3.1 Introduction 

 

During MR scanning one of the main safety concerns is heating of the subject due to the 

radiofrequency (RF) exposure, potentially causing tissue damage due to tissue 

temperatures above safe levels. Not only is RF induced tissue heating spatially 

inhomogeneous, it is also subject dependent. Specific guidelines concerning RF heating 

have been set in order to reduce the risks and ensure subject safety(1,2). These 

guidelines are defined in absolute temperature levels and maximum temperature rise 

and from that global specific absorption rate (SAR) limits are derived. Global SAR 

restrictions are based on the amount of RF deposition in the total body and aim to keep 

body-core temperature increases below 0.5 °C and the absolute temperature below 39 

°C (normal mode). Next to these global restrictions, local temperature and SAR 

restrictions exist for local transmit coils in order to minimize peak temperatures. In 

extremities this limit is 20 W/kg (averaged over a 10 gram volume) and a maximum 

temperature of 40°C (normal use (1,2)). However, recently it was shown in simulations 

that even when the guidelines on global SAR are met, local temperatures can exceed safe 

levels(3), which is independently confirmed by experimentally found results in animal 

models(4–6) Therefore a restriction based on thermal dose, defined as the amount of  

equivalent minutes at 43°C (CEM43), was proposed(7). The thermal dose concept is 

widely used in hyperthermia to define the therapeutic effect of a treatment since the 

cyto-toxicity of absolute temperature levels and exposure time is highly non-linear. 

However in order to translate CEM43 limitations to SAR restrictions the complex 

relation between SAR and local temperature should be exactly known. Currently, only 

thermal models can provide estimates of this relation. Extensive modeling studies 

include temperature simulations via bioheat transfer models, e.g. Pennes' bioheat 

equation(8) or the model developed by Shrivastava et al. (9), in order to deal with the 

discrepancy between SAR and temperature. Murbach et al. showed in a 4 W/kg SAR full 

body simulation that the most influential parameter for accurate temperature 

estimations is the thermoregulation of the body(3). This agreed with Laakso et al. who 

showed that at high global SAR values the peak temperatures are mainly controlled by 

the local blood flow increase(10). However, the knowledge of thermoregulation is 

currently based on healthy subjects and the ability to regulate perfusion by other health 

compromised subjects, e.g. diabetics, obese people and the elderly, remains unclear. 

Furthermore, thermoregulation might be different for local and systemic thermal 

stress(11) and even for endothermic or exothermic heating. Therefore the goal of this 

study is to develop a framework to characterize thermoregulation in vivo which can be a 

source for future models. A large advantage of MRI is that it is possible to measure 

thermoregulatory parameters using the scanner itself; there are numerous examples of 

studies on temperature estimation using MR thermometry(12,13) and using arterial 

spin labeling (ASL) for perfusion estimation(14,15).  MR thermometry has even been 

used to estimate SAR (16,17).  
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However, the goal of this research is not to determine SAR distributions in order to stay 

within guidelines but to investigate the response of the body to the applied heat. 

Therefore, in this work temperature and perfusion are monitored in human volunteers 

during intense RF exposure and after exercise to investigate the feasibility of measuring 

thermoregulation using MR.   

3.2 Theory 

 

For temperature measurements a phase-based sequence that measures the Proton 

Resonance Frequency Shift (PRFS) was used. A crucial aspect for the accuracy of PRFS 

thermometry is the correction for magnetic field drift. For this purpose, the basic theory 

underlying PRFS thermometry and in particular the impact and correction of magnetic 

field drift is described in detail below.  

The proton resonance frequency shift occurs in protons that form hydrogen-bonds and 

is linearly related to the temperature change and almost tissue independent(13,18,19). 

The phase difference ∆� between two scans with equal echo time is therefore a direct 

measure of temperature change ∆� :      
 ∆� = ����	
∆� [1] 

 

with B0 being the field strength, � the gyromagnetic ratio, TE the echo time and 
 = -0.01 

ppm/°C. Errors in temperature estimation using this method are introduced by other 

contributors to phase difference such as magnet drift (∆��). Since small differences in B0  

( in the order of several Hz) can lead to temperature errors in the order of degrees, the 

field drift needs to be quantified precisely over time. Especially since the expected 

temperature rise of RF heating is limited to several degrees.  

 

One way of determining ∆�� lies in the use of a reference signal which is not 

temperature dependent, e.g. fat. The only contributor to the phase change of this 

reference signal is field drift: 

 ∆����� = �∆���	 [2] 

 

By subtracting the reference phase from the original phase, a corrected change in 

temperature can be found: 

 ∆� = ∆� − ∆�����
(�� + ∆��)��	 ≈ ∆� − ∆�����
����	  [3] 

 

The most straightforward solution to apply such a correction is to subtract the mean 

phase of the reference signal from the phase image, i.e.  do a zeroth order compensation. 

However, this is insufficient in most cases since the field drift is spatially variable. 

Salomir et al. devised a method to gain a spatial estimation of background phase in 2D 

by defining a closed border without temperature effects and iteratively calculating the 

field inwards(20). This method relies on the assumption that the background field can 

be described as a harmonic function.  
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Since this also holds for field drift as its physical source lies outside the coil, the 

equations of Salomir can be adjusted to match our problem. When the reference values 

on a closed border are known, the drift field inside that border can be obtained by 

solving this partial differential equation:  

 

 

 
�� ����� + ������ ∆����� = 0,  inside a connex domain Ω 

∆�����(�Ω) = ∆� (�Ω), on ref closed border �Ω  [4] 

 

In which we assumed the spatial derivative of the field drift in z-direction to be 

negligible.  

However, in practice certain voxels within the boundary can be of very low quality, 

decreasing the accuracy of all field estimations inside. The border values with an SNR 

below a certain threshold should therefore be dismissed. Since no high spatial 

frequencies are expected in the field drift, the closed border can be regained by filtering 

the values with a low pass filter in Fourier domain also based on Salomir et al.(20) (see 

Appendix). Then, with properly defined boundary values and using the equations of [4], 

the drift field inside the closed border can be iteratively calculated using a 5-pixel 

approximation of the Laplacian:  

 ∆�,����� !"
#$%
$& ∆�'",����� + ∆�!",����� + ∆�,�'"���� + ∆�,�!"���� 

4 ,   inside  Ω ∆�,� ,                                                                                   on ref border �Ω   0,                                                                                                       outside Ω   
 [5] 

 

The boundary condition is applied in each iteration to make sure that the phase values 

of the border stay equal to the reference values. During in vivo experiments, 

subcutaneous fat usually lends itself very well as a reference in this method since it 

offers a closed border completely surrounding the body and its phase is temperature 

independent. This leads to the possibility to estimate the two dimensional field drift in 

the body and correct the temperature estimate.    

3.3 Methods 

 

All scans were performed on a 3 tesla (T) system (Achieva, Philips Healthcare, Best, The 

Netherlands). The phantom that was used consisted of a plastic tube (diameter 75 mm, 

height 30 cm) filled with ballistic gel similar to the phantom described by Cloos et al. 

(21). The gel is made of 50% distilled water, 50% corn syrup, 10 g/l NaCl and 24 g/l 

agarose. This tube was placed inside a larger empty tube with a diameter of 90 mm. A 

final tube of 110 mm partly filled with sunflower oil makes up the final layer of the 

phantom, providing a stable reference phase (a transverse image can be seen in Figure 

2a). The phantom experiment consisted only of a baseline temperature measurement 

with minimal RF in order to validate and optimize drift correction.  
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For the in vivo experiments the calf was selected as target location in order to have a 

controlled situation with minimal motion which also allows prolonged intense RF 

exposure. Furthermore, the starting  temperature in the human leg is relatively low(22), 

which makes thermal injury very unlikely. The widest part of the calves of 15 volunteers 

(9 female, 6 male) were placed in the center of a dedicated knee coil (SENSE T/R knee 

coil, Philips Healthcare, Best, The Netherlands), see Figure 1a for the positioning inside 

the coil. Two volunteers had to be excluded due to insufficient fat layer and motion 

problems. During the experiment 2 fiber optical probes (OpSens OTP-M, 0.95 Hz 

sampling) were placed on the skin of the calf muscle (one on the bottom and one on the 

side of the leg) to monitor the temperature. The SAR deposition during the complete in 

vivo experiment is depicted in Figure 1b. The protocol for all volunteers started with a 

baseline measurement of perfusion and flow with minimal SAR deposition. A baseline 

temperature measurement with minimal SAR, identical to the phantom measurement, 

was subsequently performed on a single volunteer. This was followed by a temperature 

measurement with maximal partial body SAR for extremities (20 W/kg), in order to 

stimulate RF heating. Directly afterwards perfusion and flow measurements were 

performed to test the influence of the temperature increase. Before the final perfusion 

and flow measurements, the subject was taken out of the scanner and instructed to 

perform a calf muscle exercise, i.e. to hop on the RF heated leg until fatigue. The 

temperature probes were removed prior to exercise in order not to damage them. In 

total the exercise took roughly 3 minutes and within 6 minutes the subjects were 

scanned again. Subsequently final measurements were performed in order to compare 

the influence of exercise on perfusion and blood flow to that of heating. All 

postprocessing was done in Matlab (The MathWorks Inc., Natick, MA).   

Temperature measurements were done with a multi slice spoiled gradient echo and 

TE/TR =15.3/400 ms, acq res= 1x1x5 mm3, 15 slices, flip angle = 40°, water-fat shift 0.87 

mm, scan time per dynamic = 1 min. In the baseline temperature measurement, i.e. 

without RF heating, the SAR was <2% of the maximum allowed by the scanner. When RF 

heating was applied each excitation pulse was preceded by a 100 kHz off resonance 

block pulse (1,5 ms, flip angle 450°). The sequence was set to result in 20W/kg (100%) 

according to the scanner SAR model for 16 minutes with a 6.25% duty cycle.  

Figure 1: A) The setup inside the knee coil, the fiber optical probes are attached to the skin using a band-aid.  
B) A representation of the SAR deposition during the complete experiment. The most RF exposure is during MR 
thermometry 
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The scanner logging reported a net RF power of 20W. The phase of the first image was 

used as baseline and subtracted from all subsequent phase images to obtain images of 

the change in phase. The subcutaneous fat layer around the calf was manually selected 

in order to obtain a reference boundary. All values with an SNR below 25 were 

dismissed and replaced by the filtered values. With this boundary all individual PRFS 

images were corrected for field drift using the method described in the theory section.  

In order to quantify perfusion, arterial  spin labeling (ASL) measurements were done. 

ASL was selected since it is non-invasive unlike contrast agent-based methods, and its 

signal is directly related to perfusion unlike blood oxygen level dependent (BOLD) 

measurements. Because a local transmit coil was used the labeling had to take place at 

the edge of the coil. In order to still achieve a good inversion profile a pulsed ASL 

approach was chosen which uses adiabatic inversion pulses. The following parameters 

of the pulsed ASL sequence were used: single shot EPI readout and TE/TR = 13/4000 

ms, acq res = 5x5x10 mm3, 9 slices, flip angle = 90°, post label delay = 1500 ms and 65 

dynamic pairs. The non-labeled ASL data was subtracted from the labeled data and the 

mean of all pairs was calculated. From this a mean perfusion signal of the complete calf 

was obtained. 

To gain complementary information about total blood flow in the leg, a phase contrast 

sequence was also performed. In this sequence the signal phase is proportional to 

velocity. A region around the 3 main arteries (the posterior tibial artery, anterior tibial 

artery and fibular artery) in the calf was selected manually, after which all velocities 

above 3 cm/s were summed to gain a measure of blood flow. The sequence parameters 

of the phase contrast sequence were: TE/TR = 9.1/53 ms, acq res = 1x1x10 mm3, pc 

velocity = 250 cm/s.  

3.4 Results 

 

The validity of the field drift correction on the temperature measurements was 

evaluated by comparing the temperature maps without and with correction in a baseline 

situation i.e. without RF heating inside a phantom. As can be seen in Figure 2, the 

temperature in an ROI (21x21 voxels) within the agar decreases by roughly 9 °C without 

correction, even though the agar was well isolated and at room temperature. 

Figure 2: A) The phantom consisting of a ballistic gel inside surrounded by a layer of sunflower oil. The ROI 
(blue) and selected boundary (red) are marked. B) The phase values over the boundary, and the result of the 
low-pass filter. C) The mean temperature inside the ROI with and without background field correction 
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When the correction is applied, the temperature stays constant and precise (mean 

standard deviation over time equals 0.11 °C, which is in the same order as to the phase 

noise of 0.07°C). Although the boundary is partly positioned within a noise region since 

the fat ring was not completely closed, the method is able to give reliable results over 

the complete center region.  

 The same baseline measurement was done on a single volunteer, in which the 

temperature was monitored for 16 minutes with minimal RF deposition (SAR < 2%). 

Subsequently the RF heating experiment took place. As can be seen in Figure 3, when the 

correction is not applied, the final calculated temperature is off by several degrees. 

When the correction is applied the median temperature of an ROI in the vicinity of a 

fiber optical probe nicely follows the temperature over time (root-mean-square error 

during control before and after correction 20.8°C and 1.2°C respectively, during RF 

heating 7.0°C and 0.4°C respectively). Furthermore, the correction shows a distinct 

spatial variation, showing the importance of doing a 2D reconstruction of the field 

instead of a zeroth order correction. However, since this method does not fit the field on 

a set of base functions it is difficult to give an estimation of how many orders of fitting  

would be required for an accurate representation of the field. Figure 4 portrays all the 

temperature maps of the same volunteer during the 16 minutes of RF heating. 

During the RF heating experiment the skin temperature of all volunteers increased from 

32.8±1.3 °C to 34.6±1.4 °C. In Figure 5 the final temperature distributions of all 

volunteers are shown. There is a clear distribution of higher temperatures near the 

outer regions of the leg. This is in accordance with the quadrature excitation which was 

applied by the birdcage coil, i.e. the E-field and thus SAR increases towards the 

periphery of the coil. Since the starting temperature is relatively low in the calf (22) the 

temperature does not reach a hazardous regime. The main arteries could be easily 

manually selected in the phase contrast images seen in Figure 6. Due to the low 

perfusion in muscle, all ASL scans have an inherently low SNR.  

Figure 3:A) The final temperature map of a volunteer after 16 minutes of RF heating without correction, (B) 
the fitted background field and (C) corrected temperature map. D) The median and standard deviation of 
the corrected MR thermometry measurement inside an ROI close to the optical probe matches with the 
probe measurement, the intense RF exposure starts at 16 minutes   
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Figure 4: All separate temperature maps of a single volunteer during 16 minutes of RF heating 

Figure 5: The final temperature maps of all volunteers after 16 minutes of RF heating. The values above the maps 

portray the 90th percentile (only 10% of the values are higher) of the temperature distribution 
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Because it proved difficult to obtain absolute perfusion values from the ASL 

measurement, relative increases in mean perfusion over the complete leg were obtained 

by normalizing the signal to baseline. This normalization was also applied to the flow 

measurements, see Figure 7. There was a significant increase in perfusion due to RF 

heating (1.28±0.37, p<0.05). There was, however, a much greater influence of exercise 

(2.97±2.45,p<0.01).  

There also seemed to be a positive correlation between the temperature increase 

measured by MR thermometry and the normalized ASL signal with R2=0.55 (see Figure 

7). Flow measurements in the main arteries were not significantly increased due to 

heating although their mean was above baseline. (1.31±0.63, p=0.15). The change in 

flow due to physical exercise was much larger and clearly significant, showing increases 

up to nine fold (factor of 4.74±3.30, p<0.01).  

3.5 Discussion 

 

The goal of this research was to set up a framework for measuring the influence of RF 

exposure on the calf muscle temperature and perfusion using MR itself. The 

measurements of temperature increase seem promising. They are precise when field 

drift is accounted for, and agree with temperature increases measured by temperature 

probes at skin level. The correction method for field drift proved to be very valuable in 

accurately measuring temperature. Subcutaneous fat gave a robust reference signal; due 

to its low electrical conductivity (resulting in low RF deposition and low temperature 

increase) and the favourable orientation of the water fat boundary (i.e. parallel to B0) no 

negative effects of the temperature dependent magnetic susceptibility were 

observed(23). Using the reference the estimation and removal of drift fields was 

enabled.  

Figure 6: The first row of images shows a cropped phase contrast scan showing the main arteries in the calf 

muscle at baseline, after RF heating and after exercise. The second row shows typical ASL scans at the same time 

points. The increase in signal in the lower part of the leg of the most right ASL image can be attributed to the 

increase of perfusion due to the physical exercise of the subject 
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Without this correction large temperature decreases were observed which were not 

expected nor confirmed by the probes, see Figure 2. Sometimes unreliable, i.e. low SNR, 

values occurred in the boundary of male volunteers who generally have a less 

pronounced subcutaneous fat layer. However, the low pass filtering still enabled reliable 

correction, as demonstrated on the phantom in Figure 2. The cut-off frequency of the 

filter is a trade-off  between accounting for high spatial frequencies in the boundary and 

unstable behaviour in the gaps. However, since the spatial frequencies of B0 field drift 

were low, a stable signal could be obtained in all cases. Another method to mitigate B0 

field drift, which was not investigated in this research, is to minimize it.  

This can be reached by for 

example minimizing the use 

of the gradient system. 

Another option would be to 

pre-heat the gradient system 

and bring it into a steady 

thermal state in order to 

reduce the amount of drift 

over the scan.   

A disadvantage of a 

reference-based method is 

that it is also sensitive to 

motion. This is particularly 

noticeable in the calf when 

the fascia (low signal voxels) 

inside the muscle move. 

Sites which inherently are 

prone to motion such as the 

abdomen, could make use of 

a multi referenced or 

triggered approach(24) in 

order to still obtain stable 

results. Flow artefacts 

caused by the pulsed 

movement of the main arteries in the calf were present in the images but did not disrupt 

the reference boundary or degrade the temperature maps significantly. Coil geometry 

and coil temperature are factors that are usually not taken into account but can also 

influence in vivo temperature. When a coil was pre-heated (by RF heating a previous 

volunteer) the coil itself was clearly warming the skin even at low RF conditions. This 

might explain the small discrepancy between the temperature from MR thermometry 

(measured inside the leg) and the fiber optical probe (on the skin) of the volunteer 

without RF heating seen in Figure 3.    

Figure 7: The ratio of increase in both flow (A) and perfusion (B) 
caused by RF heating and exercise compared to the baseline 
measurement. C) A linear regression through the 90th percentile of 
the MR thermometry versus the ratio of perfusion increase  
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Although the temperature increase over all volunteers all show the similar distributions 

the amount of heating varies considerably although the total RF power used in the 

experiments was equal. However, the different temperatures are not only caused by 

anatomy: changes in position within the coil and coil temperature also seem to play a 

role when local coils are used. The source of these deviations can be investigated using 

electromagnetic simulations.  

Perfusion measurements by means of ASL proved to be difficult. First of all, the baseline 

perfusion of the human calf muscle is very low, i.e. 2-5 ml/100g/min (22), and therefore 

very hard to measure with ASL. However, instead of the local transmit coil which was 

used in this research in order to get maximal SAR, a coil with a larger FOV can be used. 

This would ensure a larger volume of blood to be labelled and guaranteeing that all 

feeding vessels are excited leading to a higher signal. The maximal flow increase of all 

volunteers was a factor of 3 due to RF heating, whereas a nine fold increase was 

observed due to exercise. The mean increases of all volunteers matched with results 

reported by Pearson et al.(25).  

The variation in both ASL and phase signal due to exercise was much larger over the 

volunteers than that caused by RF heating. This is probably due to the fact that the 

exercise was not standardized i.e. each volunteer stopped at fatigue.  

The calf muscle was selected as a target for this research, since it allows a high maximal 

SAR and motion is very limited. Furthermore, although the temperature increased by up 

to 3 degrees in certain subjects, skin temperature stayed below 40°C for all volunteers 

due to the low starting temperature of the calf. The baseline gastrocnemius muscle 

temperature 2 cm below the skin as measured by Heinonen et al.(22) is 33.4°C averaged 

over 8 subjects, which gives a strong indication that the muscle temperature during our 

experiments also did not exceed the critical limit of 40°C. When the baseline 

temperature is indeed below blood temperature (37°C), a certain amount of heating 

needs to occur before blood perfusion results in cooling of the tissue and 

thermoregulation can occur. When a more perfused site, e.g. the head, is evaluated the 

ASL signal will be inherently larger, making changes in perfusion more visible. However, 

the higher perfusion might make it challenging to achieve a measurable temperature 

increase. The more restricted RF safety guidelines for the head would even enlarge this 

problem. 

In Figure 7 the relation between normalized perfusion and temperature increase is 

shown, showing the first step in measuring thermoregulation. However, a large 

disadvantage of the PRFS thermometry is that it does not provide an absolute 

temperature value; only an increase or decrease in temperature relative to a baseline 

can be measured. In order to really validate thermoregulation models, absolute 

temperature is crucial. This can be reached by controlling (e.g. pre-heating to 37°C) or 

measuring the absolute temperature at the beginning of the scan. Another challenge is to 

measure local perfusion. In this research perfusion is still defined as an increase over the 

complete FOV; no local or absolute values are known.    
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3.6 Conclusion 

 

The influence of extreme RF exposure on temperature can be accurately monitored 

using MR thermometry, although the method does not result in absolute temperatures. 

Using ASL, perfusion measurements can be done in muscle although they are 

challenging in the human calf. A considerable amount of RF heating should occur in 

order to detect these subtle changes. However, a relation between perfusion increase 

and temperature rise seems to be present in our experiments, implying that 

thermoregulation can play a role during intense RF exposure in MR. This study 

represents a first exploration of measuring thermoregulation, which will become 

essential when new safety guidelines are based on thermal dose. The sequences used in 

this research give the possibility to validate models of the thermoregulatory system. 
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3.7 Appendix 

 

The filter proposed by Salomir et al.(20) requires two concentric circles which can not 

be guaranteed in this research. Therefore a least squared estimation was used, in which 

the only assumption on the boundary is that the spatial frequencies are low.  

 

Suppose ∆� is a vector describing the values on the continuous boundary. With ∆�(0) 

the corrupted (i.e. low SNR) values for 0 ∈  Λ, Λ is the set of indices corresponding to 

the corrupted values. In order to apply the Fourier transform operator 3 only to the 

reliable elements of ∆�, reduce the number of rows: 

                                                
∆4( )56 7;3( ,:)56 7; (Matlab notation) [6] 

Furthermore in order to remove unwanted high frequencies (low pass filter), the 

number of columns of 3 is reduced: 

 3(: , :) = 6 7; [7] 

In our case : consist of all but the 5 indices denoting the lowest frequencies. The 

reduced data ∆�� can now be processed by the reduced Fourier transform operator 3;: 

                                  
Ω =  3; \ ∆�� (Matlab notation least square 

solution) 
[8] 

To obtain the filtered version over the whole boundary apply inverse FFT to Ω.  
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Abstract 

 

Purpose Ongoing discussions occur to translate safety restrictions on MR scanners from 

SAR to thermal dose. Therefore, this research focuses on the accuracy of thermal 

simulations in human subjects during an MR exam, which is fundamental information in 

that debate.  

Methods RF heating experiments were performed on the calves of 13 healthy subjects 

using a dedicated transmit-receive coil while monitoring temperature with PRFS 

thermometry. Subject specific models and one generic model were used for 

electromagnetic and thermal simulations using Pennes’ bioheat equation with blood 

equilibration constant equaling zero. The simulations were subsequently compared to 

the experimental results.  

Results The mean B1+ equaled 15 µT in the center slice of all volunteers and 95% of the 

voxels had errors smaller than 2.8 µT between simulation and measurement. The inter-

subject variation in RF power to achieve the required B1+ was 11%. The resulting inter-

subject variation in median temperature rise was 14%. Thermal simulations 

underestimated the median temperature increase on average with 34% in subject 

specific models and 28% in the generic model. 

Conclusion Although thermal measures are directly coupled to tissue damage and 

therefore suitable for RF safety assessment, insecurities in the applied thermal modeling 

limit their estimation accuracy.  
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4.1 Introduction 

 

Radiofrequency (RF) exposure is one of the main topics in MRI safety research, since it 

can cause tissue temperature elevations which lead to tissue damage. In order to ensure 

safety, specific RF guidelines have been issued (1,2). These regulations define both 

maximal temperature increase and maximal absolute temperatures, specified by limits 

for specific absorption rate (SAR).  

Global SAR restrictions are defined for the whole body (wbSAR) when using volume 

coils. These are combined with local SAR restrictions for specific body regions, such as 

torso, head and extremities, when local transmit coils are used. This limits are 

implemented on all MRI scanners to ensure subject safety. However, a simulation study 

has recently shown that even when the guidelines for wbSAR are followed, local tissue 

temperatures could reach damaging levels, even when a thermoregulation model is 

included (3). This is independently confirmed by experimental results in animal 

models(4–6). This discrepancy between hazardous tissue temperatures and the SAR 

restrictions is striking and seems to contradict the track record of safe use of MRI(7). In 

the simulation study by Murbach et al.(3) this is attributed to the fact that the SAR limits 

are very rarely reached,  due to either shorter exposure times or waiting times in 

between scans. To have a more direct coupling with absolute tissue temperature and 

potential tissue damage, the use of thermal dose as a safety measure has been 

proposed(8,9). 

Thermal dose is an already widely used concept in hyperthermia and is a direct measure 

for therapy effectiveness(10). The most common way to describe thermal dose is the 

amount of equivalent minutes at 43°C (CEM43). In order to be able to use CEM43 for RF 

exposure restrictions, the relationship between SAR and the absolute tissue 

temperature should be defined. This is usually performed by thermal modeling  using 

bioheat transfer models (BHTM) such as Pennes’ Bioheat equation (PBE) (11). This 

model states that the local temperature change depends on local heat source terms 

(metabolic heat and external heating), thermal conduction and perfusion. The incoming 

arterial blood is assumed to stay at a fixed temperature of 37 °C. Several other BHTM’s 

have been proposed that incorporate more extensive modeling of the blood vessels and 

systemic heating of the arterial blood which might give more accurate temperature 

estimates (12–14). However, these require more extensive knowledge of the blood 

vessels, such as diameter, location and flow rate.  Furthermore, not only the type of 

BHTM but also the quality of the input data, i.e. subject specific or generic, determines 

the reliability of the safety assessment. Recently, Laakso et al. showed that tissue 

perfusion and its temperature dependence are the most influential factors of peak 

temperature rise (15). In this study one of the most common models is applied (PBE 

with blood equilibration constant set to zero) and varying amounts of subject specific 

parameters are included. By doing this the focus is placed on the quality of the input 

data and its subject specificity instead of on the model choice. 
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The experimental temperature distributions that are required for input of the thermal 

models can be obtained by MRI itself. This is most commonly done by using methods 

dependent on the proton resonance frequency shift (PRFS)(16–18). This resonance shift 

occurring in protons that form hydrogen-bonds, is linearly related to temperature 

change and is almost tissue independent. However, a large difficulty of these methods is 

that they can only measure temperature increases with respect to a baseline. This means 

CEM43 values can not be directly determined,  but it is still possible to compare 

temperature increases in simulations with experiments(19). 

The goal of this research is to determine if a reliable prediction can be made of the 

temperature rise caused by RF heating inside a given subject. This is a key component 

and the uncertainty of this prediction is of great interest when thermal measures are 

applied for safety assessment. To check the feasibility of such a prediction 

electromagnetic and thermal simulations of RF exposure are compared with 

experimentally obtained results. Furthermore, the importance of including subject 

specificity and thermoregulation in obtaining this agreement was investigated. 

RF heating experiments were performed on the lower legs of 13 healthy subjects while 

monitoring the temperature with PRFS thermometry(20). The calf was selected as target 

location since it offers a controlled situation with favorable experimental conditions (e.g. 

minimal motion) and allows prolonged intense RF exposure. Furthermore, the starting 

temperature in the human leg is relatively low(21), which ensures that this can be done 

in a safe manner. Subject specific dielectric models of the calves were generated based 

on MR imaging and used as the input for electromagnetic (EM) simulations. The 

simulated magnetic fields were compared to the experimentally acquired B1+ maps and 

normalized to obtain realistic SAR values. The corresponding simulated SAR 

distributions were then used in a thermal model of the calf to estimate the expected 

temperature distribution. These simulated temperature distributions could finally be 

compared to the experimentally measured temperature increases in 13 subjects. 

4.2 Methods 

 

To obtain RF induced heating, MR scans were performed with the highest RF exposure 

allowed by MR vendors. Subsequently these experiments were mimicked as closely as 

possible for electromagnetic and thermal simulations using a dielectric and a thermal 

model of the calf. Comparisons were made between the experimental and simulated B1+ 

and resulting temperature distributions.  

Experiments 

All MR scans were performed on a 3T system (Achieva, Philips Healthcare, Best, The 

Netherlands). The part of the left calf with the largest cross section of each of the 13 

volunteers (9 female, 4 male) was positioned in the center of a dedicated knee coil with 

an integrated receive array (SENSE T/R knee coil, Philips Healthcare, Best, The 

Netherlands), see Figure 1a and 1b.  
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The B1+ amplitude was measured using actual flip-angle imaging (AFI) method(22), flip 

angle 65°, TR/TE 50/1.91 ms, 32x32 acquisition matrix, 5x5x5 mm3 acquired resolution,  

field of view (FOV) 160x160x105 mm3. Subsequently, the RF transceive phase was 

measured by doing two multi slice spin echoes with opposite readout directions(23): 

flip angle 90°, TR/TE 1200/4.9 ms, 32x32 acquisition matrix, 5x5x5 mm3 acquired 

resolution, FOV 160x160x105 mm3. By summing the phase of both readout directions 

the effect of eddy currents on the phase is removed. Since a birdcage coil in quadrature 

transmit and receive mode was used, the B1+ phase can be approximated by half the 

transceive phase(24). Subsequently a 3D DIXON scan was made with transverse slices 

for modeling purposes: TR 15 ms, TE 9.2,10.2 and 11.2 ms, flip angle 15°, SENSE 1.4 in 

AP, oversampling 1.2, 160x159 acquisition matrix, 0.91x0.91x2 mm3 reconstructed 

resolution (1x1x4 acquired resolution), reconstructed FOV 160x160x162 mm3. Finally, 

intense off-resonance RF exposure was applied for 16 minutes at 19.6 µT, with a duty 

cycle of 6.4% which was the maximally allowed SAR on the scanner (20W/kg local SAR, 

0.3 W/kg wbSAR), in order to induce tissue heating. During this RF exposure the 

absolute temperature was monitored using an optical temperature probe fixed on the 

skin(OpSens OTP-M, 0.95 Hz sampling, Quebec, Canada), and the spatial distribution of 

temperature increase was determined by measuring the proton resonance frequency 

shift (PRFS) with correction for the B0 field drift using the subcutaneous fat layer as a 

reference region(20).  Since the fat was used as a reference, only temperature increases 

in the muscle could be determined. 

Simulations 

Subject specific models were constructed from the 3D DIXON scan. The data was 

segmented into voxels of four tissue types: fat, muscle, bone and bone marrow. The large 

feeding arteries inside the calf were manually selected from a phase contrast image and 

modelled as another tissue type.  A layer of skin (2 mm) was added on the outside of the 

calf since it is indiscernible on the DIXON scan. Subsequently, the lower left leg of the 

Ella model of the virtual family (female, 26 y, 1.63 m, and 59 kg)(25) was replaced with 

each of the subject specific models. All tissue properties for the simulations were 

assigned as described by (26);these literature values include a perfusion of 10 l/min/kg 

in the arteries, which is unrealistically high and effectively generates a constant 

temperature of 37°C in the voxels that are marked as arteries. However, for these large 

arteries this assumption is justified due to their high flow rate.  For the calf muscle 

perfusion an adjusted value was used.  

Figure 1: The experimental setup with open coil (A) and closed coil (B) and an example of the segmented 

voxels of a volunteer merged with the Ella model and placed inside the coil geometry(C) 
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Since local perfusion can play a large role in peak temperatures(15) the value measured 

in a specific calf study(21) was used. This value was significantly smaller than the mean 

muscle perfusion: 14.7 instead of 36.7 ml/kg/min. A low-pass twisted birdcage coil was 

designed in SEMCAD X version 14.8.1 (SPEAG AG, Zurich, Switzerland) based on a CT-

scan of the actual coil that was used in the experiments. It consists of 8 twisted rungs 

made of perfect electrical conductors between two octagonal rings. The whole setup was 

surrounded by a metallic cylinder which mimics the RF shield that is present in the bore 

of the MR scanner (radius 30 cm, length 100 cm). The designed transmit coil with a 

subject specific leg is presented in Figure 1c. The sources were placed 90° apart in the 

top rungs of the coil and driven in quadrature. The coil was tuned and matched by using 

a network co-simulation(27). In this method each individual capacitor in the rungs was 

first defined as a source while the coil was loaded with a cylindrical phantom (radius 6 

cm, height 25 cm, conductivity 0.2 S/m, relative permittivity 45). A simulation series was 

performed with another active source each time while all others were passive. 

Subsequently the ideal capacitances could be calculated using those simulations as an 

input enforcing minimal reflection and ideal decoupling between the two actual drive 

ports. A harmonic simulation was done at 128 MHz during 50 periods (ensuring steady 

state) with a grid size of 3.03 million cells. The subject specific models were positioned 

on top of the inside of the coil cover and had an average voxel size of 2.6x2.6x2.6 mm3. 

The net coil input power was scaled such that the simulated B1+ amplitude equaled the 

measured B1+ map. This scaling was defined as the mode of the ratio between both B1+ 

distributions. The simulated B1+ phase was given an offset for every slice such that the 

mean equaled that of the experimental slice. Subsequently, the temperature was 

simulated using PBE with blood equilibration constant set to zero within SEMCAD X. A 

thermal boundary condition was set at the interface of skin to external air with a cooling 

constant of 6 W/m2/K which corresponds to normal clothing with little airflow(3,28). In 

order to ensure thermal equilibrium conditions inside the leg (initial temperature 37°C), 

the first hour of simulation was left without any RF exposure to obtain a steady state 

with the surroundings (initial air temperature 21°C). Subsequently 16 minutes of 

intense RF exposure with a power equal to the scaled net coil input power multiplied by 

the duty cycle followed. The simulations were performed on all the subject specific 

models as well as on the generic Ella model using the input powers obtained from the 

B1+ of the individual subjects. Furthermore, multiple EM-simulations were done on a 

single subject model in which certain parts were removed from the model in order to 

determine their influence on the electromagnetic field and temperature estimation. The 

parts that were removed were: the RF shield, plastic cover of the coil and the right leg 

which was positioned next to the coil. An additional simulation was performed in which 

only the calf was simulated and the left leg of Ella was removed. The same subject was 

used for adjusted thermal simulations. The muscle perfusion and thermoregulation 

were modified to determine their influence on temperature distributions. 

Thermoregulation was simulated by making the muscle perfusion temperature 

dependent in SEMCAD. From 38°C to 40°C an additional perfusion of 20 ml/min/kg/°C 

was added corresponding to the model described by Murbach et al. (3).  
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Furthermore, the plastic coil cover and arteries were removed from the thermal 

simulations in order to see to what extent this affected the heating pattern.  The power 

input was kept the same for all these simulations. 

4.3 Results 

Electromagnetic simulations 

After the coil was correctly tuned and matched, B1+ and SAR distributions were 

simulated for each of the 13 volunteers. All slices of volunteer 1 are presented in Figure 

2 and compared to the experimentally obtained B1+ map. By scaling the simulations to a 

net coil input power of 149W the B1+ amplitudes of the simulation and experiment are in 

agreement for this volunteer and the distribution matches nicely over the entire leg. 

Note that this power is the net power delivered to the coil during a pulse; this should be 

multiplied by the duty cycle to obtain the continuous input power during the 

experiment. There are large discrepancies towards the rings of the birdcage coil, but in 

those locations the experimental B1+ is not reliable due to the decreasing coil sensitivity 

of the receive coil array  that covers a smaller volume than the transmitting birdcage 

coil. The center slices of all other volunteers are shown in Figure 3. 

 For the center slices of all volunteers it holds that the mean B1+  equals 15 µT and 95% 

of the voxels have smaller errors between simulation and measurement than 2.8 µT 

(mean error 2 µT). The average net input power to the coil for all volunteers was 

163±18W, so the inter-subject variation was only 11%. B1+ phase distributions in the 

center slice of all volunteers also show similar patterns, with increasing values from the 

center of the leg towards the skin. 95% of the voxels of the center slice have errors 

smaller than 0.15 rad (mean 0.11 rad) for all volunteers.  

Figure 2: The experimental and simulated B1
+ field in multiple slices of a single volunteer. The top row 

shows the B1
+ magnitude, the bottom row portrays the B1

+ phase 
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The mean measured B1+ value in the leg, the net coil input power and the net power 

absorbed by the anatomy for each volunteer is given in supporting Table S1.  

The influence of certain specific modeling choices on the B1+ distributions was 

determined in a single subject. First, the simulations were repeated with only the calf 

muscle inside the coil, i.e. without the left leg of Ella. This resulted in more power being 

deposited inside the calf, because the E-fields stayed confined to only the calf muscle. In 

turn this led to a lower power requirement to gain similar B1+ values to the experiments 

(78%), resulting in less heating. Subsequently, simulations were performed in which the 

complete left leg was present but the right leg next to the coil was omitted. By removing 

this additional coil load even less power was required to reach the experimental B1+ 

values (59%). To determine whether the inclusion of the RF shield which is present in 

the bore of the clinical scanner affected the EM-fields another simulation was performed 

without the shield. In this case power was no longer reflected by the shield and more 

power was required for a similar B1+ (124%). Additionally it led to a B1+ distribution that 

was less similar to the experiments, see Figure 4. Finally, the plastic cover of the coil was 

excluded from the simulation. Although a slightly lower amount of power was required 

to reach the experimental B1+ values (93%), the shape of the distribution was 

unaffected. The net coil input power and the net power absorbed by the anatomy for 

each of the modeling choices are given in supporting Table S2.  

Figure 3: The measured and simulated B1
+ distribution in the center slice of 12 volunteers 
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Thermal simulations 

After the net coil input power was normalized to 

B1+ for each volunteer, the next step was to do 

thermal simulations. After initialization the 

temperature of the skin exposed to air was 

roughly 34 °C for all volunteers. The skin that was 

in contact with the plastic cover and thus had 

restricted cooling, had a temperature of 36.5 °C. 

An example of a steady state temperature is 

presented in Figure 5. In the experiments the 

optical probe measured a value of 33.2±1.4°C at 

the skin of all volunteers at the beginning of the 

heating. The calculated net coil input power was 

multiplied with the duty cycle of 6.4% in order to 

obtain the equivalent continuous input power 

during the 16 minute RF exposure of the 

temperature simulation. Figure 6 depicts the SAR distribution next to the experimental 

and simulated temperature increase in the center slice of a single volunteer. In vivo 

temperature measurements could only be performed in muscle tissue. Therefore, to 

facilitate comparison, all temperature distributions are depicted for muscle tissue only. 

The simulated SAR clearly corresponds to the simulated temperature increase.  The 

resulting temperature increase distributions in the center slice of the leg after heating 

are shown in Figure 7.  

 

 

Figure 5: The steady state temperature 

after an hour of simulation without any 

RF. The starting temperature was 37°C 

over the entire calf. The temperature at 

the bottom of the leg has a higher steady 

state temperature due to the presence of 

the plastic cover 

Figure 4: The change in simulated B1
+ distribution caused by modifying the simulation setup. The default 

setup (A), without an RF shield (B) and the experimental B1
+(C). By adding an RF shield the maximum of the 

distribution shifts slightly to the left and the spread of the values becomes larger, making it more similar to 

the experiments. The resulting SAR distributions of (A) and (B) are shown in (D) and (E) respectively 
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The optical temperature probes measurements, the mean of the MR thermometry 

measurements in a 5x5 voxel region in the muscle near the skin and the thermal 

simulations in that same region for every volunteer individually can be found in Figure 

8. The simulated temperature distributions show the maximal increase in temperature 

on the left side of the calf muscle, which matches most of the experiments. However, the 

simulations mostly underestimate the temperature increase; the median of the 

simulations was on average 34% lower than the experimental median (values ranged 

from 8 to 53%). Especially the center of the leg, which hardly demonstrated any heating 

in simulations, increased by 0.5 °C on average in the volunteers.   

Figure 7: The center slice of experimental temperature increases of 12 volunteers compared to their 

simulated counterparts 

Figure 6: SAR distribution in the center slice of a volunteer (A), compared to the experimental (left) and 

simulated (right) temperature increase in the muscle(B) 
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Figure 8: The optical probe measurements, MR thermometry measurements and thermal simulation 

results of all individual volunteers during RF heating. The MR thermometry result was obtained by 

averaging a 5x5 voxel region in the center slice of the leg near the position of the probe. The 

temperatures obtained from thermal simulations are from a single voxel  
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The temperature increase distributions are also portrayed as box-whisker plots in 

Figure 9. In that figure the results of the Ella model without subject specific leg are also 

included, which show only a small difference with the subject specific models (the mean 

of the differences over all volunteers is 0.1±0.05 °C). When using the Ella model the 

median temperature increase was on average 29% lower than the experimentally found 

value. 

Similar to the electromagnetic simulations, temperature simulations were repeated with 

adaptations to the simulated geometry to determine the influence of various 

components on the final temperature distributions for a single volunteer. In all cases the 

complete thermal simulation was done, that is including the first hour without RF 

exposure. The results for mean and peak temperature in the center slice can be found in 

Table 1. First, some elements were removed from the simulated geometry. When the 

arteries were removed from the model the temperature increase was hardly affected:  

more than 95% of the voxels outside of the arteries had a difference smaller than 0.1°C 

and the peak temperature did not change. The effect of removing the plastic coil cover 

had a larger effect. The lower part of the leg, now exposed to air, was able to lose more 

energy to its environment, decreasing the steady state temperature. This only slightly 

decreased the maximum absolute temperature but did reduce the maximum and mean 

temperature increase. Subsequently some thermal parameters were adjusted to 

determine their influence.  When the muscle perfusion was set to the much higher 

literature value of 36.7 ml/min/kg the maximal temperature increase became less (1.56 

instead of 1.89 °C), but the mean temperature did not decrease much. The influence of 

thermoregulation, which is often described to be very important in literature, was 

determined to be negligible in these simulations: the maximal temperature difference 

equaled 0.01°C. This was expected since absolute temperatures did not exceed the 

temperature where thermoregulation becomes significant according to the implemented 

model(3). When the thermal simulation was performed on the leg of the Ella model 

without the subject specific part but with the same power input, a slightly higher 

temperature increase was estimated, which is also shown in Figure 9.  

Figure 9: Box-whisker plots of the temperature increases in experiments and simulations for all volunteers. The 

25th to 75th percentile and median depicted by box, whiskers show complete data range. Temperature increases 

estimated by the generic model are very similar to the result from the subject specific models, and both are 

significantly different from the experiments 
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4.4 Discussion  

B1+ simulations 

The goal of this research was to determine if simulated temperature increases due to RF 

exposure were in agreement with experimentally obtained results.  First of all a 

comparison between the simulated and experimental B1+ amplitude and phase was 

done. If the B1+ distribution is not accurate, temperature simulations will also be biased 

since they rely on a good estimate of B1+. A good correspondence was reached in the 

center slice of the leg of all volunteers with minimal differences in B1+ values.  

Several factors were crucial in obtaining this match. First of all, although only the calf 

muscle was scanned, the complete leg should be included in the simulations. Not only 

does this influence the coil loading, but it also affects the E-field distribution in the leg, 

even though the subject specific calf model completely covers the region of intense RF 

exposure. In this research only the calf was representing the scanned subject reliably; 

the rest of the body was represented by the generic Ella model. This reduced the subject 

specificity of the model but otherwise additional scans of each subject with a different 

coil were required, introducing longer scan times and increased movement artifacts. 

However, the subject specific part of the model completely covers the part of the coil 

that has high SAR levels. Furthermore, not only the anatomy, but also the correct 

location of the leg inside the coil proved to be important in obtaining a match between 

simulations and measurements. Because our coil geometry was exactly known, including 

the support on which the leg was resting, this did not pose a problem. It can however be 

an important factor when trying to match local transmit coils. Since the coil that was 

used in the experiments did not possess an internal RF shield, the surroundings of the 

coil played a large role in the B1+ distribution within the leg. This is not only limited to 

the RF shield of the MR bore, which acts as a mirror reflecting RF signals, but also 

includes the other leg that is located next to the coil.  

 

 max T [°C] max ΔT [°C] mean ΔT [°C] 

Regular 38.3 1.89 0.79 

No arteries 38.3 1.88 0.80 

No coil cover 38.2 1.68 0.69 

High muscle perfusion 38.1 1.56 0.72 

With thermoregulation 38.3 1.88 0.79 

Generic model 38.5 1.92 0.82 

Table 1: Statistics on the simulated temperatures in the center of the leg of a single volunteer when several 

adjustments have been made to the simulated model. The largest differences are caused by including the 

coil cover and using an average literature value for muscle perfusion 
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Although the position of that leg is usually not exactly known, the extra loading does 

influence the B1+ field as shown in Figure 6, making it important to include in the model. 

The omission of the receive array from the model might have some influence on the B1+ 

distribution as well, but its geometry was not available. 

Temperature simulations 

By normalizing the B1+ field, the discussion on how much power actually arrives at the 

coil is circumvented. The experimentally obtained temperature increases in the center 

of the legs of each volunteer were subsequently compared to the corresponding 

simulated temperature distribution.  Since the measured temperature distributions 

were relative to a baseline and no absolute temperatures were known it was impossible 

to assess thermal doses. Another restriction of the PRFS experiments is that only the 

temperature distribution within the muscle is known because protons in fat do not 

possess a temperature dependent resonance frequency. Methods to measure the 

temperature of fat using T1 or T2-based methods(29) do exist but would require 

additional scanning. In the simulations some errors might be caused by the choice of 

PBE with blood equilibration constant set to zero as the bioheat model, due to for 

example oversimplification of the arterial cooling. However, this is still the most 

commonly used model because it does not require extensive information about the 

arteries. The assumption that blood stays constant at 37°C will hold in the case of our 

setup because the transmit coil only provides local heating with low injected power 

compared to large volume coils. In an animal study, also an underestimation of 

simulated temperature rise was found using a more extensive thermal model (6). A 

renormalization to measured local SAR values resulted in a lower mismatch in that 

study, but in practice this measured local SAR information will of course be absent.  

The quality of the thermal match was significantly less than the B1+ match, with not only 

a deviation in maximally reached temperature, but also in the distribution of the 

temperatures compared to the distributions measured with MR thermometry. Even 

though the match on the specific point at the bottom of the leg where the optical probe 

was located was very good for some volunteers, the simulations consistently resulted in 

lower estimates of the maximal temperature increase than actually occurred in the 

experiments.  Furthermore, the subject specific approach did not result in a higher 

correspondence between simulations and measurements. Modeling the subject specific 

anatomy did not seem to be of great importance since the temperature increase 

distributions were nearly identical to those obtained from simulations on a generic 

model. However, this conclusion might be specific for the calf. For other anatomical sites 

the generic models could miss local SAR and thermal hotspots. When more 

inhomogeneous RF exposures are considered, e.g. excitation at higher magnetic field 

strengths or when applying multi-transmit coil arrays, the likelihood of having these 

hotspots increases(30). Finally, higher base levels of perfusion and higher absolute 

starting temperatures at other anatomical sites might increase the influence of 

thermoregulation on the temperature estimates.  
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One of the aspects that is still missing from the thermal simulations is the initial 

temperature distribution. Usually when doing thermal simulations the initial situation is 

assumed to be a thermal equilibrium. However, optical probe measurements on the skin 

showed an increase towards a certain stable temperature that was not yet reached 

before applying the intense RF exposure. An additional increase of 0.3 °C was expected 

on average to reach steady state. This could be an explanation for the underestimation of 

the temperature increase by the simulations. An improvement would be to have the 

subject inside the scanner before the actual scanning and wait until a steady state 

temperature is reached (estimated 45 minutes). This is however not feasible in practice, 

therefore this additional heating should be taken into account in simulations. Another 

thermal effect of placing a subject within the scanner is the restricted cooling of the skin 

on the places where the leg touches the cover, thereby effectively increasing the steady 

state temperature. A potential way of including this effect would be to remove the cover 

from the simulation setup while simulating the equilibrium temperature and reinstalling 

it when the RF exposure starts. Furthermore, although plastic has a very low 

conductivity (<0.01 S/m), because the cover is within a region of high electric fields, it 

did warm up and led to additional heating of the leg. A final point that was noticed 

during the experiments was that the coil cover sometimes was still warm from the 

previous measurement and heated the leg before scanning. One of the improvements in 

thermal modeling should therefore be to invest in correctly determining the initial 

thermal state of the leg and its surroundings. 

The amount of local perfusion also played an important role in obtaining more realistic 

temperature estimates, matching with previous research(3,15). Usually in thermal 

simulations average values for muscle perfusion are used from a range of measurements 

in different body parts, for example (31,32). In this case the perfusion value reported for 

the calf muscle was used, which is much lower than average muscle perfusion(21). This 

resulted in an increase in the peak temperature increase (1.89 instead of 1.56 °C) and a 

slightly higher absolute temperature (38.3 instead of 38.1°C). The variation in muscle 

perfusion in the body is therefore something to take into account when doing whole 

body simulations. In this research only healthy volunteers were used but individual 

perfusion values might be necessary when subjects have impaired local perfusion due to 

e.g. diabetes, hypertension or obesity(33). Dedicated MR sequences such as arterial spin 

labeling (ASL) could then be applied to measure this perfusion. However, the influence 

of temperature on perfusion might also be subject dependent and is more difficult to 

obtain without purposely applying heat to the subject. 

 

The current discussion in the RF safety community is to translate SAR based guidelines 

into guidelines based on thermal dose (8,9). The most fundamental information in this 

discussion is the accuracy of thermal simulations predicting the temperature rise in 

human subjects during an MR exam. Therefore the goal of this study was to investigate 

this accuracy.  
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Although the calf muscle is a relatively simple anatomic structure and no 

thermoregulation was expected, we feel this still provides a unique and valuable 

experiment since 13 human subjects were included. However, as stated in the results, 

the underestimation of on average 34 percent (ranging from 8 up to 53) in temperature 

increase is rather large. This indicates that the accuracy of the thermal simulations used 

in this research was not sufficient to predict the temperature rise for a given subject and 

MR exam. Furthermore, the simulations tend to underestimate the temperature rise 

which is more problematic than an overestimation in terms of RF safety. 

Whether this discrepancy arises from fundamental limitations in the description of the 

thermal response of the tissue to RF (e.g. the type of model, inter-subject variation in 

perfusion and thermoregulation) or from a cumulative effect of a range of small 

differences between model and reality is a key question. Given our analysis, the largest 

uncertainty in this research seems to originate from the thermal modeling. This has to 

deal with much more uncertainties than are present in electromagnetic modeling. 

Furthermore, information on clothing, air flow and physiological phenomena such as 

sweating and exact perfusion levels are quite challenging to obtain. Of course although 

various more sophisticated thermal models exist, only the most common was used for 

this study. Nevertheless, it is clear that before any thermal model can take the center 

stage in RF safety assessment much more experimental validation is required. This 

should not only include temperature measurements but also determination of crucial 

input data such as inter-subject variation in baseline perfusion and thermoregulation.         

4.5 Conclusion 

 

In the current debate on safety measures, the restrictions are shifting from global SAR 

towards thermal dose. This asked for validation of the electromagnetic and thermal 

simulations of RF exposure and the importance of including subject specificity and 

thermoregulation in these models.  In this research a good match was obtained in the 

electromagnetic regime, with the B1+ maps of the simulations closely resembling the 

experiments. However, the thermal models that were applied in this research were not 

able to obtain a satisfying match with the experiments, even when subject specific 

models were used. We believe that caution is required when thermal simulations 

become a main component of an RF safety assessment. At this moment, further 

validation experiments are required combined with investigations into the thermal 

physiology of various anatomic sites. Fortunately, MRI provides us with sufficient non-

invasive methods to facilitate this. 
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4.6 Supporting information 

 

 mean B1
+ measured in 

experiments [µT] 

net coil input power in 

simulations [W] 

net power absorbed by 

anatomy [W] 

volunteer 1 15.4 149 145 

volunteer 2 16.5 184 179 

volunteer 3 15.0 143 139 

volunteer 4 14.8 137 131 

volunteer 5 17.2 140 136 

volunteer 6 15.7 176 172 

volunteer 7 16.7 174 169 

volunteer 8 15.0 152 148 

volunteer 9 16.6 170 165 

volunteer 10 16.4 184 179 

volunteer 11 16.7 153 147 

volunteer 12 16.8 182 177 

volunteer 13 16.4 174 168 

 

Supporting Table S1: The mean B1+ measured in over the complete leg of all individual volunteers with its 

corresponding simulated required net coil input power and the net power that was absorbed by the anatomy 

 

 

 

 

net coil input power in 

simulations [W] 

net power absorbed by  

anatomy [W] 

Regular 149 146 

Only calf in coil 116 114 

No other leg 88 86 

No RF shield 185 139 

No plastic coil cover 139 135 

Generic model 149 146 

 
Supporting Table S2: The effect of different modeling choices on the required net coil input power to reach 

the B1+ values that were experimentally measured and the corresponding net power that was absorbed by the 

anatomy 
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Abstract 

 

Purpose: Dynamic contrast enhanced (DCE) imaging is a widely used technique in 

oncologic imaging. An essential prerequisite for obtaining quantitative values from DCE-

MRI is the determination of the arterial input function (AIF). However, it is very 

challenging to accurately estimate the AIF using MR. A comprehensive model, which 

uses complex data instead of either magnitude or phase, was developed to improve AIF 

estimation. 

Theory and Methods: The model was first applied to simulated data. Subsequently, the 

accuracy of the estimated contrast agent concentration was validated in a phantom. 

Finally the method was applied to existing DCE scans of 13 prostate cancer patients. 

Results: The complex signal method combines the complementary strengths of the 

magnitude and phase method, increasing the precision and accuracy of concentration 

estimation in simulated and phantom data. The in vivo AIFs show a good agreement 

between arterial voxels (standard deviation in the peak and tail equal 0.4 mM and 0.12 

mM, respectively). Furthermore, the dynamic behavior closely followed the AIF obtained 

with DCE-CT in the same patients (mean correlation coefficient: 0.92). 

Conclusion: By using the complex signal, the AIF estimation becomes more accurate 

and precise. This might enable patient specific AIFs, thereby improving the quantitative 

values obtained from DCE-MRI.  
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5.1 Introduction 

In current clinical practice dynamic contrast enhanced (DCE) imaging is widely used for 

oncologic imaging because it offers valuable information for diagnosis, treatment 

monitoring and response assessment(1,2). In longitudinal studies, DCE scans are subject 

to model fitting in order to obtain quantitative tissue perfusion related variables such as 

Ktrans in the Tofts model(3). These quantitative values are in turn used for estimation of 

the severity of the disease, tumor volume delineation and treatment response 

monitoring(4,5). However, large variations in Ktrans can be found among studies, 

perfusion analysis solutions and institutions, weakening its diagnostic and predictive 

value(6–8). An essential prerequisite for determining quantitative values from DCE-MRI 

is the absolute contrast agent (CA) concentration in the feeding arteries over time, 

referred to as the arterial input function (AIF). Various methods to determine the AIF 

have been published, ranging from measuring the temporal signal evolution inside 

feeding arteries or the aorta to indirect estimation from tissue enhancement curves (9–

11). However, up to now no satisfactory solution has been proposed which can provide 

the required accuracy and robustness for patient specific AIFs. Therefore most studies 

still employ a population averaged AIF, ignoring inter-subject variation(12).   

The most common way of determining the AIF in DCE-MRI is based on measuring the 

temporal evolution of the signal magnitude inside a large feeding artery. MR signal 

magnitude is related to the CA concentration because the CA affects neighboring 

protons, shortening both T1 and T2*. By using a spoiled gradient echo (SPGR) sequence 

highly T1 weighted images can be made with a good spatiotemporal resolution(13). 

However, reconstructing CA concentration from the signal magnitude is challenging 

since their relationship is not linear and shows a saturation effect at high 

concentrations(14). Furthermore, the signal magnitude is influenced by other 

experimental phenomena such as partial volume effects, inflow effects and B1 

inhomogeneities, making correct concentration determination even more 

challenging(15,16). 

In order to dispose of these adverse effects some years ago a method was proposed 

which uses the signal phase to determine the AIF(17,18). Signal phase changes due to 

the magnetic susceptibility of the CA. The main advantages of using signal phase are its 

linear relation to CA concentration and its insensitivity to inflow effects and B1 

inhomogeneities. However, using signal phase leads to other challenges. The phase is 

also affected by susceptibility changes in the proximity of the artery and magnetic field 

drift. In order to correct the phase after acquisition efforts have been made to estimate 

the temporally varying magnetic fields within the arteries from neighboring 

voxels(6,19), however problems remain. Another disadvantage of working with phase 

data is that its precision is much less at low CA concentrations. This is because the phase 

uncertainty then becomes much larger, since it scales inversely with the corresponding 

signal magnitude(20,21). 
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Recently it was pointed out that since magnitude and phase are governed by different 

CA dependent physical processes, a combination of both could be used to avoid 

shortcomings of using each method individually (22). In that research on simulated data, 

CA concentration was determined based on a maximum likelihood estimator combining 

signal phase and magnitude information. However, the phase and magnitude are also 

complementary. The saturation and non-linear behavior of the magnitude signal mainly 

occurs at high concentrations, whereas signal phase inaccuracies are mostly present at 

low concentrations. The goal of this study was to develop a comprehensive model which 

uses complex data directly, instead of magnitude and phase separately, to exploit this 

complementary information. This can be achieved by fitting the enhancement data in the 

complex plane, as originally proposed to reduce partial volume effects in Dynamic 

Susceptibility Contrast MRI(23) and DCE-MRI (24). Here this method is applied to obtain 

a more accurate AIF. In order to keep the method practical it was designed to require 

minimal user interaction, have a short computation time and perform in a robust 

manner. The comprehensive model was first tested on simulated data and compared to 

the magnitude-only and phase-only methods. Subsequently, the accuracy of the 

estimated CA concentration was validated in a phantom study. Finally the method was 

applied to DCE scans of prostate cancer patients and compared to DCE-CT results of the 

same patients. 

5.2 Theory 

A comprehensive model was developed to fit the DCE signal in the complex plane. For 

this purpose two separate models were combined: a model for signal magnitude change 

due to the changing relaxation times and a model of signal phase change caused by 

magnetic field distortion due to a susceptibility distribution. 

Magnitude-only method 

Signal magnitude is determined by both the pulse sequence and the CA concentration. A 

short TR, spoiled gradient echo is most commonly used in DCE-MRI, because of its high 

attainable temporal resolution while maintaining good 3D coverage. The signal 

magnitude at steady state of this sequence is defined as(25): 

 |S| = ρ���
sin(α) 1 − e� ����(�)�

1 − cos(α)e� ����(�) e� ����∗(�) [1] 

where |S| is the signal magnitude for a given spatial location and a given time, α is the 

flip angle, TR is the repetition time, TE is the echo time and ρeff is the spin density 

including system gain contributions. C is the time dependent CA concentration, which 

needs to be estimated for the whole exam duration.  
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In the fast exchange limit which is usually assumed in DCE-MRI the dependency of T1 

and T2* on C is known(26): 

 
1T�(C) = 1T�� + r�C [2] 

 
1T"∗(C) = 1T"�∗ + r"∗C [3] 

with T10 and T20* being the T1 and T2*  of the voxel before contrast injection, and r1 and 

r2* the longitudinal and transverse relaxivities of the CA. Some variables are set on the 

scanner (α, TE and TR), and some are known from literature (r1, r2*). However, ρeff, T10 

and T20* are not known prior to the measurement. There are several methods to 

estimate these unknowns from tissues by doing several so called pre-scans with varying 

flip angles (27). However, AIF determination is a specific case since the T10 and T20* of 

blood are known. Then the relative signal enhancement can be used, such that ρeff drops 

out of the equation(14):  

 

|S| − |S�||S�| = e� ����(�) − 1� cos(α)e� ����$ − 1�
e� ����$ − 1� cos(α)e� ����(�) − 1� %e� ����∗(�)

e� ����$∗ & − 1 [4] 

in which S0 is the baseline signal that is measured before CA injection. Since all variables 

except C are known, a CA concentration estimate can be found for each signal time point 

individually. This function however has a maximum detectable concentration, defined as 

the point where the signal magnitude is maximal (14). At higher CA concentrations the 

magnitude decreases due to T2* effects, resulting in two solutions making it impossible 

to discriminate higher concentrations from lower values. 

Phase-only method 

Another method of estimating the CA concentration uses the signal phase. However, 

phase changes are caused by susceptibility changes that depend on all surroundings. 

This results in interconnected and spatially dependent equations. Therefore, a 

simplification has to be made for the geometry, enabling an analytical solution. The 

femoral arteries, often used for determining the AIF in DCE exams of the prostate, can be 

represented fairly accurately as infinitely long cylinders parallel to the main magnetic 

field (23). The phase inside such a cylinder with a CA dependent susceptibility can then 

be described by: 

 θ(C) = θ� + 1 3) ω�TE χ-C [5] 

where θ0 is the initial phase, ω0 the resonance frequency of protons, TE the echo time, χm 

the molar susceptibility of the CA and C the concentration of the CA. Similar to the signal 

magnitude method a baseline estimation needs to be done, in this case to determine θ0. 

When θ0 is known, the concentration at each individual time point directly follows from 

the phase. 
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Complex signal fitting method 

Combining both models results in the following equation for the complex signal 

dependence on CA concentration: 

 S = ρ.���
sin(α) 1 − e� ����(�)�

1 − cos(α)e� ����(�) e� ����∗(�) ∙ e�01(�) [6] 

in which ρ.��� is defined as a complex number: ρ.��� = ρ��� ∙ e�01$ . During an experiment 

the CA concentration varies, making C to actually be an array c containing all 

concentrations in time. Since both phase and magnitude are used in this method the 

number of data points is twice the number of concentrations, enabling a fit of the 

complete array c instead of a point-wise estimation of each individual concentration. 

Since each voxel shares the same time independent ρ.��� and α, these quantities can be 

simultaneously fit with all concentrations instead of estimated solely from baseline 

images.  

AIF estimation 

The complex signal model should be fit to the signal of a voxel over time to obtain an 

AIF. An example of the complex signal evolution of an AIF can be seen in Figure 1, in 

which the peak of the AIF is the outermost point. The points in the tail of the AIF are 

clustered together on this curve, since they share an almost equal concentration. 

However, not all signal data are equally reliable.  

The magnetic field usually drifts over time and changes with the amount of CA present 

in the tissue (28), so the phase of later time points is less reliable. The result of a 

magnetic field drift that increases linearly over time results in a clear deviation in the 

phase of later time points as shown in Figure 2a. However, the method can be adjusted 

to mitigate the errors due to these affected points. Usually the fitting is done using a 

non-linear least square fit: 

 (ρ.���, α, 3) = arg min(789::,;,3)‖=(ρ.���, α, 3) − >‖" [7] 

in which s is the measured data and c the resulting fit concentration.  

Figure 1: a) A synthetic AIF. b) The resulting trajectory in the complex plane 
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Since later time points are more prone to drift, the fit can be adjusted to discard those 

points. In this case a weighted least squares fit can be solved: 

 �ρ����, α, �	 
 arg	 min
������,�,�	

‖����ρ����, α, �	 � �	‖
� [8] 

with � being a diagonal matrix containing the weights of each time point. When the 

weights in the tail of the AIF are negligibly small compared to the earlier time points, 

they no longer influence the fit of ρ���� and α which determine the curve shape. This 

improves all concentration estimations, see Figure 2b. 

5.3 Methods 

Numerical simulations 

Numerical simulations were performed to compare the AIF estimation of the proposed 

complex signal method to the magnitude-only and phase-only method. A complex signal 

produced by a steady baseline (10 points, 0 mM) followed by a linearly increasing 

concentration of gadobutrol (0-8.5 mM, χm= 320 ppm, r1= 3.6 l/mmol/s and r2*= 6.3 

l/mmol/s (6,29)) was simulated based on equation 6, with the scan parameters of the 

clinical DCE sequence at our institute (flip angle 8°, TE/TR 1.7/4 ms,(6)). Subsequently, 

Gaussian noise was added such that the signal-to-noise ratio (SNR) had a realistic value 

compared to in vivo scans. The mean of the signal divided by the standard deviation of 

the noise equaled 13. The T1 and T2* of blood were set to literature values at 3 tesla 

(1.932 and 0.275 s respectively (30)). The CA concentration was estimated from the 

magnitude using equation 4, in which S0 was defined as the mean magnitude of the 

baseline points. Each concentration was found by minimizing the norm of the difference 

between the simulated data and the estimates. The phase data resulted in 

concentrations via equation 5, in which θ0 was defined as the mean phase of the baseline 

points. The complex signal method was finally applied to the complex signal. In the 

fitting procedure the initial estimations were set as follows: the initial flip angle was set 

to the input angle, with lower and upper boundaries set to 2° and 20° respectively, the 

initial concentrations were set to zero with an upper bound of 10 mM and a lower bound 

of -0.1 mM.  

Figure 2: a) The complex trajectory described by an AIF with added linear drift (black). This was used as the 
input for a regular and a weighted non-linear least squares fit. b) The resulting concentration from both fits 
compared to the input concentration 
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The lower boundary was set a little below zero to be able to cope with noise effects at 

low concentrations. The simulation described above was repeated a thousand times 

with different noise to quantify the precision and accuracy of each individual method. All 

fitting, data analysis and post-processing was done in Matlab (The MathWorks Inc., 

Natick, MA). 

Phantom experiment 

Phantom imaging was performed on a 3T MR scanner 

(Ingenia, Philips Healthcare, Best, The Netherlands). A 

plastic cylinder filled with tap water (height 6.5 cm, 

radius 10 cm) was used as a phantom. This phantom 

contains twelve cylindrical openings that can be filled 

with test tubes (height 7.5 cm, radius 1 cm). Test tubes 

with known concentrations of gadobutrol (0, 0.5, 1,5 and 

10 mM dilutions of Gadovist, Schering, AG, Berlin, 

Germany) in tap water (T10/T20* set to 2.5/0.5 s) were 

placed consecutively in the same center opening 

simulating an artery. Test tubes filled only with tap water 

were placed in all other openings. A transverse image of 

the phantom can be seen in Figure 3. This phantom was 

placed inside a head coil (dStream HeadSpine coil, Philips 

Healthcare, Best, The Netherlands). All five test tubes were scanned in order of 

increasing CA concentration while keeping the B0 field shim settings constant. The scan 

on the test tube without CA was repeated as a final sixth scan. The DCE-MRI exam that 

was performed was equal to the clinical protocol. It consisted of a T1-weighted 3D 

spoiled gradient echo sequence (20 transverse slices, slice thickness 5.0 mm, TE/TR 

1.7/4.0 ms, acquisition matrix 160x160, SENSE 2, FOV 40 cm, flip angle 8°). A total of 

120 dynamics were obtained at a 2.4 s time interval. The large amount of dynamics were 

scanned to determine the influence of magnetic field drift. 

Because six experiments were done, each with their own resonance frequency 

calibration, all signals were corrected by using a reference ROI in the phantom which 

was not affected by the CA. In order to make sure the signal was in steady state as 

described by the models, the first dynamic scan of each series was removed. 25 voxels 

within the test tube in a center slice were manually selected and their concentrations 

were estimated to determine the accuracy and precision. The baseline signal which is 

required for the magnitude and phase method was set to the mean signal over ten 

dynamic scans of the test tube without CA. For the complex signal fitting procedure the 

initial values were as follows: the initial flip angle was set to 8° and restricted to realistic 

experimental values (between 6 and 10°), all initial concentrations were set to zero, 

with a lower boundary of -0.1 mM and an upper boundary of 15 mM. In order to 

minimize the influence of magnetic field drift on the complex signal fit, only the first 

dynamic scans of each test tube were included in the fit. This was done by reducing the 

weights of the other dynamic scans until they no longer significantly affected the fit. 

Figure 3: Magnitude image of a 
transverse slice of the water-
filled phantom containing 12 
test tubes. The bright tube 
contains 0.5 mM gadobutrol 
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In vivo experiment 

Finally, the method was tested on DCE-MRI data acquired at 3 tesla from 13 prostate 

cancer patients from an earlier conducted IRB approved study using the same scan 

sequence (6). A Regional Saturation Technique (REST) slab was placed 4 cm superior to 

the imaging region with a flip angle of 110 degrees in order to reduce the inflow 

effects(31). In each patient 0.1 mL/kg gadobutrol (1.0 M Gadovist, Schering AG, Berlin, 

Germany) was injected with a power injector (1 mL/s or 2 mL/s), followed by a saline 

flush. AIFs obtained from CT scans (AIFCT) in the same patients, a median of 8.5 days 

apart from the DCE-MRI were used as a golden standard.  The injection of the iodine 

contrast agent (Ultravist 300, Schering AG, Berlin, Germany) was done with a power 

injector (60 mL, 6 mL/s) followed by a saline flush(6). For the analysis both femoral 

arteries were manually delineated in 3 transverse slices in which the arteries were 

almost parallel to the main magnetic field. All voxels within the delineation with a 

cumulative intensity higher than 90% of the maximum cumulative intensity of the slice 

were selected. The AIF was determined for each voxel individually and subsequently the 

mean value of all voxels was calculated. The same boundaries as used for the simulated 

data were applied. The initial values were also kept equal except for the concentration 

which was set to 1 mM which is a rough estimation of the mean value of an AIF. Since the 

points in the tail of the AIF (all points later than the 30th dynamic scan) are more prone 

to magnetic field drift they were excluded from the fit, i.e. their weights in the fit were 

reduced so they no longer affected the fit of ρ.��� and α. Another reason for this is that the 

sampling density over all concentrations is much higher at the tail of the AIF. If the 

weights would not be reduced the tail would have a disproportionately large influence 

on the curve shape. In order to compare the results with the AIFCT the concentrations 

were normalized to injected dose(6). The Pearson's correlation coefficient between the 

two AIFs was determined by dividing their covariance with the product of their 

individual standard deviations. This was used as a quantitative measure for the 

similarity in curve shape.  

5.4 Results 

Numerical simulations 

 The accuracy of using the phase-only, the magnitude-only and the complex signal 

method for concentration determination was examined using numerical simulations. 

The results can be seen in Figure 4, which shows the mean value of all three methods 

and their 90% confidence interval. The results of the magnitude method show high 

accuracy at low concentrations but the errors rapidly increase to intolerable values 

(>100% of the actual concentration) at higher concentrations. At a concentration of 7.5 

mM the fit on magnitude data even clips, because it is unable to detect higher values. The 

signal phase method clearly outperforms the magnitude method at high concentrations. 

However, at lower concentrations, i.e. low signal magnitude, errors are more 

pronounced in the phase.  
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  RMSE tail [mM] RMSE peak [mM] 

 

simulated data 

magnitude-only 0.13 2.08 

phase-only 0.61 0.49 

complex signal 0.18 0.28 

 

phantom data 

magnitude-only 0.14 2.03 

phase-only 0.48 0.30 

complex signal 0.18 0.28 

Table 1: The root-mean-square error of concentrations in range of the tail of the AIF (0-2 mM) and the 
peak of the AIF (4-5 mM) for simulated data at a realistic SNR and for phantom data.  
 

Figure 4: Mean concentrations that were fit from simulated MR signals based on a ground truth input 
concentration (black) with flip angle 8°, TE =1.7 ms, TR=4 ms and realistic noise using the magnitude (blue), 
phase (red) and complex signal (green) method. The dashed lines show the lower 5% and upper 95% 
boundaries. In the left graph the results are presented for a linear input, the right graphs portray the results 
with a simulated AIF as input. The boundaries are equal for identical input concentrations. The magnitude 
method mainly fails at high concentrations whereas the phase method has problems estimating the lower 
concentrations. The complex fit method has a high precision over all concentrations 
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Since the baseline and the complete tail of the AIF will be around 0-2 mM of CA, this will 

have a big impact on AIF estimation, depicted in the right graphs of Figure 4. The 

complex signal method has a high precision and accuracy over the complete range of 

concentrations. The root-mean-square errors (RMSE) of concentrations at the tail and 

peak of the AIF are mentioned in the top rows of Table 1.   

Phantom experiment 

Subsequently the methods were tested on a 

phantom with known CA concentrations. 

Because each test tube was scanned for 120 

dynamics this experiment also offered the 

possibility to illustrate the effect of magnetic 

field drift on concentration estimation. The 

drift caused a linearly increasing phase up to 

0.1 radians over 120 dynamics  

(5 minutes of scanning) and was roughly 

equal for all scans.  

A weighted fit was performed on the complex 

signal, minimizing the influence of dynamics 

which are influenced by magnetic field drift, 

see Figure 5. The sensitivity and accuracy of 

the methods were tested by estimating the 

concentration from all dynamics of 25 voxels, 

the result of which can be seen in Figure 6.  

Figure 5: An example of a weighted fit on complex 
phantom data from the first, middle and final 
dynamic scan of one voxel, showing a curved 
trajectory with increasing concentration. The 
curve fit is determined by the first dynamic scans. 
The B0 drift corresponds to a rotation around the 
origin causing the signal to shift perpendicular to 
the curve for low concentrations but tangential to 
the curve for higher concentrations  
 

Figure 6:  Estimated mean CA concentrations 
in the phantom using the magnitude, phase 
and complex signal method compared to the 
true concentration (black). The dashed lines 
show the lower 5% and upper 95% boundaries 
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The resulting RMSE values are mentioned in the 

bottom rows of Table 1. The magnitude method 

again was unable to estimate values above its 

maximal detectable concentration but detected 

the lower concentrations with a high accuracy 

(RMSE = 0.14 mM). The magnitude method is 

unaffected by magnetic field drift since it only 

changes signal phase, therefore the concentration 

estimation does not vary over the dynamics. 

However, the influence of drift on the phase-only 

method is clearly visible in Figure 6. The 

estimated concentration increases with every 

dynamic due to drift, increasing the error. The fit 

concentrations from the complex signal method 

follow the magnitude method at low 

concentrations and agree with the phase method 

at high concentrations combining the strengths of 

both methods. The mean estimated flip angle was 

8.1°, which is in accordance with the value of 8° 

that was set on the scanner.  

In vivo application 

All methods were also tested on purely arterial 

voxels of prostate cancer patients. Since no true 

concentrations were known for these patients, 

the AIFs obtained by CT were used as a gold 

standard. The results of fitting all voxels of the 

left and right femoral artery of a single patient 

can be seen in Figure 7. The magnitude-only 

method clearly underestimated the CA 

concentration compared to the AIFCT. So 

although all voxels give similar results, the peak 

is hardly discernable making all AIFs obtained by the magnitude-only method 

inaccurate.  

 The phase-only method performed better with a mean AIF that is similar to the AIFCT. 

However, there is considerable variation between voxels and negative concentrations 

are estimated.  

 correlation with AIFCT SD peak [mM] SD tail [mM] 

magnitude-only 0.50 0.16 0.08 

phase-only 0.87 0.67 0.5 

complex signal 0.92 0.43 0.12 

Figure 7: Estimated mean normalized AIFs 
using the magnitude, phase and complex 
signal method compared to the AIF 
measured by DCE-CT (black). The data 
was normalized to the dose in order to 
compare CT and MR. The dashed lines 
show the lower 5% and upper 95% 
boundaries. The data was fit on 48 voxels 
within the arteries from 3 slices of a single 
patient 
 

Table 2: The correlation between the mean AIF, obtained from different voxels using the three methods, and 
the AIF obtained from DCE-CT. The second and third column show the mean standard deviation of all voxels 
at the peak and the tail of the AIFs  
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The results from the complex signal fit show the least amount of variation between 

voxels and the highest correlation with AIFCT. All methods were also applied to the other 

12 patients.  In Figure 8 the mean and spread (5% and 95% boundary) of the AIFs 

determined from all voxels with the complex method are shown together with the AIFCT. 

These AIFs not only show a clear first pass peak but a second pass can also be observed 

in some patients.   

 Quantitative values describing the standard deviation between voxels and correlation 

with AIFCT can be found in Table 2. All patients show a small spread in the individual 

voxels and each correlation coefficient with AIFCT is higher than those obtained with the 

signal magnitude and phase methods. The lowest correlation coefficient equaled 0.84 

and was caused by a low amount of arterial voxels and low SNR in that specific patient. 

The mean estimated flip angle was unrealistically low compared to the value set on the 

scanner with a value of 3.6±1.0° for the left and 2.9±0.8° for the right artery.  

5.5 Discussion 

Numerical simulations 

The goal of this research was to improve the determination of CA concentration for 

correct estimation of the AIF in DCE-MRI. First a comparison between existing methods 

and the complex signal method was made using simulated data. The magnitude-only 

method led to large errors, especially at high concentrations.  

Figure 8: Mean normalized AIFs estimated by the complex signal method on 12 patients compared 
to the AIFs obtained with DCE-CT. The dashed lines show the lower 5% and upper 95% boundaries 
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The mean value of all concentration estimations is also incorrect, thus averaging over 

multiple voxels would not improve the method. An intrinsic difficulty is the accurate 

estimation of S0 since large errors occur in the estimated concentrations when this is 

incorrectly determined. This requires either a high SNR in the baseline measurements or 

a high number of baseline samples. Furthermore, there is a maximum concentration that 

can be detected. Although this maximal value can be increased by using a higher flip 

angle(14), this would in turn worsen S0 determination. Furthermore, higher flip angles 

could lead to lower achievable temporal resolution as the global SAR limit becomes a 

constraining factor. The signal magnitude is also sensitive to experimental imperfections 

such as incorrect flip angles and inflow effects, significantly deteriorating the 

concentration estimation, which were not taken into account in the numerical 

simulations. When the simulated DCE signal phase is used no saturation occurs and the 

optimal flip angle is simply the Ernst angle which results in highest signal-to-noise and 

phase accuracy.  However, the challenge of determining a correct baseline signal (in this 

case θ0) remains. The standard deviation of the signal phase is inversely proportional to 

its magnitude (20), leading to much lower precision at low magnitudes i.e. low 

concentrations. This made it challenging to obtain a correct estimate for θ0 which 

determines the phase value at C=0. If the value of θ0 is incorrect, the whole 

concentration curve will be affected. Similar to the magnitude-only method, the phase-

only method would benefit from using more baseline measurements to achieve a more 

accurate baseline estimation. The complex signal fitting method takes a completely 

different approach, since it relies on the fact that all points of the simulated DCE signal 

can be fit onto a single curve. This enables the estimation of  ρ.��� and α from all time 

points instead of just the baseline measurements. Furthermore, the concentrations are 

then determined based on the complementary information of magnitude and phase. Out 

of the three tested methods the complex method had the most constant concentration 

estimation for the simulated data, combining a high accuracy with a high precision over 

the complete dynamic range.  

 Phantom experiment 

In order to quantify how the methods perform in practice they were tested on a 

phantom with known concentrations of CA. The phantom experiments show that the 

complex signal method is able to correctly determine concentrations of gadobutrol 

within the clinical range with a minimal error (RMSE equals 0.18 and 0.28 mM at the tail 

and the peak of the AIF respectively). Also the flip angle was correctly estimated. The 

analysis of the phantom experiments demonstrates that the error in concentration 

estimation caused by magnetic field drift depends on the CA concentration. At low 

concentrations the phase change due to drift shifts the signal perpendicular to the curve 

described by an increasing concentration, see Figure 5. This did not affect the 

concentration estimation in the complex signal method, which can be seen in Figure 6. 

At higher concentrations, magnetic field drift results in a tangential shift, because the 

magnitude almost stays constant as the concentration changes and the shape of the 

curve approaches a circle.  
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This causes phase effects to resemble an increase in concentration, causing a drift 

dependent error. Since in an in vivo situation drift will mainly occur at the tail of the AIF, 

i.e. at low CA concentrations, drift will have a small effect on concentration estimation in 

practice. The specific amount of magnetic field drift however depends on the gradient 

coil usage, vendor specific hardware design and software tools.     

 In vivo application  

The concentration estimations based on in vivo data were compared to AIFs obtained in 

the same patient by DCE-CT. Not only did the use of the comprehensive complex model 

result in less variation in AIFs of separate voxels, it also improved the correlation with 

AIFCT compared to the methods based on magnitude or phase only.  

One of the challenges that occurs in vivo is an inhomogeneous B1 field, leading to varying 

flip angles for different voxels. An advantage of having the flip angle α as a variable in 

the fit is that the method is able to compensate for this. However, the flip angle that was 

found (around 3° instead of 8° set on the scanner) is too low to be caused by a change in 

the B1-field. Since the flip angle was correctly estimated in the phantom experiment, the 

underestimation in the in vivo data was most likely caused by inflow effects, i.e. an 

increased signal due to inflowing blood which has a higher magnetization since it 

received less RF pulses, despite the use of a REST slab.  Inflow effects lead to higher 

signal magnitudes than described by the model, mainly at low CA concentrations. The 

magnitude model therefore overestimates S0, leading to an underestimation of all 

subsequent concentration values. The complex model still fits accurately to the data 

albeit with a lower flip angle and higher ρ.��� then normal. Since signal phase is 

unaffected by inflow effects the errors were much less pronounced in the complex signal 

method than in the magnitude method. 

An experimental phenomenon which was not taken into account in the complex signal 

model is the partial volume effect, i.e. signal of neighboring tissue interfering with the 

arterial signal in a voxel. This would lead to a portion of the signal being dependent on 

the CA concentration in another way than the model describes. As a result the change of 

both signal magnitude and phase due to CA alters, leading to AIF misestimation. Possible 

solutions to this problem have already been proposed for the complex signal method 

(23,24). However, in this research a large artery was used for analysis (7-10 mm 

diameter) and the images consisted of a voxel size of 0.8 mm2. Therefore, partial volume 

effects only occurred at edge voxels which were not included in AIF estimation. 

Another source of error comes from using standard literature values for T10 and T20* in 

the model. A misestimation in T20* has a negligible effect due to the fact that T2*-effects 

are minimal with in vivo concentrations in DCE-MRI, but the T10 does influence the 

concentration estimation. In this research the literature value of (29) was used, but 

other studies report lower values for the T1 of blood, sometimes even incorporating 

hematocrit and oxygenation level for more precision(32–34). In our method the impact 

of reported differences in T10 was relatively small (< 0.3 mM). However, other values can 

easily be used in the model and would only influence the magnitude part of the model.  
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The complex signal method does not put any extra restrictions on a regular clinical DCE 

sequence except that full complex data needs to be saved, which takes no extra scan 

time. This enables retrospective application of the method, provided complex data is 

available. Furthermore, the method is almost fully automatic and manual interaction is 

only required for delineation of the arteries. The fitting procedure takes on average 2.8 

seconds per voxel and is numerically stable, so the analysis on one patient takes roughly 

1.5 minute. Since the method is more precise than magnitude or phase methods it might 

enable patient specific AIFs from DCE-MRI. This might be valuable for future research 

because Ktrans and @A of the pharmacokinetic model used for DCE data(3) are highly 

dependent on a correct peak concentration of the AIF(35). This peak concentration is 

notoriously difficult for the commonly used magnitude-only method. Therefore, 

improvements are expected but the exact effect on the precision of DCE parameters 

should be subject to further investigations.  

The complex signal fitting could in theory also be applied for concentration estimation in 

tissue instead of inside arteries. This does require additional adjustments. First of all 

since T10 and T20* are no longer known, they should be measured in pre-scans. 

Furthermore, a description for the phase which is not dependent on geometry, such as 

proposed by Brynolfsson et al.(22), should then be used.  

5.6 Conclusion 

 

The CA concentration within arteries can be measured more accurately when using the 

complex signal of the DCE-MRI. By using the complementary information of phase and 

magnitude the arterial input function estimation becomes more accurate and precise. 

The method can also be adjusted to cope with experimental phenomena such as 

magnetic field drift. By improving the measurement of CA concentration a patient 

specific arterial input function might become possible, thereby improving the 

quantitative models that rely on it.  
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6.1 Summary 

RF transmit signals are an inherent part of MRI that is crucial for spin excitation. Current 

developments in MRI are moving towards higher magnetic field strengths and more 

transmit coils leading to more inhomogeneous RF distributions. This increases the 

possibility of SAR hotspots, creating higher risks of local heating. In order to cope with 

these developments and still perform reliable safety assessments the MRI safety 

community is discussing to revise the guidelines on RF induced tissue heating. Instead of 

restricting the scanners on a derived measure, i.e. SAR, the scanners should be limited 

by the guidelines that are direct measures for tissue damage such as absolute 

temperature. In this debate the translation from SAR to temperature estimations is 

crucial. In order to make this translation thermal modeling is required. Therefore, the 

focus of this thesis was to test how accurate thermal models are able to estimate tissue 

temperatures caused by RF heating for a given subject. An MRI-based framework, 

consisting of methods to measure temperature and perfusion, was developed to address 

this. The framework was applied during maximal allowed RF exposure on the calf of 

several volunteers. Subsequently, its findings were used to study thermoregulation due 

to RF heating and validate the thermal modeling results.    

In chapter 2, research on optimizing a multigradient-echo sequence for RF safety 

purposes is described. This sequence can be used to obtain an estimate of the absolute 

temperature using MRI. From previous research(1) it had become clear that the method 

was hampered by a large sensitivity to background gradients making its results 

unreliable. In order to compensate for this problem a double acquisition was proposed, 

with two separate readouts in opposite directions. This corrected the error and led to 

homogeneous heating patterns that matched with our experimental setup. Furthermore, 

it increased the accuracy of the measured absolute temperatures. The research focused 

on a phantom that was filled with ethylene glycol. This fluid inherently has a 

temperature sensitive signal (protons in the alcohol groups) and a reference signal 

(protons connected to carbon) that share a common spatial location. In the human body 

these two roles would be fulfilled by muscle tissue (temperature sensitive) and fat 

(reference). However, these are almost never in exactly the same location and equally 

mixed. Therefore, this method was discarded for further in vivo use. 

Chapter 3 consists of an extensive research on measuring the influences of RF exposure 

in vivo. Since absolute temperature estimations proved to be very difficult in vivo, a 

PRFS method that measures relative temperatures was applied in this work. One of the 

main drawbacks of this method was its sensitivity to magnetic field drift. However, by 

making use of a reference signal encompassing the region of interest, this field drift can 

be temporally and spatially estimated. When this was compensated the PRFS method 

was able to accurately measure the temperature inside a phantom (mean standard 

deviation over time equals 0.11 °C). Subsequently, the method was applied during an 

intense RF exposure experiment in the human calf muscle (n=15). The calf muscle was 

selected as a target region because it is relatively motionless, offers a high RF exposure 

within the guidelines and has a low initial temperature making the safety risks minimal. 
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It was shown in this work that the subcutaneous fat is a useful reference signal to 

estimate spatiotemporal field drift since it completely surrounds the calf. Since the 

actual temperature distributions in vivo are unknown and no gold standard exists it was 

difficult to validate the PRFS method but the correspondence with temperature 

increases measured by optical probes on the skin was good (the root-mean-square error 

during RF heating was equal to 0.4°C). This made the method highly useful for 

estimating the temperature increases that arise in vivo during an MRI exam. Next to 

temperature distributions, the response of the body to these temperatures, i.e. 

thermoregulation, has been shown to be very important in RF safety simulations(2). 

Therefore, methods to measure blood flow and perfusion were tested in vivo as well. In 

order to obtain a noninvasive in vivo perfusion measure Arterial Spin Labeling (ASL) 

was used. A measurable increase of the ASL signal summed over the complete leg after 

heating was observed indicating an increased mean tissue perfusion (factor of increase 

1.28±0.37, p<0.05). However, the quality of the perfusion measurements was not high 

enough to obtain absolute patient specific perfusion values. In addition to these 

perfusion measurements, phase contrast measurements were done to estimate the 

blood flow in the main feeding arteries of the calf. Although there was no significant 

increase measured in blood flow individually, the mean increase of all volunteers 

matched with blood flow measurements in heated subjects described in literature(3).  

A comparison between the results of the in vivo experiments and simulations was made 

in chapter 4 in order to validate electromagnetic and thermal modeling. When subject 

specific anatomies and exact coil geometries were used in simulations the resulting 

electromagnetic fields nicely matched with the experimentally measured RF fields. 

Noteworthy factors in obtaining this match were the inclusion of the RF shield into the 

EM model, the exact location of the leg inside the coil and the inclusion of the other leg 

outside the coil. However, the results from the thermal simulations resembled the 

experimental temperatures much less. Furthermore, in this research the subject specific 

models did not give additional information compared to the generic model. Additionally, 

the simulations tended to underestimate the temperature rise, which is more 

problematic than an overestimation in terms of RF safety. As an improvement to the 

thermal modeling it was proposed to also include the thermal effect of placing a subject 

inside the coil. This might account for additional heating that occurs because the leg is 

moving towards a thermal equilibrium. Another suggestion was to further invest in 

obtaining subject specific perfusion, since it proved to be of great impact on the resulting 

temperature distribution. The results of this study indicated that the accuracy of thermal 

simulations is not yet sufficient to predict the temperature rise for a given subject and 

MR exam. 
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In chapter 5 the results of a study on DCE-MRI data are interpreted. In this research a 

new method was presented to improve the estimation of the concentration of contrast 

agent in feeding arteries. This can subsequently be used to quantitatively reconstruct an 

arterial input function which is a crucial parameter in pharmacokinetic modeling of 

tissue. Usually, the AIF is obtained from the signal magnitude but this becomes very 

unreliable at high contrast agent concentrations due to saturation effects. Another tested 

method is to determine the AIF from signal phase, which is unfortunately insensitive at 

low contrast agent concentrations. In this chapter the complementary information in 

signal phase and signal magnitude was combined in a synergistic way by fitting all data 

to a complex signal model. By fitting all data at once, the weaknesses of both methods 

are minimized, while the strengths are exploited. The model was first fit to simulated 

data and phantom measurements, which proved it could greatly improve the precision 

and accuracy of the method compared to methods based purely on signal phase or 

magnitude. Subsequently, the method was tested on in vivo data acquired in a previous 

patient study (n=13). The method proved to be able to give reliable results even with 

experimental challenges such as inflow effects and magnetic field drift. The in vivo AIFs 

showed good agreement between different arterial voxels. Furthermore, the dynamic 

behavior closely followed the AIF obtained with DCE-CT in the same patients, which is 

currently still the gold standard.   

  

6.2 General discussion 

Dynamic Contrast Enhanced MRI  

DCE-MRI is widely used in longitudinal oncologic studies to obtain information about 

the tumor for diagnosis, treatment monitoring and even response assessment. The 

perfusion characteristics of the tumor are generally obtained from pharmacokinetic 

models that heavily rely on the arterial input function. Currently, population averaged 

AIFs are commonly used because no presented method has the required accuracy and 

robustness needed for measuring a patient specific AIF. The method developed in 

chapter 5 might open up this possibility. It even enables application in retrospect to 

already acquired DCE-MRI data; the only requirement is that the complex signal was 

saved. The eventual influence this will have on the determination of tumor perfusion 

characteristics falls outside the scope of this research.  

Another application of this method might be to estimate the contrast agent 

concentration within tissues to even further improve the results of the pharmacokinetic 

models. Since the signal phase of prostate tissue has been shown to enhance by contrast 

agent, this might be feasible. Furthermore, it might supply additional information since 

signal phase is governed by another physical process (magnetic susceptibility 

distribution) than signal magnitude (T1 enhancement). However, the part of the applied 

complex signal model that describes phase changes due to the contrast agent 

concentration is only valid within a cylindrical geometry along the magnetic field. This 

was shown to hold for the iliac artery that was used in this research.  
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In order to apply this method to other tissue, that part of the model needs to be 

generalized (like in the model described by Brynolffson et al.(4)) such that any geometry 

can be analyzed. Furthermore, the T1 and T2 relaxation constants of the tissue without 

contrast agent are then required as input for the model. These can readily be measured 

before contrast injection using standard methods.  

Thermometry 

The multigradient-echo method is greatly restricted for in vivo use due to the 

requirement of voxels containing equally mixed amounts of water and fat. It can 

however still be used for temperature measurements in phantoms, e.g. for RF safety 

testing of new coil prototypes. The PRFS-based method remains the best option for in 

vivo thermometry even though only relative temperatures with respect to a baseline can 

be measured. This prevents the ability to directly couple the measurements to tissue 

damage. Nevertheless, the results still remain highly useful for the validation of thermal 

models.   

However, several improvements have to be made before temperature information can 

be obtained for the complete body. A continuous fat layer is required for field drift 

estimation in the presented PRFS method, which is not present everywhere inside the 

body. In order to still correct for drift an artificial fat (or oil) bolus can be introduced, 

which is common practice in phantoms and has been for a long time(5,6). This can 

however be cumbersome for human subjects in daily practice. A totally different 

strategy would be to include magnetic field probes(7) outside the subject which have 

also been used to estimate and correct drift fields(8). These probes are much more 

sensitive to field drift and even enable field estimation during scanning. Their 

disadvantage is that they are usually few in number and are placed further away from 

the subject, making higher order field correction more difficult. Another fact that should 

be noted is that in this thesis the presented drift correction was only applied to the calf, 

i.e. a cylindrical geometry, in which a minimal variation in magnetic field in the z-

direction (along the leg) was assumed. When other anatomies are investigated this 

assumption might not hold and the magnetic field can no longer be estimated in 2D. 

Instead of a circle, a closed volume of reference measurements surrounding the imaged 

subject would be required to completely estimate the drift fields. Another crucial 

property of this field correction is that no temporally varying magnetic field sources 

should be inside the closed reference region. This assumption holds for the drift fields 

which originate from the scanner, but might become invalid due to motion.   

The PRFS method is inherently sensitive to motion, because it relies on comparing the 

phase of an acquired image with a baseline phase. This means that estimating 

temperatures in organs that are moving due to breathing or cardiac motion will not be 

reliable. One solution to make this feasible is to perform gated or triggered scans, which 

try to eliminate the effect of motion in between scans. This will however be 

disadvantageous for the amount of scanning time.  
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Another way to deal with motion is to generate a database of images, each 

corresponding to a certain position within the motion path(9). By retrospectively 

comparing the acquired image to the corresponding baseline image in the database, an 

estimation of the temperature increase can be found.  

Thermoregulation measurements 

Thermoregulation measurements proved to be challenging in our experimental setup. 

However, a statistically significant increase in mean perfusion over the lower leg of 

individual patients could be detected after RF heating by making use of the ASL 

sequence. Combined with measurements of (absolute) temperature distributions, the 

increase of perfusion due to heating can be used as input for empirical models that 

describe thermoregulation(2). This input then might enable subject specific modeling of 

thermoregulation, which has been shown to be crucial in correct thermal modeling. The 

sensitivity of the measurements was not high enough to enable quantitative 

measurements of perfusion in the calf however, which would have been even more 

valuable. This might be possible in other anatomic sites, e.g. the head, that have much 

higher baseline perfusion and arterial blood flow, increasing the SNR and therefore 

sensitivity of ASL. Ironically, at those sites with a high baseline perfusion it becomes 

more difficult to induce a temperature rise because of the increased cooling capacity. 

Another gain in sensitivity can be obtained by changing the coil size. Since our 

experimental setup was focused on obtaining RF heating, a local transmit and receive 

coil was used that could give high local SAR levels. Because this coil has a low spatial 

coverage, it was challenging to label large amounts of arterial blood that are needed to 

measure the perfusion signal in ASL. Therefore, another increase in SNR can be obtained 

by using larger volume coils when measuring perfusion. 

 

However, next to the challenges in obtaining quantitative perfusion values, designing a 

suitable experiment to measure subject specific thermoregulation is also complex. In 

order to increase the local blood flow of tissue substantial heating is required, making it 

difficult to guarantee safety. That is why the heating should occur slowly in order to 

ensure that the increase in perfusion by the body is able to react. Furthermore, the 

investigated anatomic site should increase muscle blood flow due to temperature, since 

skin perfusion is even more difficult to measure by ASL, although it is thermally very 

relevant. That is why anatomical sites that only increase skin perfusion due to heat 

stress such as the forearm(10) are unsuitable. This immediately shows that 

thermoregulation not only depends on the subject but also on the anatomic site. In 

retrospect the choice for the leg was thus well made, even though the baseline perfusion 

is relatively low. There is still some room to increase the temperature even further than 

was done in our experiments (while monitoring safety, which is possible in the leg). 

When the sensitivity of ASL is also improved a good estimation on the thermoregulatory 

capacity of the leg in a specific subject is definitely within reach.   
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SAR versus temperature 

The SAR-based safety restrictions that are currently enforced on MRI scanners have 

recently been under discussion by the RF community. Simulations of whole body scans 

have shown that local temperatures can reach much higher values than were 

anticipated. Furthermore, with transitions towards more transmit coils and higher field 

strengths the correlation between local and global SAR will become more uncertain, 

making the global restrictions even less reliable. Local SAR guidelines will therefore 

become much more important. However, local SAR is also more challenging to estimate 

accurately. Global SAR can be estimated fairly easy using the total amount of energy that 

is being delivered by the coil and the weight of the subject, but local SAR can only be 

reliably estimated by electromagnetic simulations that require exact geometries and 

subject specific models. Still, the results of chapter 4 show that when these simulations 

are optimized, accurate estimates can be found. These simulations can therefore be 

applied for safety assessment when global SAR restrictions simply do not suffice. A key 

requirement for these simulations are of course the dielectric subject models that were 

also utilized in this thesis. Although these might not always be present in practice, 

current MR methods enable rapid modeling of subjects. Increased computing power has 

also enabled simulations to be performed within a reasonable time.   

However, whether it is defined globally or locally, SAR remains a measure that is not 

directly correlated to the actual risk of tissue damage. A better solution would be to 

directly restrict on the local absolute temperature guidelines that are also defined. 

However, in order to employ such a measure, the temperatures that are generated by RF 

exposure during an MR exam should be reliably estimated by simulations. Furthermore, 

because it will be applied as a safety measure, the accuracy of these temperatures is of 

great importance. As discussed in chapter 4, currently thermal simulations are not yet 

able to obtain the required accuracy. In order to generate more reliable temperature 

estimations thermal modeling needs to be improved. This can be done by determining 

which inputs are crucial for the thermal match, for example the inter-subject variation in 

baseline perfusion or thermoregulation. Subsequently, the models should be further 

validated using experimental temperature measurements.  

The results of chapter 2 and 3 show the role that MR-based methods can play in 

improving thermal modeling. MRI offers the possibility to accurately measure the 

temperature distributions caused by RF exposure, in an absolute fashion in phantoms 

and relative to a baseline in human subjects. Furthermore, MRI is suitable to measure 

local perfusion over time, which offers the possibility to even study thermoregulation 

given the right experimental conditions. Since the measurements are non-invasive, they 

enable measuring the effect of RF heating on large groups of individuals, which is 

necessary to better estimate the accuracy of thermal modeling. Furthermore, when 

scanning large numbers of subjects the exact values and effects of subject specific 

parameters such as local perfusion on temperature elevation could be investigated. That 

offers the possibility to include or exclude those parameters from the models, making 

them more reliable and perhaps require less input. 
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Modeling versus monitoring 

Much of the work in this thesis has been aimed to improve the RF safety assessment by 

simulations. These simulations can be used to plan certain scans before actual 

volunteers are used and offers valuable information on how much power can be 

delivered to the transmit coil without surpassing the local SAR restrictions. 

Furthermore, the simulations can be done using different placements of the coils, 

enabling the determination of an optimal geometry with minimal SAR and maximal 

signal. Since these simulations are done without use of an MRI scanner, precious 

scanning time is preserved. Furthermore, by including thermal modeling, a direct 

estimate of absolute temperatures and tissue risk can be obtained which can be used to 

ensure safety. However, the one large drawback of these simulations is that it assumes 

that all the subjects that are scanned can be generalized by virtual models. Currently, a 

whole virtual family exists, including models of both sexes ranging in age from 5 to 

84 years old(11). Recently some of these models have even been made posable, meaning 

that they can bend and be correctly positioned within the scanner. Nevertheless, each 

human is different and this holds even more for patients. Subject might have a different 

anatomy than the models, e.g. fatter or taller, but in patients also the intrinsic tissue 

properties might vary. Examples are tumor tissue, which usually has a higher 

conductance then the tissue it is embedded in, or the decreased perfusion that is 

observed in patients with diabetes. By using generic models in simulations these subject 

specific properties are overlooked, meaning the restrictions should be conservative in 

order to cope with possible differences.  

Another strategy to guarantee safety is to monitor the thermal state of the subject by 

measuring the temperature distribution during scanning. One of the main advantages of 

a monitoring approach is that subject specificity is immediately obtained because the 

effects of e.g. reduced perfusion are directly taken into account. Furthermore, when 

dangerous tissue temperatures are imminent, precautionary action can be taken. There 

are of course also disadvantages of monitoring temperatures. The most obvious issue is 

the fact that extra scan time is required, which is unwanted since in the MRI community 

a lot of effort is being put into decreasing the scan time.  However, the largest drawback 

of the in vivo thermometry method described in chapter 3 is that it does not result in 

absolute temperature measurements. As a conservative measure, a starting temperature 

of 37°C could be used, which is already common practice in HIFU treatment. However, 

this reintroduces an undesirable conservative approach when the baseline temperature 

is lower, which is the case in the leg for example. Next to that, temperature 

measurements can be challenging in certain anatomical sites, such as the torso, since 

they are very sensitive to motion and magnetic field drift correction might also become 

more difficult. This results in the fact that monitoring is sometimes not even an option. 

Nevertheless, in the regions that are estimated to give temperature hotspots in whole 

body exposure simulations, i.e. the shoulders and the outside of the pelvic region(12), 

monitoring should be a feasible option. There it can give important subject specific 

information that can be used for thermal model validation and safety assessment.  
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6.3 Conclusion  

In this thesis MR-based methods were developed in order to measure the influence of RF 

exposure in human subjects, both in temperature and perfusion. Those results could 

subsequently be used to test whether current thermal modeling was able to predict 

those effects for a given subject. In vivo temperature measurements in the calf resulted 

in precise representations of the heating that could be used as a reliable gold standard. 

Furthermore, perfusion increases over the complete leg due to this local temperature 

increase could be observed. Although the simulations matched with the experiments in 

the EM regime, the accuracy of the estimated temperature distributions was not 

sufficient for a safety assessment. This showed that more work on thermal modeling is 

required before MRI scanners can be restricted on measures based on temperature. 

Therefore it would be unwise to immediately discard all SAR related restrictions. Local 

SAR still proved to be a very useful restrictive measure since it can be quickly 

determined by simulations and can more easily be verified. Correct thermal modeling 

proved to rely on inputs that are not easily measured such as subject specific 

thermoregulation. Although the first steps in this direction were made in this thesis, 

obtaining a proper estimate of thermal behavior over the whole human body is a highly 

challenging pursuit. 
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Radiofrequente (RF) straling of radiogolven zijn een inherent deel van magnetische 

resonantie imaging (MRI) dat cruciaal is voor spin excitatie. Huidige ontwikkelingen in 

MRI zijn de constante verhoging van magnetische veldsterkte en het gebruik van steeds 

meer zendspoelen welke beiden zorgen voor steeds inhomogenere RF velden. Dit 

verhoogt de kans op een lokale focus van energie depositie (SAR) wat hogere risico’s op 

lokale verwarming met zich meebrengt. Deze ontwikkelingen leiden tot minder 

betrouwbare veiligheidsafschattingen en dus discussieert de MRI-gemeenschap erover 

om de richtlijnen voor RF-geïnduceerde verwarming te herzien. In plaats van een 

begrenzing op een afgeleide maat als SAR, zoals nu het geval is, zouden MRI scanners 

begrensd moeten worden op maten die direct gekoppeld zijn aan weefselschade, zoals 

bijvoorbeeld absolute temperatuur. In dit debat is het omrekenen van SAR in 

temperatuurstijging cruciaal en daarvoor is thermische modellering nodig. Daarom was 

de focus van deze thesis om te testen hoe nauwkeurig thermische modellen de 

temperatuurstijging in weefsel die optreedt door RF verwarming kunnen afschatten in 

een gegeven situatie. Als eerste stap is een methodiek ontwikkeld die gebaseerd is op 

MRI, bestaande uit methoden om temperatuur en perfusie te meten. Deze methodiek is 

toegepast op meerdere vrijwilligers gedurende maximaal toegestane RF blootstelling. 

Vervolgens zijn de resultaten gebruikt om de thermoregulatie veroorzaakt door de RF 

verwarming te bepalen en om thermische modellen te valideren. 

 

In hoofdstuk 2 wordt onderzoek naar het optimaliseren van een multigradiëntecho-

sequentie voor het bepalen van de veiligheid van RF-straling beschreven. Deze 

sequentie kan gebruikt worden om de absolute temperatuur door middel van MRI te 

meten. Uit voorgaand onderzoek is gebleken dat deze methode een grote gevoeligheid 

heeft voor magnetische achtergrondgradiënten waardoor de resultaten minder 

betrouwbaar zijn. Om voor deze gradiënten te compenseren werd in dit proefschrift een 

dubbele acquisitie voorgesteld, met twee tegenovergestelde uitleesrichtingen. Dit 

verbetert deze fout en resulteerde in de meting van een homogeen verwarmingspatroon 

dat overeenkwam met de experimentele opzet. Ook verhoogde de correctie de 

nauwkeurigheid van de gemeten absolute temperaturen. Dit onderzoek richtte zich 

volledig op een fantoom dat gevuld was met ethyleen glycol. Deze vloeistof resulteert in 

MRI in een temperatuur gevoelig signaal (de protonen in de alcoholgroepen) en een 

referentiesignaal (de protonen verbonden met koolstof) die zich op dezelfde locatie 

bevinden. In het menselijk lichaam zouden deze twee rollen vervuld kunnen worden 

door spierweefsel (temperatuurgevoelig) en vet (referentie). Echter, deze twee 

weefseltypes bevinden zich vrijwel nooit op exact dezelfde locatie en zijn ook niet goed 

gemengd. Om die reden is deze methode ongeschikt bevonden voor verder gebruik 

in vivo.  
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Hoofdstuk 3 beslaat onderzoek naar wat de invloed van RF-blootstelling is in vivo. 

Sinds absolute temperatuur bepalingen erg ingewikkeld bleken, is er in dit werk een 

proton resonantie frequentie verschuiving (PRFS) methode gebruikt die enkel relatieve 

temperaturen kan meten. Eén van de grootste nadelen van deze methode is de 

gevoeligheid voor magneetveldafwijkingen. Door gebruik te maken van een referentie 

signaal, wat de onderzochte regio omcirkelde, konden deze afwijkingen spatieel en 

temporeel worden bepaald. Wanneer deze afwijkingen werden gecorrigeerd was het 

mogelijk om met de PRFS-methode nauwkeurig de temperatuur te meten in een 

fantoom (gemiddelde standaard deviatie over tijd 0.11 °C). Vervolgens is de methode 

toegepast gedurende een experiment met intense RF-blootstelling in de menselijke 

kuitspier (n=15). De kuitspier is hiervoor geselecteerd omdat er weinig beweging 

optreedt, er een hoge RF-blootstelling toegestaan is binnen de richtlijnen en omdat de 

kuitspier een lage begintemperatuur heeft wat de veiligheidsrisico’s minimaal maakt. Uit 

dit werk bleek dat het subcutane vet uitermate geschikt is als referentie signaal om de 

spatiotemporele magneetveldverschuivingen te karakteriseren omdat het de kuitspier 

volledig omvat. Omdat de ware temperatuurverdelingen in vivo onbekend zijn en er 

geen gouden standaard voor bestaat was het lastig de PRFS-methode te valideren, maar 

de overeenkomst met de temperatuurstijging gemeten door optische sensoren op de 

huid was goed (de kwadratisch gemiddelde fout gedurende RF opwarming was gelijk 

aan 0.4°C). Dit maakt de methode geschikt om de temperatuurstijgingen die veroorzaakt 

worden door een MRI-onderzoek te bepalen. Naast de resulterende 

temperatuurverdelingen is ook de reactie van het lichaam op deze temperaturen, de 

zogenoemde thermoregulatie, van belang in bepaling van de veiligheid. Daarom zijn ook 

methodes getest om de bloedtoevoer en perfusie te meten in vivo. Om een non-invasieve 

maat voor perfusie te verkrijgen is Arteriële Spin Labeling (ASL) gebruikt. Een meetbare 

verhoging in het ASL signaal van het totale onderbeen werd gevonden na verwarming 

(factor van signaaltoename 1.28±0.37, p<0.05). Echter, de kwaliteit van de 

perfusiemetingen was niet hoog genoeg om absolute persoonsspecifieke waardes te 

verkrijgen. Naast deze perfusiemetingen zijn ook fasecontrastmetingen gedaan om de 

bloedstroom in de grote voedende slagaderen van de kuit te bepalen. Ondanks dat er 

geen significante toename zichtbaar was bij de individuele metingen kwam de 

gemiddelde toename over alle vrijwilligers overeen met bevindingen in verwarmde 

vrijwilligers uit de literatuur. 

 

Er is een vergelijking gemaakt tussen de resultaten van de in vivo experimenten en 

simulaties in hoofdstuk 4 voor validatie van elektromagnetische (EM) en thermische 

modellen. Wanneer specifieke anatomieën van de vrijwilligers en exacte 

spoelgeometrieën werden gebruikt kwamen de gesimuleerde EM velden mooi overeen 

met de experimentele waardes. Opmerkenswaardige factoren die nodig waren om deze 

overeenkomst te bereiken waren de toevoeging van het RF-scherm in het EM-model, de 

exacte locatie van het been in de spoel en de toevoeging van het andere been buiten de 

spoel. De resultaten van de thermische simulaties leken echter veel minder op de 

experimenteel bepaalde temperatuurdistributies.  
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Persoonsspecifieke modellen resulteerden in dit onderzoek vervolgens ook niet in 

betere resultaten dan het generieke model. Daarnaast onderschatten de simulaties vaak 

de temperatuurstijging, wat problematischer is dan een overschatting in termen van RF-

veiligheid. Als een verbetering voor het thermisch modelleren is voorgesteld om het 

thermische effect van het plaatsen van een persoon in de spoel toe te voegen. Dit zou de 

extra verwarming die optreedt kunnen verklaren als een transitie van het been naar een 

hoger thermisch evenwicht. Een ander voorstel was om meer te investeren in onderzoek 

om persoonsspecifieke perfusie te verkrijgen, omdat dit bewees een grote impact te 

hebben op de uiteindelijke temperatuurverdeling. De resultaten van deze studie geven 

aan dat de nauwkeurigheid van thermische simulaties nog onvoldoende is om de 

temperatuurstijging voor een gegeven persoon en MRI-onderzoek te voorspellen. 

 

In hoofdstuk 5 worden de resultaten van een dynamisch contrast MRI (DCE-MRI) 

geïnterpreteerd. In dit onderzoek werd een nieuwe methode gepresenteerd om de 

bepaling van de concentratie van contrastmiddel in voedende slagaders te verbeteren. 

Deze methode kan gebruikt worden om de arteriële input functie (AIF) kwantitatief te 

bepalen, wat een cruciale parameter is in de farmacokinetische modellen van weefsel. 

Normaal gesproken wordt de AIF bepaald aan de hand van de signaalamplitude, maar 

dit wordt erg onbetrouwbaar bij hoge contrastmiddelconcentraties door 

verzadigingseffecten. Een andere beproefde methode is om de AIF af te leiden van de 

fase van het signaal, maar dit is jammer genoeg ongevoelig bij lage 

contrastmiddelconcentraties. In dit hoofdstuk is de complementaire informatie in de 

fase en amplitude van het signaal op een synergistische manier gecombineerd door aan 

de hand van een complexsignaalmodel de lijn te vinden die het best alle data omschrijft. 

Door dit te doen worden de zwaktes van beide methodes geminimaliseerd terwijl de 

sterke punten juist benut worden. Het model is toegepast op gesimuleerde data en 

fantoommetingen wat bewees dat de precisie en nauwkeurigheid van deze methode 

verbeterd is ten opzichte van methodes die slechts op fase of magnitude gebaseerd zijn. 

Vervolgens is de methode getest op in vivo data die al eerder opgenomen waren voor 

een studie in prostaatkankerpatiënten (n=13). Ook in dit geval bleek de methode 

betrouwbare resultaten op te leveren, zelfs met experimentele uitdagingen zoals 

instroomeffecten en magneetveldverschuivingen. De in vivo AIF’s toonden goede 

overeenkomst in verschillende arteriële voxels. Verder volgde het dynamische gedrag de 

AIF die verkregen was met DCE-CT in dezelfde patiëntengroep, wat nog steeds de 

gouden standaard is op dit moment. Er zijn in deze thesis dus MR-gebaseerde methodes 

ontwikkeld om de invloed van RF blootstelling op mensen te meten, zowel op 

temperatuur als op perfusie. Deze resultaten konden vervolgens worden gebruikt om 

te testen of de huidige thermische modellen die effecten konden voorspellen bij een 

gegeven persoon. In vivo temperatuurmetingen in de kuit resulteerden in precieze 

representaties van de verwarming die optrad en welke gebruikt konden worden als een 

betrouwbare gouden standaard. Perfusieverhogingen over het hele been die 

veroorzaakt werden door deze temperatuurstijging konden ook worden waargenomen.  
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Ondanks dat de simulaties mooi overeenkwamen met de metingen in het EM-regime, 

was de nauwkeurigheid van de geschatte temperatuurdistributies onvoldoende 

voor een veiligheidsbepaling. Dit toonde aan dat er meer werk nodig is aan thermisch 

modelleren voordat MRI scanners begrensd kunnen worden op temperatuur gebaseerde 

maten. Daarom zou het onverstandig zijn om onmiddellijk alle SAR-gerelateerde maten 

over boord te gooien. Lokale SAR bewees nog steeds een nuttige begrenzende maat te 

zijn omdat het snel bepaald kan worden door simulaties en makkelijker kan worden 

geverifieerd. Correct thermisch modelleren bleek af te hangen van factoren die niet 

eenvoudig gemeten kunnen worden, zoals persoonsspecifieke thermoregulatie. Ondanks 

dat er in dit proefschrift de eerste stapjes in de goede richting zijn gezet, blijft het 

verkrijgen van een juiste omschrijving van het thermische gedrag in het menselijke 

lichaam een fikse uitdaging. 
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