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1. Introduction 

1.1. Thesis Outline 

Since its discovery by Rabi [178] in 1937 and the first comprehensive experiments 

conducted by Bloch [26,27] and Purcell [177] in 1946 independently of each other, 

significant developments in the field of Nuclear Magnetic Resonance (NMR) have 

occurred. Spectroscopic NMR allows structural and dynamical analysis of inorganic and 

organic molecules. In 1973, Lauterbur [128] and Mansfield [149] introduced an idea of 

Magnetic Resonance Imaging (MRI) using magnetic field gradients and a back projection 

technique to enable spatial encoding of the MR signal. In subsequent years, several 

fundamental principles were developed and applied to MRI (e.g. Fourier-encoded MRI 

[125], different imaging techniques [82,85,148]). 

Due to such properties of MRI as true non-invasiveness, unique tissue contrast 

mechanism and access to a variety of quantitative physical parameters (e.g. tissue 

dependent relaxation constants T1, T2 or T2
*
, proton density, or diffusion to name just a 

few), MRI became nowadays a powerful diagnostic tool in radiology for studying a 

multitude of different problems, allowing investigation of multiple medical conditions. 

The contrast between different tissues in MR image is obtained due to differences 

in MR signal, which depend on the T1, T2
(*)

 and proton density of the tissue and MR 

sequence parameters. It is necessary to distinguish between intrinsic and exogenic 

contrasts. Intrinsic contrast results from the intrinsic properties of the tissue, whereas 

exogenic contrasts are caused by introducing certain contrast components called Contrast 

Agents (CAs) into the human body which alter the intrinsic contrast properties. Thus, using 

CAs, MRI can be further tailored to specific medical questions by altering the contrast of 

the surrounding tissue. 

The thesis is structured as follows. Chapter 1 provides an introduction in the field 

of MRI and MRI contrast agents. In particular, after a short introduction in the theoretical 

aspects of MRI, description and classification of the CAs conventionally used in 
1
H MRI 

to alter the relaxation properties T1 or T2
(*) 

of the water protons in the surrounding tissue is 

provided. In order to provide a different signal intensity of the target, gadolinium-based 

MR CAs, providing enhanced T1 contrast, can be employed, although they suffer from low 
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sensitivity, thus greater concentration of gadolinium is needed to allow for visualization by 

in vivo cellular MRI [79]. Coordination of Gd
3+

 ions to macromolecules, which results in 

slowing the molecular rotation of the compound [42], or attaching multiple Gd
3+

 ions and 

increasing the number of bound water molecules may enhance the total molecular 

relaxivity. However, this is often accompanied by a decrease in the stability of the complex 

[8]. SuperParamagnetic Iron Oxide (SPIO) particles allow for more sensitive T2 and T2
*
-

weighted imaging (change in signal intensity per concentration of SPIO nanoparticles is 

greater than the effects observed from gadolinium-based CA), easier incorporation into the 

cell, and possess less intrinsic toxicity [55]. An overview of the existing techniques for 

visualization and methods for quantification of the SPIO nanoparticles is given in this 

chapter. The efficiency of a SPIO CA to change the relaxation constants T2 or T2
* 

can be 

represented quantitatively by mapping the relaxation rates R2/R2
*
. Although there is a 

fundamental expression for relaxivity, implying the linear dependency between the effect 

of the CA on MRI signal via alteration of the relaxation properties of the surrounding 

water protons and its concentration, in many situations it is challenging to quantify this 

effect because many additional factors influence the relaxivity, especially in vivo. 

Moreover, R2
*
-based quantification of the number of labeled cells still remains inexact, 

because at high contrast agent densities it is prone to errors due to the saturation of the T2
* 

effect. In this context, noise analysis and optimization of the curve-fitting model are of 

relevance for increasing the accuracy of the T2
*
 measurements. 

Despite its excellent MR sensitivity, common limitation of all 
1
H CAs, is that in 

specific (patho)physiological conditions other effects can lead to a similar contrast in the 

MR image (i.e. hemorrhage, blood flow, air pockets, endogenous iron). Recently, the MR 

community regained great interest in 
19

F MRI due to its potential to provide unambiguous 

cell tracking of fluorine-labeled cells [4–6]. An overview of the fluorine compounds 

conventionally used for 
19

F MRI is given furthermore in Chapter 1. The quantification of 

19
F signal is also introduced in this chapter. 

19
F compounds exhibit their own signal and, 

therefore, act as markers and not as contrast agents. Thus 
19

F markers are detected directly, 

without any background signal, instead of altering the contrast of the surrounding 

environment. The quantification is done by comparison of the signal intensity from the 
19

F 

contrast agent to the signal intensity from an external reference with known concentration. 

However non-uniformity of transmit RadioFrequency (RF) field B1
+
 can lead to Flip 

Angle (FA) variations from the prescribed flip angle. The B1
+
 inhomogeneity tends to 

become more severe at higher field strengths. Since local differences in the B1
+ 

field 
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between the targeted region of interest and the location of reference may lead to errors in 

the quantified 
19

F signal, any B1
+
 variation should be carefully addressed for any 

quantitative imaging, especially at high field strengths [215]. Conventional methods for 

encoding the B1
+
 variation are described in this chapter. 

The following experimental chapters focus on the field of the CAs visualization and 

quantification using MRI in different biological applications. CAs based on SPIO 

nanoparticles cause local magnetic field perturbations due to magnetic dipole moment of 

the particles, thereby significantly reducing the T2 and T2
* 

relaxation constants, and appear 

as signal voids in T2 and T2
*
-weighted MR images, providing negative MR contrast. As all 

negative contrast techniques, this approach suffers from unambiguity of in vivo contrast 

agent identification, especially if its distribution is not known a priori. A series of 

techniques that result in positive contrast with SPIO particles was developed to improve 

the sensitivity [53,132,212]. In vitro evaluation of the MR technique incorporating Off-

resonance Modulating Pre-Pulse (OMPP) developed to visualize SPIO contrast agents that 

results in positive MR contrast is presented in Chapter 2. 

In Chapter 3 importance of choosing the proper fitting model for deriving the 

relaxation time constants on the example of mapping myocardial T2 relaxation time is 

investigated. Each tissue exhibits a characteristic range of normal values of the relaxation 

times T1/T2
(*)

 at a selected magnetic field strength. Many pathological changes alter the 

tissue water content. In contrast to most cardiac imaging modalities, Cardiac Magnetic 

Resonance (CMR) is able not only to assess cardiac function, but also to directly detect 

structural changes within the myocardium in a quantitative fashion by measuring T1 and 

T2/T2
*
 relaxation constants as a direct relation to altering myocardial water content, without 

the need for exogenous contrast agent. For example, native T1 measurements have been 

used to characterize myocardial infarction [156,157], the edematous area at risk [65,219], 

myocardial fibrosis in heart failure [105], systemic diseases with cardiac involvement such 

as acute myocarditis [66], amyloidosis [113,141] etc.; T2/T2
*
 mapping has successfully 

demonstrated utility for detection and characterization of ischemically damaged 

myocardium (differentiation between fibrotic scar, edema, hemorrhage) compared to 

normal (healthy) myocardium [258,222,171] or quantification of myocardial iron 

deposition in transfused thalassemia [151–153]. 

Quantitative T2 mapping techniques may offer increased accuracy in the 

characterization of myocardial tissue, thus be important in grading severity of the 
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myocardial damage, evaluating treatment strategies, and potentially improving clinical 

outcomes. However, the sensitivity for detecting abnormal elevation of T2 is limited by the 

precision of T2 estimates, which is function of the number and timing of measurements 

along the recovery curve, the signal-to-noise-ratio, the tissue T2, and the method of fitting 

[116]. As there is currently no consensus on the optimal strategy to analyze the T2 decay 

curves derived from MULTI-T2-Prepared (multi-T2p) sequences, mono-exponential fitting 

as introduced for Multiple Spin Echo (MSE) techniques [155] is still used as a quasi-

standard. 

In this context, the purpose of the work introduced in this chapter is to validate the 

T2 quantification based on T2-Prepared Steady-State Free-Precession (T2p-SSFP) 

acquisition technique in a phantom study and to compare the accuracy of two T2 mapping 

algorithms, mono-exponential and offset models. With the insights gained from phantom 

study, the myocardial T2 values are obtained at 1.5T clinical MRI scanner. 

The ability to label cells of interest in culture using derivatized particles, followed 

by transplantation or transfusion in living organisms, has led to an active research interest 

to monitor the cellular biodistribution in vivo including cell migration and trafficking 

[38,140,192,205]. There have been numerous publications in the field of the cell labeling 

and tracking via MRI using SPIO contrast agents following either direct implantation or 

IntraVenous (i.v.) injection [15,107,160,205,230,236]. Nevertheless, cell tracking has not 

been robustly implemented in the clinical setting so far and still requires a further 

systematic pre-clinical validation to ensure the safety of this procedure [159]. Most 

commercial SPIO contrast agents (e.g. Endorem or Resovist), show low efficiency in the 

endocytosis and other processes of uptake by Mesenchymal Stromal Cells (MSCs) [203]. 

Moreover the coating on the nanoparticles reduces the magnetic properties of the material. 

Thereby, there is still a need for developing new contrast agents for the cellular MRI [203]. 

Furhermore, development of bimodal agents that can be detected by more than one 

imaging modality, provide an efficient system to study the incorporation of the contrast 

agent into the cells. 

Chapter 4 demonstrates the applicability of new custom-designed nanometer-sized 

Iron oxide loaded Poly-(L-LActide) (iPLLA) nanoparticles as efficient intracellular marker 

for labelling of MSCs for monitoring the migration of the cells by 11.7 T MRI. These new 

triple-reporter iPLLA nanoparticles are synthesized by the mini-emulsion process. IR-780 

iodide is added additionally to iron-oxide and Perylene-MonoImide (PMI), as a 
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fluorescence dye to allow for alternative imaging readout using the InfraRed (IR) scanner. 

This work is done in collaboration with our partners within the REBORNE consortium: the 

group of Prof. Dr. Schrezenmeier (N. Fekete, A. Erle, M. Rojewski) from Institute of 

Transfusion Medicine (University of Ulm) and the group of Prof. Dr. Landfester (M. 

Bannwarth) from Max Planck Institute for Polymer Research (Mainz, Germany). 

Application of the iPLLA-labeled MSCs is evaluated in a rat model, moreover two 

administration ways of this new negative MRI contrast agent in the rat skin wounds model 

are investigated: (a) administration of the total amount of ~ 2-4∙10
4
 cells per injection; (b) 

topical application of the chemically defined silicone carriers as novel cell substrate 

incubated with 2∙10
4
 MSCs. 

The influence of the paramagnetic and superparamagnetic CA on the relaxation 

properties of the surrounding tissue and not the contrast agent itself is detected with 
1
H 

MRI. Thus, the direct quantification of the 
1
H CA is challenging. In contrast, 

19
F spins can 

be detected and quantified directly, since there is no 
19

F background signal in tissue. 

Moreover, it is important to note that first clinical trials using 
19

F cell tracking have been 

approved [43]. This is a further step toward 
19

F cellular MRI in humans. Therefore, 

improvement and development of new methods, hardware, instrumentation is essential at 

this stage. Chapter 5 is about quantification of the fluorine contrast agent using 
19

F MRI. 

Since the measured 
19

F signal is a function of the used flip angle, knowing the 

spatial distribution of the flip angle is obligatory for in vivo quantification of the 
19

F signal, 

because inhomogeneous B1
+
 profile can lead to wrong quantification results. Many of 

existing B1
+
 mapping methods suffers from long acquisition times [106], low Signal-to-

Noise Ratio (SNR) [52,58], T1 dependence [111], or require modified pulse sequence 

[189]. Recently, Reference Region Variable Flip Angle (RR-VFA) method for 

simultaneous acquisition of T1 and B1
+
 maps in breast fat tissue was presented by Sung et 

al. [215]. A highly time-efficient 3D Variable Flip Angle (VFA) imaging protocol, which 

uses several short Repetition Time (TR) SPoiled GRadient echo (SPGR) acquisitions with 

varying flip angles, as a part of standard clinical dynamic contrast-enhanced MRI, is used 

for T1 estimation including dependence of T1 on TR. Sung et al. assumed that applying a 

two-point Dixon algorithm to the acquired VFA dataset to generate fat-only images from 

the breast and assigning a known fat T1 to a ratio of signal magnitudes acquired at two 

different flip angles, B1
+

 variation over the breast fat tissue can be computed. Complete B1
+

 

variation map can be then constructed applying 3D interpolation, assuming that the B1
+
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field inhomogeneity is smoothly varying across the breast. Thus, B1
+ 

maps are computed 

based on two major assumptions: the T1 value of fat tissue is uniform and consistent across 

patients, and the fat region sufficiently covers the smoothly varying B1
+ 

inhomogeneity 

across the region of interest. 

The RR-VFA method modified to account additionally for receive (B1
-
) field 

inhomogeneity, is proposed in this thesis.  B1
+
/B1

-
-correction is successfully applied in a 

PerFluoro-15-Crown-5-Ether (PFCE) phantom imaging for quantification of 
19

F signal. 

When considering the cell trafficking, often only a low number of labeled-cells 

must be visualized. This low number of cells provides only low numbers of spins, which 

ultimately results in low SNR. Therefore high payload on 
19

F atoms per particle is desired. 

In comparison to commercially available fluorine-nanoemulsions formulated with 20 wt% 

(percentage by weight) PFCE, custom-designed Hollow Mesoporous Silica Spheres 

(HMSS) synthesized by A. Pochert from group of Prof. Dr. Linden from Department of 

Inorganic Chemistry II (University of Ulm) could be highly loaded with PFCE (68 wt%). 

Applied in a murine model, these PFCE-loaded HMSS nanoparticles are well tolerated by 

the animals after i.v. injection and allow quantifying of 
19

F signal in vivo. 

1.2. Basics of MRI 

The understanding of MRI has increased dramatically over the years leading to the 

existence of several dedicated publications dealing with the physical principles of MRI. 

This chapter will only briefly describe the basic principles underlying MRI. The interested 

reader is therefore directed to literature dealing in more detail with MRI (e.g. [21,81]). 

1.2.1. Physical Principles of MRI 

Magnetic resonance is a phenomenon found in magnetic systems that possess both 

magnetic moments and angular momentum. “The term resonance implies that we are in 

tune with a natural frequency of the magnetic system, in this case corresponding to the 

frequency of gyroscopic precession of the magnetic moment in an external static magnetic 

field” [204], p. 1. To describe the phenomenon of magnetic resonance both quantum 

mechanical and classical models can be used. In classical physics, a rotating object 

possesses a property known as angular momentum, which is a form of inertia, reflecting 

the object’s size, shape, mass, rotating velocity. It is typically represented as a vector 

pointing along the axis of rotation.  
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Atomic and subatomic particles possess, from the classical point of view, a 

corresponding intrinsic quantum property known as “spin” or “spin angular momentum”. 

As examples, we have electron spins, or the nuclei of atoms. The basic motion of the spin 

may be understood by imagining it as a spinning gyroscope that is also electrically 

charged. It thus possesses an effective loop of electric current around the same axis about 

which it is spinning. This effective current loop is capable of interacting with external 

magnetic fields as well as producing its own magnetic field. The strength with which the 

loop produces its own field or interacts with an external field is described in terms of 

“nuclear magnetic dipole moment” vector  . 

System such as nucleus may consist of many particles coupled together so that in 

any given state the nucleus possesses a total magnetic moment   and a total angular 

momentum   [204], which are related as: 

      (1) 

The proportionality constant γ is called the gyromagnetic ratio and depends on the 

particle or nucleus. For the proton it is found to be γ = 42.58 MHz/T (where T is the Tesla 

unit of magnetic field and is equal 10,000 Gauss). 

The direction of vector   is the spin axis itself. Without any external magnetic 

field, the individual nuclear magnetic dipole moments are usually randomly distributed. In 

the presence of any external static magnetic field, B0, the magnetic moment vectors, like a 

compass needle, will tend to align itself along this field. And just like a compass needle 

experiences a torque when placed in an external field, so too does the magnetic dipole 

moment. This torque forces the magnetic moment to deflect into a circular path 

perpendicular to the field or, in other words, to precess about the external field at a 

frequency known as the Larmor frequency: 

        (2) 

The quantum mechanical properties of the spin can be considered in the classical 

picture by restricting the possible orientations of the magnetic moment of the spin to 

certain discrete values. Quantized (fixed) non-zero values of the nuclear angular 

momentum are: 

       (3) 
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where ħ is the quantum unit of the angular momentum and is equal to the Planck’s constant 

h, 6.626∙10
-34

 J∙s, divided by 2π. I is the spin quantum number, its value is determined by 

the configuration of neutrons and protons in the nuclear orbitals, thus only certain (2I+1) 

energy states (eigenstates) are allowed for a given nucleus m = -I, -I+1,…I. 

Of imaging interest are nuclei with an odd number of protons and/or neutrons 

(Figure 1), because only those nuclei have “active” nonvanishing magnetic moments (e.g., 

hydrogen 
1
H, phosphorus 

31
P and fluorine 

19
F with its spin values of 1/2, sodium 

23
Na with 

3/2, oxygen 
17

O with 5/2), whereas nuclides with even numbers of protons and neutrons 

have a total spin of zero. 

 

Figure 1. Materials that participate in the MR process must contain nuclei with specific magnetic properties. 

In order to interact with a magnetic field, the nuclei themselves must be small magnets and have a magnetic 

property or magnetic moment. The magnetic characteristic of an individual nucleus is determined by its 

neutron-proton composition. Only certain nuclides with an odd number of neutrons and protons are 

magnetic. Even though most chemical elements have one or more isotopes with magnetic nuclei, the number 

of magnetic isotopes that might be useful for either imaging or in vivo spectroscopic analysis is somewhat 

limited. Among the nuclides that are magnetic and can participate in an NMR process, the amount of signal 

produced by each nuclide varies considerably. Figure from Reference [207] with permissions from Prof. Dr. 

Perry Sprawls to reuse in dissertation and to modify. Provided with Open Access by Sprawls Educational 

Foundation. 

The intensity of the signal produced by the magnetic nuclei is the most significant 

factor in determining image quality and the time required to acquire an image. The relative 

signal strength from the various chemical elements in tissue is determined by three factors: 

(1) concentration, or density, of the nuclei; (2) isotopic abundance; and (3) sensitivity of 

the specific nuclide. 

Four elements – hydrogen, carbon, nitrogen, and oxygen – typically make up at 

least 99% of tissue mass. The most abundant isotopes of these four elements are 
1
H, 

12
C, 

14
N, and 

16
O. However, only the mass number of hydrogen (which is 1) is odd while the 

mass numbers of the other three (12, 14, 16) are even. Therefore, hydrogen is the only one 
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of these four isotopes that has a strong magnetic nucleus. Moreover, the fraction of 
1
H 

atoms in the human body composes 63% of all body’s atoms. 

Such elements as sodium, phosphorus, potassium, magnesium are present in very 

low concentrations, e.g. calcium is concentrated in bone or localized deposits. Within this 

group of elements with low tissue concentrations several have, however, magnetic nuclei. 

These include 
19

F, 
23

Na, 
31

P, and 
39

K. Quantum numbers, gyromagnetic ratio, natural 

abundance (fraction of nuclei having a given number of protons and neutrons, or atomic 

weight), and biological abundance (fraction of one type of atom in the human body) of 

some of these nuclei are presented in Table 1. 

Note, that measurable signals come only from protons in molecules that are free to 

move, as in a soft tissue or liquid state. Low concentrations of free protons in mineralized 

structures, such as bone, cause rapid signal decay.  

The signal strength produced by an equal quantity of the various nuclei also varies 

over a considerable range. This inherent NMR sensitivity is given by the value of 

gyromagnetic factor γ. The gyromagnetic ratios are determined experimentally, and their 

values are smaller than that for the proton. Hence, the MR sensitivity of the nucleus is 

typically expressed relative to 
1
H, which produces the strongest signal of all of the 

nuclides. The relative sensitivities of some magnetic nuclides are shown in Table 1.  

In summary, in comparison to all other nuclides, hydrogen, and first of all, its 
1
H 

isotope which is presented by a single proton, is unique in that it produces the strongest 

signal. This results from its high values for each of the contributing factors: (1) magnetic 

nucleus, (2) high natural and tissue abundance; (3) high sensitivity compared to an equal 

concentration of other nuclei. That is why hydrogen is the common element that is imaged 

with conventional MRI systems, whereas imaging of other elements is difficult in the 

human body. 
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Table 1. List of selected commonly used nuclear species with their spin quantum number, gyromagnetic 

ratio, natural abundance (fraction of nuclei having a given number of protons and neutrons, or atomic 

weight), and abundance in the human body, relative sensitivity. The values are obtained from References 

[81,97,207] 

Nucleus Spin γ [MHz/T] 
Natural 

Abundance 
Abundance in 
human body 

Relative 
Sensitivity 

Hydrogen 1H 1/2 42.58 99.99 88 M 1.00 

Fluorine 19F 1/2 40.08 100.00 4 µM 0.83 

Sodium 23Na 3/2 11.27 100.00 80 mM 9.3×10-2 

Oxygen 17O 5/2 -5.77* 0.04 16 mM 2.9×10-2 

Phosphorus 
31P 

1/2 17.25 100.0 75 mM 6.6×10-2 

*
A negative sign for the gyromagnetic ratio of the 

17
O refers to the fact that the magnetic moment is anti-

parallel to the angular momentum vector. 

In MRI we are generally not concerned with a single nucleus, but with a large set of 

nuclei of the same type. When a group of i.e. 
1
H spins with spin quantum number I = 1/2 is 

placed in a magnetic field, each spin aligns in one of the only two possible orientations 

m = +½ or m = -½ (Figure 2 a): parallel (aligned with the external field) or anti-parallel 

(aligned opposite to the external field). 

 

Figure 2. a) Sketch illustrating two energy states (eigenstates) m = +½ and m = -½ possible for a nuclei with 

I = 1/2 (e.g., 
1
H or 

19
F) in a magnetic field B0. b) Sketch showing the different populations of two energy 

levels for I = 1/2 isotopes. 

Those spins oriented parallel to B0 are of lower energy than those oriented anti-

parallel. Following the classical description of NMR phenomena, in such a spin system 

with spin quantum number I = 1/2, the distribution of protons in the parallel (aligned with 

the external field, lower energy) vs. the anti-parallel (aligned opposite to the external field, 

higher energy) state is dictated by the Boltzmann distribution [35]: 

 
      

      
  

   
  ⁄  (4) 
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where k is a Botzmann’s constant, 1.381∙10
-23

 J∙K
-1

, T is the absolute temperature, ΔE is the 

energy difference between two states, and Nupper and Nlower are the number of protons in the 

upper and lower energy levels respectively. 

The separation between the energy levels ΔE depends on the field strength B0: 

               (5) 

where ħ is a Planck’s constant h divided by 2π and ω0 is the Larmor frequency given by 

Eq. (2). 

The exact number of spins in each level also depends on B0 and increases with 

increasing B0. Energy from the thermal collisions causes transitions between the energy 

states; this results in an only slightly larger population in the lower energy state, so that 

there is residual polarization of the spins induced parallel to magnetic field (Figure 2 b), 

which manifests itself in bulk matter as net, or macroscopic, magnetization (M0) acting in 

the direction of B0. Specifically, the spin excess involves that fraction [81]: 

              
   

   
 (6) 

where N is the total number of spins present in the sample. 

For a collection of protons at body temperature (300 K) at 1.5T, there will typically 

be an excess in the lower level, which is only one in a million protons out of approximately 

10
25

 protons within the tissue [35]: 

    

   
 

 
  ⁄    

   
 

(
           

      )  (         )     

  (          )     
           

(7) 

Since the spin excess is very small, in the Parts Per Million (ppm) range, it might 

be guessed that no significant signal could be sensed at room temperature. However, there 

are Avogadro numbers or protons in a few grams of tissue. For a sample with ρ0 defined as 

the number of protons per unit volume (or the “spin density”), the longitudinal equilibrium 

magnetization aligned with the external field, M0, is found to be given by the proton 

magnetic moment component      multiplied by the relative spin excess times the spin 

density [81]: 
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    (8) 

The equilibrium value, while limited by the spin excess, still leads to measurable 

MR signal, since the density of protons in tissue is so large. 

1.2.2. Chemical Shift 

The different atoms of the same molecule often experience a different chemical 

environment due to the different electron density surrounding the regarded molecule. The 

local molecular environment in which the nucleus finds itself introduces small, but 

measurable differences in the degree of magnetic shielding, thus nuclei do not experience 

the same effective magnetic field. As consequence molecules with nuclei bound in 

different chemical environments exhibit multiple resonance frequencies. This effect can be 

described in terms of “chemical shifts”. The chemical shift (σ) of a specific resonance line 

is described by: 

   
                     

          

[   ] (9) 

with νSubstance being the frequency of the specific resonance line and νReference the frequency 

of a reference. σ has no units, but is normally given in ppm. 

The chemical shift is an assumed linear response of the electronic structure to the 

external field [81], thus equation for the Larmor frequency (Eq. (2)) for a specific atom of 

the regarded molecule can be rewritten as: 

       (   ) (10) 

Then the shift in the frequency due to the chemical shift σ is: 

   ( )             (11) 

A positive (negative) chemical shift implies shielding (anti-shielding). 
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Figure 3. Proton chemical shift ranges for samples in CDCl3 solution. The scale is relative to 

TetraMethylSilane (TMS). The broad ranges shown at the bottom of the chart (orange color) are typical of 

hydrogen bonded protons (e.g. OH and NH). These signals are concentration and temperature dependent. 

Figure from Reference [183] with permissions from the owner Prof. Dr. William Reusch to reuse in 

dissertation. 

The total range of the chemical shifts in ppm is different for different isotopes: for 

1
H the chemical shifts cover a range of about 12 ppm (Figure 3), whereas for 

19
F molecules 

a range of about 300 ppm [34], what makes MRI of fluorine molecules with unequal atoms 

challenging and requires modified imaging sequences [169,208]. 

1.2.3. Bloch Equation 

In 1946 Felix Bloch published a mathematical analysis of the “Nuclear Induction” 

phenomenon including a set of equations explaining the origin and properties of the NMR 

signal [26]. Bloch began with the assumption that the millions of individual nuclei in a 

sample could be represented by a single vector M (Bloch called M the “polarization”, but 

today it is more frequently known as the “net magnetization”). Just as individual nuclei 

possess spin angular momentum, so does the magnetization vector M. An external field B 

produces a torque on M according to: 

 
  

  
     (12) 

where J is the bulk spin angular momentum. By multiplying of each side of Eq. (12) by γ 

and using relationship given by Eq. (1), following equation can be obtained: 

 
  

  
      (13) 
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Eq. (13) is the basis of the Bloch equations. 

Since M is a vector rotating at a Larmor frequency in space it can be resolved into 

three components   (        ), each a function of time. Mx and My are the 

transverse components, Mz is the longitudinal component. 

In thermal equilibrium spins precess at a single frequency, but incoherently, so that 

they are not in phase. Thus, the summation of all magnetic moments, or in other words the 

equilibrium magnetization vector, M0 has only longitudinal component and is aligned 

entirely along the constant external field B0 = (0, 0, Bz) pointing along z-axis of the 

coordinate system in MRI, since the components perpendicular to B0 are equally 

distributed and cancel. For a case of simple precession of M0 around the B0, Bloch 

equations can be written in a matrix form as: 

 

 

 

   

  
     

 

 

   

  
      

   

  
  

 (14) 

The longitudinal component is a constant and the transverse components rotate 

sinusoidally around the z-direction at angular frequency       : 

 

  ( )     (    )

  ( )      (    )

  ( )       

 (15) 

1.2.4. Radio Frequency Pulses and MR Signal  

When tissue is placed in a magnetic field, it will remain magnetized in the 

longitudinal direction until the magnetic field is changed or until the magnetization is 

redirected by the application of a radiofrequency pulse. 

To introduce a measurable signal, the magnetization vector M0 must be tipped into 

the transversal plane to generate the transversal magnetization components [81]. To 

accomplish this, irradiating with a circularly polarized (rotating) magnetic field B1 of a 

central frequency ω0 (on-resonant) and an orientation perpendicular to B0 is performed 

applying an RF pulse. This orientation difference allows a coupling between the RF pulse 

and M0 so that the energy can be transferred to the protons. Absorption of the RF energy of 
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frequency ω0 causes spins to precess coherently, or in phase, and M0 to rotate away from 

its equilibrium orientation, generating a transversal component. The direction of M0 is 

perpendicular to both B0 and B1. This is the resonance condition in MRI. 

It is convenient to define a rotating coordinate system, the so-called rotating frame 

of reference, which rotates about z-axis at the Larmor frequency. Thus both vectors, ω0 and 

B0, are static with respect to the rotating frame. 

Assuming the application of RF pulse along the x-axis in the rotating frame of 

reference (B1 = (Bx, 0, 0)), Bloch equations can be written as: 

 

   

  
  

 

 

   

  
     

 

 

   

  
      

 (16) 

with the solutions: 

 

  ( )       

  ( )      (    )

  ( )     (    )

 (17) 

Normally, RF pulse is applied for a certain duration tα. The angle between the z-

direction of B0  and the resulting magnetization vector M is the so-called flip angle α. The 

flip angle α is calculated by the time integral over the B1(t) amplitude of the RF pulse: 

    ∫  ( )   (18) 

and for i.e. rectangular block pulse is directly proportional to the magnitude B1 and 

duration tα of the RF pulse: 

         (19) 

Since the produced signal depends on the transverse component My of the 

magnetization, the signal will be proportional to the sin α as follows from Eq. (17). 

In the equilibrium state due to the random distribution of the individual 

microscopic transversal components, the resulting macroscopic transversal magnetization 

MT equals 0 and the longitudinal component ML equals M0 (cf. Figure 4 a). Figure 4 b-d 
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shows the effective magnetization vector after application of a RF pulse of the same 

duration but different magnitudes. 

 

Figure 4. Sketch illustrating different magnetization vectors in the rotating frame following an RF pulse of 

the same duration but different magnitude B1 applied along x-axis: a) magnetization before excitation; b) 

after application of 45° pulse resulting magnetization vector has a longitudinal and transversal components; 

c) after application of 90° pulse resulting magnetization vector has only transversal component; d) and 

application of 180° pulse leads to inversion of the magnetization vector. 

The magnetization vector M produced by the aggregate proton spins will precess 

with ω0 around the z-axis. The precessing transversal component of M will induce a 

corresponding oscillating voltage in a detection coil (“receiver coil”) placed perpendicular 

to the transversal plane. The MR signal corresponding to the voltage signal induced in the 

coil is known as a basic Free Induction Decay (FID). The initial magnitude of the FID 

signal depends on the value of M0 immediately prior to the RF pulse. The FID decays with 

time as more of the protons give up their absorbed energy through a process known as 

relaxation and the coherence or uniformity of the proton motion is lost. 

1.2.5. Relaxation 

In thermal equilibrium only a longitudinal magnetization component M0 in the 

direction of the external field B0 exists. As the spin system is no longer in equilibrium after 

excitation, interactions of the protons with the environment will lead to a release of energy 

to return to the equilibrium state M0. Two relaxation mechanisms play an essential role in 
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MRI: “spin-lattice” relaxation with the longitudinal relaxation time constant T1 and “spin-

spin” relaxation with the transverse relaxation time constant T2. 

In spin-lattice relaxation, the energy difference between the longitudinal component 

ML and M0 is released into the lattice of the spin systems’ environment by thermal 

interactions, returning the magnetization to the equilibrium state according to longitudinal 

relaxation time constant T1. In the rotating frame of reference the Bloch equation is: 

 
   

  
 

 

  

(     ( )) (20) 

yielding the expression for ML after 90° excitation: 

   ( )    ( ) 
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  ) (21) 

with ML(0) being the longitudinal magnetization component directly after excitation. The 

resulting longitudinal relaxation curve following the application of 90°-pulse is plotted in 

Figure 5 a. A tissue with a short T1 will recover its magnetization fast, tissues with longer 

T1 values will recover magnetization somewhat slower (Figure 5 a). 

 

 

Figure 5. Behavior of the magnetization during: (a) T1 relaxation with time constants T1 (red) and 2T1 (blue), 

and (b) T2 relaxation with time constants T2 (red) and 1/5T2 (blue). 

After application of a RF pulse, there will be phase coherence in the precession 

about B0 of the protons in the spin system (i.e. there is net magnetization MT(0) in the 

transversal plane). Following the generation of transverse magnetization MT(0) by the RF 

pulse, the magnetization begins to decay or relax. This so-called spin-spin relaxation is 
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caused by the phase dispersion of the different spins at the different positions as a result of 

the microscopic field variations introduced by random motion of the spins, leading to the 

variation in the local precessional frequencies. The transverse component lasts therefore 

only a short time and decays to zero according to the time constant T2. A tissue with a short 

T2 will lose its transverse magnetization rapidly, tissues and body fluids with long T2 

values will retain their transverse magnetization longer (Figure 5 b). The Bloch equation: 
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 (22) 

has the solution for the transverse component MT: 

  ( )    ( ) 
 

 
   

with MT(0) being the transversal magnetization component directly after the excitation. 

The resulting curve is plotted in Figure 5 b. 

The decay of transverse magnetization with T2 only holds in a perfectly 

homogeneous field. In general, the spin system would additionally suffer from non-

negligible static field variations occur due to inhomogeneity of B0 as well as field 

perturbations caused by differences in the magnetic susceptibility between tissues types 

included in the measurement volume (see also Section 1.2.10). Similar to T2 relaxation, 

these local static perturbations of the magnetic field cause the local spins to precess with 

different frequencies at different positions, leading to additional dephasing with the time 

constant T2
’
 characterized by: 

   
  

  

    
 (23) 

Thus, the spins diphase even faster and the global magnetization relax according to 

so-called T2
*
 relaxation mechanism, which is the combination of “true” T2 relaxation and 

relaxation caused by magnetic field inhomogeneities. T2
*
 is shorter than T2,

 
and their 

relationship can be expressed by the following equation: 

 
 

  
  

 

  
 

 

  
  (24) 

This static dephasing effects T2
’
 can be, however, unlike T2 relaxation, compensated 

by using the Spin Echo (SE) experiments. The spin echo experiment mainly experiencing 
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T2 relaxation and Gradient Echo (GE) experiment suffering from combination of both T2 

and T2
’
 will be explained below. 

Finally, the magnetization evolution during return to equilibrium incorporating both 

relaxation and precession can be combined into one vector equation [81]: 

 
  

  
       

 

  

(     )   
 

  
   (25) 

with M0 being the equilibrium magnetization of the spin system in the presence of an 

external magnetic field B0,  M the magnetization vector, T1 and T2 the longitudinal and 

transverse relaxation times, ML the longitudinal magnetization component, and ez the unit 

vector in z-direction. Furthermore,              with Mx,y being the x and y 

components of the magnetization vector and ex,y the unit vectors in the x, y-direction. The 

first term on the right-hand side of the Bloch equation describes the precession of the spin 

system about the field. The second terms on the right-hand side of Eq. (25) consider the 

relaxation processes. 

1.2.6. Spatial Encoding 

The goal of imaging is to correlate a series of signal measurements with the spatial 

locations of the various sources. The gradient set included in the MRI scanner provides the 

possibility to add magnetic fields that vary with spatial position. The resulting gradient 

field is roughly two orders of magnitude smaller than the main magnetic field, but also 

orders of magnitude larger than the static magnetic field inhomogeneity [118]. This allows 

accurate encoding of spatial position. 

In MRI, the static main magnetic field B0 is complemented by a magnetic field G in 

the direction of B0 originating from three separate gradient coils: 

             (26) 

where each magnetic field Gx,y,z is a linear function of spatial position through the origin. 

If a spatially linearly varying field is added to the static magnetic field, then: 

   (   )       ( ) (27) 
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with r denoting the spatial coordinate along the direction of the gradient of the field with 

respect to the isocenter (the center point of a magnetic field, the origin of the coordinate 

system). 

Consequently, the Larmor frequency is preserved in the magnet isocenter, but has 

an offset Δω for all other locations: 

   (   )      ( ) (28) 

with the position-dependent Larmor frequency: 

  (   )    (     ( )) (29) 

The acquired complex signal S(t) is composed of a range of position-dependent 

Larmor frequencies [            ]. 

Figure 6 demonstrates the slice selection procedure for isolating of a single plane in 

the object being imaged by only exciting the spins in that plane. To accomplish this an RF 

pulse of a finite BandWidth (BW) (range of frequencies), which only affects a limited part 

of the NMR spectrum, is applied in the presence of a linear field gradient along the 

direction along which the slice is to be selected. This results in the excitation of only those 

spins whose Larmor frequency, which is dictated by their position, is the same as the 

frequency of the applied RF pulse. 

 

 

 



Chapter 1. INTRODUCTION 

28 

 

 

Figure 6. The precession frequency ω is a function of position along the slice selection axis [81]. Magnetic 

field with a constant gradient Gz in the z-direction is added to the original static field B0. The central 

frequency and the spectral bandwidth BWRF of the applied RF pulse (the shaded horizontal strip) are such 

that the slice of thickness Δz = TH (the shaded vertical strip) is uniformly excited. In order to offset the slice 

by z0 from the origin in the z-direction, the center frequency of the RF pulse must be offset from the static 

Larmor frequency ω0 = γB0 by γGzz0 as has been shown along the frequency axis. 

The use of a gradient to establish a relation, such as Eq. (29), between the position 

of spins along certain direction and their precessional rates is referred to as frequency 

encoding along that direction [81]. This means that the spectral components now represent 

spatial information. This leads to the possibility of “inversion” of the signal and 

“reconstruction” or “imaging” of the physical object. This mapping back and forth between 

signal space and the image position space may be carried out with a Fourier transform and 

will be explained in the next chapter. 

1.2.7. 1D Imaging Equation via the k-Space Formalism and Fourier 

Transform 

After excitation of the spin system, the acquired MRI signal S(t, r) at a certain 

location r is directly proportional to the position-dependent quantity ρ(r) what is the 

number of proton spins per unit volume and is known as a proton density function and 

results to: 

  (   )   ( )    ( )   ( )   (     )  (30) 

For calculation of the final MRI signal S(t) all spins in the volume have to be 

considered, yielding a 3-Dimensional (3D) MR imaging equation: 
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  ( )  ∫ (   )   ∫ ( )   (     )          ∫ ( )         (31) 

Neglecting the main magnetic field component        and defining       which 

is known as the spatial frequency, Eq. (31) can be rewritten as: 

  ( )  ∫ ( )       (32) 

This expression shows that, when linear gradients are implemented, the signal S(k) 

is the Fourier transform of the spin density of the sample. The spin density is said to be 

Fourier encoded by the linear gradients. 

The Fourier transform has its well-defined inverse. Thus, if S(k) is given for all k, 

the spin density of the sample can be found by calculation of the inverse Fourier transform 

of the signal: 

  ( )   ( )∫        (33) 

Thus data reconstruction in all three spatial dimensions can be carried out by 

inverse Fourier transformation. 

The signal S(k) and the image ρ(r) are a “Fourier transform pair”. This pair links 

the image domain to the domain in which the data are acquired, which is called k-space. 

The spin density can be reconstructed from the signal, if the latter is collected over a 

sufficiently large set of k values. The integration in Eq. (33) requires “good coverage” of k-

space, what in turn implies dependence on time and the applied gradient amplitude. If the 

signal could be measured continuously over infinit time and an accurate integration over 

all locations in k-space carried out, then a faithful picture of the spin density would be 

found. However, several factors (such as relaxation effects and acquisition time 

limitations) prevent collection of continuous data over all k-space; this implies discretized 

version of k-space, where data is acquired point-by-point (sampling) (Figure 7). 
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Figure 7. k-space definition. k
max 

determines the maximum k-space value which is sampled. This value 

determines the maximum frequency one need to measure to depict an object at some specific resolution. 

Large k
max

 increases resolution (allows distinguishing smaller features). Δk defines how close the samples in 

k-space are, what in turn determines the field-of-view in the image space. 

k-space and image-space are inversely related (Table 2). The sampling spacing in k-

space (i.e. resolution Δk) determines the Field-Of-View (FOV) of the corresponding 

dimension of the reconstructed image: 

     
 

  
 (34) 

Whereas extent in k-space determines the resolution Δx in image domain: 

    
 

      
 (35) 

Table 2. Relation between k-space and x-space 

 x-space k-space 

Coverage FOV 2kmax = 1/Δx 

Resolution Δx Δk = 1/FOV 

Considering the properties of the discrete Fourier transform, Nyquist criterion has 

to be fulfilled for k-space: the sampling rate 1/Δk has to be twice the maximum frequency 

to be resolved. Otherwise, signal coming from parts of the sample outside the FOV will 

alias into the image, manifesting itself as aliasing artifact. 
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The k-space range being sampled determines the spatial frequencies that can be 

resolved in the image. The center of k-space covers the low spatial frequencies (i.e. the 

contours), thus covering of a larger extent of k-space is necessary for higher image 

resolution (i.e. the edges in the image). 

Furthermore, k-space displays hermetian symmetry, thus: 

  (  )   ( )  (36) 

This makes possible performing of a “partial Fourier” imaging, when image is 

reconstructed by sampling only a half of k-space using redundancy. 

1.2.8. K-space Encoding & MRI Sequences 

To acquire the images, image acquisition pulse sequences are used combining 

successions of RF pulses of varying flip angles and magnetic field gradients in various 

directions to manipulate image contrast and resolution. The basic principles of image 

acquisition will be introduced in this section. 

Considering the direct relation of the position in k-space with the applied gradient 

field according to      , which in more general form can be rewritten as: 

  ( )  ∫  ( )   (37) 

the gradient fields have to be switched after the excitation of the spin system according to a 

function, that traverses the k-space dense enough and covers a sufficiently large volume 

according to Table 2, with simultaneous sampling of the MRI signal. 

The image acquisition sequence determines the trajectory by which the points in k-

space are sampled. This is achieved by playing out imaging gradients. In almost all MRI 

techniques, k-space is covered on a rectangular grid and a single line in 2D k-space is read 

per RF excitation (Figure 8, k-space). The acquisition is split up into a readout phase, in 

which normally one line in k-space (aligned with x-axis) is acquired, and a phase encoding 

phase, in which the spin system is moved along remaining orthogonal axis. 

In a 2D sequence, the RF pulse is accompanied by a slice-selection gradient Gz 

(only protons within a particular slice of the volume are excited), which has two lobes of 

opposite polarity to rewind the induced dephasing (Figure 8, pulse diagrams). The slice 
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thickness and slice location are controlled by the RF bandwidth in combination with the 

strength of the slice-selection gradient (cf. Figure 6). 

For the gradient echo sequence (Figure 8 A), the gradient that encodes position on 

the k-space line in the read-out direction Gx has two lobes of opposite polarity. The first 

lobe dephases the spin system, while the second – rephases the spin system. By choosing 

the second lobe twice the duration of the first lobe and centering the signal readout under 

this lobe, the gradient echo occurs at the center of the readout window on time TE called 

an Echo Time. 

For covering the entire k-space, the spin system additionally has to be moved along 

the y-direction (for 2D imaging) or y- and z-directions (for 3D imaging). This is achieved 

by application of a phase-encoding gradient in respective direction to prephase the protons 

and to move to a particular line in k-space (Figure 8, Gy). 

In almost all MRI techniques, the k-space is not completely covered after a single 

excitation of the spin system. Due to T2/T2
*
 signal decay, MR signal will be completely 

gone after certain time, therefore, in almost all MRI sequences acquisition of all k-space 

data is split up into subsequent acquisitions of segments of the k-space, each acquired after 

an independent excitation of the spin system. A whole slice is sampled by repeating this 

sequence for multiple excitations with different amplitudes of the phase-encode gradient to 

move the spin system to different start points in k-space during the prephasing period. 

Slices at different positions can be acquired by varying the frequency of the RF excitation 

pulse (cf. Figure 6). 
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Figure 8. Sequence diagrams and correspondent 2D k-space encodings for the basic (A) gradient echo (GE) 

and (B) spin echo (SE) experiments. (A) First a single slice is excited with the slice-selection gradient Gz 

acting simultaneously with the RF α-pulse. For formation of the gradient echo, the spin system is first 

dephased by applying the negative lobe of the readout gradient Gx (leading to movement along the x-axis in 

negative direction of k-space) with simultaneous prephasing using gradient Gy (leading to movement along 

the y-axis in positive direction of k-space). This leads to movement in k-space from point 1 to point 2. By 

choosing different Gy amplitude the spin system can be moved to different start points in k-space during the 

prephasing. During the readout period with the readout gradient Gx the MRI signal is acquired. An echo is 

formed at echo time TE when the positive lobe of the readout gradient Gx compensates the effect of the 

dephasing gradient (point 3, kx = 0). (B) The difference to the GE sequence is that a spin-echo preparation is 

performed before the readout of the data. After excitation of the spin system with a 90° RF pulse, a 180°  

inversion pulse is applied at time TE/2, and the timing of the sequence is such that in GE (i.e. the center of k-

space (point 4, kx = 0) is sampled at echo time TE). For encoding of the k-space readout and phase encoding 

gradients are applied again (movement from point 1 to point 2), but since the inversion pulse represents a 

phase inversion in k-space (i.e. jump from k (point 2) to -k (point 3) or vice versa), the dephasing and the 

readout gradients have the same sign (positive in this example). 

Because the spin echo has a different echo formation mechanism, the basic 

sequence to acquire a spin echo is somewhat different (Figure 8 B). Due to local static 

magnetic field inhomogeneities as the net magnetic moment precesses, some spins slow 

down due to lower local field strength and so begin to progressively trail behind, while 

some speed up due to higher field strength and start getting ahead of the others. This makes 

the T2/T2
* 

signal decay (introduced in Chapter 1.2.5). A 180° refocusing pulse is applied on 
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time TE/2 to invert the phase of the spins, so that the slower spins lead ahead of the main 

moment and the fast ones trail behind. Progressively, the fast moments catch up with the 

main moment and the slow moments drift back toward the main moment. Complete 

refocusing will occur on time TE and an echo will be generated at this time. After the 

excitation pulse, the phase-encoding gradient Gy and a dephasing gradient in the read-out 

direction are applied. Please note that the dephasing read-out gradient is of the same 

polarity as the rephasing read-out gradient that rewinds the position in the read-out 

direction. This is due to the fact that the refocusing pulse represents a phase inversion in k-

space. To perform the readout under the echo, the rephasing read-out gradient is centered 

on time TE, allowing the same time to rephase and maximal phase coherence to be 

achieved. With the application of inversion pulse, the dephasing due to static magnetic 

field variation T2
'
 (Chapter 1.2.5) is fully reversible, and the magnetization decays 

stochastically according to T2. This is one of the big advantages of the spin echo sequence: 

it is relatively insensitive to static magnetic field inhomogeneities. 

SE techniques provide a wide flexibility in providing different image contrasts, like 

T1-, T2- and proton-density with excellent image quality, however with the compromise of 

long acquisition times, what might make SE sequences quite motion sensitive. 

In a GE experiment dephasing due to T2
’
 is not compensated, making magnetization 

to relax according to T2
*
 and making this sequence sensitive to static field inhomogeneities. 

However, since no refocusing pulse has to be applied, short intervals between multiple 

excitations (called Repetition Time TR), especially when using low flip angles, are 

allowed, representing the advantage of GE sequence over SE sequence. 

1.2.9. Short TR Gradient Echo Techniques 

It is possible to reduce repetition times TR to values less than T2 in order to 

decrease scan times. This will complicate the imaging, since the longitudinal 

magnetization cannot sufficiently relax between subsequent excitation pulses due to short 

TR, and there will still be some residual transverse magnetization at the end of each TR 

period, which will persist into the next TR period. However, when a spin system is 

repeatedly disturbed by a fast repetition of RF pulses, the transverse magnetization 

approaches after a certain number of excitations a steady-state value. In a steady-state 

condition, the same amount of transversal magnetization is lost by relaxation as freshly 

generated by excitation. Thus, the contributions of the residual transversal magnetization 

contain spin-echo components (RF pulses partly act like inversion pulses on the residual 
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transversal magnetization) as well as the gradient-echo components originating from 

freshly excited spins. Hence the resulting transversal steady-state magnetization is only a 

fraction of the available magnetization, GE sequences reveal substantially lower SNR in 

comparison to SE techniques. 

Sequences utilizing short TR GE imaging can be broadly classified on two classes 

based on how the residual transverse magnetization is handled. 

Refocusing of the residual magnetization. In the Steady-State Free-Precession 

(SSFP) approach (also denoted as True-FISP, FIESTA or balanced-FFE by different 

vendors), the residual transverse magnetization is intentionally maintained and 

“refocused”. This leads to an extremely efficient use of the available magnetization and 

hence increased signal levels, though the signal will in general be given by a complex 

equation [21]: 
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 Note, that the last term in Eq. (38) is  
   

  
⁄

 rather than  
   

  
 ⁄
, reflecting the fact 

that SSFP collects the echo-like signal rather than the FID-like signal, and hence displays 

T2- rather than T2
*
-weighting. 

All gradients and RF pulses have to be completely balanced (meaning the integral 

over all gradient waveforms and RF waveforms between two subsequent magnetic centers 

of the RF pulses equals zero) in order all spins are in-phase. Since the residual transversal 

magnetization is kept in-phase, the residual signal results as a superposition of gradient- 

and spin-echo components, which are either freshly generated by the most recent excitation 

pulse or generated during prior excitation pulses respectively. Since in SSFP gradient echo 

signal from multiple echoes is combined, the sequence is quite off-resonance sensitive and 

resulting images show often black-band artifacts at those locations where magnetization 

gains phase between subsequent excitation pulses. Severe artifacts can be avoided if TR 

can be kept below 1/Δω, with Δω being the spectrum of the off-resonance in the FOV. 

With the increasing power of recent gradient systems, this condition can be normally 

fulfilled on MR systems up to 1.5T. On high-field systems (at and above 3T), the 

application of SSFP sequences is not possible for all applications, since caused by the 

increasing Δω black-band artifacts rise. Neglecting off-resonance effects, the SSFP 
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techniques generate a unique contrast, which depends on the fraction of the T1 and T2 tissue 

properties [60], e.g. SSFP technique provides excellent blood-muscle contrast. 

Spoiling of the residual magnetization. The other alternative is to “spoil”, or 

completely dephase, the transverse magnetization at the end of each TR period. The signal 

from the spoiled GE acquisition (FLASH, SPGR or T1-FFE) is caused by the gradient 

rephasing of the FID at an echo time TE [21]. Setting the transverse magnetization to zero 

leads to a simpler expression for the theoretical signal: 

          

    (   
 

  
  )

(        
 

  
  )

  
 

  
  

 
 (39) 

making qualitative and quantitative interpretation easier, but spoiling the magnetization 

may be difficult. 

A simplistic approach would place a large gradient at the end of each TR interval. 

This would effectively dephase the spins from the immediately preceding RF pulse and 

lead to zero net Mxy, but repeated applications would lead to coherence pathways where the 

net induced phase of the gradients is balanced. Alternatively, gradients with random [69] 

or linearly increasing amplitude [244] may be used. These techniques, however, are not 

sufficient. Random gradients will not lead to a true steady-state, leading to variations in 

signal from TR to TR. In conventional cartesian acquisitions this will cause ghosting 

artifact. Linearly increasing gradients on the other hand, may lead to a true steady-state, 

but with a spatially dependent spoiling efficiency [49], manifesting itself as a banding 

artifact. 

The standard spoiling implementation on most scanners is based on radio frequency 

spoiling, using an RF phase that increases quadratically from TR to TR combined with a 

constant amplitude crusher gradient [260], so that the residual signal is not in phase with 

the freshly generated magnetization. A quadratically increasing phase combined with a 

crusher gradient that creates a multiple of 2π phase variation across the imaging voxel 

ensures that the signal will enter steady-state. An appropriate choice of the quadratic 

increment will ensure that the accumulated coherence pathways will effectively cancel and 

give a signal that closely approximates a perfectly spoiled steady-state value. 

In the spoiled GE approach, the spoiler gradient can be applied prior to or after the 

readout period, either causing the freshly generated magnetization to completely dephase 
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before readout and the final MR signal to be generated from the components generated 

several excitation pulses before, yielding a T2-Weighting in the final image (T2w-FLASH), 

or respectively causing the signal to be mainly formed from the fresh magnetization, 

causing a strong T1-Weighting in the image (T1w-FLASH). The later technique is the 

workhorse for contrast agent enhanced (with the T1 reduction effect) and in-flow 

(angiography) techniques. For the formation of the final echo in the spoiled GE approach 

resulting to T2-weighting, the magnetization has to remain in phase over the period of 

several excitation cycles. This requirement makes this technique extremely sensitive to all 

forms of motion. Furthermore, the SNR of the sequence is pretty poor, since the freshly 

generated spins are dephased. Therefore this technique is not very frequently used in the 

clinical practice. 

1.2.10. Magnetic Susceptibility 

When two adjacent materials have different susceptibility, i.e. difference in 

magnetization by the applied magnetic field, a spatial variation of the magnetic field will 

arise in areas close to the border between two materials. Hence, a difference in 

susceptibility leads to the deformation of the magnetic field around the interfaces and in 

materials, or in other words, to a local magnetic field gradient. These magnetic field 

variations tend to accelerate the loss of phase coherence of the spins within a selected slice: 

spin phases within a voxel become different from one another and mutually cancel, so that 

the total magnetization of the signal from the voxel is reduced. Spin-dephasing induces a 

phase variation over time and according to the Larmor condition this gives a local variation 

in the resonance frequency. Since MR techniques utilize the frequency for both spatial 

encoding (MRI) and molecule identification (MR Spectroscopy (MRS)), a susceptibility 

induced frequency shift can result in measurement errors, displacement of signal and 

artifacts. 

Correction of the inhomogeneties due to susceptibility is especially difficult 

because of relatively sudden changes or a highly localized nature. Different pulse 

sequences can be more or less sensitive to the susceptibility effects. For example, spin echo 

sequence is less prone to susceptibility artifacts than gradient echo sequence. In SE the 

180° refocusing pulse corrects the susceptibility-induced (T2
*
 effects) dephasing of spins. 

Short evolution time TE allows less time for dephasing and reduces signal loss. A large 

receiver bandwidth (stronger gradients) leads to a faster sampling, thus, shortens the 

minimal available TE. 
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Several methods have been proposed to correct for the macroscopic magnetic 

susceptibility influence. The most obvious method involves increasing the spatial 

resolution. Then the field inhomogeneity is reduced proportionally to the reduced voxel 

size. In most acquisitions, the slice thickness is made larger than the in-plane resolution, so 

that the image voxels are highly asymmetrical. Therefore the intravoxel dephasing is 

predominantly generated by gradients established along the largest voxel dimension – the 

slice direction. To mitigate this local susceptibility artifact, altering of the slice selection 

gradient might be tried. However, it was shown by G.H. Glover [75], that the slice 

thickness must be made extremely small to compensate for this effect. Moreover, the 

reduced spatial coverage and decreased SNR due to acquisition of the thinner slices must 

be compensated by acquiring additional slices and performing the signal averaging 

correspondingly, what elongates the scan time. Another approach to reduction of the 

susceptibility-induced dephasing is to use tailored radiofrequency pulses to match the 

spatial nonlinearity of local gradients [77]. Other techniques utilize 3D z-shimming to 

compensate for the susceptibility artifact in BOLD fMRI [75]. H. An and W. Lin 

demonstrated a correction method that utilizes 3D high-resolution ΔB0 maps to recover the 

signal loss in images acquired by a 2D multiple echo GE/SE sequence [13]. 

Thus, the susceptibility effects are mostly undesirable, but they can also be used for 

susceptibility determination with both MRI and MRS. Moreover, whereas dipolar 

relaxation is a close-range effect, requiring a close interaction between the protons and the 

magnetic centers, susceptibility-induced relaxation can affect protons much further from 

the magnetic centers, making this a more potent relaxation mechanism. 

1.3. 1H MRI Contrast Agents 

MRI CAs are chemical substances introduced to the anatomical or functional region 

being imaged, to increase the differences between different tissues or between normal and 

abnormal tissue, by altering the relaxation times [261]. Contrary to radiographic CAs 

which change electron density locally and thus create a direct change of contrast, MR 

agents induce a change in the behaviour of the surrounding tissue; they do not become 

visible themselves, but are indirect CAs. This implicit mechanism is the reason why these 

substances should be called contrast agents rather than contrast media. Contrast media are 

associated with direct visibility of the contrast giving substance from X-ray examinations 

[185]. 
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1.3.1. 1H Contrast Agents Classification 

MRI CAs are classified by the different changes in relaxation times T1 and/or T2 of 

the hydrogen nuclei located in their vicinity after their administration. Two definitions 

have to be introduced in order to classify the contrast agents based on their magnetic 

properties. Paramagnetism refers to materials (like aluminium or platinum) which become 

magnetized in a magnetic field but their magnetism disappears when the field is removed. 

Ferromagnetism refers to materials (such as iron and nickel) that can retain their magnetic 

properties when the magnetic field is removed. Thus, two main classes of CAs can be 

distinguished. 

• Paramagnetic contrast agents. Their effect is caused by the metal ion in their 

center which contains unpaired electrons. The most efficient element is gadolinium     , 

which with its seven unpaired electrons and relatively long electron spin relaxation time 

possesses the highest ability to alter the relaxation times of adjacent protons (high 

relaxivity). The magnetic field produced by an electron is much stronger than that 

produced by a proton. However, in most substances the electrons are 'paired' resulting in a 

weak net magnetic field. Paramagnetic CAs are called positive agents. The effect on T1 and 

T2 is similar but since T1 is much higher than T2, the predominant effect at low doses is that 

of T1 shortening. Thus, regions taking up such agents will appear as hyperintensities 

(increased signal intensities) on T1-weighted images. The T2 effect predominates and is 

only visible at high concentrations (note the currently recommended normal dose is 0.1 

mmol/kg body weight [185]. Because the metals suitable as relaxation agents are rather 

toxic, they have to be bound in stable complexes (chelates) in which they are kept until the 

CA is excreted. Bound to them, they form low molecular weight water-soluble CA which 

principally are excreted through the kidney. 

• Superparamagnetic contrast agents. They differ from ferromagnetic agents by 

their size. Ferromagnetic agents consist of particles which show permanent magnetization. 

If one reduces their size, they lose their permanent magnetic characteristics and are then 

called superparamagnetic particles. The ferro- and superparamagnetic CAs produce local 

magnetic field gradients which disrupt the homogeneity of the local magnetic field 

predominantly via spin-spin relaxation, thus influence signal intensity usually by 

shortening T2 and T2
*
 relaxation times of the surrounding medium. But depending on their 

particle size and coating, they can also become T1 agents. T2 is reduced due to the diffusion 

of water through these field gradients, thus a hypointense contrast (signal void) appears on 
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conventional spin echo MR sequences. The effect of such negative contrast agents are even 

better observed using gradient echo sequences where T2
*
 effects are retained. This kind of 

effect is referred to as susceptibility effect and is field strength dependent. Thus, 

superparamagnetic CAs are also known as bulk susceptibility agents [185]. 

Superparamagnetic iron oxide CAs developed for MRI [33,40,51,238] vary in 

hydrodynamic particle size from 10 (single iron oxide particle) to 500 nm (aggregates of 

iron oxide particles) and have different coating materials (e.g. approved for clinical use in 

liver imaging but recently removed from the market ferucarbotran (Resovist) with 

hydrodynamic aggregate size ranging from 20 nm to 80 nm in diameter [40] is coated with 

carboxydextrane). Some of superparamagnetic iron oxides (e.g. ferumoxides (Feridex in 

the USA, Endorem in Europe) with a particle size of 120 to 180 nm) have been widely 

used as a diagnostic agent for MRI of the liver because of their favorable magnetic 

properties and acceptable biocompatibility [235]. The efficiency of the SPIO nanoparticles 

as a CA for MRI depends on their magnetic susceptibility, their size, their 

superparamagnetic characteristics, and their surface chemistry for specific biomedical 

applications [233]. These nanometer-sized particles have a large effect on MRI signal 

intensities due to the local perturbation of the magnetic field homogeneity to an extent 

much larger than their size. Significant amplification of the effect can be achieved by 

accumulation of the SPIOs in the target cells, which adsorb the SPIOs by endocytosis or by 

an active transporter system, such as transferrin receptors that shuttle contrast agents into 

the target cells [129]. A drawback of directly using SPIOs is the large number of particles 

to be loaded into the cells to ensure sufficient signal changes within an imaging voxel. 

Each imaging application requires unique material design and special surface 

properties to ensure stability in physiological conditions and biocompatibility. Thus, there 

is still a need to develop more efficient CAs which are more stable in biological 

environments and have greater impact on the MRI signal [238]. 

1.3.2. Negative and Positive Contrast Techniques for Visualization of SPIO 

CA  

CAs based on SPIO nanoparticles placed in a magnetic field cause signal dephasing 

because of the B0 inhomogeneities induced near the labeled cells and perturb the static 

magnetic field in a distance many times of its diameter, while signal from within or near 

the labeled region may completely cancel. Thus the relaxivity of the tissue is increased and 

a signal void with associated blooming artifacts in the region containing SPIO 
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nanoparticles appears in T2 and T2
*
-weighted MR images; this is known as negative 

contrast. Signal loss associated with negative contrast images makes in vivo identification 

of intracellular SPIO nanoparticles challenging as signal loss is also associated with air 

pockets or tissue interfaces containing significant susceptibility differences. Thus, T2
*
-

weighted gradient echo technique, which is sensitive to background field inhomogeneities 

induced by imperfect shimming, blood, and endogenous ferritin deposits has poorer 

specifity for iron particles. At the same time, T2-weighted spin echo acquisition is less 

sensitive then T2
*
 measurements when SPIO nanoparticles are compartmentalized within 

cells compared with when they are within regions of freely diffusible water [33]. 

Moreover, negative contrast agents suffer from partial-volume effects, where the 

ability to detect a void depends critically on the resolution of the image: voxel size must be 

smaller than the void volume for reliable visualization. While it is possible to achieve 

positive contrast with SPIOs by employing T1-weighting, this is only possible with the 

smaller size particles (10-50 nm) and can be inefficient because of competing T1 and T2/T2
*
 

effects [1]. 

It has been suggested that alternative approaches that result in positive contrast or 

hyperintensities will improve the sensitivity for tracking transplanted magnetically labeled 

cells within tissues [17,31,36,39,53,90,112,127,132,133,158,179,234,259]. Positive 

contrast techniques attempt to remove the ambiguity caused by the signal loss by 

generating hyperintensities in the vicinity of SPIO nanoparticles. 

Positive contrast methods can be classified into two categories. The first category 

of positive contrast methods uses modified pulse sequences to produce positive contrast. 

Seppenwoolde et al. [197] reported a gradient-compensation based approach (White 

Marker technique) that used the local field inhomogeneities caused by the paramagnetic 

marker. Positive contrast was achieved by dephasing the background signal with a slice 

gradient (Figure 9 a). In the region near the marker, the signal was conserved because the 

induced dipole field compensated for the dephasing gradient (Figure 10 c). A similar 

approach has been used for imaging of SPIO-labeled cells and is known as GRadient echo 

Acquisition for Superparamagnetic Particles (GRASP) [146]. The White Marker or 

GRASP technique only compensates for the susceptibility gradients along the slice 

direction and requires a priori knowledge about the field disturbance to optimize the slice 

rephasing gradient strength. 
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Cunninggham et al. [51] achieved positive contrast using a spin echo sequence with 

extra designed spectrally selective radio frequency pulses to excite and refocus the off-

resonant water surrounding the SPIO-labeled cells, while suppressing on-resonance signal, 

so that only the fluid and tissue immediately adjacent to the labeled cells are visible in the 

image (Off-resonance technique). This method employs projection imaging only with 

inability to perform 2D slice-selection or 3D spatial encoding as associated shortcomings. 

Stuber et al. [212] proposed a versatile MRI methodology that enables the positive contrast 

visualization of the surroundings of magnetically labeled stem cells in 2D and 3D without 

requiring modifications of the imaging part of the MR sequence. He used spectrally 

selective RF pulses to pre-saturate on-resonant water (Inversion Recovery ON-resonance 

water suppression (IRON)) (Figure 9 b), generating voxels with hyperintensities from off-

resonant protons in close proximity to the SPIO-labeled cells (Figure 10 d). These two 

techniques require knowledge about the expected frequency shifts and they are prone to 

large-scale field inhomogeneities and chemical shift effects (e.g. lipids also appear as 

voxels with high signal intensities). 
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Figure 9. Schemes of certain available positive contrast techniques. a: White Marker (gradient 

compensation technique). In conventional gradient echo experiment, directly after the magnetic center of the 

excitation RF pulse, the slice selection gradient Gselect dephases the spins within the slice. To compensate for 

the shaded slice-selection area 100% rephasing gradient, Grephase, is normally used. Decreasing the 

amplitude of the rephasing gradient creates a gradient imbalance effectively reducing the signal intensity 

from areas with homogeneous B0. However, in locations where negative local gradients, Gsuscep, caused by 

SPIO nanoparticles, are present, the gradient balance is restored, and a hyperintense signal against the dark 

background is observed. b: IRON (off-resonance technique). Adding of the SPIO-nanoparticles leads to the 

broadening of the on-resonant peak, resulting to additional frequency components. Using a spectrally 

selective saturation pre-pulse with center frequency w0 and narrow bandwidth BWwater signals originating 

from on-resonant protons can be suppressed, thus only frequency components induced by the susceptibility-

generating objects will contribute to the MR image. c: SGM (post-processing technique). An object with a 

magnetic susceptibility that deviates from the surroundings creates a local magnetic gradient, Gsuscep, which 

acts additionally to the imaging gradient and leads to an echo-shift in k-space with gradient echo imaging. 

The SGM method measures this echo-shift at every voxel in a certain direction by performing the local 1D 

fast Fourier transformation over a subset of neighboring voxels in that direction. Then a map of the strength 

of the susceptibility gradient vector can be created. That allows the depiction of the positive contrast for 

every voxel. Figure from References [132], p. 244 with permissions from John Wiley & Sons, Inc. to reuse in 

dissertation. 

Zurikya and Hu [259] used a diffusion-mediated Off-Resonance Saturation (ORS) 

method for generating positive contrast. Bulk water protons were imaged with and without 

the presence of an ORS pulse, and the positive-contrast image was calculated as the 

difference image. Compared to the White Marker and the off-resonance excitation 

methods, this method is more sensitive to microscopic effects of SPIO nanoparticles and to 

all water protons that are affected by the SPIO due to diffusion. 
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Figure 10. A phantom containing vials filled with 1×10
6
/ml (vial 1), 4×10

6
/ml (vial 2), and 16×10

6
/ml (vial 

3) SPIO-labeled C6 glioma cells, respectively was imaged with T2
*
-weighted sequence (a) and positive 

contrast techniques: SGM (b), White Marker (c), and IRON (d). “With the SGM technique, hyperintense 

regions are all around the vials representing the susceptibility gradients at the interface of the vials and 

distilled water. The hyperintense voxels from the White Marker and IRON techniques, however, depend on 

the geometry of the dipole field induced by the SPIO nanoparticles. The White Marker technique only 

highlights the negative lobes of the dipole field induced by the SPIO nanoparticles, resulting in high signal 

intensities in small regions surroundings the vials. In comparison, the positive-contrast images from IRON 

produce both the positive and negative lobes of the dipole that is induced by the vials. The high concentration 

of SPIO nanoparticles induces a fast signal decay, thereby resulting in hypointense areas in the vials” [132], 

p. 245-246. Figure from References [132], p. 246 with permissions from John Wiley & Sons, Inc. to reuse in 

dissertation. 

The local magnetic gradients induced by an object with magnetic susceptibility lead 

to an echo-shift in k-space with gradient echo imaging. As a result of this shift, positive-

contrast images can be derived from the magnetic field map by applying different post-

processing techniques. Thus, the second category of positive contrast methods uses post-

processing algorithms to generate positive contrast in regular MR images. Examples of 

positive contrast or SPIO detection algorithms in this category include Phase Gradient 

Mapping (PGM) [17], Susceptibility Gradient Mapping (SGM) reported by Dahnke et al. 

[53,132], and Phase map cross-correlation Detection and Quantification (PDQ) [158]. 

SGM generates positive contrast from susceptibility gradients that are induced by 

changes in tissue. The method is based on the fact that susceptibility-induced field 

gradients act additionally to the imaging gradients, what leads to an echo-shift in k-space 

for the signal that stems from the affected voxel (Figure 9 c). The local echo-shift in a 

certain spatial direction is determined by applying Fourier transform over a subset of 

neighboring voxels. The SGM method then determines the strength of the susceptibility 

gradients and its direction for each voxel by computing the echo-shifts in all three 
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dimensions and generates a color map of the susceptibility gradient vector, allowing the 

calculation of a positive contrast of the susceptibility-affected pixels. The SGM calculates 

the positive-contrast images (Figure 10 b) from a regular complex gradient echo dataset 

and does not require dedicated positive-contrast pulse sequences, moreover it is a post-

processing technique which provides the flexibility to display susceptibility gradients or 

suppress susceptibility artifacts in specific directions (depending on the susceptibility 

gradients induced by the SPIO may lead to decreased sensitivity for detection). 

PDQ detects SPIO nanoparticles by modeling the magnetic field inhomogeneities 

generated by the nanoparticles as point dipoles. PDQ uses a cross-correlation method to 

match the magnetic field of a point dipole to the magnetic field generated by the SPIO 

nanoparticles. 

The PGM method creates a positive contrast by mapping the rapidly changing 

phase in regions neighboring SPIO nanoparticles derived from the standard phase images 

via a forward difference operator that takes into account phase wraps. In the phase gradient 

map, areas with higher concentrations of SPIO nanoparticles should have a larger phase 

gradient than areas with lower concentrations of SPIO nanoparticles. Ideally, areas without 

nanoparticles should have no phase gradient. 

Off-resonance-based positive-contrast techniques allow the generation of 

hyperintensities against a suppressed background. A potential limitation of the off-

resonance positive-contrast techniques is that voxels with hyperintensities can be seen 

arising from endogenous areas (i.e. lipids, areas of magnetic gradients, or other 

susceptibility-induced off-resonance signals from hemorrhage or calcium) that are also 

shifted in frequency from the water proton. Moreover, off-resonance-based positive-

contrast techniques are very sensitive to large-scale    field inhomogeneities and require a 

priori knowledge of the distribution of the magnetic field inhomogeneities.  

1.3.3. SPIO Quantification Methods 

Although many existing positive contrast techniques are able to detect the presence 

of SPIO nanoparticle, very few of them can quantify the amount of SPIO nanoparticles and 

SPIO-labeled cells within a given structure. There are two main methods for quantification 

of SPIO CAs. 
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1.3.3.1. Dixon’s Quantification Method 

One SPIO quantification method is Dixon’s quantification method [57], which 

models the magnetic field inhomogeneities created by the SPIO nanoparticles as point 

dipoles. 

In the presence of an external static magnetic field B0, superparamagnetic spherical 

object alters the magnetic field in its surrounding in a manner approximated by the dipole 

field. To guide the development of an empirical model describing the contrast produced by 

a single SPIO-labeled cell, Heyn et. al. [90] performed computation of the dipolar field 

offset surrounding a SPIO-loaded cell according to formula: 

   
 

  
   (        )
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where γ is the proton gyromagnetic ratio (γ = 42.577×10
6
 Hz/T), KFe (T/(pg/mm

3
)) is the 

calibration coefficient relating SPIO magnetization to SPIO concentration obtained 

experimentally from reference suspensions of SPIO, r is the distance from the center of the 

cell to any given point (mm), θ is the angle from the position vector r to the external 

magnetic field B0, and mc is the mass of the superparamagnetic Fe/cell (pg). 

Figure 11 demonstrates a cross section through a 100 µm voxel containing a 

centered SPIO-labeled cell and illustrates the phase response of the balanced SSFP pulse 

sequence. 

 

Figure 11. Numerical simulation of the phase response of the balanced SSFP pulse sequence for a voxel 

containing a single centered SPIO-labeled cell. Figure from Reference [90], p. 313 (Fig. 1a) with 

permissions from John Wiley & Sons, Inc. to reuse in dissertation. 

The concentration of nanoparticles is quantified by fitting the model to the data. 

One drawback of Dixon’s quantification method is that it relies on phase unwrapping to 

generate the field map.  
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One solution to the problem of quantification of SPIO nanoparticles that requires 

no phase unwrapping step can be the application of the positive contrast technique PGM 

(Chapter 1.3.2). In PGM the magnetic field inhomogeneity is modeled as the field from a 

simple geometry (i.e. cylinder, sphere) and the phase gradient map is compared with the 

gradient of the magnetic field induced by susceptibility differences between the simple 

geometry and the surrounding area. Langley and Zhao [127] used the complex valued 

image to directly calculate the phase gradient in k-space. This phase map was compared 

with the theoretical gradient of the induced magnetic field and the concentration of the 

SPIO-based CA was determined by using PGM to construct the gradient of the field map 

with the gradient of the model. To minimize the error associated with the calculation of the 

CA, the calculation should only be performed in regions with a significant phase gradient. 

The method was approved on the phantom dataset. The induced magnetic field gradients 

generated by the vials complied well with the theoretical predictions of the infinite cylinder 

model at moderate to high concentrations of the CA in the high SNR regime; in the low 

SNR regime, as expected, the standard deviation of the calculated concentration increased 

as more noise was introduced to the original gradient echo images. At low concentrations 

the CA does not generate a measurable field to produce a useful phase gradient in the x-

direction. At low concentrations, the CA generated a phase gradient in the y-direction 

adequate enough to perform the quantification procedure. 

1.3.3.2. Quantification Based on Relaxation 

Relaxivity Expression 

In general, efficiency of an MRI CA is assessed in terms of its relaxivity r1, r2
(*)

 

expressed in [mM
-1

s
-1

]. The resulting local tissue relaxation rate in general terms is defined 

to be 1/T1,2
(*)

 and is denoted R1,2
(*) 

[s
-1

]. Although showing a T1 effect, the dominating 

effect on the image contrast after the administration of SPIOs stems from the local 

alternation of the transversal relaxation rates R2, R2
*
. Therefore most SPIO quantification 

methods rely on the mapping of the relaxation rate in a particular region. 

Theoretical analysis predicts that the relaxation rates observed after contrast 

administration R2
(*)

 can be calculated as the sum of relaxation rates contributed by the 

native tissue R20
(*)

 and the paramagnetic agent, respectively: 

   
( )

    
( )

   
( )[ ] (41) 
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where [c] denotes the iron concentration in [mM]. 

Transition to In Vivo 

The expression for relaxivity given in Eq. (41) implies that the proton relaxation 

rate increases linearly with CA concentration. This is an attractive feature in many 

dynamic MRI applications where the observed effect of the CA on the MR signal needs to 

be correlated to the concentration of the agent in tissue. 

In many situations, however, the change in in vivo relaxation rate is not a linear 

function of CA concentration due to additional factors influencing the effective agent 

relaxivity in a given tissue system. The relaxivity equation given above only applies when 

proton relaxation is due to dipolar interactions. The term ‘dipolar’ here implies a close 

interaction between each individual magnetic particle and the water molecules in the 

medium. In order for pure dipolar relaxation to take place, the contrast agent must be 

evenly distributed in the medium. A further requirement is that the relaxation effects of the 

agent equally affect all water protons in the medium. These requirements are typically not 

met in vivo since the biodistribution of all iron oxide-based CAs is restricted to certain 

tissue compartments. This compartmentalization of the CA in vivo can have a profound 

influence on its effective relaxivity. Both the T1 and the T2 relaxations can be affected by 

the contrast agent compartmentalization, but the two mechanisms are affected in different 

ways. In general, the effective T1 relaxation time is reduced whereas T2 is increased as a 

result of CA compartmentalization [23]. 

Rad et al. [179] observed a strong linear correlation between R2 values and labeled 

cell numbers, but showed that R2 values depend on the cell type and size, even with the 

same amount of intracellular iron. Relaxivity changes depend on the spatial distribution of 

iron particles and their surrounding molecules. For a given iron oxide concentration, the 

more cells in the voxel, the greater the spread of iron particles and the higher the R2 value. 

Thus, as R2 relaxation rate is sensitive to both iron concentration and distribution of the 

particles within a voxel [33,179], it is not useful for quantification of SPIO labeled cells by 

itself. 

Nevertheless, for cell suspensions, where the magnetic material is distributed in 

clusters, a simple linear relationship exists between the iron concentration and R2
*

 change 

[33]. This, however, includes the challenge that the R2
*
 relaxation rate is not only 

influenced by SPIO contrast agents, but also by macroscopic susceptibility-induced field 

gradients that arise from air/tissue interfaces, like the lung/liver or the sinus/brain 
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interfaces etc. These disturbances cause enhanced signal decay and scale linearly with the 

field strength. Therefore, susceptibility artifacts lead to overestimated relaxation rates or 

obscure small concentrations of SPIO-labeled cells. 

Several post-processing methods for correction of the relaxation rate enhancement 

due to macroscopic background field variations have been proposed [54,64]. To derive an 

accurate measurement of T2
*
, main field inhomogeneity correction algorithm was 

introduced by H. Dahnke and T. Schaeffter [54]. The approach used in this study is to 

calculate the field variation over each voxel from a multislice experiment with no slice 

gap, assuming the linear field variation oriented in the slice-selection direction, and to use 

the obtained data as initial values for an iterative optimization procedure, by which the 

relaxation signal is corrected for each voxel. These corrected T2
* 

maps show reduced 

influence of the local field variation and contain information about the local SPIO 

concentration. Moreover, no high resolution in slice direction is needed because the final 

field variation is calculated iteratively from the initial values. The fast postprocessing 

correction and interleaved multislice acquisition (is needed for application of exact the 

same gradient structure to all gradient echoes) with no extra measurement time needed, 

makes this technique near-real-time quantitative MR imaging. 

One important parameter in quantitative studies with labeled cells can be the 

existence of free iron in the labeling solution post-labeling, because it is difficult to 

completely separate extracellular iron from the labeled cells. Another place for free iron is 

at the injection site, where hemorrhage and labeled dead cells are often found [179]. 

Finally, MRI quantification of SPIO labeled cells is an indirect technique because signal 

change is due to the concentration of iron and not the total amount of the labeled cells 

[133]. 

Accuracy of the T2* Mapping 

Moreover, noise analysis, model selection and curve-fitting algorithm optimization 

play essential role in further improvement of the Multi-Gradient Echo (MGE) technique 

used to sample the T2
*
 decay in terms of its accuracy and reproducibility [87]. The problem 

of the choice of the curve fitting model is also known from the T2
*
 quantification of heavily 

iron-loaded hearts in thalassemia, where the very short T2
*
 results in a rapid decay of 

myocardial signal intensity. In this scenario the signals of the later echo images are likely 

to be buried in the background noise [87], leading to a plateau for the low SNR in the later 
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echo images [89]. This signal plateau complicates the approach to curve fitting for 

evaluating the T2
*
, since the T2

*
 decay may not be a simple exponential. 

Different approaches have been adopted to understand and to model the myocardial 

T2
*
 decay. An early attempt to deal with MRI noise was a baseline subtraction model 

where the measured noise was directly subtracted from each echo image [12]. He et al. 

[87] showed, howevere, that although the background noise is consistent across all T2
*
 

images, it mainly affects the lower SNR data acquired with long echo times. Thus, the 

simple subtraction model is invalid because it subtracts a constant value of the measured 

noise from all data points on the decay curve. The truncation model was suggested to 

discard the late points before these descend to the noise level and then to fit the remaining 

signal with a mono-exponential equation not considering the low-signal data [87,239]. 

There were also reported techniques using biexponential and/or offset models [72]. 

However, there is currently no consensus on how to best analyze the T2
*
 decay 

curves that include later low SNR images. 

1.4. 19F MRI/MRS 

While the detection of the cells labelled with SPIO using various types of T1, T2 and 

T2
*
-weighted imaging of conventional 

1
H MRI is well established, the quantitative 

assessment of the hypo- or hyperintense voxels still remains challenging, especially in 

vivo. 

Conventional superparamagnetic iron oxide CAs make the quantification of the 

number of the labeled cells in tissue challenging and inexact because: (1) 
1
H images often 

are difficult to interpret because dark areas are not always associated with the iron oxide 

particles, but may be caused by other inhomogeneities or absence of protons; (2) due to the 

large background signal from mobile water this approach is not directly transferable to in 

vivo application using a standard calibration curve, especially when comparing changes 

across longitudinal studies; (3) despite its excellent MR sensitivity, those particles are not 

detected and quantified directly, but deplete the MR signal due to the locally produced 

magnetic field inhomogeneities and due to the influence on the T1, T2 and/or T2
*
 values of 

the surrounding protons in water molecules. 

In this context, 
19

F MRI/MRS becomes a promising solution for the contrast agent 

quantification. The main advantage of the “positive” contrast imaging using naturally 

occurring stable fluorine isotope 
19

F is that it allows imaging of the cells at an excellent 



Chapter 1. INTRODUCTION 

51 

 

degree of specificity without any background, since there are nearly no endogenous 

fluorine atoms present in the body (≈ 0.0066 mol/L compared to 
1
H ≈ 99 mol/L or 

31
P ≈ 

0.35 mol/L [262]). The only fluorine found in the human body are solids in bones and 

teeth, which being immobilized have extremely short T2 relaxation time and are therefore 

difficult to sense with conventional 
19

F MRI methods. The gyromagnetic ratios γ of 
1
H 

(γ/2π = 42.58 MHz/T) and 
19

F (γ/2π = 40.05 MHz/T) differ by only ~6.5%, thus a high 

relative sensitivity for 
19

F (83%) as compared to 
1
H (100%) is also given, meaning that the 

minimum number of detectable 
19

F spins per voxel is of the same order of magnitude as 

that of conventional 
1
H MRI, which is of the order of 10

18
 spins per voxel [5]. The merging 

of recorded 
19

F images with acquired 
1
H images enables an exact anatomic localization of 

fluorinated substances as “hot spots” [37]. 

1.4.1. Chemical and MR Properties of the 19F Compounds 

“However, for 
19

F MRI to produce an image quality similar to that of 
1
H MRI, 

whose signal derives from nearly two-thirds of all nuclei present in the body, the agent 

requires a very high density of 
19

F nuclei on the molecule in addition to a high tissue 

concentration” [187], p. 114. To achieve the former, perfluorination is performed. 

PerFluoroCarbons (PFCs) are organofluorine compounds of kind CXFY. They are 

linear or cyclic carbon molecules with all protons substituted in most cases by fluorine 

atoms. PFCs are chemically and thermally very stable because of the strength of the 

carbon-fluorine bond, one of the strongest in organic chemistry [263]. PFCs compounds 

are biologically inert and thus remain unmetabolized in the organism [109,120]. This 

exceptionally strong carbon-fluorine covalent bond and the strong electron withdrawing 

effects of fluorine are responsible for the unusual physicochemical properties of PFCs, i.e. 

its ability to dissolve oxygen, carbon-dioxide and nitrogen [109]. PFC compounds are 

highly hydrophobic [120] and often also show lipophobic behaviour [109,120]. They 

cannot be dissolved in standard solvents and are normally emulsified before in vivo 

application [84,120,229]. 

Due to their ability to coordinate high amounts of oxygen, PFC emulsions have 

been initially developed as commercial blood substitutes [22]; they were later adapted for 

CT [150] and ultrasonic imaging [175], and also used for drug delivery [120]. More 

recently, PFCs have been developed for cell tracking and quantification using 
19

F MRI 

[6,184]. 
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The in vivo biodynamics of i.v. applied PFC emulsions depends on the compound 

used [252]. In general, PFC emulsions are cleared from the bloodstream by macrophage 

activity and thus mainly embedded in organs of the mononuclear phagocyte system (MPS) 

(e.g., spleen and liver) [62,67,73,84,154]. The half-life of the PFC emulsion in the 

bloodstream is normally in the range of several hours [67,84]. As the PFC compounds are 

exhaled in a slow process through the lungs, 
19

F signal can be also often detected in small 

amounts in the lungs [154]. 

To maximize the 
19

F signal, the molecules used as 
19

F markers normally have 

multiple 
19

F atoms. The different 
19

F atoms of those molecules often experience different 

chemical environment and thus do not experience the same effective magnetic field. As 

consequence markers with 
19

F nuclei bound in different chemical environments exhibit 

multiple resonance frequencies (chemical shift (Chapter 1.2.2)). This chemical shift 

enables structural classification of different molecules by MRS. The application in MRI is 

limited by the chemical shift artifact. 

Figure 12 shows the structural formulas and NMR spectra of some PFCs used in 

biomedical applications. In general, linear structures have the disadvantage over cyclic 

structures that their NMR spectra are slightly more complex and they have multiple 

fluorine resonances potentially leading to chemical shift artifacts [208]. Spectrum of 

macrocyclic perfluoro-15-crown-ether at the contrary exhibits only one resonance line 

corresponding to 20 chemically equivalently bonded fluorine atoms, thus making it 

attractive for the use in 
19

F MRI, because no specialized MRI sequence must be applied to 

suppress chemical shift artifacts. 
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Figure 12. 
19

F molecular structure and NMR spectrum of various PFCs: (A) Perfluorodecalin (C10F18), (B) 

Perfluorohexane (C6F14),(C) Perfluorooctane (C8F18), (D) Perfluorooctylbromide (C8BrF17). All these 

substances are used as contrast and blood pool agents or oxygen carriers. However, the presence of multiple 
19

F resonances complicates the imaging process. The acquisition frequency of the MR images was centered 

on each peak or group of peaks, and the correspondingly acquired image indicated by (a) and (b) are shown. 

(E) perfluoro-15-crown ether (C10F20O5) has 20 equivalent 
19

F atoms, resulting in a single resonance peak. 

Figure from Reference [208], p. 7072 with permissions from Elsevier Inc. to reuse in dissertation. 

PFCs shows relative long T1 and T2 relaxation times, which may be influenced by 

different factors, such as temperature and oxygenation [252]. However, ex- and in vivo 

relaxation times T1,2 of the 
19

F agent may differ, they remain constant after injection, thus 

no adaptations of the pulse sequence parameters as a function of time after injection is 

necessary [84]. 

1.4.2. Quantification Procedure using 19F MRS/MRI 

In contrast to paramagnetic CAs, the fluorine nuclei act as a tracer, which is directly 

detected with 
19

F MRI/MRS, because it has its own, intrinsic, signal. There is a linear 

relationship between the amount of 
19

F spins and the intensity of the signal. Assuming 
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unaffected relaxation properties, the signal intensity in 
19

F MR images can be directly 

related to a useful quantity index by comparing the signal intensity to that of a reference 

sample. This allows determination of the cell load with fluorine and quantification of the 

amount of cells in vivo once the cell load is known [30,209]. Nevertheless, the sensitivity 

of 
19

F agents is not as high as that of iron oxide agents (Table 3) and to date is limited to 

large cell numbers. To the best of our knowledge, single cell imaging is not possible with 

the 
19

F cell labelling approach. 

Table 3. Comparison of MRI sensitivity of the paramagnetic, superparamagnetic and 
19

F contrast agents on 

the example of respectively Magnevist®, Resovist® and perfluoro-crown ether. The values for relaxivity are 

given for 1.5 T MRI system 

Contrast 
Agents 

Clinical Doses 
Molecular 
Relaxivity 

Clinical 
Concentr

ation 

Detection 
Limit 

Reference 

Gd 
(Magnevist®) 

0.3 mmol/kg r1 ~4 mM-1s-1 125 µM 30 µM [41,237] 

SPIO 
(Resovist®) 

1.4 ml (0.7 mmol 
Fe)/ > 60 kg or 

~ 0.075 
mmol/kg 

r2 ~151 mM-1s-1 116 µM 
324 nM/voxel 

(1 mm3) 
[123,235] 

PFCs 
(perfluoro-

crown ether) 

1-5 g/kg 
2 mmol/kg 

  
~360 mM/voxel 

(0.05 mm3) 
[172,181,

187] 

The quantification of an unknown amount of 
19

F marker can be done with the help 

of 
19

F MRS or, alternatively, spatially resolved 
19

F MRI. 

The MRS quantification procedure is illustrated in Figure 13. To enable 

quantification, a 
19

F reference substance with the known structural formula and known 
19

F 

concentration must be used. The reference must exhibit its resonance peak at a different 

chemical shift than the 
19

F marker that has to be quantified. 
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Figure 13. 
19

F quantification procedure using MR spectroscopy. The reference substance and the marker are 

dispersed in one tube and placed inside the NMR magnet. A global spectroscopy experiment is performed 

and the spectrum containing two resonance lines corresponding to the reference (blue) and the marker (red) 

is acquired. The ratio of the integrated areas under the resonance peaks is proportional to the ratio of the 

amount of the 
19

F spins in both substances. 

For the measurement, the tube containing both substances, the reference and the 

marker, is placed inside the coil mounted inside the NMR spectrometer. The excitation 

pulse is applied and the free induction decay signal is acquired. To allow full relaxation of 

both investigated compounds and avoid the T1 dependency of the signal a sufficiently long 

TR must be chosen. 1D Fourier transform is performed to get a spectrum, in which 

different resonance peaks can be assigned to different compounds according to their 

chemical shifts. The area under the peaks is integrated and the ratio of the integrals of both 

compounds reveals the ratio of fluorine atoms present in both peaks. The amount of atoms 

contributing to the reference resonance line must be known to allow absolute quantification 

of the unknown marker. 

This simple non-localized technique is highly sensitive and can be performed fast, 

but for in vivo applications lacks the spatial resolution. 

 

Figure 14. 
19

F quantification procedure using MR imaging. The reference and the marker substances are 

dispersed in two different tubes. Spatially-resolved 
19

F spin-weighted MR imaging experiment is performed. 

The 
19

F signal intensities in respective ROIs (reference and marker) are summed and the amount of the 
19

F 

spins in the marker substance is calculated according to Eq.(43). 

The spatially-resolved quantification procedure is based on spin-weighted 
19

F MRI 

and is presented in Figure 14. The reference substance with a known amount is placed 
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inside the coil in the MRI system near the probe or animal containing the marker. Since in 

the MR image the substances will be spatially separated due to spatial encoding of the MRI 

signal, the same substance can be used for marker and reference. The quantification 

information will be encoded in the image intensity. Two ROIs can be defined in the object 

containing the marker signal and the reference signal. Then the ratio of the signal 

intensities of chosen ROIs reveals the ratio of fluorine spins present in respective ROIs: 

 
            

  

         

   
∑         

       
         

∑      

    

      

 (42) 

where             is the number of voxels containing marker or reference 
19

F signal and 

            
  is the signal intensity of the individual voxels in respective ROIs. Let      be 

the concentration of the fluorine spins per voxel in the reference, than the amount of 

fluorine spins in the ROI containing the marker substance can be calculated as: 
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(43) 

1.5. Non-Uniformity of the B1 Field 

In their equilibrium state, the nuclear spins create no detectable signal. Images are 

produced by interacting with these spins using radiofrequency coils. The transmit RF coils 

generate a time varying magnetic field, B1, perpendicular to the main field that tips the 

magnetization away from the equilibrium state to produce a measurable MR signal which 

can be sensed by the same or another RF coil (receive coil). 

Although, quantification of the investigated 
19

F marker via image-based 
19

F signal 

intensity quantification can be done straightforward, accuracy may be limited by the non-

uniformity of the transmit radiofrequency field B1, which lead to flip angle variations over 

the field of view. This effect will be especially pronounced at high field strengths. 

Therefore any B1 variation has to be taken into account during quantification at 3T or 

higher field strengths.  
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1.5.1. Non-Uniformity due to Interaction between the Human Tissue and 

Applied B1 Field 

The radiofrequency coils used to excite the magnetization in the sample are 

generally designed to produce a uniform excitation field. This would make interpretation 

of qualitative and quantitative images straightforward. At low field strengths, producing a 

uniform excitation field is possible, as the wavelength of the RF field in tissue is 

significantly longer than the scale of the object being imaged (Table 4). So, for field 

strengths up to 3T, the excitation field can usually be assumed uniform for a wide range of 

applications. At high field strengths, however, significant interaction between the applied 

B1 field and human tissue is expected. Since the Larmor frequency used to interrogate the 

sample increases linearly with the static magnetic field B0, the operational wavelength 

decreases. This leads to dielectric effects and destructive interference from different 

elements in the excitation coil, which in return produces a non-uniform circularly polarized 

B1 field in the sample [161]. 

Table 4. RF wavelength in air and tissue (gray matter) at typical imaging strengths [86,104,221] 

Field Strength 

(T) 

Wavelength 

Air (cm) Tissue (cm) 

1.5 468 40 

3.0 234 25 

7.0 100 12 

11.7 60 7 

Non-uniform excitation is not unique to high fields. In samples with low 

conductivity, standing waves might be set up leading to non-uniform excitation, though 

these are typically damped out as the conductivity approaches tissue values [247]. 

1.5.2. Non-Uniformity of the B1 Field due to Coil Design 

Non-uniformities may appear due to use of non-uniform excitation coils. In general, 

RF coils for MRI can be grouped into two different classes: volume coils and surface coils. 

Volume coils are designed to produce a homogeneous excitation across a large volume. 

Surface coils are designed to provide a very high RF sensitivity over a small region of 

interest. These coils are often single or multi-turn loops (phased-array) which are placed 

directly over the anatomy of interest. The size of these coils can be optimized for the 

specific region of interest. Surface coils make poor transmit coils because they have poor 
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RF homogeneity, even over the region of interest. Their small field of view makes them 

ideal for receive as they only detect noise from the region of interest. 

The earliest RF-coils for MRI were all Linearly Polarized (LP). In this 

configuration, both transmission and reception of electromagnetic radiation takes place 

along a single axis. The B1 RF-field is generated by driving the coils with a sinusoidal 

electric current, causing B1 to oscillate in a single direction. Any linearly oscillating field 

can be decomposed into two counter-rotating circular fields, one in the same direction as 

the spin system, and the other in the opposite direction. The oppositely rotating field 

constitutes “wasted” RF-power that does not affect the spin system, but creates the adverse 

effect of heating the tissue. Thus, in the transmit mode LP coils are inefficient, because 

half of their power is wasted. In the receiver mode they are incapable of extracting full 

phase information from the MR signal. Nowadays LP transmit coils are largely restricted 

for use in very small animal imaging and spectroscopy applications. 

By adding a second set of coils perpendicular to the first and driving them with 

sinusoidal current phse shifted by 90°, a pure rotating B1 field can be created. This is 

known Circularly Polarized (CP) or quadrature transmission. The unwanted counter-

rotating fields from each linear coil set are always 180° out of phase and hence cancel each 

other out. The useful subfields synchronized with the spin system add together vectorially 

to produce a rotating B1 field without wasting power. 

Like LP coils, quadrature coils can be used as transmitters, receivers, or both. The 

most common design of quadrature volume coil used in MRI is the birdcage coil, or its 

variant, the Transverse ElectroMagnetic (TEM) coil. 

The RF homogeneity of volume coils is highly desirable for transmission, but its 

SNR properties are poor when the region of interest is small, since the large sensitivity 

region of the volume coil captures substantial noise from the sample. 

1.5.3. Dependency of MR Signal on B1 

Calculation of signal strength in MRI requires consideration of both transverse 

circularly polarized components of the B1 field, including the one that rotates in the 

direction of the nuclear precession B1
+
 (the component that determines the excitation) and 

the other that rotates in the direction opposite to that of nuclear precession (B1
-
) 

[45,76,161]. Therefore, the elliptical RF magnetization inside the sample can be written as 

[45,76,161]: 
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where    √  , B1
+
, B1

-
, Bx and By are complex vectors and the symbol * indicates its 

conjugate.  

Implying equation for the flip angle achieved by the application of an RF pulse of 

duration τ (Eq. (19)) and considering dependency of the image signal on the local receive 

field (B1
-
)*, the measured image signal intensity S can be expressed as [161]: 

     |(  
 ) |    ( |  

 |  )  (45) 

where ρ is the proton density, γ is the gyromagnetic ratio and V is the dimensionless 

normalization factor, which can be seen as proportional to the coil driving voltage and thus 

proportional to the flip angle. S and B1
+
/B1

-
 are functions of space. As it has been 

established [45], image signal has a sinusoidal dependence on the transmit field B1
+
 and a 

linear dependence on the receive field B1
-
 (where   

  |  
 | and   

  |(  
 ) |). 

Although the proportionality of receptivity to B1
-
 has been known for years [76,98], 

it is not a widely accepted or understood concept in the experience of the authors, e.g. 

Collins et al. demonstrated  that the differences in spatial distribution between B1
+
 and (B1

-

)* become significant at high magnetic field and result in spatially distinct transmission 

and reception profiles of different types of coils [46]. 

1.6. Conventional B1+ mapping techniques 

Non-uniform excitation leads to image intensity modulation and inaccurate 

quantification. To mitigate the effects of the non-uniform transmit field B1
+
, the excitation 

field profile has to be mapped. Fortunately, the B1
+
-field presents with only slow varying 

pattern, thus, a low resolution map is typically sufficient. Since the signal of MR images is 

a function of the flip angle, most of the existing techniques are designed to map the flip 

angle, and not specifically the B1
+
 field. However, these are related and normally only 

relative values are required, thus two terms can be used interchangeably, and for the rest of 

this thesis the mapping of the spatially varying flip angle will be addressed. The flip angle 

maps can then be used to correct qualitative and quantitative images. 

Depending on the load of the transmission coil different RF power may be required 

to apply a defined flip angle. Conventionally, the reference power is determined from the 
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excitation of a bulk sample with subsequent measurement of the FID. With a long 

repetition time (TR >> T1), the signal is independent of the relaxation times and might be 

considered to be proportional to the sine of the flip angle applied. The transmit attenuation 

is incremented to look for the first maximum in the signal which corresponds to a 90° 

pulse (sin 90° = 1). Amplitudes of all other pulses are set afterwards relative to this 

calibration value. This technique relies on a homogeneous excitation profile. 

At larger field strength, in case of non-uniform transmit coil, or even when spatially 

selective pulses are applied, this may no longer works, since the flip angle becomes 

spatially dependent (Figure 15). The prescribed flip angle will not be achieved throughout 

the sample at a single value of transmit attenuation (Figure 15 A). Instead, the signal 

maximum corresponds to a global average signal where the flip angle is about the 

prescribed angle for much of the sample (Figure 15 B), but not necessarily at any given 

point (Figure 15 C). This raises the need for a spatially sensitive method of measuring the 

flip angle. 

 

Figure 15. (A) Plot of the voltage attenuation calibration automatically done by 11.7T MRI system: increase 

of the flip angle by a factor of 2 causes increase in voltage attenuation of 6 dB. (B-C) MR intensity images of 

the homogeneous 
1
H fluid phantom acquired at 11.7T MRI at repetition time TR of 12.5 s (T1 of the MR fluid 

is about 2.5 s) representing the B1 sensitivity map. (B) Average intensity over the ROI indicated as gray 

polygon in intensity image B (corresponding to all pixels containing 
1
H signal) is plotted as a function of flip 

angle. (C) Average intensity over the ROI indicated as gray polygon in intensity image C (corresponding to 

small amount of pixels in the image center) is plotted as a function of flip angle. 

Directly imaging the flip angle is difficult because there are such unknowns as 

receive sensitivity and proton density. The primary methodology to remove these scaling 

factors from the equation is to take the ratio of two images or to measure the phase of the 

magnetization. Thus techniques for mapping the transmit field B1
+
 can be broadly 

classified into image intensity based techniques [20,52,58,106,111,248], and phase-based 

techniques [163,168,189]. 
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Double Angle Method 

This two-point method makes use of the trigonometric double angle formula 

               (hence is known as a Double Angle Method (DAM) [106]). The same 

experiment is repeated with an excitation flip angle α, and twice the flip angle      . If 

these tip angles are applied to a fully relaxed magnetization, the signal is given by: 

           (46) 

in the first experiment, and: 

            (47) 

in the second experiment. 

Then using the double angle formula and combining both equations, actual flip 

angle α can be determined, and is given by: 

         (
  

   
) (48) 

This technique implies several limitations. To avoid the T1 weighting from the 

residual longitudinal magnetization, the full relaxation of the magnetization before each RF 

pulse must be ensured. This requires repetition time on the order of 5T1, what makes the 

technique inherently slow. Furthermore, it is based on the assumption of a linearity of the 

RF system and is not applicable to very small flip angles, because at these points      

 , and Eq. (48) reduces to          
 ⁄ . 

Cunningham’s Modification  

The double angle method can be made more time efficient by saturation of the 

magnetization prior to each excitation pulse, as proposed by Cunningham et.al. [52]. The 

magnetization prior to each excitation pulse would be given by: 

      (     
 

    
  

⁄
) (49) 

where TSat is time between the saturation and the α/2α excitation pulses. This still requires 

some time for longitudinal recovery, but allows running the DAM more rapidly, 
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unfortunately at costs of SNR loss, because the signal is cancelled out during the 

saturation. 

180° Null Signal 

As repetition time becomes shorter, the signal is no longer independent of T1 and 

TR. In case of a completely spoiled sequence the signal magnitude is given by the SPoiled 

Gradient Recalled echo steady-state value, which is, neglecting the T2
*
 relaxation, 

proportional to: 

     

    (   )

       
 (50) 

     
   

  
⁄

 (51) 

Figure 16 shows a plot of transverse magnetization versus the flip angle α for the 

model in Eq. (50). When α ≠ 180°, the signal intensities are dependent on the ratio TR/T1, 

however when α = 180° the signal intensity is zero irrespective of T1. Hence, assuming 

ideal homogeneous excitation, there will always be a signal cancel for a flip angle that 

produces a 180° pulse. Moreover, the signal curve is approximately linear with the flip 

angle close to zero. Thus, by acquiring a set of images with different nominal αs in this 

linear region (e.g. α = 140°, 180°, 220°), the corresponding signal intensities from every 

pixel may be fitted to a straight line to determine the nominal flip angle that yields a zero 

signal, and hence the flip angle calibration factor k = 180°/αnull. 

 

Figure 16. Plot of the normalized signal intensity vs. the flip angle α for different ratios of TR/T1. In region 

near α = 180°, image magnitude is roughly linearly dependent on α. Images have larger magnitude but 

smaller linear α region as TR/T1 increases. Figure taken from Reference [58], p. 623 with permissions from 

John Wiley & Sons, Inc. to reuse in dissertation. 
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One obvious disadvantage of this method, as it can be also seen from Figure 16, is 

that as TR/T1 becomes shorter, the magnetization becomes saturated, leading to very little 

signal. The technique also has limited dynamic range, since it relies on signals in the linear 

region near the 180° flip angle. In addition, stimulated echoes may start to contribute to the 

signal leading to a loss in accuracy. 

Stimulated Echo Ratios 

In contrast to the above techniques that use an incremented flip angle to acquire a 

single echo, it is possible to acquire multiple echoes from a train of RF pulses, i.e. α-2α-α 

[10,111]. The stimulated echo arises from the following signal pathway: the magnetization 

is put into the transverse plane from the first α pulse, flipped and transformed into 

longitudinal magnetization by the 2α pulse, and then excited by the second α pulse. The 

amplitudes of the spin echo formed after the 2α pulse (SE) and stimulated echo (STE) are 

given respectively by: 

        (   
  

⁄ )       (52) 

             (   
  

⁄ )    (   
  

⁄ )             (53) 

where TE is the echo time between the first α pulse and formed spin echo signal SE and 

TM is the mixing time between the second pulse 2α and the last pulse α (as shown in 

Figure 17). 

 

Figure 17. Timing diagram of the stimulated echo experiment. 

To derive the expression for the flip angle, the ratio of two acquired signals must be 

taken: 
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This sequence has the advantage of acquiring both images in a single acquisition, 

shortening the necessary acquisition time. However TR must still be large enough to allow 

the transverse magnetization to decay, and longitudinal – to recover, restricting the speed 

of the sequence. Akoka et al. [10] demonstrated a good agreement between theoretical and 

experimental signal dependencies, and concluded that accurate flip angle determination 

was possible in the range of 60-130°. The measured flip angle does not directly depend on 

TR, but is influenced by the ratio TM/T1, what leads to potential T1 bias, and acquisition of 

T1 maps might be required for correction of the flip angle. Apart from the influence of T1 

time additional sources of error can be ascribed to the low SNR of the stimulated echo 

image in areas with a flip angle close to 90° and to the eventual nonlinearities of the 

transmitter [111]. Moreover, slice profile influence was identified as a major source of 

error [10]. 

Actual Flip Angle Imaging 

Another concept of using two images acquired using an interleaved delay within 

one repetition, similar to the stimulated echo approach but without refocusing of the 

magnetization, makes use of the gradient echo steady-state signals acquired immediately 

after application of two identical α pulses, separated by different delays, TR1 and TR2 

(Figure 18). 

 

Figure 18. Timing diagram of the actual flip angle imaging (AFI) pulse sequence. 

Described method introduced by Vasily Yarnykh and known as actual flip angle 

imaging (AFI) [248] assumes that the magnetization is ideally spoiled at the end of each 

TR interval. For clarity the following ratio is assumed TR1 < TR2 < T1. Then if TR1 and TR2 

are short compared to T1, the ratio of the generated signals in the pulsed steady state is 

largely independent of T1, and the first-order approximation can be applied for exponential 

terms [248]: 
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where          (         ) and          . 

Thus the ratio    
  

  
 can be used as a T1 relaxation independent measure of the 

actual flip angle: 

         
    

   
 (56) 

This fast and simple to implement imaging technique can be applied to a limited 

range of α, between 20 and 70° [248], and it is, unfortunately, difficult to effectively spoil 

the transverse magnetization when repetition times are significantly smaller than T1 [249]. 

Phase-based B1+ mapping 

It is also possible to determine flip angle from the phase of the resulting excitation. 

There are fewer phase-based B1
+
 mapping methods. These techniques make use of 

composite pulses and typically employ large flip angle. Baseline subtraction image to 

remove other sources of image phase is required for these techniques.  

The flip angle is related to image phase in a relatively complex relationship, 

however can be considered linear in some region (linear relationship between image phase 

and flip angle in the region near 180° [168] or around 90° [163]). One method by Morrell 

[163] uses the phase accrued from a 2α – α flip angle sequence to determine B1
+
. By 

repeating the sequences twice with different parameters of composite pulse (e.g. 2αx – αy 

and 2α-x – αy [163]) the receive phase can be extracted. An additional acquisition, however, 

is required to remove B0 related image phase. 

A novel phase-based approach does not require composite pulse and makes use of 

the Bloch-Siegert shift [189,213]. The effect of the Bloch-Siegert shift was described 

several decades ago [28] and, briefly, describes the effect where the resonance frequency 

of a nucleus shifts when an off-resonance RF field is applied. In case where RF pulse is 

applied either far enough off-resonance and/or with a pulse shape such that it does not 

cause spin excitation, spin nutation can be neglected and the primarily observed effect is a 

spin precession frequency shift [189,210]. The frequency shift from the Bloch-Siegert 

effect gives a phase shift in the image that is proportional to (B1
+
)
2
. In other words, Bloch-

Siegert based B1
+
 mapping uses off-resonant pulses before signal acquisition to introduce a 
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B1
+ 

dependent signal phase. Therefore the parameters of the off-resonant pulse (magnitude, 

frequency, duration) determine the phase shift introduced in the image. Other undesired 

sources of the image phase (transmit excitation and receive phases, off-resonance effects 

due to B0 inhomogeneties and chemical shift dependence [189]) are removed by taking the 

phase difference between two acquisitions performed symmetrically around the water 

resonance. The resulting B1
+
 mapping is fast and shown to be robust to TR, T1 relaxation, 

flip angle and background inhomogeneity [189], requires, however, modification of the 

imaging sequence. 
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2. OMPP Preparation Scheme for Visualization of SPIO CA 

Positive contrast is generally preferred for image interpretation because the signal is 

enhanced, whereas negative contrast decreases the signal. Development and application on 

phantom of one of the positive contrast technique incorporating off-resonance modulating 

pre-pulse for visualization of the SPIO CA is presented in this chapter. 

2.1. Introduction 

Rasche et. al. suggested a new off-resonance modulating pre-pulse for bright iron 

imaging [182]. The OMPP preparation comprises a non slice-selective 90° excitation pulse 

followed by a non slice-selective -90° restore pulse with phase Φ (Figure 19) for 

modulation of the longitudinal magnetization according to the local magnetic field 

distortions and spoiler gradient to remove residual transversal megnetization. By properly 

choosing the parameters of the OMPP preparation (e.g. time interval between excitation 

and restore pulses ΔT, phase of the restore pulse Φ), the MR signal from spins of a certain 

frequency can be cancelled and local off-resonances might be reconstructed, thus positive 

contrast can be achieved. This technique prepares magnetization during the application of 

pre-pulse, so that any imaging scheme can be used afterwards for the signal readout. 

 

Figure 19. Principle of off-resonance modulating pre-pulse (OMPP) preparation. 

Between the two 90° / - 90° pulses the transversal magnetization MXY(r) freely 

rotates in the xy-plane for a given time interval ΔT. During ΔT, MXY(r) accrues a phase 

  ( )      ( )  , which is proportional to the local off-resonance frequency shift 

Δω(r) and ΔT. After the restore pulse with the phase Φ, the restored longitudinal 

magnetization MZ
R
 is modulated by the cosine of the accrued phase ΔΦ with respect to 

phase Φ times the local T2
*
 relaxation, resulting to [182]: 
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    (    ( )    )   (
   

  
 ) (57) 

Depending on the phase Φ of the restore pulse the magnetization rotating at a 

certain frequency can be suppressed or alternatively enhanced. If time ΔT is small enough, 

so that the relaxation T2
* 

can be neglected, and phase Φ of the restore pulse is 90°, the 

magnetization from on-resonant spins rotating at Δω = 0 can be selectively cancelled 

(Figure 20). At the same time the local off-resonances can be reconstructed.  

 

Figure 20. Sketch demonstrating the OMPP preparation for the on-resonant spins with Δω = 0. The 

coordinate system is precessing with Larmor frequency ω0 (rotating frame). Upper row: the magnetization 

vector after application of non slice-selective (nss) 90° pulse has only a transversal component. Within the 

time ΔT the progressive dephasing of the on-resonant spins due to T2
*
 relaxation takes place, thus global 

magnetization vector will have two components in xy-plane: one along x-axis and one along y-axis. If ΔT is 

small enough, the magnetization vector is nearly not dephased. Middle row: Magnetization after application 

of a nss -90° restore pulse with phase Φ = 0°. The magnetization vector is flipped back to z-axis. The 

resulting magnetization vector MZ is less than M
0

Z due to T2* dephasing. Lower row: Magnetization after 

application of a nss -90° restore pulse with phase Φ = 90°. The xy-plane in which magnetization vector is 

rotating will be tilted at 90° around y-axis. The resulting magnetization vector MZ is nearly 0, especially if 

time ΔT is small and dephasing due to T2
*
 relaxation takes nearly no place. 

2.2. Materials and Methods 

2.2.1. Implementation of the off-resonance sensitive preparation sequence 

An OMPP pre-pulse is implemented on a 3T clinical whole-body scanner (Philips 

Achieva). Due to system limitations, time τ is required between applications of two 90° 

pulses, thus the lower boundary of ΔT is limited by the scanner settings. In order to reach 
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any desired value of ΔT, a non slice-selective composite excitation pulse consisting of two 

elements 90°/-90° separated by a time ΔT following by the spoiler gradient in the slice 

selection direction was implemented as simplified sketched in Figure 21. 

 

Figure 21. Sketch of the OMPP preparation scheme comprising one composite RF pulse and spoiler 

gradient. The definition of ΔT is according to the sketch. 

As all non-postprocessing positive-contrast techniques do not provide sufficient 

anatomical information, and it is necessary to combine them with regular T1, T2 or T2
*
-

weighted imaging, OMPP pulse sequence was implemented with the possibility of the 

dynamical acquisition of many images with varied ΔT within one MR scan (Figure 22), 

where the first acquisition is performed with OMPP pulse off in order to get regular 

anatomic image. 

 

Figure 22. Scheme of n dynamical MRI acquisitions with varying ΔT within OMPP preparation. Any imaging 

scheme can be applied for readout in imaging block. 

2.2.2. Phantom preparation 

Two phantoms were prepared for testing the performance of the OMPP pre-pulse. 
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2% agarose-Phosphate Buffered Saline (PBS) (Lonza, Belgium) solutions of 

different iron concentration (Resovist®, 500 mmol Fe/L) ([Fe] = 5, 7.5, 10, 20, 35, 50 µg 

Fe/ml) were placed in an agarose-PBS mold prepared 24h before. 

Thoracic aortic stent graft Medtronic Valiant (Medtronic World Medical, Sunrise, 

FL, USA) immersed in a water field container was further used for phantom 

measurements. 

2.2.3. MRI using OMPP preparation 

The MR experiment was conducted at room temperature using a Turbo Spin Echo 

(TSE) pulse sequence for readout. 8 images including reference image (without OMPP pre-

pulse) and images with varied ΔT (1, 1.25, 1.5, 2, 2.5, 2.75, 3 ms) were dynamically 

acquired within one MR scan. Imaging parameters were: TR/ TE = 2000/ 5.4 ms, TSE 

factor = 16, FOV = 230
2
, reconstruction matrix = 336

2
, dynamic scan time per acquisition 

shot was 40 s, leading to complete duration of the MR sequence of about 5 min. The phase 

Φ of restore pulse was set to 90°, thus according to Eq. (57) nearly 0 magnetization could 

be achieved from on-resonant spins rotating at Δω = 0. 

2.3. Results 

Figure 23 demonstrates 8 dynamically acquired images of agarose phantom without 

and with OMPP pre-pulse of different duration ΔT with the phase Φ = 90°. 

 

Figure 23. In vitro imaging in a coronal plane of SPIO containing probes in different iron concentrations 

embedded in a spherical agarose phantom using 2D TSE sequence with dynamically modified OMPP pre-

pulse (Φ = 90°, ΔT is changing as denoted on the image). 
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The gradual increase of area of positive signal surrounding the spherical objects 

containing SPIO particles in increasing iron concentration can be clearly observed, 

especially with prolonged ΔT. The detection sensitivity of off-resonances is increased with 

prolonged ΔT, e.g. at ΔT = 1 ms only high concentrations of SPIO nanoparticles provide 

good visible positive contrast, whereas at ΔT = 3 ms magnetic field distortions produced by 

all probes could be depicted. 

Simultaneously, the on-resonant background signal is attenuated. Good suppression 

of the on-resonant signal is observed in the center of the phantom, however due to the 

susceptibility differences around the phantom-air interfaces residual positive signal 

attributable to B0 inhomogeneties is observed. With prolonged ΔT (≥ 2 ms) the magnetic 

field lines bend into the object even more. 

An almost inverted imaging contrast could be observed on the image of the thoracic 

aortic stent graft immersed in a water field container, resulting in a bright image signal in 

the vicinity of the stent rods and good signal suppression from water protons (Figure 24). 

 

Figure 24. In vitro imaging in a coronal plane of a thoracic aortic stent graft embedded in a container filled 

with water using 2D TSE sequence with dynamically modified OMPP pre-pulse (Φ = 90°, ΔT is changing as 

denoted on the image). 

2.4. Discussion and Conclusions 

The described pre-pulse enables the modulation of the longitudinal magnetization 

according to the local magnetic field distortion. By adding the OMPP pulse with 

deliberately adjusted pulse parameters (Φ, ΔT) prior to the imaging part of a pulse 

sequence, the signal originating from on-resonant water protons can be suppressed, 

whereas signal from off-resonant spins near the susceptibility-generating objects is 
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maintained. Therefore, positive contrast in close proximity to these objects can be 

generated. Since the resulting frequency shift depends on the local iron concentration, the 

degree of signal enhancement shows the respective dependency. 

In the contrary to other approaches (Chapter 1.3.2), the technique utilizes a pre-

pulse, thus provides the full flexibility in choosing the final image acquisition technique. 

Shorter preparation times ΔT can be achieved owing to implemented composite pulse. The 

dynamical acquisition allows combination of the positive contrast technique with regular 

anatomical imaging within one scan. 

One obvious limitation of the technique is its sensitivity to the all kind of magnetic 

field inhomogeneities. Therefore only limited level of the background suppression can be 

achived. 
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3. Mapping of the T2 Relaxation Constant in the Myocardium 

Within the last decade, CMR imaging has become an important diagnostic tool for 

the assessment of Acute Myocardial Infarction (AMI) because it allows the visualization 

and quantification of myocardial necrosis and microvascular obstruction [2,166,242]. Late 

Gadolinium Enhancement (LGE) cardiac imaging was introduced by Saeed et al. in 1989 

[190], to identify infarcted myocardial tissue during CMR imaging. This technique 

incorporates the administration of relatively inert extracellular gadolinium contrast agent 

during gradient-echo inversion recovery imaging [117]. On image acquisition, areas of 

noninfarcted tissue appear dark, and infarcted or fibrotic tissue appears bright because of 

reduced clearance and increased volume of distribution of the gadolinium (delayed 

enhancement imaging) [145]. Imaging applying T2w-TSE sequences with a dark-blood 

preparation is currently a standard in the clinical routine to visualize the myocardial edema 

without the use of contrast agent [122,145]. The detection of edema is important since it 

allows the differentiation between areas of acute and chronic myocardial infarction [3], 

and, moreover, the determination of the area at risk of infarction [11]. Unfortunately, T2-

weighted dark-blood TSE sequences are prone to image artifacts such as signal intensity 

variations caused by the use of phased-array coils, bright rim artifacts next to the 

endocardium caused by insufficient suppression of the signal from slow flowing blood, or 

posterior wall signal loss caused by through-plane motion of the dark-blood prepared slice 

out of the imaging slice in the case of improper timing [114,145,173]. 

Quantitative T2 mapping is a different approach for myocardial imaging without the 

use of exogenous contrast agents that enables the differentiation of myocardial structural 

changes by means of absolute values and not by difference in relative signal intensities. 

Faster imaging techniques were introduced for myocardial T2 mapping to overcome 

limitations of TSE techniques. Myocardial T2 quantification with the faster imaging 

sequences, such as e.g. T2p-SSFP technique, requires the acquisition of multiple images 

and, the measuring method, in general, consists of three components: 1) a perturbation of 

the longitudinal magnetization within the preparation phase, 2) an experiment to derive the 

recovery curve which is governed by the exponential time constant T2 for MR longitudinal 

relaxation, 3) a model used to fit the sampled curve and extract the myocardial T2 values. 

These parameters can be displayed as pixel-wise maps whereby an estimate of T2 is 



Chapter 3. MAPPING OF THE T2 RELAXATION CONSTANT 

 

74 

 

encoded in the intensity of each pixel, which can be assigned colors to simplify visual 

interpretation. 

However, there is still a lack of data about the robustness of T2 estimation with 

respect to the curve fitting algorithm for deriving the T2 values from the spin-spin 

relaxation model compatible with these acquisitions. Thereby, the phantom study 

introduced in this chapter compares the accuracy of T2 mapping algorithms applied to 

analyze the T2 decay curves derived from multi-T2p sequences to investigate the optimal 

method for further in vivo myocardial T2 quantification. 

This section follows References [223,224]. 

3.1. Introduction 

Over the past 25 years a number of in vivo studies have measured the myocardial T2 

relaxation times (Table 5) primarily using techniques based on spin echo acquisitions 

[152,153,155] and more recently faster imaging sequences [74,83,219,258] such as, e.g. 

T2p-SSFP technique as introduced by Huang et al. [101] or combined T1/T2 mapping 

method as introduced by Blume et al. [29]. 

Table 5. Previously published in vivo T2 values of normal, edematous (vs. remote), iron-overloaded 

myocardium. NA is for not applicable or not reported 

Year 

Field 

Strengt

h [T] 

Sequence Fit Model 

T2 [ms] 

Acquis

ition 

order 
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E
d
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R
e
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-

T
h
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N
o

rm
a

l 

(v
o
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n
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e

rs
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1985 0.35 
ECG gated 

SE 

mono-

exponential 
80.9 42.3 - 42.4 NA [155] 

1998 1.5 
ECG gated 

SE 

mono-

exponential 
-  - 

29.9±5.7 

33.4±6.8 
44.3±3.5 NA [152] 

1998 0.5 
ECG gated 

SE 

mono-

exponential 
- - 

28.4±6.7 

43.4±7.4 

48.3±5.5 NA [153] 

2007 1.5 T2p-bSSFP 
mono-

exponential 
- - - 54.0±5.7 

linear 

+ half-

Fourier 

[101] 
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Year 

Field 
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2009 1.5 

Interleaved 

T1/T2p-

SSFP 

mono-

exponential 
80.7±6.7 49.3±5.0 - 50.0±4.0 centric [29] 

2009 1.5 T2p-SSFP 
mono-

exponential 
65.7±6.7 46.5±5.5 - 

50.7±2.4 

46.1±3.5 

linear 

centric 

[74] 

2011 1.5 T2p-SSFP 
mono-

exponential 
69±6 56±3.4 - 55.5±2.3 NA [222] 

2012 1.5 
T2p spiral 

imaging 

mono-

exponential 
56.7 43.4 - - NA [258] 

2012 1.5 T2p-SSFP 
mono-

exponential 
71±6 49±3 - - NA [219] 

2012 3.0 

Segmented 

radial GRE 

with 

adiabatic 

T2p, rest 

periods and 

lung-liver 

respiratory 

navigator 

mono-

exponential 

with empirical 

offset 

62.4±9.2 - - 38.5±4.5 NA [83] 

2013 3.0 T2p-SSFP 
mono-

exponential 
- - - 

44.1 

(base) 

45.1(mid) 

46.9(apex

) 

linear [119] 

2014 NA 

T2p-SSFP 

with 

additional 

saturation-

prepared 

acquisition, 

rest 

mono-

exponential 

27-echoes 

- - - 78.9 

linear [9] 

offset without 

SAT 27-echoes 
- - - 52.5 
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Year 
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periods, 

and 

navigating 

scheme 

offset with 

SAT 27-echoes 
- - - 53.1 

The superior performance of T2p-SSFP-based T2 quantification in direct 

comparison to multiple spin echo techniques has been reported [74]. Balanced SSFP 

(bSSFP) offers excellent SNRs and contrast-to-noise ratios within adequate scan time with 

inherent flow compensation and image contrast is controlled by the entire preparation 

scheme [101]. An additional benefit of the shorter acquisition times in the gradient echo 

approach is minimization of motion artifacts from triggered and respiratory motion, which 

greatly affect the accuracy and reproducibility of T2 images. 

Black-blood preparation provides more clearly defined endocardial borders and 

reduces artifacts from blood, thus appears to have improved accuracy in myocardial signal 

measurements [88]. However, to our knowledge, both the accuracy and reproducibility of 

T2-mapping from the multi-T2p data have not been assessed with respect to the choice and 

number of T2-preparation times and the curve fitting model. 

For fitting the T2 decay curve the two-parameter mono-exponential fit has been 

used extensively in literature, both with spin echo acquisitions and bSSFP acquisitions (see 

Table 5). Recently, the shortcomings of the 2-parameter model have been noted [9,83]. 

The two-parameter model does not take into account whether changes in the T1/T2 contrast 

nor disturbance in magnetization due to the imaging pulses until the acquisition of the 

center of k-space when using a bSSFP sequence, with several start-up pulses and especially 

with linear profile ordering. In [83], an empirical offset was included in the fitting model to 

account fot T1 relaxation during the radial gradient-echo sequence. This value was chosen 

based on the Bloch simulation and was fixed for a given set of sequence parameters and 

physiology characteristics. Three-parameter model with the third parameter capturing the 

perturbations in the magnetization curve due to the imaging puses played between the T2-

preparation and the acquisition of the central k-space line was apllied in [9] to eliminate 

the dependence of the estimated T2 values on the sampling points of the T2 relaxation 

curve, or in other words, on the preparation time. They also proposed a novel sequence that 
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in addition to T2-prepared images incorporates saturation-prepared image simulating the 

effect of a very long T2-preparation time to account for RF pulse imperfections, and thus 

improves the estimation of the third fitting parameter, as well as an efficient navigator-

gating scheme for free-breathing acquisitions. The RF excitation and refocusing flip angle 

imperfections (effect of B0 and B1 variations) are addressed by introducing of the 

acquisition with zero preparation time. 

It was shown in [89] that the black-blood technique combined with pure mono-

exponential fit improves significantly the accuracy of T2
*
 estimation in iron-overloaded 

thalassemia, compensating well for blood and motion artifacts. Nevertheless, if the black-

blood technique is not available, the truncation model ensures higher reproducible and 

more accurate T2
*
 measurements, whereas the offset model tends to underestimate T2

*
 

values thus showing lower reproducibility compared to the black-blood “standard”. 

Although the removal of points could be decided by an algorithm such as that described by 

Bonny et. al. [32], where data points representing images of SNR < 2 were discarded, the 

in vivo practice of discarding late points from the decay curve is subjective. Moreover, it 

could be expected that fewer data points may reduce the accuracy of the fit. 

Therefore, the purpose of this study was to compare the accuracy of T2 estimation 

derived from multi-T2p single-breathhold bSSFP acquisition using simple two-parameter 

mono-exponential model vs. three-parameter offset model, whereas the third parameter 

was included to characterize the deviations from the mono-exponential model. This 

comparison was done on a phantom with known T1/T2 values, whereas impact of T2-

prepared bSSFP acquisition parameters was examined. Afterwards, myocardial bright-

blood vs. black-blood imaging was performed to compare the performance of both 

recovery curve fitting models in vivo and obtain resulting T2 values in myocardium. 

3.2. Materials and Methods 

3.2.1. On-Scanner Implementation of the T2-prepared SSFP Sequence 

This study was carried out on a 1.5T clinical whole-body scanner (Philips Achieva) 

equipped with high performance gradients providing a maximum strength of 40 mT/m and 

a maximum slew rate of 200 T/m/s on each axis independently. The T2p-SSFP sequence 

was implemented enabling acquisition of the required T2 preparation times within a single 

breath hold (Figure 25). 
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Figure 25. Scheme of the dynamical T2p-SSFP pulse sequence. The T2p-SSFP pulse sequence includes four 

blocks: (1) optional black-blood preparation, (2) T2-magnetization preparation (with dynamically varied 

preparation time TET2p), (3) transient-state stabilization, and (4) balanced SSFP readout. 

T2 magnetization preparation consists of a 90° excitation pulse and -90° restore 

pulse; a train of 2 or 4 180° refocusing pulses can be added between two pulses for 

rephasing of the magnetization. A spoiler gradient is applied right after the set of 

preparation-pulses to diphase any residual transverse magnetization. To decrease the signal 

from inflowing blood with reference to the myocardium black-blood preparation of the 

magnetization with pre-saturation pulses can be optionally performed prior to T2-

preparation. A preparatory pulse   
 ⁄  followed by a number of dummy pulses is applied 

prior to the readout block to reach the steady-state condition. Completely balanced gradient 

pulses along all three axes are applied in the bSSFP readout block. Several different T2 

preparation echo times TET2p are used in the subsequent ElectroCardioGram (ECG)-

triggered dynamic acquisitions within a single breath hold to generate the multiple T2-

weighted images (Figure 26). 

 

Figure 26. T2 mapping scheme. bSSFP readout (green) presents at a constant delay time TD from each 

preceding R wave (to ensure acquisition of the same phase of the cardiac cycle). Depending on the dynamic 

scan number, the preparation time TET2p (red) is increased. The signal intensity in each image represents a 

different T2-weighting. The evolution of the longitudinal magnetization MZ(TET2p) is plotted in-between. 
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3.2.2. Phantom MRI Study 

The validation of the T2p-SSFP sequence and comparison of the accuracy of the 

fitting models under investigation was performed on the Eurospin Test Object TO5 

Contrast phantom, covering T2 values between 49 ms and 373 ms (Table 6).  

Table 6. T1/T2 values for the respective tubes of the Eurospin Test Object TO5 Contrast phantom given for 

1.5 T field strength at the room temperature (296 K or 23°C) 

Probe No T1 [ms] at 296 K T2 [ms] at 296 K 

2 331 70 

3 329 111 

4 506 49 

5 496 89 

6 492 151 

7 664 89 

8 659 129 

9 828 108 

10 822 149 

11 992 128 

12 1603 373 

A one-element transmit-receive head coil was used in this study. Phantom data 

were acquired with a simulated heart rate of 80 bpm at 9 different preparation times TET2p 

(varying from 0 to 150 ms) (see Table 7 “In Vitro” for imaging parameters). 

Table 7. T2p-SSFP acquisition parameters in phantom and in vivo studies 

Parameters In Vitro In Vivo 

Repetition time /Echo Time 
(ms) 

4.4/2.2 3.8/1.92 

TFE factor 29 29 

Flip angle (deg) 60 60 

Field of view (mm) 
RL/AP/FH 

230×230×5 230×10×380 

Reconstruction matrix 240×240 288×288 

Acquisition Order linear/centric centric 

N of Start-up Echoes default/11 11 

TET2p range (ms) 0-150 0-80 

N of Refocusing Pulses 2/4 4 

Halfscan Factor no 0.6 

SENSE Factor no 2 

Acquisition window (ms) 127.9 111.1 
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Parameters In Vitro In Vivo 

Pixel Bandwidth BW 
(Hz/pixel) 

513.1 515.7 

Scan Duration (ms) 18×RR 12×RR 

The impact of the acquisition order (linear vs. centric), of the number of refocusing 

pulses, and of the refocusing pulse shape (adiabatic vs. non-adiabatic) on the resulting T2 

values was investigated. Since the T2 decay curve was sampled up to TET2p = 150 ms, only 

probes with T2 values under 150 ms (probes number 2-5, 7-9, 11) were taken into analysis 

for determining the parameters’ set, which provides the best accuracy in T2 estimation. 

Moreover, since T1 of the sample might have an impact on the T2 estimation from multi- 

T2-prepared acquisition, the probe number 11 with long T1 relaxation constant was also 

excluded from the analysis. 

3.2.3. In Vivo MRI Study 

With the acquisition protocol optimized in the phantom study, 24 patients were 

studied for further in vivo investigation (for MR parameters cf. Table 7 “In Vivo”). 

Comparison of the impact of bright- and black-blood data acquisition was assessed in 5 

additionally investigated patients. One thalassemia patient was enrolled for proofing the 

applicability of the protocol to short T2 conditions. 

The in vivo scans were conducted with a 32-element cardiac phased array coil. Six 

images with TET2p (0, 20, 35, 50, 65, 80 ms) were subsequently acquired in a single breath 

hold of 12 heart beats. T2-preparation was performed applying four non-adiabatic 

refocusing pulses. All data was acquired during end-diastole to minimize residual cardiac 

motion. The TET2p times were chosen based on the expected range of myocardial T2 values. 

The literature analysis (see Table 5) had shown that the T2 for normal myocardium is in the 

range of 40 to 55 ms. Accordingly, the longest TET2p was chosen to be 80 ms in order to 

cover approximately 2∙T2 of the decay curve. According to the recommendations of [29], 

an image without T2-preparation (TET2p = 0 ms) was included in the analysis. The 

intermediate points were chosen to be equidistant in this region and TET2p = 20 ms was the 

minimum time permitted by the preparation scheme. 

As suggested by the phantom studies, a bSSFP pulse sequence with centric 

acquisition order and 11 start-ups was applied. To avoid motion artifacts, acquisition of 

each T2 preparation delay was split over two subsequent cardiac cycles, leading to overall 
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scan duration of 12 RR intervals. Half-Fourier acquisition and SENSE acceleration factor 

of 2 were used. 

3.2.4. Data Post-Processing: Quantification Algorithms 

T2 measurements were performed in house-written software developed in 

MATLAB
®
 (The Mathworks, Natick, MA). Myocardial images acquired at different 

TET2ps were coregistered before the application of quantification algorithms to compensate 

for residual respiratory motion. A Region Of Interest (ROI) was manually selected in the 

short-axis view. Two models for fitting the signal decay were investigated: 

conventional two-parameter mono-exponential decay model: 

 
      

 
     

  
⁄

 
(58) 

and three-parameter offset model: 
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(59) 

with S being the modeled signal, S0 the initial amplitude without any additional T2-

preparation (TET2p = 0), TET2p the preparation time, T2 the effective transverse relaxation 

time, and C a combined offset parameter. 

The curve fitting was performed using a non-linear least squares algorithm. Pixel-

wise estimation with both equations was performed for generation of T2 maps in phantom 

and in vivo. Mean values and standard deviations were calculated for final T2 estimation. 

The goodness of the model fit was assessed in terms of the degrees of freedom 

adjusted multiple correlation coefficient R
2
 and Summed Square of Errors (SSE).  

Statistic R
2
 shows how successful the fit is in explaining the variation of the data. 

R
2
 is computed from the sum of the squares of the distances of the points from the best-fit 

curve determined by nonlinear regression SSE. The results are normalized to the sum of the 

square of the distances of the points from a horizontal line through the mean of all values 

called Total Sum of Squares (SST). Given these definitions, R
2 
can be expressed as: 

      
   

   
 (60) 
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R
2 

can take any value between 0 and 1, with a value closer to 1 indicating that a 

greater proportion of variance about the average is accounted for by the model. 

If the number of fitted coefficients in the model is increased, R
2 

will increase 

although the fit may not improve in a practical sense. To avoid this situation, the degrees of 

freedom adjusted R
2
 statistic, that generally takes into account coefficients introduced 

additionally to the previous model, has to be used. The adjusted R
2 

statistic is given by: 

      
   (   )

   ( )
 (61) 

If n is the number of the response values and m is the number of the fitted 

coefficients estimated from the response values, then       is the residual degrees of 

freedom indicating the number of independent pieces of information involving the n data 

points that are required to calculate the sum of squares. 

Statistic SSE measures the total deviation of the response values predicted by the fit 

 ̂  from the response values   : 

      ∑  (    ̂ )
 

 

   

 (62) 

A value closer to 0 indicates that the model has a smaller random error component, 

and that the fit will be more useful for prediction. 

SST is the Total Sum of Squares about the mean  ̅: 

      ∑  (    ̅) 

 

   

 (63) 

Significance of the results was tested by applying two-tailed paired Student’s t-test, 

p-value below 0.05 was considered statistically significant. 

3.3. Results 

3.3.1. Phantom Study 

T2p-SSFP image of Eurospin Test Object TO5 Contrast phantom containing tubes 2 

to 12 (for relaxation constants cf. Table 6) acquired at TET2p = 35 ms is shown in Figure 

27. 
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Figure 27. T2p-bSSFP image of the Eurospin Test Object TO5 Contrast phantom containing tubes from 2 to 

12 (for relaxation constants cf. Table 6) acquired at preparation time TET2p = 35 ms. 

Table 8 summarizes the results from the phantom study. 

Table 8. Comparison of performance of MRI parameters in the phantom study for optimization of T2p-SSFP 

sequence for further T2 decay fitting with described models based on two-tailed paired Student’s t-test (p < 

0.05 is considered statistically significant) 

 Sequence parameters 

No of RF pulses 4 4 2 2 4 4 2 2 

Adiabatic pulse     + + + + 

Centric order +  +  +  +  

Linear order  +  +  +  + 

First TET2p ≠ 0 
(ms) 

20 20 15 15 25 25 15 15 

p-
value 

MonoExp 0,00049 0,00030 0,00061 0,00052 0,00037 0,00031 0,00064 
0,0004

5 

OffSet 0,84998 0,79195 0,14426 0,03246 0,58412 0,53941 0,20769 0,0429
1 

Using two refocusing pulses for T2 preparations allows for shorter preparation times 

(parameter “First TET2p ≠ 0 [ms]” in Table 8). A small but not significant improvement of 

the fit of the mono-exponential model as compared to the case of use of four refocusing 

pulses can be appreciated. However, four refocusing pulses lead to significant accuracy 

improvement with the offset model (Table 8, p-values for the offset model are higher in the 

case of the use of four refocusing pulses than in the case of the use of two refocusing 

pulses). 

Applying adiabatic pulses further prolong the minimal T2-preparation time in case 

of the use of four refocusing pulses. The improved B1 profile does not positively impact the 

quality of the model fit in this case, but the prolonged minimal TET2p time causes 

worsening of the fit (Table 8, p-values for both models are lower in the case of the use of 
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four adiabatic refocusing pulses than in the case of the use of four non-adiabatic refocusing 

pulses). 

Figure 28 demonstrates the pixel-wise T2 maps estimated from centric and linearly 

acquired data with mono-exponential and offset models respectively. Bar charts in Figure 

29 exemplarily shows the mean T2 values and the standard deviations for all chosen probes 

estimated with mono-exponential and offset models, whereas the data are again compared 

for the centric and linear acquisition schemes. 

 

Figure 28. T2 maps evaluated with mono-exponential and offset models from data acquired with centric and 

linear k-space ordering. 

Linear k-space acquisition resulted in larger T2 overestimation with mono-

exponential and larger T2 underestimation with the offset model comparing to the centric 

acquisition order. This over-/underestimation with the linear acquisition order is highly 

significant, e.g. in case of four non-adiabatic refocusing pulses p = 0.002 for the mono-

exponential model and p = 0.001 for the offset model. At the same time the standard 

deviation of the offset model is higher in case of centric k-space ordering (Figure 29) and 

the generated T2 map shows more inhomogeneity (Figure 28) than in case of linear 

ordering. 



Chapter 3. MAPPING OF THE T2 RELAXATION CONSTANT 

 

85 

 

 

Figure 29. Bar chart demonstrating the comparison of performance of two-parameter mono-exponential 

model and three-parameter offset model in means of mean measured T2 value and standard deviation for 

centric and linear acquisition schemes. 

In general, T2 maps generated with three-parameter model visibly showed more 

signal inhomogeneity (Figure 28), resulting in larger standard deviation for three-

parameter fit as compared with that of the two-parameter fit (Figure 29). The mono-

exponential model leads to a systematic T2 overestimation (Figure 29), whereas the offset 

model shows higher accuracy (Table 8, p-values) with slight underestimation of the real T2 

values with increasing T2 values of the sample (Figure 29). By correct adjustment of MR 

acquisition parameters excellent fitting of all data points and non-significant deviation 

(Table 8, p = 0.85) from the recorded T2 values could be observed with the offset model. 

The phantom study further proved that in case of reasonably chosen TET2p values 

(first TET2p is as short as possible, last TET2p is at least two times the T2 value of the 

sample, equidistant TET2p interval) introduction of an additional offset into the fitting 

equation clearly improves the overall agreement of the fit to the signal decay curve. The 

offset model clearly performs best for the T2 values well below the longest TET2p. In Figure 
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30 a (T2 = 49 ms, TET2p_last = 150 ms) the offset model fits almost perfect to the data points 

(T2 = 48.35 ms, R
2
 = 0.999, SSE = 5.88), while the mono-exponential model clearly 

revealed problems for longer TET2p values, resulting in severe overestimating the T2 (T2 = 

73.95 ms, R
2
 = 0.977, SSE = 1.2∙10

3
). For longer T2 which is still shorter than the longest 

TET2p (e.g. Figure 30 b, T2 = 111 ms) the offset model still fit all the data points well, but 

results in a slight underestimation of T2 (T2 = 105.32 ms, R
2
 = 0.999, SSE = 13.01), 

whereas the overestimation of the mono-exponential fit is still prominent (T2 = 156.36 ms, 

R
2
 = 0.994, SSE = 176.16). 

 

Figure 30. An example of phantom data fitted using both the offset (blue) and mono-exponential (red) models 

for: a) T2 = 49 ms; b) T2 = 111 ms; c) T2 = 149 ms; d) T2 = 373 ms. 

Approaching T2 values close to the longest acquired TET2p, both fits show a similar 

behavior. E.g. for T2 = 149 ms (Figure 30 c) the offset model and mono-exponential model 

result as T2 = 140.09 ms and 153.72 ms respectively, whereas goodness of fit statistics are 

R
2
 = 0.999, SSE = 23.80 for the offset model and R

2
 = 0.998, SSE = 29.88 for the 

exponential model. For the T2 values well above the last measured TET2p (Figure 30 d, T2 = 

373 ms) any of fit provide acurate T2 (T2 = 270.11 ms, R
2
 = 0.997, SSE = 25.78). 
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3.3.2. In Vivo Study 

Figure 31 exemplarily shows a series of T2-weighted images of a mid-short-axis 

slice for one volunteer acquired using T2p-SSFP (Figure 31 a) and the corresponding 

computed T2 maps (Figure 31 b-c). Parallel image reconstruction ensures full 

compensation of the signal intensity variations introduced by the B1 pattern of the array 

coil. Image quality is compromised by the rather poor spatial resolution, but the 

homogeneous blood pool signal inside the left ventricle causes a well-defined delineation 

of the ventricle walls and papillary muscles. As observed in the phantom study, T2 values 

derived from the offset model are lower than the values from the numerical and mono-

exponential decay models. The mean resulting T2 values across 24 subjects were 

41.13 ± 1.72 ms for the mono-exponential and 31.40 ± 2.71 ms for the offset models. The 

observed differences for the offset model were statistically significant (p < 0.001). 

 

Figure 31. The raw T2p-SSFP images from one subject acquired at TET2p = 0, 20, 35, 50, 65, 80 ms 

correspondingly (a), and T2 maps calculated with mono-exponential (b) and offset (c) models. 

Figure 32 shows representative series of bright- and black-blood images acquired in 

the same volunteer. Good blood suppression can be appreciated in the black-blood images 

and excellent contrast between myocardium and blood could be achieved in bright- and 

black-blood approaches. 
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Figure 32. Example of short-axis midventricular images of the bright- (a) and black-blood (b) data obtained 

from the same subject at TET2p = 0, 20, 35, 50, 65, 80 ms respectively. 

Figure 33 a and b show one typical example of the decay curves of the bright- and 

black-blood data respectively fitted with the mono-exponential and offset models. It 

demonstrates that the mono-exponential model does not fit well neither bright- nor black-

blood data, whereas both datasets are well fitted with the offset model. The bar chart in 

Figure 33 c demonstrates the average T2 values over 5 subjects calculated with mono-

exponential and offset models from the black- and bright-blood data. T2 values are very 

similar between two approaches and do not show any significant differences for the mono-

exponential model (p = 0.75). The offset model applied to the black-blood data provides 

lower T2 values and higher standard deviation than applied to the bright-blood data, 

however this difference is not significant (p = 0.22). 
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Figure 33. Example of decay curves of the bright- (a) and black-blood (b) data from the same subject fitted 

with the mono-exponential and offset models. In (c) comparison of the mean T2 values (from 5 patients) 

obtained from bright- and black-blood data with mono-exponential and offset models are presented. 

Application of the technique to an iron-overloaded heart (Figure 34 a) reveals the 

mean myocardial T2 values as 35.44 ± 4.88 ms for the mono-exponential (Figure 34 c), and 

20.91 ± 4.35 ms for the offset model (Figure 34 d) correspondingly. As in the previous 

cases, the best performance of the offset model in the curve fitting is clearly seen in Figure 

34 b compared to the mono-exponential model. 
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Figure 34. The raw T2p-SSFP images from a subject with iron-overload acquired at TET2p = 0, 20, 35, 50, 

65, 80 ms correspondingly (a), intensity data fitted using the mono-exponential (red) and offset (blue) models 

(b), and T2 maps calculated with  mono-exponential (c) and offset (d) models. 

3.4. Discussion and Conclusions 

In this work, the impact of T2-preparation acquisition parameters and fitting models 

on the accuracy of the T2 mapping results obtained from the multi-T2p bSSFP sequence 

was analyzed. It was shown that the model used for fitting has a huge effect on the 

resulting values. Applying a simple mono-exponential curve-fitting model for T2 

quantification with T2-prepared steady-state free precession imaging technique likely 

overestimates the resulting T2 values, and another fitting algorithm capturing the signal 

bias has to be used for accurate T2 quantification. 

Van Heeswijk et al. [83] introduced an empirical offset to the simple mono-

exponential model, to account for the T1 recovery between the end of the T2-preparation 

and the center of the radial readout train. This parameter was determined based on the 

Bloch equations simulation and was fixed for a given set of pulse sequence parameters. It 

was shown in simulation that both the empirical equation and the standard mono-

exponential decay model led to an equally good fit (R
2
 = 0.99), however about 12% T2 

overestimation was observed with mono-exponential fit, while using model with empirical 

offset resulted in only 1% T2 underestimation. The T2 value for myocardium obtained in 

volunteer study at 3T was 38.5 ± 4.5 ms. The limitation of this approach is that the T1 of 

the myocardium has to be known for definition of this empirical offset parameter. And 

sinse the T1 of the healthy and infarcted myocardium may differ by 18% as reported in 

[174], it might raises concern. 
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Akcakaya et al. [9] also suggested a three-parameter model for T2 relaxation to 

characterize T2-prepared bSSFP acquisitions. However, for efficient estimation of these 

three parameters, a novel sequence was introduced that incorporates saturation-prepared 

images in addition to T2-prepared images, as well as navigator-gating scheme for free-

breathing acquisitions. 

The constant iteratively derived offset introduced in the curve-fitting model in this 

work is assumed to account for the model mismatch between the curve-fitting and the 

underlying acquisition. As addressed in the literature, the potential sources of errors in T2 

estimation from multi-T2p bSSFP sequence using simple mono-eponential model can be 

noise bias, motion artifact, T1 relaxation, magnetization perturbation prior to the 

acquisition of the central k-space line. Thereby, the acquisition parameters of the multi-T2p 

bSSFP sequence were adjusted for efficient estimation of parameters of the offset model. 

The TET2p preparation times in vivo were chosen to be equidistant and to cover the 

range of approximately 2∙T2 of myocardium for facilitating the fit of the model to the 

respective curve. The first non-zero TET2p was set to the minimal time allowed by the 

preparation scheme. 

Centric phase-encoding order improved the quality of the derived T2 values likely 

due to the shorter delay between the T2 preparation and sampling of the k-space center 

causing less T1-recovery. This observation is in a good agreement with the results obtained 

in a phantom study by Giri et al. [74], who reported that the least overestimation of the T2 

values with the mono-exponential model was achieved for T2p-SSFP technique with 

centric k-space encoding. Moreover, the advantage of this phase-encoding scheme is the 

acquisition of the signal free of artifacts caused by the sampling of discontinuous signal 

amplitude in k-space. Split over two cardiac cycles acquisition of every single in vivo 

image in our study appeared artifacts-free, though Giri et al. observed with the centric 

acquisition ghosting artifacts in the blood pool and myocardium, whereas images with 

linear acquisition were homogeneous and artifact-free [74]. T2 values calculated with 

mono-exponential model in this study (41.13 ± 1.72 ms) are similar to those obtained in six 

volunteers with centric acquisition order in [74] (46.1 ± 3.5 ms for centric vs. 

50.7 ± 2.4 ms for linear). 

The black-blood preparation did not improve the accuracy of the fitting model, but 

increased the standard deviation in case of the offset curve-fitting model. 
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Quantification of myocardial T2 using mono-exponential model yielded a lower 

value (~ 41 ms) in comparison to majority of studies (~ 45-50 ms) (Table 5). However, not 

perfectly matching results reported even by the same working group can be found in the 

literature. Giri et al. reported different T2 values in two different publications; however 

they were obtained with the same imaging technique, similar acquisition parameters, at the 

same field strength and MRI scanner. In 2009 they published T2 values of 65.7 ± 6.7 for 

infarcted region, 46.5 ± 5.5 for remote and 46.1 ± 3.5 for healthy myocardium [74]. 

Whereas in 2011 respective reported T2 values were 69 ± 6 ms for infarcted, 56 ± 3.4 ms 

for remote, and 55.5 ± 2.3 ms for healthy myocardium [222]. In both studies T2 values 

were calculated using mono-exponential model for fitting the T2p-SSFP data acquired at 

three TET2p preparation times (TET2p = 0 ms, 24 ms, 55 ms) at 1.5T Siemens Avanto MRI 

system. 

In [119], T2 values of about 45 ms in healthy myocardium were reported for 3T. 

This value was calculated by fitting with the mono-exponential model of the data obtained 

using a T2p-SSFP technique similar to that one described for 1.5T in [74] with linear k-

space acquisition. Whereas in [74] T2 in volunteers was 50.7 ± 2.4 ms with linear 

acquisition. 

Even though the mono-exponential decay model is still used in many studies (Table 

5), it clearly overestimated the resulting T2 values for all T2 values investigated in the 

phantom study. The presented data clearly indicate that the accuracy of the T2 mapping can 

be increased by introduction of an offset to the mono-exponential model. Resulting T2 

values as well as the quality of the fit clearly demonstrated its superior performance with 

the optimized T2p-SSFP MR protocol. Thereby, the reduced myocardial T2 values as 

calculated by the offset model compared to the mono-exponential model are considered to 

be accurate. 
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4. Qualitative Detection of iPLLA-labeled MSCs 

This chapter is about the multimodal tracking of cells labeled with custom-designed 

nanometer-sized iron oxide loaded poly-(l-lactide) nanoparticles. Two types of delivery of 

the labeled cells to the mechanically induced skin wounds in a rat model, by injection and 

via chemically defined silicone carrier, are presented. 

This Section follows References [225,226]. 

4.1. Introduction 

The extensive proliferative capacity, developmental plasticity, their abundant 

availability and the profound immunomodulatory properties of MSCs have generated 

major interest in their potential application in cell therapy for tissue regeneration and 

alteration of immune responses. As MSCs are able to sense, migrate to and proliferate 

within sites of inflammation, they may also efficiently alter the local microenvironment 

and regulate aberrant immune responses [202]. 

For proper identification of the optimal application mode ensuring efficient 

deposition and sufficient continuance of the cells at the target position, a detailed 

understanding of the cell trafficking and homing is required. In this context magnetic 

resonance imaging gains increasing relevance in the monitoring of the fate of cells due to 

its unique tissue visualization properties. To become MR visible the cells have to be 

labeled. The rather low sensitivity of MRI demands dedicated intracellular markers with 

high payloads of MR contrast agents for ensuring sensitive detection of local cell 

aggregations. Iron-labelled cells have been proven to enable in vivo monitoring of the 

trafficking and homing of cells after injection with high sensitivities, which even enabled 

the visualization of a single cell [136,142]. To ensure efficient cell labelling, sufficient 

uptake and trapping of the MR CAs in the cells must be obtained without altering its 

properties [142,195]. This can be achieved by encapsulation of the iron oxides into 

polymer coated magnetic particles, which prevent the direct contact of inorganic magnetic 

materials with its biological environment, thus reducing its toxicity. Polymeric materials 

used for encapsulation must be biocompatible, biodegradable, non-carcinogenic, and non-

allergenic. Most common coatings for biocompatible iron oxide suspensions fulfilling 

these criteria are derivatives of dextran, polyethyleneglycol or poly(lactic acid). 
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Several superparamagnetic CAs have been successfully used for in vivo cell 

tracking and labelling of different cell types. Ferumoxides, such as Feridex IV (Advanced 

Magnetics Inc., USA) [121] and Endorem (Guerbet SA, France) [230] are dextran-coated 

superparamagnetic iron oxide nanoparticles conventionally used to provide i.v. MRI 

contrast in order to analyse liver pathology. Other types of approved CAs have also been 

used to label and track transplanted cell (e.g. ferucarbotran (Resovist) nanoparticles [107]). 

Dextran-coated particles are biodegradable, but do not show sufficient cellular uptake to 

enable tracking of nonphagocytic cells [110]. Intracellular uptake of SPIOs can be 

facilitated by incubation with cationic compounds, but higher concentrations of these 

transfection agents are toxic [103,216] and they are not approved for clinical use [142]. 

Thus, avoiding transfection agents in the cell labelling appears favourable for clinical 

application. 

One very successful strategy for preparation of stable and biocompatible 

nanoparticles is to graft polyethylene glycol onto the surface (e.g. an increased image 

contrast in MRI was achieved by using polymeric micelles formed from SPIOs 

encapsulated in poly(ε-caprolactone)-β-polyethyleneglycol copolymers [7]). Polylactic 

acid, a further biodegradable polymer, has been used to prepare stable biocompatible 

ferrofluids with different ferromagnetic particle sizes, ranging from 10 to 180 nm [96]. 

Targeted cellular labeling and molecular imaging require further functionalization 

in order to provide molecular recognition for specific biological sites. In the present study, 

we use custom-designed nanometer-sized iPLLA nanoparticles synthesized via the mini-

emulsion process [126,220] for labeling of MSCs. PLLA is a polymer with a long history 

of safe use in medical applications and is fully biodegradable [201]. The mini-emulsion 

process allows further embedding of different concentrations and types of iron oxide into 

the nanoparticles for optimization of the MRI properties. With additional embedding of 

other markers multi-reporter labeling can easily be achieved. 

In a previous study [195] excellent uptake, biocompatibility and MRI properties of 

iPLLA nanoparticles containing iron oxide and fluorescent dye PMI have been 

demonstrated. Evaluation of the in vivo imaging properties of this double-reporter iPLLA 

was performed in rats at 3T MRI by subcutaneous implanting of 1×10
6
 particle-labeled 

human MSCs mixed in collagen scaffold. A pronounced signal reduction at the location of 

implantation was observed up to 25 days after implantation. 
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As these dual-reporter nanoparticles lacked the option for an alternative imaging 

readout documenting cell fate in vivo, new triple-reporter iPLLA nanoparticles containing 

additionally IR-780 iodide as fluorescence dye were synthesized for this study. The 

preparation and characterization of iPLLA nanoparticles was performed by M. Bannwarth 

(Max Planck Institute for Polymer Research, Mainz, Germany). The MSCs cultivation, 

isolation and labeling was performed by N. Fekete (Institute of Transfusion Medicine, 

University of Ulm, Ulm, Germany). She also evaluated biocompatibility and toxicity of 

these nanoparticles for the cells as well as the cell uptake. This was performed 

quantitatively by flow cytometry and qualitatively by APC Annexin V staining. MRI 

properties of the nanoparticles were evaluated in vitro (polyacrylamide phantoms) at a 3T 

clinical whole-body system (Achieva, Philips Medical Systems, Best, The Netherlands; 

128 MHz proton Larmor frequency) and a dedicated 11.7T small animal system (BioSpec 

117/16, Bruker BioSpin MRI, Ettlingen, Germany; 500 MHz proton Larmor frequency). 

The applicability of the new particle for in vivo cell tracking was evaluated in a rat 

injury model at 11.7T [225]. In order to prove the high MRI sensitivity, significantly 

reduced amounts of MSCs (~2×10
4
 - 4×10

4
 cells) was administered locally. MSCs have 

been previously shown to support cutaneous wound regeneration by accelerating wound 

closure, reducing scarring and restoring the final tensile strength of the tissue to levels 

higher than untreated wounds [63,139,211,245]. Hence, skin wounds are expected to be an 

attractive inflamed target for migration of administered MSCs, and thus an optimal 

candidate for topical delivery of therapeutic agents providing consequent tissue repair. 

Applied MSCs may either migrate into the wound bed using non-vascular routes or release 

bioactive factors from some kind of a “carrier” placed at the wound surface. 

Over the past decade the group of Prof. MacNeil from University of Sheffield has 

utilized the technique of plasma polymerization to deposit thin films of acrylic acid on a 

variety of substrates to develop a carrier to facilitate delivery of different cell types to 

wound beds [56,92,164]. Recently, they proved the attachment and proliferation of the 

donor MSCs on the medical grade silicone surface with a plasma-polymerized acrylic acid 

coating with a consequent successful delivery of large quantify of the cells to the De-

Epithelialised Dermis (DED) [231]. In a clinical approach, five patients with chronic non-

healing wounds and two patients with acute major burns have been treated with 

applications of cultured autologous keratinocytes that were delivered via a medical grade 

plasma polymer surface. The clinical outcome revealed improved healing of burns and 
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complete healing of ulcers or reduction in ulcer size [257]. These remarkable in vitro and 

in vivo results encourage to use this strategy for convenient and non-invasive delivery of 

MSCs as an alternative approach for delivery by injection, which requires creating of a cell 

suspension, what means further cell manipulation, which can be potentially damaging to 

the cells.  

In this context we investigate in the present study two approaches for delivery of 

the iPLLA-labeled cells to the skin wounds: (1) via intramuscular injection of the labeled 

cell suspension in the near vicinity of the mechanically induced skin wounds; and (2) via 

transferring of the chemically defined silicone carrier with cells attached to their surface 

directly onto the wound beds. The defined silicone carriers were produced by the 

Biomaterials and Tissue Engineering group of Prof. MacNeil. Cell toxicity and adhesion of 

this novel substrate was tested by N. Fekete (Institute of Transfusion Medicine, University 

of Ulm, Ulm, Germany). 

As the immunological tolerance, for instance, to murine and human MSCs may 

differ [25], the survival and migration of both human and rat MSCs in a rat model were 

investigated. 

4.2. Motivation 

The characterization of a detection threshold for iPLLA-labeled cells is affected by 

a number of factors, including field strength, signal-to-noise ratio, pulse sequence, and 

acquisition parameters (particularly the resolution and echo time), as well as details of the 

iPLLA loading and compartmentalization [90]. 

Based on a simple empirical model considering the local MR signal alteration due 

to a local iron concentration, a numerical simulation can be performed to predict the 

minimum amount of iron required to identify a single cell against a uniform signal 

background. 

The MRI signal intensity S resulting from a conventional spoiled gradient echo 

technique (assuming complete dephasing of residual transversal magnetization and steady 

state condition during the gradient echo readout) can be approximated by the following 

equation [81]: 
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where TR is the repetition time, TE is the echo time, α is the excitation flip angle, S(TE) is 

the signal acquired at corresponding time TE, and S0 is the MR signal of the initial 

magnetization. 

Eq. (64) can be rewritten as: 

  (  )    ̂      (      
 ) (65) 

where the term   ̃ takes into account the contribution of the T1 effect to a resulting signal 

intensity. 

Considering the alterations in the local relaxation rate due to the iron 

concentration (Eq. (41)) yields: 
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With Scell being the signal from a voxel containing an iPLLA-labeled cell and S the 

signal from a voxel without particles, the signal difference ΔS = S - Scell and fractional 

signal loss ΔS/S can be calculated: 
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In case of negligible r1 relaxivity, the effect of the contrast agent on the T1 property 

can be neglected and Eq. (67) can be simplified. The resulting fractional signal loss can be 

estimated by: 

 
  

 
       (      

  [ ]) (68) 

Let     [
  

    
] be the iron load per cell, υ = l ∙ h ∙ w [µm

3
] the voxel size, and n [cell] 

the number of cells in a voxel, then the iron concentration [c] can be expressed as: 
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where    [
 

   
] is the molecular weight of the iron. 

The true position of a cell within a voxel occurs with a random distribution, what 

complicates considerably the efforts to quantify the signal loss from a single iPLLA-

labeled cell, because the dependence of ΔS/S upon cell position should be taken into 

account. For simplification the response is simulated for a voxel containing a centered 

iPLLA-labeled cell. Figure 35 demonstrates the simulation results. The exponential 

increase in fractional signal loss ΔS/S with respect to the iPLLA load     [
  

    
] can be 

clearly observed in all graphs. The resulting signal reduction scales with the voxel size 

(Figure 35 a, b), the relaxivity r2
*
 (Figure 35 c) and the number of cells per voxel n (Figure 

35 d) (the cell size is not taken into account during simulation, assuming 5 cells still fit in a 

voxel of size 50×50×50µm
3
). 

 

Figure 35. Simulated signal reduction in appearance of labeled cell as a function of iron load (pg Fe per 

cell) depending on (a, b) spatial resolution at different relaxivities (r2
*
 = 350 mM

-1
s

-1
 and r2

* 
= 500 mM

-1
s

-1
, 

respectively), (c) relaxivity r2
*
 and (d) cell amount in one voxel. Figure from Reference [225], p. 112 with 

permissions from John Wiley & Sons, Inc. to reuse in dissertation. 
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The simulation indicates (Figure 35 c) that already an intracellular iron content of 

about 6pg/cell causes a 50% signal reduction for an imaging voxel size of 

50×50×50µm
3 in case the relaxivity r2

*
 exceeds 350 mM

-1
s

-1
. The simulation is performed 

for an ideal case suggesting maximal SNR. 

4.3. Materials and Methods 

4.3.1. Synthesis and Characterization of Iron Oxide-Poly(L-Lactide) (iPLLA) 

Nanoparticles 

Preparation of the iron oxide labeled poly(l-lactide) nanoparticles was performed by 

M. Bannwarth (Max Planck Institute for Polymer Research, Mainz) according to a slightly 

modified procedure published by Urban et. al [220]. The precise procedure is described in 

Vernikouskaya et. al. [225]. Briefly, oleic acid coated iron oxide nanoparticles were 

synthesized according to a procedure of Jana et. al. [108]. Triple-reporter iPLLA were 

synthesized by dispersion of 300 mg PLLA, 0.22 mg PMI, 1 mg IR-780 iodide and 150 mg 

oleic acid coated iron oxide nanoparticles in 13 g chloroform by ultrasonication for 30 min 

(Bandelin sonorex RK 52 H) and combination with a solution of 72 mg SDS in 24 g milliQ 

water (resistivity: 18.2 M Ω cm) with consequent emulsification and ultrasonication. 

Morphology investigation of the nanoparticles was done by Transmission Electron 

Microscopy (TEM) imaging with a Zeiss EM 902 working at a voltage of 80 kV. After 

diluting the particle dispersion with demineralized water, they were dropped on a 400-

mesh carbon-coated copper grid, air dried and coated with carbon. 

For zeta potential measurements, a Malvern Instruments Zeta Nanosizer with a 

detection angle at 173° was used. Samples of each batch were measured in a 10
-3 

M KCl 

solution. 

The particle size of each batch was determined by Dynamic Light Scattering (DLS) 

at diluted dispersions (40 µL samples were diluted in 1 mL water) using a NICOMP 

Zetasizer measuring at a fixed scattering angle of 90° at 25°C. 

4.3.2. Labeling of MSCs 

Human MSCs were collected from bone marrow aspirations (iliac crests) of 

volunteer healthy donors (approved by the Ethical Committee of University of Ulm). Rat 

MSCs were obtained from the femurae and tibiae of Wistar rats (350-450 g) after obtaining 

regulatory approval according to the German animal protection act. Labelling of MSCs 
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was performed by N. Fekete (Institute of Transfusion Medicine, University of Ulm, Ulm, 

Germany). The exact procedure is described in [225]. The cell labelling procedure was 

performed according to [195]. Briefly, cells were cultivated for 24 h at a seeding density of 

2×10
4
 cells/cm

2
 and then incubated with the labelling medium containing nanoparticles at a 

concentration of 100 g iron/mL for further 24 h. Subsequently, cells were washed twice 

with PBS (Lonza, Belgium), harvested and re-seeded at a density of 2×10
4
 cells/cm

2
 onto 

cell culture plates and incubated at 5% CO2 and 37°C at humidified atmosphere for 24 h to 

permit nanoparticle uptake, following by harvest and subsequent injection. The viability of 

the cells before transfer was confirmed by trypan-blue exclusion. 

For the silicone carrier experiment after harvesting via a 0.5% trypsin solution 

nanoparticle labelled human and rat MSCs were seeded onto a silicone carrier of 8 mm 

diameter in 100 µL medium in several seeding densities (1.5×10
4
, 2×10

4
 or 2.5×10

4
) and 

incubated for the next 24 h to allow cell adhesion. 24 h was proven by Walker et.al. [231] 

to be most efficient culturing time. Analysis was performed by Scanning Electron 

Microscopy (SEM) imaging. 

4.3.3. Flow Cytometric Analysis 

Fluorescence Activated Cell Sorting (FACS) was used to quantify the cellular 

uptake of the new triple-reporter iPLLA particles: relative PMI fluorescence intensity of 

cells was acquired in a FITC-channel of the FACSAria device using FACS DIVA 

Software (BD Immunocytometry Systems, Germany). For determination of cell viability, a 

proportion of cells was also stained with APC Annexin V (BD Biosciences, Germany) 

according to manufacturers' recommendations and APC fluorescence was detected in an 

APC-channel of the FACS device. This procedure was performed for each batch for 

identification of inter-batch variabilities of the properties. 

4.3.4. Inductively Coupled Plasma/Optical Emission Spectrometry 

The average iron content of the iPLLA-labelled cell was determined by performing 

Inductively Coupled Plasma/Optical Emission Spectrometry (ICP-OES) experiment using 

Optical Emission Spectrometer Ultima 2 (HORIBA Jobin Yvon S.A.S). Briefly, cell 

suspension (        iPLLA-labelled human MSCs were counted via FACS and diluted 

in 2 mL PBS solution) was completely digested in 4 mL of nitric acid by heating it for 15 

min to 200°C in the microwave reaction system. It was then diluted to a volume of 20 mL 

with distilled water and filtered. Spectrometry was done at two emission wavelengths 
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238.2 nm and 259.9 nm which are mostly used in the literature for iron detection 

[241,255]. Iron concentration in a sample was determined by normalizing the intensity of 

the obtained emission spectrum with a previously prepared standard curve obtained using 

ferrous nitrate calibration standards that contain 0, 5, 10 and 50 mg/L of iron. Knowing the 

iron content in a sample and number of cells, we then calculate the average iron content 

per cell. 

4.3.5. In Vitro MRI 

Relaxivity Phantom 

To investigate the efficiency of nanoparticles as a T2/T2
*
 contrast agent individual 

wells of the tissue culture multiwell strips (Costar) were filled with nanoparticles prepared 

in different concentrations (0, 0.5, 1, 2, 4, 8, 16, 32 µg/mL) in 10% polyacrylamide 

solution. Commercially available SPIO CA Resovist (Bayer Schering Pharma, Japan) was 

used as reference. The dilution series were analysed via MRI at 3T (Philips Achieva) and 

11.7T (BioSpec 117/16, Bruker BioSpin MRI) field strengths respectively. 

Relaxation times T2 and T2
*
 were quantified with MSE and MGE sequences 

correspondingly. Linear shim was applied to compensate for the inhomogeneities of the 

magnetic field. For detailed description of MR parameters cf. Table 9 

Table 9. MRI parameters for T2/T2
*
 quantification by multiple spin echo (T2-MSE) and multi-gradient echo 

(T2
*
-MGE) at 3T and 11.7T 

Parameter T2-MSE T2*-MGE 

3T 11.7T 3T 11.7T 

Slice thickness (mm) 3 2 3 2 

Imaging matrix 224×224 284×284 224×224 284×128 

In-plane resolution (µm2) 500 158 500 158 

Flip angle (deg) 90 90 55 30 

Repetition time (ms) 3 000 2 500 1 000 2 500 

Number of echoes 8 32 32 12 

Echo range (ms) 10 - 80 10 - 320 2.3 - 120.5 3.2 - 41.3 

Pixel Bandwidth BW (Hz/pixel) 653 264 653 352 

On each image signal intensities were measured by manually drawing regions of 

interest in the centre of each vial. T2 and T2
*
 quantifications were performed by fitting a 

mono-exponential decay model with offset to the measured signal decay. Transverse 
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relaxivities were calculated after measuring the T2 and T2
*
 at the different concentrations 

applying a linear regression according to Eq. (41). 

Single Cell Phantom 

For a quantitative assessment of the detection threshold for a nanoparticle-labeled 

cells via MRI, samples with 1×10
6
 cells/mL, 1×10

5 
cells/mL, 1×10

4 
cells/mL, 1×10

3 

cells/mL, and 1×10
2 

cells/mL corresponding to 2.5×10
5 

to 25 cells in the respective 250 µL 

tissue culture multiwall strips (Costar), and a single cell sample were prepared using 10% 

polyacrylamide. The cells were sorted into the multiwell plate via FACS. 3D FLASH 

imaging was performed at 11.7T using a CryoProbe. The MR parameters were: FOV = 

1.2×1.2×1.85 cm
3
, imaging matrix 240×240×368, resolution 50×50×50 µm

3
, TE/TR = 2.8 

/ 50 ms, flip angle 10°, bandwidth BW = 50 kHz, 2 averages, leading to the total scan 

duration of 2:27 h. 

Silicone Carriers 

Silicone carriers with attached iPLLA-labeled rat and human MSCs embedded in 

acrylic phantoms were imaged at 11.7T MRI with a 3D FLASH sequence at resolution of 

50×50×50 µm
3
. 

4.3.6. Rat Injection Model 

Animal experiments on 5 female Wistar rats (220-250 g; Charles River) were 

performed at 11.7T. All animal protocols were approved by the regulatory authorities 

according to the German Animal Protection Act. After anaesthesia of the animal with 

isoflurane, mechanical wounds were induced by performing bilateral paravertebral punch 

biopsies on shaved caudal regions of the back using a circular scalpel with a diameter of 

4mm. Skin disinfection was done to prevent contamination after creating the skin lesions. 

During the examination the skin lesions were left untreated and uncovered to avoid any 

impact on the wound healing. Subsequently, a total amount of 1×10
5 

iPLLA-labelled 

human and rat MSCs were resuspended in 100 µL of sterile 0.9% NaCl (B.Braun, 

Melsungen, Germany), then 20-40 µL of this solution was injected intramuscularly about 

1.5-2 cm caudal from each skin lesion (Figure 36). 
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Figure 36. Scheme of in vivo experiment. Mechanical dorsal wounds were induced on the both sides of 

female Wistar rat and labeled MSCs were injected in the caudal region: human MSCs on the right (R) and 

rat MSCs on the left (L). Figure from Reference [225], p. 114 with permissions from John Wiley & Sons, Inc. 

to reuse in dissertation. 

4.3.7. In Vivo Carrier Model 

Rats were anesthetized using inhalational isoflurane. The caudal region of the rats’ 

back was shaved, and two full-thickness circular skin wounds of 8-mm diameter were cut 

identically to the injection experiment. The silicone carriers with attached rat and hBM-

MSCs were transferred “face down” onto the induced skin wounds: carrier with the 

labelled rat MSCs – on the dorsal left and carrier with the hBM-MSCs – on the dorsal right 

side of the rat. 

In order to allow the cells transfer from the silicone carriers toward the wounds, the 

carriers had to stay on the wound for at least 48 h [61]. The challenge we faced in this in 

vivo experiment was the fixation of the carrier on the wound bed. In the early experiment 

the attached carriers were fixed using adhesive tape and bandages, what turned out to be 

insufficient and the rat managed to remove the wound protection as well as applied carriers 

within few hours after waking up from anaesthesia.  

Commercially available rat jackets as an alternative fixation aid were either 

applicable only for the front paws and did not suit for the rear ones (Figure 37 A) or were 

too big and did not allow free movement of the rat in the inter-scanning period (Figure 37 

B). Some surgical fixation methods in murine model can be found in the literature 

[18,206,243]. In the subsequent experiment we centered the teflon wound chambers around 

the skin lesions, glued it into the edge of the skin with Histoacryl and sewed it using 

surgical steel wire (Figure 37 C). Unfortunately, this turned out to be unfeasible since the 

animal was able to tear the wound chambers off. 
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Figure 37. Experimental procedures for the fixation of the carriers on the skin lesions. (A)-(B) application of 

the rat jackets of different sizes; (C) fixation with the teflon wound chambers; (D) subcutaneous insertion of 

the silicone carriers with subsequent sealing of the skin. 

Thus, the change of the animal model was necessary to assure that carriers remain 

in situ for subsequent imaging time points until it will be removed. After punching two 

defined skin lesions of 8 mm in diameter at the lower dorsal area of the rat, subcuticular 

sutures were prepared. The silicone carriers were then inserted “face down” 

subcutaneously and the sutures were fixed to seal the skin above the carriers as illustrated 

in Figure 37 D. The rat treated in this setting was implanted on the right dorsal side with 

the silicone carrier incubated with 2×10
4
 labeled hBM-MSCs, while the carrier on the 

dorsal left side had not been incubated with cells and was used as control. This 

implantation was tolerated by the animal and allowed us to perform imaging 48 h after 

implantation. 

4.3.8. MRI Imaging Scheme in a Rat Injection Model 

To limit the total scanning and anaesthesia time for each animal, for the assessment 

of the dynamics of the MSCs after injection, the animals were randomised into two 

different imaging schemes. Both schemes include a reference scan directly prior to the 

puncture and a follow-up scan 24 h after the particle injection. For the assessment of the 

mid-term redistribution effects, in scheme 1 (3 animals)  scanning was additionally 

performed directly after wounding, and about 30 min, 3 h, and 6 h after particle injection, 

whereas in scheme 2 (2 animals) continuous scanning was additionally performed over the 

first 145 min (2.5 h) and 48 h after the particle injection. 

Both schemes were conducted with a 3D motion- and fat-suppressed FLASH 

sequence acquiring the anatomical slices in axial orientation with the overall duration of 33 

min in scheme 1 and 15 min in scheme 2 due to reduced acquisition resolution (Table 10). 
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Table 10. MRI parameters of imaging shemes 1 and 2 in in vivo experiments at 11.7T. Table from Reference 

[225], p. 115 with permissions from John Wiley & Sons, Inc. to reuse in dissertation 

Parameter Scheme 1 Scheme 2 

Field of view (cm) 5×4.5×2.6 5×5×2.6 

Acquisition matrix 500×322×84 500×358×50 

Zero-filling factors 1×1.4×1.2 1×1.4×2 

Reconstruction matrix 500×450×100 500×500×100 

Reconstructed resolution (µm3) 100×100×260 100×100×260 

Repetition time (ms) 25 25 

Echo time (ms) 2.7 2.7 

Flip angle (deg) 6 6 

Bandwidth BW (kHz) 100 100 

Number of averages 3 2 

Duration (h) 0:33 0:15 

For data analysis all scans were registered to the pre-procedural scan using 

anatomical landmarks such as the spinal skeleton. 

4.3.9. Bimodal Imaging of the iPLLA-labelled MSCs in a Rat Carrier Model 

MR imaging with a 3D FLASH sequence at reconstructed resolution of 

100×100×260 µm
3
 (cf. Table 10, imaging scheme 2) was performed directly after insertion 

of the carriers, 24 h later, 48 h after insertion of the carriers before they have been removed 

and after they were surgically removed. 

Alternatively infrared fluorescent images were obtained with an IVIS 200 imaging 

system (Caliper Life Sciences) using Living Image Software Version 4.0 (Caliper Life 

Sciences). Infrared filter with the excitation wavelength of 710-760 nm and emission 

wavelength of 810-875 nm was used to measure the fluorescent count values. A blue-

shifted near-infrared background filter with the excitation wavelength of 665-695 nm and 

emission wavelength of 810-875 nm was used as per the manufacturer’s instructions to 

assess the tissue autofluorescence caused by the chlorophyll in regular rodent food. IR 

imaging of the rat was performed directly after MRI imaging at following time points: after 

carriers’ insertion, 48 h after carriers’ insertion before they have been removed, and 

directly after carrier removal. 
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4.3.10. Histological Analysis 

The histological analysis was performed by N. Fekete (Institute of Transfusion 

Medicine, University of Ulm, Ulm, Germany). 

In a rat injection experiment rats were euthanized immediately after the final MRI 

experiment 24 h (imaging scheme 1) or 48 h (imaging scheme 2) after injection of the 

particle-labelled MSCs. Lung, liver, spleen and skin/muscle tissue samples from both skin 

wounds and injection sides were subjected to fast-frozen sectioning for Hematoxylin-Eosin 

(HE) and Prussian blue staining. Control animals for the histological analysis were treated 

similar, but non-labelled MSCs were injected. 

In a carrier experiment histological analysis of wounds, liver and spleen was 

performed directly after arrier extraction. 

4.4. Results 

4.4.1. iPLLA Nanoparticle Characterization 

TEM images of oleic acid coated iron oxide nanoparticles and iron oxide-poly(l-

lactide) hybrid nanoparticles are shown in Figure 38. 

 

Figure 38. Representative TEM images of oleic-acid coated iron oxide nanoparticles (left) and iPLLA hybrid 

nanoparticles (right). Figure from Reference [225], p. 115 with permissions from John Wiley & Sons, Inc. to 

reuse in dissertation. 

The nanoparticles used in this study have a negative zeta potential (between -52 and 

-57 mV) and an average diameter of 138 ± 26 nm as defined by measuring of 100 

nanoparticles according to TEM images. DLS measurements resulted in 148 ± 41 nm for 

the hydrodynamic diameter of the iPLLA nanoparticles. 
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4.4.2. In Vitro Biological Testing 

The results of measurements of the cell viability and intracellular particle retention 

via flow cytometry, as illustrated in Figure 39, show that both populations of Human Bone 

Marrow MSCs (hBM-MSCs) and rat MSCs are efficiently labeled and that the 

fluorescence is continuously detectable at similar levels for 24, 48 and 72 h in vitro 

cultivation following the procedure. Similarly, we found that toxicity levels of labeled 

human and rat MSCs did not differ significantly 24, 48 and 72 h post labeling, as 

quantified by Annexin V staining. 

 

Figure 39. Nanoparticle uptake, retention and toxicity analysis. Human and rat MSCs were labelled with the 

nanoparticles for 24 h, subsequently washed and subcultivated for 24, 48 or 72 h. Cells were then harvested 

and analysed for nanoparticle uptake and retention by detection of PMI fluorescence intensity. 

Concomitantly, a proportion of cells was also stained with APC Annexin V to determine particle toxicity as 

percent positive cells for APC fluorescence. Due to fluorescence spillover caused by PMI, unstained labelled 

cells show increased background fluorescence relative to unlabelled controls. Figure from Reference [225] 

(Suppl. Fig. 1) with permissions from John Wiley & Sons, Inc. to reuse in dissertation. 

4.4.3. ICP-OES 

The concentration of iron in 20 mL probe obtained from calibration graphs for both 

intensity lines 238.2 nm and 259.9 nm could be detected with high accuracy and was equal 

to 3.86 µg/mL, which resulted into an average iron content per cell of    pg. The 

intracellular iron content may vary between cells due to differential uptake of particles by 

individual cells. 
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4.4.4. Determination of the MSCs Seeding Density on the Silicone Carrier 

Surface 

Characteristic spindle-shaped fibroblast-like cell morphology and cell adhesion to 

the carrier material could be confirmed by SEM imaging (Figure 40). 2.5×10
4 

cells were 

observed to detach in vitro. 2×10
4
 cells per 8-mm silicone carrier was the most appropriate 

cell number for the subsequent in vivo cell transfer experiment. 

 

Figure 40. Scanning electron microscope (SEM) photographs of the human bone marrow MSCs (hBM-

MSCs) cultured on top of the 8-mm acrylic acid-coated carrier at seeding density of 1.5×10
4
 MSCs per 

carrier (left) and 2×10
4
 MSCs per carrier (right) and allowed to adhere for 24 h. Images are kindly provided 

by N. Fekete (Institute of Transfusion Medicine, University of Ulm, Ulm, Germany). 

4.4.5. Relaxivity Phantom 

In vitro relaxivity plots of the iPLLA and Resovist are shown in Figure 41. 
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Figure 41. R2 and R2
*
 relaxation rates vs. iron concentration as measured at 3T (left) and 11.7T (right) field 

strengths. Figure from Reference [225], p. 116 with permissions from John Wiley & Sons, Inc. to reuse in 

dissertation. 

Respective relaxivities are summarized in Table 11. The relaxation rates R2 and R2
*
 

of both iPLLA and Resovist show a linear dependence on iron concentration. Relaxivities 

r2/r2
*
 of iPLLA are similar to those of Resovist. 

Table 11. Relaxivities r2/r2
*
 of iPLLA nanoparticles vs. Resovist at 3T and 11.7T. Table from Reference 

[225], p. 116 with permissions from John Wiley & Sons, Inc. to reuse in dissertation 

  iPLLA Resovist 

 Relaxivity 

[mM-1s-1] 

R2 Relaxivity 

[mM-1s-1] 

R2 

3T r2 273.3 0.99 362.4 0.99 

r2
* 545.1 0.88 424.1 0.99 

11.7T r2 415.7 0.99 385.0 0.99 

r2
* 872.3 0.99 750.3 0.97 

4.4.6. Single Cell Experiment 

The MRI image of the probe containing a single labelled cell obtained with a 3D 

gradient echo sequence is presented in Figure 42 a. From the signal intensity profile 
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(Figure 42 b) the signal reduction at the voxel containing a single labelled cell in 

comparison to surrounding signal      results to 0.54. Considering the average iron load 

of the cell, the likely not perfect positioning of the cell in the centre of a single voxel, and 

the neglected T1 effect of the contrast agent (causes a slight increase of the signal around 

the cell due to T1 shortening), and the possible reduction of the relaxivity after loading into 

the cell this value appears in good concordance with the theoretical calculations. 

 

Figure 42. Appearance of a single labeled cell in a polyacrylamide phantom at high spatial resolution 

(50×50×50µm
3
) (a). (b) – correspondent signal intensity profiles for the horizontal row (red) and vertical 

column (blue) of the double-colored crosshairs superimposed on the image (a). The intensity profile consists 

of a vertical axis indicating the 8-bit range of the image intensities (value) and a horizontal axis indicating 

the horizontal (coloured red) or vertical (coloured blue) image coordinates in pixel units (pu). In addition a 

blue vertical line in the graph of the horizontal profile visualizes the current horizontal position of the 

crosshairs in (a), and a red vertical line in the graph of the vertical profile – the current vertical position of 

the crosshairs. Figure from Reference [225], p. 116 with permissions from John Wiley & Sons, Inc. to reuse 

in dissertation. 

4.4.7. Visualization of the labeled MSCs Attached to Silicone Carrier In Vitro 

Characteristic iron artifacts could be clearly observed on the axial slices of the 

carrier surface as “blooming” signal voids (Figure 43). 
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Figure 43. Exemplarily chosen high-resolution (50×50×50 µm
3
) 3D MRI images of the carrier with 2×10

4
 

iPLLA-labeled rat MSCs in axial orientation (left) and 2×10
4
 iPLLA-labeled hBM-MSCs in coronal 

orientation (right). 

4.4.8. Visualization of the injected iPLLA-labelled MSCs in a Rat Injury 

Model 

Figure 44 exemplarily shows the particle dynamics observed with imaging scheme 

1 at the location of the injection sites (Figure 44 columns a-c) and the wounds (Figure 44 

column d). Respective imaging for the scheme 2 is provided in Figure 45 (columns a-c – 

injection sites, columns d, e – wounds). In Figure 44 and Figure 45, parallel slices through 

the respective region acquired from caudal (1
st
 column) to cranial (last column) in axial 

imaging geometry are shown. Different time points are shown from top to bottom. 
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Figure 44. Axial MRI slices (imaging scheme 1) of the dorsal region of a rat acquired from caudal (1
st
 

column) to cranial (last column) demonstrating both injection sites (columns a-c) and skin lesions (column d) 

at acquisition time points wounding/pre-injection, 30 min, 3 h, 6 h and 24 h post-injection displayed from top 

to bottom. Figure from Reference [225], p. 117 with permissions from John Wiley & Sons, Inc. to reuse in 

dissertation. 

 

Figure 45. Axial MRI slices (imaging scheme 2) of the dorsal region of a rat acquired from caudal (1
st
 

column) to cranial (last column) demonstrating both injection sites (columns a-c) and skin lesions (column d) 

at acquisition time points 25 min, 24 h and 48 h post-injection displayed from top to bottom. Figure from 

Reference [225], p. 117 with permissions from John Wiley & Sons, Inc. to reuse in dissertation. 

Directly after the injection (right side injection: labelled human MSC; left side 

injection: labelled rat MSCs) of approximately 2×10
4 

iPLLA-labelled MSCs (scheme 1) in 

all investigated animals signal voids can be appreciated at the  injection sites as 

exemplarily shown in Figure 44 (columns a-c, 2
nd

 row). In the exemplarily shown case, the 

right side injection causes a pronounced circularly shaped signal void (Figure 44, column 

a, 2
nd

 row, red box). The left side injection is located more cranially and causes a linearly 

shaped signal void  (Figure 44, columns b, c, 2
nd

 row, red box), the shape of which can be 

appreciated in the respective close-ups provided on the left side of each image in columns 
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b, c. The linearly shaped distribution of the injected cells is likely caused by an injection 

into a muscular fissure. After 3 h (scheme 1), the signal hypointensities caused by the 

labelled human MSCs (right side) clearly decreased (Figure 44 column a, 3
rd

 row; inset on 

right side of the image). A redistribution of the rat MSCs (left side) can clearly be 

appreciated (Figure 44 columns b, c, 3
rd

 row vs. 2
nd

 row). At the location of the skin lesion, 

a clear disruption of the integrity of the dermal layer (Figure 44, column d, top row, red 

box) is visible. With increasing time, steadily increasing hypointense areas can be observed 

in the proximity of the lesion. Signal loss around both skin lesions can already be observed 

3 h post-injection in Figure 44 (column d). 

The rather fast redistribution effect of the rat MSCs, was confirmed after the 

injection of approximately 4×10
4 

iPLLA-labelled MSCs (scheme 2). In the exemplarily 

shown case, the MSCs were injected subcutaneously rather than inmtramuscular. Both 

injections are clearly visible as spherically shaped signal voids in Figure 45 (column a, 

upper row). 24 h (Figure 45, column b, 2
nd

 row) and 48 h (Figure 45, column c, 3
rd

 row) 

post injection the labelled rat MSCs (red box) clearly migrate cranially and increasing 

signal voids can be observed at the location of the skin lesion (Figure 45, 3
rd

 row, columns 

d, e).  Clear signal reduction in the vicinity of the left lesion location can be appreciated in 

only a single slice after 24 h (Figure 45 column d, one row from the bottom), but is clearly 

visible in multiple slices after 48 h (Figure 45 columns d, e, bottom row), further indicating 

migration of the labelled rat MSC towards the lesion. Please note that slight errors in the 

positioning of the animal at 24 h and 48 h are likely and the presented slice do not 100% 

coincide. 

The general tendency observed in these experiments can be summarized as follows: 

directly after the injection clear signal voids can be appreciated for the labelled human and 

rat MSCs. Redistribution effects can clearly be visualized up to 48 h after injection with 

more pronounced effects for the rat MSCs. There is a tendency for the rat MSCs to move 

from caudal to cranial direction from the location of the injection site to the location of the 

lesion. With increasing time, increasing hypointense areas can be observed at the location 

of the lesions when the simultaneous cell redistribution is to state. 

4.4.9. Bimodal Imaging of the iPLLA-labelled MSCs in a Rat Carrier Model 

In Figure 46 parallel slices through the respective region in axial imaging geometry 

acquired via MRI at different time points are shown. Characteristic signal voids introduced 

by the carrier surface could be clearly observed via MRI on the dorsal right of the animal 
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after carrier insertion (see close-ups in the Figure 46), whereas on the dorsal left the carrier 

surface is flat (the extended signal void under the carrier on the dorsal left is due to the 

blood clotting during the surgery, it is less prone on the day 2). These signal voids on the 

dorsal right remained detectable via MRI for 48 h. After carrier removal, signal voids in a 

punctate pattern could be detected at the former site of the carrier. 

 

Figure 46. In vivo imaging of the rat with implanted silicone carriers: coated with iPLLA-labeled hBM-

MSCs on the dorsal right (indicated as R) and uncoated on the dorsal left (indicated as L). Six different MR 

slices of the acquired field of view are shown ranging from caudal (upper row) towards cranial (lower row) 

at correspondent acquisition time points: directly after carrier insertion, at day 2, and at day 3 before 

carriers have been removed and directly after surgical removal of the carriers. Arrows indicate signal voids 

in the punctate patterns at the former site of the carrier. 

Additional embedding of the infrared fluorescent dye IR-780 in these custom-

designed triple-reporter iPLLA nanoparticles gave an option for an alternative imaging 

readout documenting the cell location in vivo. 

Emitted IR fluorescence signal from the nanoparticle-labeled MSCs-coated silicone 

carrier was detected in vitro and in vivo directly after carrier insertion (Figure 47 A), 

whereas no signal was detected from controls (MSCs-uncoated carriers) in vitro and in 
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vivo (Figure 47 A). IR fluorescence could be detected in vivo for 48 h (Figure 47 B). After 

carriers’ extraction we could no longer detect any IR fluorescence in the wound tissue 

apart from the remaining stitches (interestingly, the fluorescence induced by the thread 

used for sutures could be detected with these scanner settings). At the same time extracted 

from the right side of the rat MSCs-coated carrier produced clear IR signal when placed 

adjacent to both wounds (Figure 47 C). 

 

Figure 47. Fluorescent images acquired with IVIS 200 imaging system: (A) after carrier implantation the 

fluorescent signal was detected on the site of implanted silicone carrier with the labeled hBM-MSCs (dorsal 

right side), whereas no signal alteration was detected on the dorsal left side where control carrier without 

MSCs was implanted. The plate containing cell-uncoated carrier as indicated in the image (does not produce 

any fluorescent signal) and carriers with labeled hBM-MSCs (produce detectable fluorescent signal) was 

also placed in the field of view near the rat as control; (B) 48 h later fluorescent signal could be still detected 

on the site of implanted silicone carrier with the labeled hBM-MSCs (dorsal right side). Interestingly, the 

fluorescence induced by the thread used for sutures could be detected on the left side of the rat; (C) 48 h 

later after the carriers were removed no fluorescent signal could be detected on the site of implanted silicone 

carrier with the labeled hBM-MSCs (dorsal right side), whereas distinct fluorescent signal was detected on 

the surface of the extracted cell-coated carrier; (D) image of the rat’s back without fluorescence filters after 

carriers’ removal (corresponds to the setting on (C)). 
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4.4.10. Histological Analysis 

In a rat injection experiment Prussian blue-stained microsections showed that iron-

containing cells were mainly distributed in the spleen (Figure 48 A g/VII), at the sites of 

injection (Figure 48 A a/I, b/II), and at the skin lesions (Figure 48 A c/III, d/IV). Iron-

positive cells could be also found in similar numbers in the spleen of control animals 

(Figure 48 B g/VII), however a distinctly smaller amount was observed around the skin 

lesions (Figure 48 B c/III, d/IV) and just some traces could be detected at the injection sites 

(Figure 48 B a/I, b/II). Interestingly, Prussian blue positively stained cells could not be 

observed in the lungs and liver of all analysed rats. 
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Figure 48. Exemplarily shown histological analysis of iron deposits after injection of human and rat MSCs. 

A. Injection of nanoparticle labelled MSCs. B. Injection of unlabelled MSCs. Injection sites on the dorsal left 

(a, I), right (b, II), as well as skin lesions on the dorsal left (c, III), right (d, IV) and liver (e, V), lung (f, VI) 

and spleen (g, VII) were explanted and subjected to fast-frozen sectioning for Prussian blue staining to detect 

the presence of iron in biopsy specimens, visualized as blue or purple deposits. Arrows indicate blue deposits 

in close-up images of framed regions. Histology images are kindly provided by N. Fekete (Institute of 

Transfusion Medicine, University of Ulm, Ulm, Germany). 

Histological analysis of wounds, liver and spleen in a carrier experiment is shown 

in Figure 49. Iron-positive staining of the spleen could be detected (Figure 49 d). Only 
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very low amount of iron deposits could be detected on the right wound site as illustrated in 

the close-up image of correspondent framed region (Figure 49 b). 

 

Figure 49. Histological analysis of iron deposits performed after carrier extraction. Wound sites after 

carrier removal on the dorsal left (a), right (b), as well as liver (c) and spleen (d) were explanted and 

subjected to fast-frozen sectioning for Prussian blue staining to detect the presence of iron in biopsy 

specimens, visualized as blue or purple deposits. Histology images are kindly provided by N. Fekete 

(Institute of Transfusion Medicine, University of Ulm, Ulm, Germany). 

Prussian blue is commonly used to detect the presence of iron in biopsy specimens 

and is visualized as blue or purple deposits. However, due to the presence of endogenous 

iron in mammalian tissues a positive staining does not necessarily confirm of quantify that 

nanoparticle-labeled MSCs are contained within a tissue section. 

4.5. Discussion and Conclusions 

The incorporation of different iron oxide-containing nanoparticles in MSCs and 

their MRI properties in vitro and in vivo has been shown by several groups 

[16,137,143,218,232,240]. Major differences were reported regarding labelling efficacy 

and biocompatibility of the polymers as well as impact on MSC properties including 

biologic function, phenotype, differentiation potential and clonogenecity. 

Typically, when iron oxide nanoparticles are formed in aqueous solution without 

stabilizers, a fast aggregation takes place. To prevent aggregation, stabilizers can be used. 
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The most commonly and effective stabilizers used are tertiary ammonium salts (e.g. 

tetramethylammonium hydroxide) for electrostatic repulsion of the iron oxide 

nanoparticles. However, these ammonium compounds are not well suited for biological 

applications due to their fast precipitation in buffer solution and biocompatibility only in 

low concentrations. Therefore, often a polymeric matrix or polymeric stabilizers are used 

to coat the iron oxide nanoparticles in aqueous environment [14,130] to prevent particle 

agglomeration, to make the nanoparticles more biocompatible, and to increase their 

nonspecific intracellular uptake. Ideal polymers should not only be biocompatible, but as 

well be degradable. Poly(lactide) is one of the few polymers fulfilling these criteria [24]. 

The modification of PLLA nanoparticles (e.g. with a dye) in order to follow their uptake 

and trafficking in cells could be demonstrated in recent years [48]. However, incorporation 

of iron oxide into PLLA nanoparticles and MRI trafficking could not be shown. The 

synthesis of these particles by the mini-emulsion technique is a well-suited way to provide 

for stable iron oxide nanoparticles in aqueous medium [220]. They not only can be made 

with variable amounts of iron oxide and different sizes in the nanometer region, 

additionally they can easily be loaded with dyes, active compounds or element tags. 

Therefore, they are well-suited candidates as biodegradable carriers for biolabels. 

The aim of this study was to dynamically monitor the migration of the bone 

marrow-derived human and rat MSCs labelled with a custom-designed nanometer-sized 

triple-reporter iron oxide-PLLA-particles in a rat wound model. Two migration scenarios 

were investigated: (a) after local administration in the proximity of mechanical wounds, 

and (b) after topical delivery of the labelled MSCs via silicone carriers. Additional 

introducing of the fluorescence dye in these triple-reporter nanoparticles allowed for their 

simultaneous detection via MRI and fluorescence-based imaging tools. 

In this study we could confirm the labelling procedure to be efficient, non-toxic and 

innocuous to cell behaviour in vitro via flow cytometric analysis of nanoparticle uptake 

and subsequent retention by the cells. Cell viability was found to be ≥ 95% irrespective of 

cell labelling, which is in accordance with our previous study [195]. Of note, this 

nanometer-sized particle does not require the use of a transfection agent, which might 

influence MSC biology. 

The first report of single-cell detection in vivo by MRI was presented by Shapiro 

et. al. [198]. It was shown that the T2
*
 effects induced by a single cell labelled with the 

micron-sized (diameter of 1.63 µm) particles of iron oxide (MPIO) with the cellular iron 
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load of > 50 pg are detectable at isotropic resolution of 100 µm when using long TEs of 3-

5 ms. Even earlier this group had shown that a single MPIO particle of diameter 0.76 to 

1.63 µm in a single cell could be detected in vitro at 50-µm resolution and significant 

signal effects could be detected at resolutions as low as 200 µm [199]. Recently the 

optimized protocol for cell labelling with MPIOs enabling single cell detection by MRI at 

7T at ~100 µm resolution was presented [191]. There were as well attempts to detect single 

cells labelled with nanometer-sized SPIOs. The first evidence that single-cell tracking will 

be possible using clinical MRI scanners was provided by Foster-Gareau et. al. [68]. They 

colabeled Resovist-labelled THP-1 cells with the lipophilic carbocyanine fluorescent dye 

and localized 50-65 of those cells suspended in gelatine to a single monolayer, thus 

facilitating an overlay of fluorescence microscopy and 3D MR imaging at 100 µm 

isotropic resolution. To accomplish this, however, a custom-built high-powered imaging 

gradient set, customized RF coils, and optimized pulse sequence technology were 

developed. Heyn et. al. [91] injected 1×10
4 

Feridex IV-labelled J774 cells with the average 

cellular SPIO content of 60.9±1.6 pg/cell into the left ventricle of the mouse heart 

providing cell distribution by the arterial circulation and delivering of the cells to the brain, 

imaged in vivo and ex vivo the mouse brain at resolution 100×100×200 µm
3
, and correlated 

the MRI images with the histological slices of the brain via confocal microscopy. 

However, this approach does not allow explicit determining of the number of cells 

contributing to signal voids visualized with MRI. 

In our study based on the simulation and analysis of the signal intensity profiles of 

the MR images acquired at 50-µm isotropic resolution we could confirm in vitro detection 

of a single cell labelled with nanometer-sized iPLLA particles in iron concentration 

of 55 pg/cell. 

Due to the high MRI efficiency of these particles and relatively high iron 

concentration per cell achieved during the labeling procedure, single cell visualization via 

MRI could be performed in vitro and a relatively small amount of injected labelled cells 

(~2×10
4 

to 4×10
4 

cells) could be good visualized in vivo. 

In the in vivo experiment both human and rat MSCs were tested in the rat model in 

order to investigate whether human MSCs would be recognized by the rat’s immune 

system and subsequently eliminated. After injection, we identified the cells via MRI as 

well-defined hypointensities in a localized area at the sites of injection. MSCs were 

subsequently found to redistribute towards the wounded skin tissues created by defined 
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biopsy punches already within 3 h post-injection (both human and rat MSCs in imaging 

scheme 1 and just rat MSCs in scheme 2). Signal intensity losses around the skin lesion 

over time seemed to spread over a bigger region in cases where the simultaneous 

mobilization of the labelled cells from the injection sites towards wounds could be 

observed, or on the contrary to decrease over time in case when the cells remained 

immobile (right skin lesion in scheme 2). In the former case this may indicate an active cell 

migration from the original injection sites towards the skin lesions and accumulation of the 

labelled cells in the vicinity of the damaged tissue. The simultaneous injection of human 

MSCs provided a good control in this study ensuring that these observations regarding the 

cell fate is due to the cell migration rather than due to the fact that the cells are being 

removed by the host immune response. Of course, competing processes such as the 

deposition and persistence of ferric iron due to different processes accompanying natural 

skin wound healing have to be considered. These include thrombin formation and 

consequent formation of haemostatic plug as soon as vessels are damaged during 

wounding, influx of neutrophils that begins within minutes after injury and peaks within 1 

to 2 days [93,94], causing following infiltration of macrophages, developing of blood 

vessels in the healing wounds. However, the more pronounced signal decay around the 

wounds in case of cell migration suggests that the dominating effect in imaging scheme 1 

is caused by the cells migrating into the skin lesion. 

The histological data show Prussian blue stain-positive cells in approximately equal 

amounts in the spleen of both treated (with injected nanoparticle-labelled MSCs) and 

control (with injected unlabelled MSCs) rats. Clear differences were observed at the 

injection sites of both animal groups. A big amount of iron-containing cells was detected at 

both injection sites of treated animals, whereas only some iron-positive cells could be 

found in the control animals, what could be easily explained by vessels disruption during 

the injury or a presence of endogenous iron in the animals. Similar observations in the 

vicinity of the wounds indicate the migration of labelled cells towards the injury, thus 

supporting the observations made by MRI. 

Developing bimodal or even multimodal imaging agents enables visualization of its 

distribution by multiple imaging modalities (e.g. MRI, positron emission tomography, 

optical imaging), thus offering the potential to combine the best of all imaging modalities 

in a comprehensive imaging experiment. Increased efficiency and versatility in the 

numerous in vivo applications (e.g. for the improved detection of disease [70,167], cell 
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tracking or sorting [138,147]) can be achieved through compensation of the limitations and 

enhancement of the advantages of each modality [71,170]. After carrier application in vivo 

we could monitor via IR imaging clear IR fluorescence signal for at least 48 h. 

Unfortunately, after carrier’s removal we could not detect any fluorescence signal emitted 

from the rat’s wounds. That might suggest that in contrast to the results presented in the in 

vitro cell transfer assay by Walker et al. [231], 48 h of carrier application may not have 

been sufficient to allow cell transfer into the wounds. These can be also explained by the 

animal model we used or the antecedent cell cultivation method which likely impact the 

cell adhesion and migration. Therefore the most of the cells remained attached to the 

carrier surface, as it was proved by the IR imaging of the extracted MSCs-coated carrier. 

Via MRI, however, we could observe distinct signal voids in a punctate puttern at the site 

of carrier incubated with hBM-MSCs, even after carrier removal, whereas on the site of the 

carrier which was not incubated with MSCs, no signal extinctions in a patterm form could 

be observed. Since IR imaging is potentially more sensitive than MRI, it can be concluded 

that the signal voids remaining at the wound sites after carrier extraction were likely due to 

the iron depositions during natural skin wound healing processes; however, it might be also 

suggested that the number of migrated cells was below the detection limit of the IR 

imaging method and equipment used. 

A better understanding of MSCs survival and migration in vivo will be pivotal for 

tailoring MSC-based therapeutic strategies. These optimized nanoparticles are suited for 

multi-reporter labelling allowing the detection and monitoring of the labelled cells by MRI 

(which offers deep tissue penetration and high spatial resolution, as well as quantification 

potential) as well as fluorescence-based detection methods (e.g. rapid localization of 

iPLLA with incorporated infrared dye), thereby greatly reducing the number of animals 

needed for testing. However, as no immunohistochemical analysis for a specific 

quantification of the injected MSCs was performed, since we have not yet fully 

investigated the effect of the histological preparation on the stability and functionality of 

the fluorescent dyes, we could not confirm whether Prussian blue stained positive cells 

were associated with iPLLA-labelled MSCs in vivo. Thus, to determine if the iron-

containing cells are associated with iPLLA-labelled MSCs in vivo, additional inclusion of 

an element-tag (e.g. platinum or silica) in the iPLLA-particle could be a further step. This 

would facilitate the selective detection of labelled cells via e.g. inductively coupled plasma 

mass spectrometry. 
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5. Quantification using 19F MRI 

SPIO nanoparticles are the most widely used CAs for the monitoring of implanted 

cells in vivo because of the following properties: (1) the susceptibility effect created by the 

internalized SPIO nanoparticles extends well outside the volume occupied by the cell, and 

this extension augments its detectability; (2) the size of core and coating surface of SPIOs 

can be easily controlled, thus magnetic properties can be manipulated; (3) SPIO 

nanoparticles coated with dextran show improved biocompatibility and biodegradability. 

However SPIO-based quantification is undergoing different challenges and do not 

provide accurate measurements of the particle concentration in a given region of interest. 

The following chapter describes 
19

F MRI as an alternative approach to contrast agent 

quantification. 

This Section follows References [227,228]. 

5.1. Introduction 

Unlike methods based on iron-oxide contrast agents, 
19

F MRI facilitates “hot spot” 

interpretation of the images that are highly selective for only the 
19

F tracers, because tissue 

has a negligible background 
19

F signal [5]. Thereby, 
19

F imaging has the potential for direct 

quantification of 
19

F labels. 

Recently, Mesoporous amorphous Silica Nanoparticles (MSNs) have gained interest 

as ideal materials for drug delivery owing to their attractive properties such as large surface 

area and high surface area-to-volume ratio, tunable pore sizes, and ease of 

functionalization [134,165]. Surface chemistry, flexible particle dimensions, controlled 

release of drugs from MSN pores, high biocompatibility, in vivo degradation within several 

days, systemic elimination by urinary excretion compose some of the superior features of 

MSNs. MSNs have been applied as MRI CAs, as e.g. mesoporous silica coated iron oxide 

nanoparticles [251], or through covalent immobilization of Gd-complexes on the pore 

walls [99]. 

However, such particle architecture with the silica pore walls inside the particles 

leads to lower loading capacity of CA through volume exclusion effects. More attractive 

particle architecture that would allow high CA payload would be hollow sphere with a 

porous shell. The HMSS particles can be synthesized in different sizes and, loaded with 

e.g. PFCE, they can be used as positive contrast agent in 
19

F MRI/MRS. 
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Preliminary results on testing the HMSS particles loaded with PFCE (HMSS-

PFCE) at a mass fraction of approximately 68 wt% (percentage by weight) as a promising 

MR contrast agent in vivo were presented in the 23
th

 Annual Meeting of ISMRM (2015) 

[227]. 

Any B1
+ 

variation needs to be carefully addressed for any quantitative or multi-

parametric imaging (Chapter 1.5). The methods for encoding the flip angle described in 

Chapter 1.6 suffer from T1 dependence, long acquisition times, some limitations in 

combination with the slice selection, application in only limited dynamic range for reliable 

B1
+
 measurements (inaccuracy of methods at low flip angles and flip angles close to 90° or 

180°), and necessity to modify the imaging sequence. Since there is a very limited amount 

of time-efficient methods for B1
+
 mapping, correction for B1

+
 inhomogeneity in vivo is 

challenging. 

Gupta et al. assumed that the VFA  signal equation can be used to estimate B1
+ 

in 

the well-separated reference region if T1 in this region is known [80]. Since separate 

measurements of B1
+ 

and e.g. T1 prolong the clinical protocols, Sung et al. recently 

proposed a novel way to simultaneously measure T1 and B1
+ 

maps using RR-VFA imaging 

[215]. Assuming the T1 relaxation time for breast fat tissue (reference region) is globally 

uniform, consistent across the different subjects and well characterized at 3T [180], they 

use a two-point Dixon algorithm [144] to generate fat-only images of the breast and assign 

a known fat T1 value to a ratio of signal magnitudes for computing B1
+ 

variation. Assuming 

the B1
+ 

field inhomogeneity is smoothly varying across the breast [124,214], they apply a 

3D interpolation to construct the complete B1
+ 

variation map. 

The proposed method relies on two major assumptions: the T1 value of the 

reference region is known, and the reference region sufficiently covers the smoothly 

varying B1
+ 

inhomogeneity across the region of interest. Those two assumptions enable 

measuring of B1
+ 

maps in the reference region and estimation of T1 maps over the non-

reference region. 

The RR-VFA approach becomes very promising solution for B1
+ 

mapping in 
19

F 

MRI due to the obvious advantages of this method such as: 

a) measurement of B1
+ 

map can be done very time-efficiently by acquiring of just 

two SPGR datasets with two different flip angles; 

b) T1 relaxation time of PFCs can be well characterized. 
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Moreover, for the problem of 
19

F signal quantification only local accumulations of 

19
F compounds are of interest, thus only voxels containing 

19
F signal should be corrected 

for B1
+ 

variation without the need for computation of global B1
+ 

map. Thus, the RR-VFA 

method can be simplified since no interpolation has to be done. 

All 
19

F imaging in this work is performed on a 11.7T small animal MRI system 

(BioSpec 117/16, Bruker BioSpin MRI, Ettlingen, Germany), where the dimensions of the 

imaging objects are rather small and can be considered comparable to the operational 

wavelength (Table 4). Transmit/receive volume coil that can be tuned to measure both 
1
H 

and 
19

F signal is used. Since image signal has a sinusoidal dependence on the transmit field 

B1
+
 and a linear dependence on the receive field B1

-
 (Chapter 1.5.3), whereas the 

distribution of receive field B1
- 

can be considered the same as the distribution of the 

transmit field B1
+
 while using the transmit/receive coil, the existing RR-VFA method can 

be extended to account additionally for the receive field inhomogeneity. In this thesis a 

modified method for the simultaneous acquisition of quantitative 
19

F images and B1
+
/B1

-  

maps, based on the existing RR-VFA approach for mapping the flip angle, is introduced. 

5.2. Theory 

5.2.1. SPGR Equation and Modified RR-VFA Method 

The RR-VFA method introduced by Sung et al. is based on the SPGR sequence, 

where the signal magnitude at any given point Iαn(r) can be expressed for a nominal flip 

angle αn as [215]: 

    
( )    

     (   )

        
 (70) 

where r represents spatial position, I0 is the longitudinal magnetization including coil 

sensitivities, and     
   

  
⁄

. 

Introducing a relative flip angle variation B1
+
(r), defined by ratio between the 

actual flip angle αact and the prescribed flip angle αn [215]: 

   
 ( )  

    

  
 (71) 
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the actual flip angle can be expressed as: 

        
 ( )     (72) 

 In other words, B1
+
(r) factor equal 1 means the actual flip angle is the same as the 

prescribed, and 0.5 means 50% reduction in the flip angle [215]. 

Combining Eq. (70) and (72), the signal ratio of signal magnitudes with two flip 

angles (α1 and α2) can be written for each voxel as [215]: 
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 (73) 

Note, that any image nonuniformities (including receive sensitivity) are cancelled 

out, as they are identical for both images. Then assuming the T1 is known and globally 

uniform, B1
+
(r) becomes the only unknown in the equation and can be numerically 

calculated using the signal ration for each voxel [215]. 

Introducing the inhomogeneity of the receive field B1
-
(r), the signal amplitude 

given by the SPGR equation, can be written as: 

    
( )      

 ( )
   (  

 ( )  )(   )

       (  
 ( )  )

 (74) 

where r represents spatial position, M0 is the longitudinal magnetization at thermal 

equilibrium, B1
-
(r)

 
is the spatially varying receive coil sensitivity, and     

   
  

⁄
. 

Transverse relaxation is not included in this equation because echo time and T2
*
 relaxation 

will only scale the signal amplitude and does not affect the signals ratio afterwards. 

5.2.2. Correction for B1+/B1- Variation 

If T1 in a reference region is well characterized, by acquiring of two datasets with 

two different flip angles, the SPGR signal equation can be used to solve for the actual flip 

angle variation B1
+

 in this region. If the distribution of receive field B1
- 
can be considered 

the same as the distribution of the transmit field B1
+
, the variation of receive field B1

- 
is 

also given. 

Once the flip angle variation B1
+
 is known, the image intensity can be corrected for 

the the transmit field B1
+
 variation

 
and the longitudinal magnetization I0 can be calculated 

(as followed from Eq. (70)): 



Chapter 5. QUANTIFICATION USING 19F MRI 

 

127 

 

 

   
   

( )
  

 ( )
⁄  

   
( )

   (  
 ( )  ) (   

   
  

⁄ )

   
   

  
⁄     (  

 ( )  )

 

(75) 

where    
( ) is the signal intensity measured at nominal flip angle αn at any given point r, 

and B1
+
(r)

 
is the computed with RR-VFA method spatial flip angle variation. 

With defining: 
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and considering B1
-
(r)

 
= B1

+
(r), Eq. (74) can be solved for the longitudinal magnetization 

in thermal equilibrium M0: 
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Parameter M0 is finally necessary to find the unknown concentration of the 
19

F 

spins in a ROI by comparing it to a reference with known concentration (in Eq. (43) 

denoted as Sn). 

To check the impact of the receive field B1
-
 inhomogeneity, the generated SPGR 

signal can be corrected as: 
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(78) 

where    
( ) is the signal intensity measured at nominal flip angle αn at any given point r, 

and B1
+
(r)

 
is the computed with RR-VFA method spatial flip angle variation. 

 



Chapter 5. QUANTIFICATION USING 19F MRI 

 

128 

 

5.3. Materials and Methods 

5.3.1. Synthesis of HMSS-PFCE Nanoparticles 

The HMSS particles were synthesized by A. Pochert (Department of Inorganic 

Chemistry II, University of Ulm, Ulm). The particle synthesis was previously described 

[176,186]. Briefly, the particles were synthesized using a condensation process of 

tetramethoxysilane (Sigma-Aldrich, Steinheim, Germany) and (3-aminopropyl)-

trimethoxysilane (Sigma-Aldrich, Steinheim, Germany) as the silica precursors in alkaline 

aqueous media containing cetyltrimethylammonium chloride (Sigma-Aldrich, Steinheim, 

Germany) serving as the structure directing template. The reaction and the following 

hydrothermal treatment took place in presence of Trimethylbenzole (Sigma-Aldrich, 

Steinheim, Germany) an etching agent. The as prepared particles were hydrothermally 

treated for 4 days at 140°C. The precipitate was washed with acetone, ethanol and water, 

dried at 70°C under vacuum and calcined at 550°C for 6 h. 

For PFCE loading, the particles were dried in a Schlenk tube under vacuum for 4 h 

at 120°C and cooled down. After PFCE (CHEMOS GmbH, Regenstauf, Germany) was 

added, the system was disperged (S220, Covaris) for 2 h. The excess PFCE was removed. 

Particle dimensions and morphology were characterized by electron microscopy. 

5.3.2. MR Measurements of T1/T2 Relaxation Properties of the PFCE 

Compounds 

Since RR-FVA method requires that the T1 in the reference region has to be known, 

and pure PFCE is not suitable for in vivo application and normally is emulsified before 

(Chapter 1.4.1), the relaxation properties of different PFCE compounds have to be 

investigated. 

The relaxation properties of pure PFCE, commercially available 
19

F-emulsion 

formulated with 20 wt% lipid-encapsulated PFCE from nanoPET Pharma (Berlin, 

Germany) and HMSS particles loaded with PFCE at a mass fraction of 68 wt% in a pellet 

form were investigated. 

MSE experiment with evenly spaced 96 echoes (ranging from 30 to 2880 ms with 

echo interval of 30 ms) and TR of 5000 ms was applied to measure the T2 decay of the 

fluorine signal. The T2 relaxation curve from an MSE experiment was fitted with an offset 

model (Chapter 3.2.4): 
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  (  )     ( )      (   
  

⁄ )     (79) 

with S(TE) being the measured signal, MXY(0) being the transversal magnetization directly 

after the excitation, TE being the echo time, T2 being the effective transverse relaxation 

time, and C a constant compensating for offset effects. 

To determine the T1 relaxation constant Spin Echo Inversion-Recovery (SE-IR) 

experiment with TR = 10 000 ms and TE = 7.5 ms was repeated at inversion times TI 

ranging from 50 ms to 9000 ms. If full spin-lattice relaxation during an inter-pulse interval 

is allowed, following the solution of the Bloch Equation for longitudinal component 

(Eq. (21)), the signal amplitude at a time TI after application of 180° pulse can be 

described by equation: 

  (  )    ( ) (      (   
  

⁄ )) (80) 

When         ,  (  )    and approximate T1 value may be estimated by 

determining the value of TI for which the FID amplitude is zero. However, the repetition 

interval of at least 5T1 is required so that the longitudinal component of magnetization 

returns to 0.99MZ(0). Moreover, the magnetic field B1 has to be homogeneous, or in other 

words, 180° inversion pulse has to be achieved throughout the sample. 

In practice, these two factors results in an apparent recovery time constant T1
*
, 

which is less than the actual longitudinal recovery time T1. Thus, it should be properly 

accounted for this fact in the signal fitting, and three-parameter exponential signal model 

should be used: 

  (  )        (   
  

 ⁄ ) (81) 

with A representing a scaling factor for signal intensity and B reflecting the quality of the 

inversion (a B value of 2A means perfect inversion). After fitting the measured signal 

intensities with this 3-parameter model, A, B and T1
*
 could be estimated, and used to 

approximate the T1 constant using so-called “Look-Locker” correction factor [116]: 

    (  ⁄   )    
  (82) 
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The inversion recovery curve was fitted with both 1-parameter (Eq. (80)) and 3-

parameter (Eq. (81)) fits to determine T1. 

5.3.3. Investigation of Accuracy of RR-VFA Method 

Since slight variation of the T1 time is expected, its impact on the B1
+
 mapping 

needs to be investigated. The SPGR signal was calculated accordingly to Eq. (76) as a 

function of B1
+
 variation. Repetition time TR of 40 ms was used. T1s variation of ± 50 ms 

around the true T1 was investigated. 

The signal ratio of signal magnitudes at two flip angles is required for the B1
+
 

estimation with RR-VFA method. Therefore, certain range of signal ratios was further 

investigated with respect to the impact of indicated T1 variation on the accuracy of 

estimated B1
+
 variation. 

5.3.4. Validation of the RR-VFA Method with the Measurement 

Additionally 
19

F MR imaging of the pure PFCE phantom with a SPGR sequence 

was performed at flip angles varying from 5° to 90° with TR = 40 ms and MR parameters 

given in Table 12. In order to provide sufficient spoiling at the end of each TR interval, the 

spoiler settings are set to its maximum values allowed by the system. 

Table 12. MR parameters of the SPGR sequence used for imaging of the pure PFCE phantom to compare the 

measured and computed SPGR signals for PFCE with expected T1 value of 650 ms 

Parameter Value 

Imaging sequence FLASH 

Imaging dimension 2D 

Field ov view (cm) 4×4 

Slice thickness (mm) 2 

Acquisition matrix 256×256 

Resolution (µm2) 156×156 

Repetition time (ms) 40 

Echo time (ms) 3.89 

Flip angle (deg) 5°:5°:90° 

Bandwidth BW (kHz) 50 

Number of averages 4 

Echo position (%) 50 

TE optimization mode Long TE 

Duration of read dephase (ms) 0.307247 
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Parameter Value 

Duration of slice rephase (ms) 0.307247 

Read spoiler duration (ms) 15 

Read spoiler strength (%) 28.0 

Slice spoiler duration (ms) 15 

Slice spoiler strength (%) 28.0 

Duration (min) 0:41 

5.3.5. 19F Quantification in PFCE Phantom 

The proposed technique for B1
+

 sensitivity correction was applied on a phantom 

with known concentrations of 
19

F for evaluation of the quantification. As PFC compounds 

are not stably soluble, a phantom with different volumes of PFCE was prepared (Figure 

50 A). The phantom comprised three PFCE-filled compartments embedded in 2% agarose 

gel (indicated as layer (a) in Figure 50 A). The compartments held 200, 300, and 400 µL of 

PFCE (indicated as layer (b) in Figure 50 A). Cyclohexane (Merck, Darmstadt, Germany) 

(indicated as (c) in Figure 50 A) was added on top of the PFCE to mitigate the off-

resonance effects on the PFCE-air interface. Cyclohexane was chosen due to its lower 

density than that of PFCE and its inability to mix with PFCE. The correspondent 
19

F 

gradient echo image in coronal orientation through the center of all three PFCE-containing 

compartments is represented in Figure 50 B. 

 

Figure 50. (A) Photograph of a PFCE quantification phantom. Three compartments (1-3) holding 200 

(compartment 1), 300 (compartment 2), and 400 µL (compartment 3) of PFCE (b) are embedded in a 2% 

agarose gel (a) and covered with cyclohexane (c). (B) 
19

F MR image of 1-mm thick slice acquired in coronal 

orientation through all three PFCE compartments. H-F indicates “head-feet” direction in MR scanner 

orientation. 
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5-mm thick coronal slice covering the whole PFCE volume of all three 

compartments was acquired with SPGR sequence with MR parameters adjusted in 

previous experiment (cf. Table 12) at flip angles of 15°, 20°, 25°, and 30°. The B1
+
 maps 

were calculated from the combinations of signal ratios 25°/15° and 30°/20° with assumed 

T1 of 650 ms. To analyze the impact of the involved correction steps, corrections for (1) 

transmit B1
+
 field only (according to Eq. (75)), (2) receive B1

- 
field only (according to Eq. 

(78)), and (3) both transmit/receive B1
+
/B1

-
 fields (according to Eq. (77)) were investigated. 

To relatively quantify the 
19

F signal, three ROIs were defined in the 
19

F MR 

intensity images acquired at all four measured flip angles: ROI 1 corresponds to 

compartment 1 with the PFCE volume of 200 µL, ROI 2 – to compartment 2 with the 

PFCE volume of 300 µL, and ROI 3 – to compartment 3 with the PFCE volume of 400 µL. 

The mean signal intensity over each ROI was calculated, and the ratios of the average 

intensities for each pair (i.e. ROI 2/ROI 1, ROI 3/ROI 1, ROI 3/ROI 2) were compared for 

corrected and non-corrected datasets. 

5.3.6. In Vivo Visualization of Isoflurane Signal using B1+ Protocol 

PFCE is not soluble in aqueous environment (Chapter 1.4.1) and therefore cannot 

be used in pure form for in vivo application. Since neither previously tested HMSS-PFCE 

particles nor commercially available lipid-encapsulated emulsion from nanoPET show 

good dispersion stability (e.g. Figure 52 A), they cannot be used as a reference, which has 

to be homogeneously dispersed in order to relate the 
19

F signal acquired in vivo to the 

signal in the reference probe. 

Therefore as a first try to in vivo quantify the fluorine signal using RR-VFA method 

for B1
+
-correction, relatively cheap and highly biocompatible liquid isoflurane (FORANE) 

was used. 

Adaptation of SPGR Protocol for Isoflurane Signal 

19
F MR spectrum of isoflurane has to be studied and compared to the spectrum of 

PFCE. To accomplish this, nonlocalized MR spectroscopy experiment on two tubes, one 

containing 0.25 mL of PFCE, the other containing 3.0 mL of isoflurane, was done within a 

single acquisition. 

Afterwards, relaxation times T1 and T2 of isoflurane were measured according to 

the protocol described for PFCE (Chapter 5.3.2). 
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Based on the obtained results, optimization of the SPGR sequence in an isoflurane 

phantom was performed. Isoflurane images were acquired with a FLASH sequence with 

optimized MR parameter set at flip angles varying from 5° to 90°. The whole dataset was 

measured with TR = 200 ms and TR = 350 ms. 

Animal and Reference Probe Preparation  

Two wild type mice C57/BL6, and two NMRI mice were enrolled in the study. 

Isoflurane anesthesia was administered using commercially available rodent inhalant 

anesthesia apparatus, which has a vaporizer and internal air-flow pump. Mouse was 

induced initially with vaporized isoflurane at 5% concentration in the induction chamber. 

After loss of postural reaction the mouse was rapidly transferred to the animal bed with the 

nose mask, and anesthesia was maintained with 1.5% isoflurane in a 1 l/min oxygen 

atmosphere. 

Isoflurane diluted in cyclohexane (Merck, Darmstadt, Germany) in the 

concentration of 1:50 was taken as a reference. The dilution corresponds to isoflurane 

concentration of 30 mg/mL or respectively 160 mM molar concentration. 

In vivo 19F MR imaging 

The MRI protocol used in a phantom study was further adjusted for in vivo 

application. To overcome the SNR limitations in vivo, the slice thickness was increased up 

to 3 mm and the number of signal averages was increased up to 56 leading to acquisition 

duration of about 13 min per FA. The adjusted protocol with flip angles of 30° and 15° was 

reproduced in the wild type mice. The first acquisition was done about 1 hour after the start 

of anesthesia. 

For the NMRI mice the number of averages was increased up to 128, what leaded 

to the overall scan time of nearly half an hour. Acquisition of the first flip angle of 30° 

took place 90 minutes, and of the second flip angle of 15° – 120 minutes after anesthesia 

administration. The measurements were validated by acquiring of the localized spectrum 

from the anatomical region containing 
19

F signal. The spectrum was acquired 30 minutes 

after anesthesia administration and directly after each B1
+
 imaging protocol (90 minutes 

after acquisition of 30° flip angle protocol and 120 minutes – after acquisition of 15° flip 

angle protocol, respectively). 
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For visualization all in vivo 
19

F images overlaid to 
1
H images were post-processed 

by thresholding and smoothing using open-source Java image processing and analysis 

software ImageJ. 

5.3.7. In Vivo Quantification of PFCE Signal using B1+ Protocol 

The dispersion of the HMSS-PFCE particles with the 68 wt% load on PFCE was 

applied in the next in vivo experiment. 

Adaptation of SPGR Sequence 

Since in vivo acquisition of many slices requires longer repetition times, TR = 350 

ms was used for in vivo experiment with the HMSS-PFCE particles as well. Pure PFCE 

phantom measurements were performed with the SPGR sequence at TR = 350 ms and flip 

angles ranging from 5° to 90° with the parameters given in Table 13. Measured signal 

intensity was compared with the theoretical value to validate the B1
+
 measurement 

protocol. 

Table 13. MR parameters of the SPGR sequence used for comparison of the measured and computed signals 

for PFCE with expected T1 value of 650 ms 

Parameter Value 

Imaging sequence FLASH 

Imaging dimension 2D 

Field of view (cm) 2×2 

Slice thickness (mm) 2 

Acquisition matrix 64×64 

Resolution (µm2) 312×312 

Repetition time (ms) 350 

Echo time (ms) 2.0 

Flip angle (deg) 5°:5°:90° 

Bandwidth BW (kHz) 50 

Number of averages 4 

Echo position (%) 50 

TE optimization mode Long TE 

Duration of read dephase (ms) 0.307247 

Duration of slice rephase (ms) 0.307247 

Read spoiler duration (ms) 15 

Read spoiler strength (%) 28.0 
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Parameter Value 

Slice spoiler duration (ms) 15 

Slice spoiler strength (%) 28.0 

Duration (min) 1:29 

Preparation of the Reference Probe, Injection Solution and Animal  

1 NMRI mouse was enrolled in this study. In order to avoid 
19

F signal overlap from 

the isoflurane anesthesia, fluorine-free anesthetic had to be used. Intraperitoneal (i.p.) 

injection using ketamine/xylazine cocktail (in dose 80 µL Ketanest S 25mg/mL (Pfizer 

GmbH, Berlin, Germany) and 20 µL Rompun 2% (Bayer Vital GmbH, Leverkusen, 

Germany) per 30 g mice weight) was performed. This dose provides 20 minutes surgical 

tolerance and about 40 minutes of anesthesia without surgical intervention. 

For injection 25 mg of 250 nm-sized HMSS-particles (dry amount) loaded with 

68 wt% PFCE were dispersed in a Focused-Ultrasonicator (S220, Covaris) in 1 mL 

Dulbecco’s Phosphate Buffered Saline (DPBS) solution (Paisley, UK). 

After loss of postural reaction the mouse was rapidly transferred to the animal bed. 

150 to 200 µL of the HMSS-PFCE dispersion was injected via the tail vein. 

For the reference, PFCE was diluted in n-Hexane (Merck, Darmstadt, Germany) in 

a concentration of 11.7 mg/mL or respectively 20 mM molar concentration. The reference 

was placed alongside the animal. 

The theoretical PFCE loading in injected solution was estimated taking into account 

the porosity of the shell (free volume), the interior space and the dimension of the particles. 

These data were obtained by nitrogen sorption measurements, microtomed TEM images 

and SEM images. This was performed by A. Pochert (Department of Inorganic Chemistry 

II, University of Ulm, Ulm). 

In vivo 19F MR imaging 

The MR scanning with the adjusted MR protocol (Table 16, “In vivo” with 56 

averages) of the NMRI mouse under ketamine/xylazine anesthesia was following the direct 

injection (~ 20 min post-injection), and was performed 24 h and 96 h post-injection. After 

standard scanner adjustments and initial 
1
H anatomical imaging, two B1

+
 imaging protocols 

with FAs of 30° and 45° were performed within the anesthesia time. 
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Data Analysis 

Slice-wise B1
+
 mapping and 

19
F signal quantification was performed on the base of 

the data acquired 24 h post-injection. Image stacks acquired at 30° and 45° were pre-

processed by thresholding and smoothing of the signal intensity using in house-written 

program in MATLAB
®
 (The Mathworks, Natick, MA). B1

+
 mapping was performed on a 

slice-wise base incorporating Eq. (73). The pixel-wise concentration was calculated based 

on the non-corrected and B1
+
/B1

-
-corrected signal intensity images acquired at 30° and 45° 

respectively. To accomplish this, the non-corrected or respectively B1
+
/B1

-
-corrected signal 

intensity in each pixel containing 
19

F signal was referred slice-wise to the non-corrected or 

respectively B1
+
/B1

-
-corrected mean signal intensity in the reference probe center showing 

maximal enhancement of the signal intensity.  The integration over the whole volume 

where the 
19

F signal was coming from was done to calculate the total amount of the PFCE 

in vivo. 

5.4. Results 

5.4.1. Electron Microscopy of the 250-nm Sized HMSS-PFCE Nanoparticles 

TEM images with a Zeiss EM 10 reveal the hollow interior of the particles and the 

mesoporous shell (Figure 51 a, c). SEM (Hitachi) pictures provide detailed information of 

the particle dimensions (Figure 51 b, d). TEM images of the particles show a noticeable 

contrast between the core and the shell, which confirm the hollow structure. SEM and 

TEM images show that the hollow particles have a mean diameter of 250 nm. The TEM 

images also reveal the diameter of the mesoporous shell. For the 250 nm particles the size 

of the shell can be estimated to be 50 nm. 
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Figure 51. (A) Microtomed transmission electron microscope (TEM) pictures reveal the hollow interior and the 

mesoporous shell of the HMSS particles, and give information about the shell thickness. (B) Scanning electron 

microscope (SEM) pictures provide detailed information of the dimensions of HMSS particles. Images are kindly 

provided by A. Pochert (Department of Inorganic Chemistry II, University of Ulm, Ulm). 

5.4.2. T1/T2 Relaxation Properties of the PFCE Substances 

MR images and relaxation curves for the 
19

F-PFCE-emulsion from nanoPET and 

HMSS-PFCE particles are shown in Figure 52 and Figure 53 respectively. 

Two 
19

F signals of different strength can be appreciated in the image acquired in 

transversal orientation in the PFCE-nanoemulsion (Figure 52 A). This is due to the 

different concentration of the particles in suspended emulsified form (ROI 1) and deposited 

form caused by gravitational effects (ROI 2). The respective relaxation curves are shown in 

Figure 52 (B, C) and T1/T2 values are summarized in Table 14. 



Chapter 5. QUANTIFICATION USING 19F MRI 

 

138 

 

 

Figure 52. T1/T2 characterization of the 
19

F-emulsion containing lipid-encapsulated PFCE with a mass 

fraction of 20%. (A) 
19

F spin echo MR image indicating that emulsion is not perfectly stable and particles 

seed on the bottom of a bottle, thus T1/T2 values are calculated for ROI 1 and ROI 2 as indicated in image. 

(B)  
19

F multiple spin echo decay curve is fitted with an offset model to determine the T2 relaxation times. (C)  
19

F inversion recovery curve is fitted with 1-parameter and 3-parameter models to determine the T1 

relaxation times. For exact T1/T2 values cf. Table 14.  

19
F TSE image of 250-nm sized HMSS-PFCE is illustrated in Figure 53 A. The 

respective relaxation curves are shown in Figure 53 (B, C) and T1/T2 values are 

summarized in Table 14. 

 

Figure 53. T1/T2 characterization of the 250-nm sized hollow mesoporous silica spheres (HMSS) loaded with 

PFCE in form of a pellet. (A) 
19

F spin echo MR image in axial orientation through the pellet. (B)  
19

F 

multiple spin echo decay curve is fitted with an offset model to determine the T2 relaxation times. For exact 

T2 values see Table 14. (C)  
19

F inversion recovery curve is fitted with 1-parameter and 3-parameter models 

to determine the T1 relaxation times. For exact T1 values cf. Table 14. 
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Table 14 summarizes the calculated T1/T2 values for the pure PFCE, nanoemulsion 

from nanoPET, and HMSS-PFCE particles. Only slight variations in T1 value (well below 

10%) are observed for both 1- and 3-parameter fits for the PFCE-emulsion from nanoPET 

as compared to pure PFCE, whereas T2 values differ about factor 3. The T1 times obtained 

for HMSS-PFCE are also similar to those of pure PFCE, whereas T2 value of the particles 

is much shorter than that of pure PFCE and comparable to this of the lipid-encapsulated 

particles from nanoPET. For comparison T1/T2 relaxation times of the cationic PFCE 

nanoparticles (containing 20 wt% PFCE) have been found to be 580/536 ms respectively at 

9.4 T [188]. 

Table 14. Summary of calculated T1/T2 values in the pellet of the hollow mesoporous silica spheres loaded 

with PFCE (HMSS-PFCE), pure PFCE and nanoemulsion from nanoPET 

ROIs  T1 [ms] T2 [ms] 

  1-p fit 3-p fit  

PFCE  655 647 563 

nanoPET Emulsion 
ROI 1 623 615 184 

ROI 2 616 608 177 

HMSS-PFCE  668 644 265 

This comparison shows that the T2 of the PFCE compounds strongly depends on the 

chemical form in which PFCE is applied and, likely, on the environmental factors, whereas 

T1 remains almost unchanged for specific field strength.  

Since the range of relaxation times T1 for different PFCE compounds is between 

600 and 700 ms with the mean estimated T1 of 650 ms, this value is further considered as 

the true T1 for PFCE. 

5.4.3. Analysis of T1-dependency on the accuracy of the B1+ mapping in RR-

FVA Method 

Dependence of the MR signal on T1 (for T1 range of true T1 ± 50 ms = 650 ± 50 ms) 

as a function of relative flip angle variation B1
+
 (from 1/6 to 3.0) corresponding to flip 

angle range of 5° to 90° is illustrated in Figure 54. 



Chapter 5. QUANTIFICATION USING 19F MRI 

 

140 

 

 

Figure 54. Spoiled gradient echo (SPGR) signal at different T1 relaxation times (650 ± 50 ms) as a function 

of B1
+
 variation in the range of 1/6 to 3.0 corresponding to flip angles in the range of 5° to 90°. 

It can be seen from Figure 54 that T1 variation up to 7.6% (650 ± 50 ms) causes 

only 1% difference in the generated signal for the flip angles up to 30°, whereas highest 

difference comprises ~ 3.5% for flip angles above 30°. 

It can be also appreciated from Figure 54 that the highest signal is provided in the 

range of flip angles 15°-30°. Signals acquired at 15° and 25° are almost the same, whereas 

the difference between 30° and 20° signals is the highest in the indicated range of high 

SNR signals. 

According to Figure 54, two signal ratios are of interest for further investigations: 

I25°/I15° (lowest signal difference) and I30°/I20° (highest signal difference). These signal 

ratios are calculated for different T1s as a function of relative flip angle variation B1
+
 

(Figure 55). 
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Figure 55. Signal ratio variations computed for flip angles 25°/15° (A) and 30°/20° (B) when the relaxation 

time T1 is varied as indicated in the legend. 

It can be appreciated from Figure 55 that in the same dynamical range of the 

relative flip angle variation B1
+
, the signal ratio I25°/I15° is more sensitive to the T1 variation 

(highest variation in the signal ratio is 2.1% caused by the change in T1 value of 7.6% (± 

50 ms)) than the signal ratio I30°/I20° (highest variation in the signal ratio is 1.7% caused by 

the same change in T1). 

Figure 56 shows the effect of the assumed T1 on the B1
+
 estimation for a true T1 

value of 650 ms in case of signal ratios I25°/I15° and I30°/I20° (Figure 56 A). When the 

assumed T1 is longer than the true T1, the proposed method typically underestimates B1
+
 

variation, resulting in negative percentage errors, whereas the shorter T1 results in positive 

percentage errors. It can be seen from Figure 56 (A) that for the assumed T1 range (± 7.6% 

variation of the true T1 = 650 ms), the B1
+
 estimation error for both signal ratios is within ± 

4%. For the chosen T1 range, B1
+
 estimation error as computed from signal ratio I30°/I20° is 

lower than for the signal ratio of I25°/I15°. The highest difference comprises ~ 1.04% for the 

T1 = 600 ms which is shorter than the true T1, and ~ 0.96% for the T1 = 700 ms which is 

longer than the true T1 (Figure 56 B). 
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Figure 56. (A) The overall B1
+ 

estimation errors [%] for different assumed T1 values for the simulated signal 

ratios of I25°/I15° (circles) and I30°/I20° (stars). (B) Absolute difference of relative B1
+ 

estimation error in 

percentage as calculated from signal ratios I25°/I15° vs. I30°/I20°. When the assumed T1 is longer than the true 

T1 (positive variation of the true T1), RR-FVA underestimates B1
+ 

variation (negative errors). 

In conclusion, described method seams to be robust to the T1 variation of ± 50 ms 

(7.6% of true T1). 

5.4.4. Validation of the Computed SPGR Signal with the Measurement 

Normalized measured signal intensity as a function of flip angle or B1
+
 variation is 

displayed in Figure 57 in comparison to SPGR signal computed at T1 = 650 ms and TR = 

40 ms for a nominal flip angle of 30° as a function of B1
+
 variation. Very good correlation 

between the measurement and theoretical signal can be observed for flip angles up to 30°. 
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Figure 57. MR measurement performed in pure PFCE phantom with SPGR sequence at different nominal flip 

angles ranging from 5° to 90° corresponding to B1
+
 variation in the range of 1/6 to 3.0 with parameters 

indicated in Table 12 vs. SPGR signal computed from Eq. (76) for T1 = 650 ms at TR = 40 ms for a nominal 

flip angle of 30° as a function of B1
+
 variation (1/6 to 3.0). 

In order to allow full relaxation of transversal magnetization in case of large flip 

angle, longer repetition time is required. When TR in comparison to T2 relaxation time is 

short (i.e. TR = 40 ms, T2 (PFCE) = 563 ms), residual magnetization which remains due to 

non-sufficient spoiling will affect the signal. Since Eq. (76) assumes the full relaxation of 

transversal magnetization, computation and measurement do not coincide well for flip 

angles above 30°. 

5.4.5. Quantification Test in PFCE-Agarose Phantom Applying RR-VFA 

Method for B1+ Correction 

These results were presented in the 23
th

 Annual Meeting of ISMRM (2015) [228]. 

Figure 58 represents 
1
H (A, C) and 

19
F (B, D) intensity images acquired in PFCE-

agarose phantom in axial and sagittal orientations respectively. Figure 58 E represents 

quantitative 
19

F intensity image of the 5-mm thick slice of PFCE-agarose phantom 

acquired in coronal orientation. The variation of 
19

F signal intensity is proportional to the 

PFCE volume due to the integration of the 
19

F signal over the slice. 
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Figure 58. 
1
H (A, C) and 

19
F (B, D) MR images of the agarose gel phantom (a) with three embedded PFCE 

compartments (1-3) filled with 200 µL, 300 µL, and 400 µL PFCE respectively (b) and covered with 

cycloxehane (c) acquired in axial (A, B) and sagittal (C, D) orientations. The dislocation of the cyclohexane 

layer (c) in 
1
H image is due to the chemical shift artifact (Chapter 1.2.2). (E) 

19
F image of 5-mm thick slice 

acquired in geometry indicated in purple rectangles in images (A-D). 

The results of signal intensity correction using B1
+
/B1

- 
variation maps computed 

with the modified RR-VFA method are summarized in form of intensity images and 

intensity profiles through the middle of correspondent intensity image along a vertical line 

and are depicted in Figure 59 A, C for flip angle of 15°, in Figure 59 B, D for flip angle of 

25°, in Figure 60 A, C for flip angle of 20°, and in Figure 60 B, D for flip angle of 30°. 
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Figure 59. (A) and (B) are MR intensity images acquired at flip angles of 15° and 25° correspondingly and 

corrected with B1
+
 maps calculated with assumed T1 of 650 ms from the signal ratio of 25°/15°. Correction 

steps: (1) transmit field B1
+
 only, (2) receive field B1

- 
only, and (3) both transmit and receive fields B1

+
/B1

- 

(all definitions are given in Chapter 5.2.2) are investigated. (C) and (D) are intensity profiles of the 

correspondent intensity image along the indicated dotted line. 

The B1
+
 profile calculated either from signal ratios of 25°/15° or 30°/20° reveals its 

maximum in the coil center and intensity decreases with increasing distance to the coil 

center. The signal intensity in the coil center (matching the compartment 2) appears 

artificially overestimated, whereas signal intensities apart (compartments 1 and 3) appear 

underestimated. 
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Figure 60. (A) and (B) are MR intensity images acquired at flip angles of 20° and 30° correspondingly and 

corrected  with B1
+
 maps calculated with assumed T1 of 650 ms from the signal ratio of 30°/20°. Correction 

steps: (1) transmit field B1
+
 only, (2) receive field B1

- 
only, and (3) both transmit and receive fields B1

+
/B1

- 

(all definitions are given in Chapter 5.2.2) are investigated. (C) and (D) are intensity profiles of the 

correspondent intensity image along the indicated dotted line. 

The impact of the flip angle variation on the SPGR signal complies well with the 

theoretical prediction demonstrated previously (Figure 54). So, “B1
+
 corr factor” (defined 

by Eq. (76)) calculated for 20° flip angle reveals nearly constant profile in Figure 60 C, 

what is expected since there is nearly no variation in signal intensity for the flip angles 

around 20° in Figure 54. At the contrary variation of flip angle around 30° in Figure 54, 

causes decrease in the signal intensity when the flip angle is larger than 30° (B1
+

 is higher 

1) and increase in the signal intensity when the flip angle is smaller than 30° (B1
+
 is lower 

1). This perfectly correlates with the “B1
+
 corr factor” calculated for 30° flip angle (Figure 

60 D). The B1
+
 factor has lower values in the middle of the indicated profile what 

corresponds to higher B1
+
 values in the respective B1

+
 map, and higher B1

+
 values apart, 

where B1
+
 values are smaller. Similar behavior reveal “B1

+
 corr factor” profiles for 15° and 

25° flip angles. 

Table 15 summarizes the relative quantification results in PFCE-agarose phantom 

as compared to the theoretically calculated ratios. It can be seen from Table 15 that 

quantification performed on the basis of pure measured intensities gives wrong results as 
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compared to the theoretical values. So, due to the overestimated signal intensity in the ROI 

2 and underestimated signal in ROI 1, ratios ROI 2/ROI 1 and ROI 3/ROI 1 are highly 

overestimated as compared to the theoretical value, and ratio ROI 3 /ROI 2 is 

underestimated due to the same reason. Moreover, the deviation strongly depends on the 

excitation angle. 

Table 15. Comparison of the quantification results in the PFCE-agarose phantom. Three ROIs 

corresponding to three PFCE-containing compartments are defined: ROI 1 corresponds to PFCE volume of 

200 µL, ROI 2 – to PFCE volume of 300 µL, and ROI 3 – to PFCE volume of 400 µL. Non-corrected, B1
+
-

corrected, B1
-
-corrected, and B1

+
/B1

-
-corrected average signal intensities in the respective ROIs are related 

to each other for quantification 

 Flip Angle 
(deg) 

ROI2/ROI1 ROI3/ROI1 ROI3/ROI2 

 theory 1.50 2.00 1.33 

Measured 

Intensity Ratios 

FA = 30° 1.87 2.23 1.19 

FA = 20° 2.10 2.39 1.13 

FA = 25° 1.97 2.27 1.15 

FA = 15° 2.30 2.48 1.08 

Receive Field B1
- 

Corrected 

Intensity Ratios 

FA = 30° 1.38 1.87 1.36 

FA = 20° 1.56 2.01 1.29 

FA = 25° 1.45 1.90 1.31 

FA = 15° 1.70 2.09 1.23 

Transmit Field B1
+ 

Corrected 

Intensity Ratios 

FA = 30° 2.15 2.39 1.11 

FA = 20° 2.15 2.39 1.11 

FA = 25° 2.17 2.38 1.09 

FA = 15° 2.17 2.38 1.09 

Transmit/Receive 

Fields B1
+/B1

- 

Corrected 

Intensity Ratios 

FA = 30° 1.60 2.01 1.26 

FA = 20° 1.60 2.01 1.26 

FA = 25° 1.60 2.00 1.24 

FA = 15° 1.60 2.00 1.24 

Correction with receive field B1
-
 only yielded values close to theoretically 

calculated, still showing strong flip angle dependence. Considering of transmit field B1
+
 

inhomogeneity only compensates well for the flip angle variations, but the ratios are 

wrong. The B1
+
 correction leads to identical values of the correspondent ROIs’ ratios for 

flip angles of 30° and 20° (the same B1 map calculated from the signal ratio of 30°/20° is 

used for correction), and for flip angles of 25° and 15° (the same B1 map calculated from 
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the signal ratio of 25°/15° is used for correction). Just a small variation is introduced in the 

ROIs’ ratios due to the inter-map B1
+
 variations. 

Finally, the best performance is achieved when signal intensity correction with both 

B1
+
 and B1

-
 fields is performed: quantification is reproducible and is in a good agreement 

with the theory (the estimation error for the signal ratios is within 7%). 

5.4.6. In Vivo Visualization of Isoflurane Signal using B1+ Protocol 

MR Spectroscopy of Isoflurane 

As it can be appreciated from Figure 61 A, PFCE with 20 equivalent fluorine atoms 

exhibit a single resonant peak. Isoflurane, however, consists of chemically nonequivalent 

CF3 and CF2 groups. Nuclei of the both groups influence each other due to spin-spin 

coupling, changing the energy and hence resonance frequency of nearby nuclei. Therefore 

isoflurane exhibits more complicated spectrum with one main resonance line and a 

multiplet of peaks (Figure 61 A) separated by 7.14 ppm (or 3.36 kHz) at 11.7 T. PFCE 

peak is separated at 11.7 T by 9.33 ppm (4.40 kHz) from the isoflurane prominent peak. 

 

Figure 61. (A) Representative nonlocalized 
19

F MRS spectrum (single acquisition) from two tubes: one 

containing 3.0 mL of isoflurane, the other - containing 0.25 mL of PFCE, plotted as a signal intensity vs. 

chemical shift [ppm]. PFCE exhibit a single resonance peak, whereas isoflurane shows a single peak and a 

multiplet of peaks. PFCE amount in the tube was significantly lower than the isoflurane amount, therefore 

the intensity of the PFCE peak is lower than that of a isoflurane single peak. (B) MR images acquired at 

matrix size of 128×128 with excitation pulse bandwidth of 6 kHz (acquisition frequency is set at the first 

isoflurane peak) and acquisition bandwidth of 25 kHz, 50 kHz, 100 kHz and 200 kHz respectively. 

From the multi-peak spectrum of isoflurane, the well known chemical shift artifact 

becomes apparent during imaging (Figure 61 B upper left image) and makes image-based 

quantification difficult. To minimize this artifact, the acquisition frequency of the MR 

image has to be centered on the group of peaks represented in isoflurane spectrum and the 

pixel bandwidth has to be increased (increasing the pixel bandwidth from upper left to 
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bottom right image in Figure 61 B leads to decrease of the chemical shift artifact 

compromising SNR). 

Relaxation Times of Isoflurane 

The resulting T1 value was calculated as T1 = 2600 ms (Figure 62 B) and resulting 

T2 value as T2 = 230 ms (Figure 62 D). 

 

Figure 62. T1/T2 characterization of liquid isoflurane. (A) 
19

F spin echo inversion recovery MR image  

acquired at inversion time (TI) 50 ms. (B) 
19

F inversion recovery curve is fitted with 1-parameter and 3-

parameter models to determine the T1 relaxation times. (C) 
19

F spin echo MR image  acquired at echo time 

(TE) 30 ms. (D)  
19

F multiple spin echo decay curve is fitted with an offset model on all data points and on all 

data points excluding first point to determine the T2 relaxation times. 

Optimization of SPGR Sequence for Isoflurane Signal 

Since the T1 value of isoflurane (T1 = 2600 ms) is much higher than that of a PFCE 

(T1 = 650 ms), the repetition time in the SPGR sequence for B1
+
 mapping had to be 

increased in order to allow the transversal magnetization to sufficiently relax. 

Resulting optimized MR parameter set is summarized in Table 16 (“Phantom”). Of 

note here are increased repetition time and pixel bandwidth of 1.5625 kHz/pixel set to 

minimize the chemical shift artifact. Spatial resolution was decreased in order to 

compromise the longer acquisition time due to increased TR and at the same time to 

maximize the pixel bandwidth.  
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Table 16. MR parameters of the SPGR sequence used for comparison of the measured and computed signals 

for isoflurane with expected T1 value of 2600 ms in vitro and used in in vivo experiments 

Parameter Phantom In Vivo 

Imaging sequence FLASH FLASH 

Imaging dimension 2D 2D 

Field of view (cm) 5×4 3.2×4 

Slice thickness (mm) 2 3 

Acquisition matrix 80×64 32×40 

Resolution (µm2) 625×625 1000×1000 

Repetition time (ms) 200/350 350 

Echo time (ms) 1.7 1.7 

Flip angle (deg) 5°-90° 15°, 30° & 45° 

Bandwidth BW (kHz) 125 50 

Pixel Bandwidth (kHz/pixel) 1.5625 1.5625 

Number of averages 4 56/128 

Echo position (%) 50 50 

TE optimization mode Long TE Long TE 

Duration of read dephase (ms) 0.307247 0.307247 

Duration of slice rephase (ms) 0.307247 0.307247 

Read spoiler duration (ms) 15 15 

Read spoiler strength (%) 28.0 28.0 

Slice spoiler duration (ms) 15 15 

Slice spoiler strength (%) 28.0 28.0 

Duration [min] 0:51/1:29 13:04/29:52 

Normalized measured signal intensity as a function of flip angle variation B1
+
 in 

comparison to SPGR signal calculated at T1 = 2600 ms at TR = 200 ms and TR = 350 ms 

respectively is displayed in Figure 63. Obviously, data measured at TR = 200 ms do not 

match the theoretical signal (Figure 63 A), whereas good correlation between measurement 

and theory (up to 35° flip angle) is observed at longer TR = 350 ms (Figure 63 B). 
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Figure 63. MR measurement performed in pure isoflurane phantom with SPGR sequence at different nominal 

flip angles ranging from 5° to 90° corresponding to B1
+
 variation in the range of 1/6 to 3.0 with parameters 

indicated in Table 16 at TR = 200 ms (A) and TR = 350 ms (B) vs. SPGR signal as a function of flip angle 

variation B1
+
 calculated from Eq. (76) for a nominal flip angle of 30° for T1 = 2600 ms at respective TRs. 

In vivo 19F MR imaging 

The adapted for in vivo measurement SPGR parameter set is given in Table 16 (“In 

vivo”). The flip angles of 30° and 15° are expected to provide highest signal intensity 

difference between two acquired stacks of images and still sufficient SNR (as decided by 

phantom measurement, Figure 63 B). Nearly no fluorine signal could be detected with 

indicated acquisition parameters with 56 averages in wild type mice 1 hour after the start 

of anesthesia. 

In the NMRI mice using the protocol with 128 averages fluorine signal could be 

detected in the slices containing visceral fat circumjacent the kidneys (Figure 64, slices 1-

2). Signal of poor quality however still distinguishing could be also detected in the inter-

organs spaces corresponding to the visceral fat circumjacent the stomach, intestines, and 

liver (Figure 64, slices 3-6). 
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Figure 64. Exemplar six adjacent 
19

F and 
1
H coronal 3-mm thick slices acquired in vivo (NMRI mouse). First 

column: 
19

F images acquired at flip angle of 30°; second column: 
19

F images acquired at flip angle of 15°; 

third column: 
1
H images in respective geometry; last column: 

1
H images overlaid with 

19
F images acquired 

at 30°. 2 mL reference tube contains isoflurane in concentration of 30 mg/mL or 160 mM. The fluorine signal 

appears to concentrate in the visceral fat packed between the organs (kidneys, stomach, intestines, and liver). 

The spectrum was localized in the region indicated in Figure 65 for validation of 

the measurement results. 
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Figure 65. 
1
H in vivo images used for the planning of the region of interest for localized spectroscopy 

experiment indicated as a purple rectangle of size 15x15x15 cm
3
. 

As compared to the high-resolved non-localized reference spectrum of isoflurane in 

Figure 61 (with one prominent peak and multiplet of peaks separated by 7.14 ppm or 3.36 

kHz), localized in vivo spectrum demonstrated in Figure 66 exhibits two peaks separated 

by 6.25 ppm or ~3.0 kHz. This negligible shift in the in vivo resonance frequency can be 

attributed to temperature- and pH-dependency [47,131]. 
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Figure 66. In vivo spectra acquired from NMRI mouse 30 minutes after anesthesia start (green), 90 minutes 

after anesthesia start directly after acquisition of 30° imaging protocol (blue), and 120 minutes after 

anesthesia start directly after acquisition of 15° imaging protocol (red). Two isoflurane peaks can be clearly 

distinguished at each time point. 

As it can be appreciated from Figure 66, the magnitude of both isoflurane peaks 

increases within the first 90 minutes of scanning time (from time point 30 minutes to time 

point 90 minutes). Both peaks acquired 90 minutes and 120 minutes after start of 

anesthesia (meaning directly after acquisition of the B1
+
 imaging protocol for respective 

flip angle) as well as the integration areas over both isoflurane peaks are equal. This 

implies that the concentration of the isoflurane in the respective region of interest did not 

change between both B1
+
 acquisitions and the differences in the image intensity in Figure 

64 for flip angle of 30° and 15° are exclusively due to the difference in the signal intensity 

for respective flip angle. 

The isoflurane study allowed testing the sensitivity of the B1
+
 mapping protocol. 

However, it was too less 
19

F signal detected in vivo, and poor SNR did not allow 

quantification. 

5.4.7. In Vivo Quantification of the PFCE Signal using B1+ Correction 

Validation of the In Vivo SPGR Protocol  

The results of the PFCE phantom measurements performed with the long-TR B1
+
 

protocol (cf. Table 13) are shown in Figure 67. As it can be appreciated from Figure 67, 
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the angle at which maximum signal is achieved is shifted toward the higher flip angles 

when higher repetition time is applied. So, for T1 = 650 ms highest signal is achieved at 

flip angle of 55° when TR = 350 ms (Figure 67), whereas at TR = 40 ms we obtained 

maximum signal at 20° (Figure 54)). Moreover longer TR leads to better compliance 

between the measurement and theoretical SPGR signal. Due to long T2 of PFCE (T2 = 560 

ms) and insufficient spoiling, TR = 350 ms is still not long enough to allow the transversal 

magnetization to completely recover within this repetition time at large flip angles (above 

65°). 

 

Figure 67. MR measurement performed in pure PFCE phantom with SPGR sequence at different nominal flip 

angles ranging from 5° to 90° corresponding to B1
+
 variation in the range of 1/6 to 3.0 with parameters 

indicated in Table 13 vs. SPGR signal computed from Eq. (76) for a nominal flip angle of 30° for T1 = 650 

ms at TR = 350 ms as a function of flip angle variation B1
+ 

(1/6 to 3.0). 

Calculation of the Theoretical PFCE Loading 

Assuming that the dry mass of injected HMSS particles was exactly 5 mg (1/5 of 25 

mg) and that all HMSS particles were equally loaded with 68 wt%, the maximal theoretical 

PFCE amount in injected particle solution was estimated to be 11.23 mg. However, a 

certain ambiguity in theoretical estimation of the PFCE loading is given, because the 

injected volume is not precisely known. Just to compare, when the injected mass of the 

HMSS particles was different, let’s say 4.5 mg (or respectively 180 µL), the theoretically 

calculated PFCE loading yields 10.11 mg. 
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In vivo 19F MR imaging 

No fluorine signal from the mouse abdomen could be detected directly after 

injection. 24 h post-injection pronounced fluorine signal could be detected in the liver 

(Figure 68). 96 h post-injection fluorine signal was completely gone. 

 

Figure 68. Six 
19

F MR images acquired at flip angles of 45° and 30° 24 h post-injection representing 

adjacent 3-mm thick coronal slices (sl. 1 to sl. 6) and 
1
H 1.5-mm thick slices overlaid with 

19
F images 

acquired at 45°. 2 mL reference tube contains PFCE diluted in n-Hexane in concentration of 11.7 mg/mL or 

20 mM. Pronounce fluorine signal could be detected in the liver. 

Quantification of 19F Signal from the HMSS-PFCE in Vivo 

Figure 69 represents the algorithm of the B1
+
 mapping and subsequent PFCE 

concentration mapping in the reference probe. Two images acquired at 30° (Figure 69 a) 

and 45° (Figure 69 f) are pre-processed by thresholding and smoothing of the signal 

intensity (Figure 69 b and g). The pixel-wise concentration maps calculated based on the 

non-corrected signal intensity images acquired at 30° and 45° are shown in Figure 69 (c) 

and (h) respectively. These concentration maps reproduce the distribution of the signal 

intensity in the original images (Figure 69 a and f). 
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Figure 69. Mapping of the PFCE concentration in the reference probe. Two images were acquired in 

coronal orientation with the same parameter settings and flip angles of 30° (a) and 45° (f). For calculation 

of the B1
+
 map images were pre-processed by thresholding and smoothing of the signal with the median 

filter. Processed images for respective flip angles are shown in (b) and (g). (c) and (h) represent the 

calculated concentration map based on the original non-B1
+
-corrected images acquired at flip angle of 30° 

and 45° respectively. (d) is the calculated B1
+
 map. (e) and (i) are the calculated concentration maps for the 

flip angles of 30° and 45° after application of B1
+
-correction. 

B1
+
 map computed from the signal ratio of two images acquired at different flip 

angles according to Eq. (73) is shown in Figure 69 d. It can be perfectly seen from the 

calculated B1
+
 map that the signal intensity in the upper part of the reference tube is 

overestimated due to larger applied flip angles. 

The final concentration maps based on the B1
+
/B1

-
-corrected (according to Eq. (77)) 

signal intensity images acquired at 30° and 45° are shown in Figure 69 (e) and (i) 

respectively. Both maps look similar in contrast to the concentration maps calculated from 

the non-corrected intensities acquired at 30° and 45° (Figure 69 c and h) and give the mean 

concentration value over a tube of 11.63 and 11.69 mg/mL respectively. This fact can be 

considered as a kind of validation, because the concentration should remain constant 

independently on the flip angle. The signal inhomogeneities apart the reference tube center 

is a result of the differently acquired volumes inside the selected slice, what in turn is due 

to the inclination of the probe in the vertical direction (the probe tilt can be appreciated 

from the anatomical coronal acquisitions in Figure 68). Therefore, the calculated in these 

regions concentrations are also lower. 

The respective pre-processed images of four other slices containing signal from the 

liver in Figure 69 (slices 3 to 6), acquired at flip angles of 30° and 45°, as well as the 

B1
+
/B1

-
 maps calculated from the ratio of images acquired at these flip angles are shown in 

Figure 70.  
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Figure 70. Four pre-processed adjacent slices, containing 
19

F signal from the liver, acquired at 30° flip 

angle are shown in the 1
st
 column top down and acquired at 45° flip angle – in the 3

rd
 column top down. The 

same color-encoding is applied for all intensity images. Second column represents respective B1
+
/B1

-
 maps 

for each slice calculated from the images ratio of 30° and 45°.  

Respective concentration maps evaluated from the signal intensity images acquired 

at 30° and 45° flip angles before and after B1
+
/B1

-
-correction are shown in Figure 71. 

 

Figure 71. Mapping of the PFCE concentration in vivo. Concentration maps calculated before application of 

B1
+
/B1

-
-correction from the images acquired at 30° (1

st
 column) and 45° flip angle (2

nd
 column) and after 

application of B1
+
/B1

-
-correction from the 30° flip angle (3

rd
 column) and 45° flip angle (4

th
 column) 

respectively. All concentration maps are equally color-encoded. 

Table 17 gives the overview of the mean PFCE concentrations calculated over 

indicated slices based on non-corrected and B1
+
/B1

-
-corrected datasets. 
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Table 17. Summary of the mean PFCE concentrations from four slices containing 
19

F signal calculated based 

on non-corrected intensity images acquired at 30° and 45° flip angles and based on B1
+
/B1

-
-corrected 

intensity images at respective flip angles 

ROI/Slice 
Non-corrected concentration 

[mg/mL] 
B1

+/B1
--corrected 

concentration [mg/mL] 

 FA 30° FA 45° FA 30° FA 45° 

Liver / Slice 3 2.23 2.59 4.11 3.96 

Liver / Slice 4 2.91 3.21 4.04 3.94 

Liver / Slice 5 3.28 3.70 4.71 4.69 

Liver / Slice 6 1.93 2.63 5.98 5.95 

As it can be appreciated from Table 17, the mean concentration over the same slice 

evaluated from different flip-angle images before application of B1
+
/B1

-
-correction differs 

up to 25% between 30° and 45° flip angle images, whereas the difference in the inter-flip 

angle concentrations after B1
+
/B1

-
-correction does not exceed 4%, indicating proper 

performance of this correction. 

The PFCE quantity in the liver (calculated according to Eq. (43)) as evaluated from 

the B1
+
/B1

-
-corrected concentration maps is 9.73 and 9.59 mg as calculated on the base of 

30° and 45° intensity images respectively. The inter-flip angle difference in the estimation 

of the PFCE amount does not exceed 2%. The PFCE quantity evaluated from non-

corrected data comprises 7.10 mg when based on 30° intensity image and 8.23 mg when 

based on 45° intensity image. The inter-flip angle difference here comprises 12%. 

5.5. Discussion and Conclusions 

Magnetic resonance molecular imaging with the use of CAs proved itself valuable 

for noninvasive detection of certain physiological changes. Common exogenous contrast 

mechanisms employing either paramagnetic or superparamagnetic CAs are based on the 

altering of the local relaxation properties T1 or T2/T2
*
 of the protons. Thus relying on the 

indirect impact of the CAs on the surrounding tissue, all approaches suffer from: (1) high 

physiologically heterogeneously distributed proton background signal; (2) magnetic field 

inhomogeneties, which may cause additional alteration of the local signal intensity 

complicating both the detection and the quantification of those contrast agent aggregations 

[162]; (3) the need of baseline imaging in order to delineate changes in the local contrasts 

between the pre- and post-contrast images [196]. 

Alternative nuclei, such as e.g. fluorine (
19

F) offer a direct and quantifiable readout 

of molecular binding effects [44], because 
19

F spin density (and signal) is linearly 
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correlated to the deposition and the resultant concentration of the 
19

F compound at a 

particular site in the body [162]. While MR techniques are almost as sensitive to fluorine 

as they are to protons because of their high gyromagnetic ratios, the relative lack of 

fluorine-containing compounds in vivo, the need to deposit sufficient concentrations of the 

contrast agent within a voxel to become a detectable signal, and lack of imaging hardware 

and software, have limited the clinical applicability of this technique [162]. However, 
19

F 

MRI has been used for a variety of research applications, including mapping physiological 

oxygen tension pO2 in various tissues [200,256], studying tumor metabolism [193] and 

inflammatory response [19], mapping liquid ventilation [100]. The limited abundance of 

fluorine-containing compounds in vivo requires use of higher magnetic fields and/or 

increase of the 
19

F concentration. Because of their high payload of 
19

F atoms, 

perfluorocarbons are the most frequently used compounds for 
19

F MRI [44]. 

For biological applications, PFCs are typically emulsified into a nanoparticle form 

to overcome their hydrophobic and lipophobic properties [120]. After i.v. administration, 

PFCs are not metabolized by the tissue because of the relatively large particle size 

(nominal size ranging from < 100 nm to several hundreds of nanometers [115]), but 

cleared from the blood stream primarily by the reticuloendothelial system and macrophage 

endocytosis and then in large part vaporized to the air through respiration [44]. 

Although 
19

F MRI is potentially quantitative by itself, the imaging chain of an MRI 

system comprises many steps, such as coil tuning, transmit attenuation setting (i.e. flip 

angle setting), determination of the center frequency, that can impact absolute signal 

calibration, even when specialized transmit/receive coils are used. Finally, B1
+
-field 

inhomogeneities, that are e.g. inherent to the surface coils, must be accounted for. Because 

the concentration of a 
19

F CA in a voxel is determined by a comparison to an external 

standard of known 
19

F concentration, B1
+
 inhomogeneity pattern, e.g. between the targeted 

region of interest and the location of the reference, may lead to errors in the quantified 
19

F 

signal. 

The purpose of the study described in this chapter was to improve quantitative 
19

F 

MRI using B1
+
-field correction. Many of existing B1

+
-mapping methods suffers from T1 

dependence [111], long acquisition times [106], cancelling of the signal during saturation 

[52,58], inaccuracy at low flip angles [106,248], and requires modified imaging sequences 

[189,248]. RR-VFA method for B1
+
-mapping is applied in this work for transmit field 

sensitivity correction in 
19

F imaging. 
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The B1
+
 maps computed over a fat region by the RR-VFA method in [215] are 

based on two major assumptions: the T1 value of the reference region (which is a breast fat 

in this case) is uniform and the reference region sufficiently covers the smoothly varying 

B1
+
 inhomogeneity across the region of interest. 3D interpolation is used to fill up the non-

fat region. This method can not directly be applicable to other parts of the body. 

Different forms of the PFCE (pure PFCE, commercially available PFCE-

nanoemulsion, custom-designed silica nanoparticles loaded with PFCE) were investigated 

in this study. It was shown that the T1 values of all of these forms are very similar (within 

5% variation). The RR-FVA method was shown to be robust to the range of T1 variation 

for those chemical forms. 

Moreover, since only 
19

F signal has to be quantified, only B1
+
 factors for the pixels 

containing fluorine signal has to be computed, thus no interpolation has to be done to 

reconstruct the whole B1
+
 map. The proposed 

19
F images-based method can be used to 

calculate the B1
+
 map in any part of the body under the condition that signal of sufficient 

quality can be obtained. 

Furthermore, extension of the RR-VFA method was proposed to account 

additionally for the receive B1
-
 field sensitivity. Proposed B1

+
/B1

-
-mapping approach was 

tested on an agarose-phantom containing different volumes of PFCE. B1
+
-computation was 

done based on two acquisitions with the SPGR sequence with different flip angles using 

theoretically calculated signal ratio for these flip angles. The relative 
19

F signal 

quantification in a phantom after accounting for transmit/receive inhomogeneity showed 

high accuracy (estimation error was within 7%) as compared to non-reproducible and 

inaccurate quantification based on non-corrected signal intensities. 

19
F signals from isoflurane and from PFCE-loaded HMSS particles were evaluated 

in further in vivo experiments. The transition to in vivo application faced the problem of 

relatively poor fluorine signal, thus sequence optimizations had to be performed, yielding 

the overall scan duration for the multislice acquisition of ~13 min per flip angle for the 

PFCE-loaded HMSS particles and ~ 30 min for isoflurane, as compared to 40 sec scan time 

per slice in the pure PFCE-phantom experiment. 

Isoflurane is the halogenated ether with 5 fluorine atoms and structural formula 

C3H2ClF5O. This is the most commonly used inhalant anesthetic in rodents because the 

anesthetic depth can be easily controlled [217] and animals rapidly recover from the 
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anesthesia. The isoflurane is known to build up in the subcutaneous fat as e.g. shown in 

humans [59]. 

Cromwell et al. [50] showed that during the first fifteen minutes of anesthesia with 

isoflurane the alveolar concentration increases rapidly and continues to increase even after 

inhalation of the substance for one hour. During inhalation of an isoflurane concentration 

of 15000 mL/m
3
 (is equivalent to concentration of 1.5% v/v (volume-to-volume)) for 60 

minutes, an uptake limit is not observed [194]. It is not metabolized to any great extent and 

is rapidly eliminated by exhalation [78]. Compared with other inhalation narcotics, 

isoflurane is relatively poorly soluble in lipids (the oil/gas coefficient is 98). 

About 95% of inhaled isoflurane may be recovered unchanged in the exhaled air 

[95]. The elimination in man as reflected in the concentration in venous blood, takes place 

in three phases [264]. The elimination half-time of the first phase is on average 2.1 ± 1.9 

minutes and is determined mainly by the rate of elimination via the alveolar space. The 

half-time of the second phase, which can be ascribed to the elimination of the anesthetic 

from well perfused organs such as the brain, liver, heart and kidneys, is 19.4 ± 7.7 minutes, 

and that for the third phase, corresponding to the elimination of the substance from the 

muscles and the adipose tissue, is calculated to be 232.9 ± 141.5 minutes [194]. A small 

amount (< 0.5 %) of the absorbed anesthetic is eliminated through the skin [135]. The total 

body clearance of isoflurane in humans is 4.0 ± 0.5 L/min [250]. Postoperatively, less than 

0.2 % of the fluorine taken in as isoflurane is found in the form of fluoride in the urine 

[95]. 

In present study, 
19

F signal coming from inhealed isoflurane could be detected in 

the abdominal fat in the inter-organs regions circumjacent kidneys, stomach, intestines, and 

liver. MR spectroscopy performed in this study showed that 1.5 to 2 hours were necessary 

to reach the isoflurane steady-state concentration in the region governed by the FOV of the 

spectroscopic experiment. Although, the 
19

F signal from isoflurane could be visualized in 

vivo, SNR was not sufficient to perform the B1
+
-correction and consequently 

19
F in vivo 

quantification. 

The in vivo 
19

F B1
+
-protocol could be successfully completed within reasonable 

time in one animal after i.v. administration of the HMSS-PFCE nanoparticles. 24 h after 

administration, PFCE accumulation was observed in the liver, most likely due to uptake in 

the Kuppfer cells for clearance from the body [84]. This is in agreement with the previous 

studies on the biodistribution and pharmacokinetics of silica nanoparticles showing that the 
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mesoporous silica particles are taken up extensively by the liver and spleen [102,246,253]. 

This process is highly dependent on nanoparticle hydrodynamic size and shape and is 

mainly caused by passive entrapment in the discontinuous openings in the endothelium of 

the liver and spleen [246]. Moreover, the cellular response to nanoparticles exposure was 

shown to be cell dependent; macrophages had extensively higher association with the 

nanoparticles than epithelial cells [254]. Thus, the liver and spleen, where most 

macrophages reside, showed the most extensive accumulation of the silica particles in the 

biodistribution study in [253]. 

Pharmacokinetic analysis in [253], showed that silica nanoparticles of all 

geometries and surface characteristics are rapidly cleared from systemic blood circulation. 

In the present study any 
19

F signal could be detected 20 to 40 minutes post-injection of the 

PFCE-loaded HMSS nanoparticles, meaning that the circulation of the particles in the 

blood stream took longer than 40 minutes before they accumulated. Huang et al. reported 

that they could observe the biodistribution of the differently shaped mesoporous silica 

nanoparticles 2 h after i.v. injection [102]. Any 
19

F signal from the mouse abdomen could 

be detected 96 h post-injection, indicating fast metabolizing of the foreign particulates by 

macrophages and, likely, excretion through the renal route. 

Since the reference probe and the anatomical region of interests where the fluorine 

signal was detected were spatially separated within the coil, primarily in the slice-selection 

direction, the inhomogeneously distibuted B1
+
 profile in this direction leaded to wrong 

quantification results. The PFCE amount in the liver calculated after B1
+
/B1

-
-correction 

(~10 mg) is in a good agreement with the theoretically estimated ideal 11.23 mg PFCE in 

injected solution, whereas the PFCE amount calculated on the base of B1
+
/B1

-
-non-

corrected intensities (ca. 7-8 mg) is highly underestimated. B1
+
/B1

-
-correction significantly 

increased the accuracy of the PFCE concentration estimation and comprises up to 27% 

difference in the estimation of the PFCE quantity in the liver as compared to the estimation 

based on non-corrected datasets. 
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6. Summary 

This work dealt with different aspects and techniques concerning qualitative 

(visualization) and quantitative assessment of the local contrast agent aggregations using 

1
H and 

19
F MRI. 

Since negative contrast imaging has poorer specifity for iron particles due to 

sensitivity to other sources of field inhomogeneities, positive contrast techniques were 

introduced to visualize the accumulations of SuperParamagnetic Iron Oxide (SPIO)-based 

Contrast Agents (CAs). To overcome the limitations of the dark spot imaging, Off-

resonance Modulating Pre-Pulse (OMPP) preparation scheme for modulating the 

magnetization according to the local field distortions caused by susceptibility-generating 

objects was developed to generate the positive contrast images (Chapter 2). By adding the 

OMPP pre-pulse to any desirable imaging scheme on-resonant water protons can be 

suppressed, whereas signal from off-resonant spins can be reconstructed. The performance 

of the technique was demonstrated on the phantom containing different SPIO 

concentrations and thoracic aortic stent graft. 

Further the importance of choosing the proper fitting model for deriving the 

relaxation time constant T2 was investigated. There is currently no consensus on how to 

best estimate the voxel-wise myocardial T2 values derived from MULTI-T2-Prepared 

(multi-T2p) sequences and a two-parameter mono-exponential fit for relaxation is 

commonly performed. In Chapter 3 accuracy of the three-parameter offset model was 

investigated, whereas the constant offset is introduced as an unknown in the mono-

exponential model to account for noise, motion artifact, T1 relaxation and T2-preparation 

pulses imperfections. Phantom imaging with the multi-T2p sequence was performed to 

compare the accuracy of generated T2 maps using offset model with the accuracy of T2 

maps generated using conventional mono-exponential model. Better performance and 

higher accuracy of the offset model was shown. Myocardial T2 values were afterwards 

estimated in 24 patients; in 5 patients comparison of the impact of the black-blood vs. 

bright-blood imaging on the fitting performance was additionally assessed. One 

thalassemia patient was enrolled for proofing the applicability of the protocol to the short 

T2 conditions. 

There is still a need to develop more efficient CAs with a suitable particle size and 

coating with corresponding pharmacokinetics [159]. Further incorporation of e.g. 
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fluorescent dye enables the generation of multi-reporter particles providing the great 

potential for multimodal imaging. In Chapter 4, successful application of the custom-

designed triple-reporter Iron oxide loaded Poly-(L-LActide) (iPLLA) nanoparticles as a 

new multimodal CA for the cell labeling providing dynamic assessment of the cell 

migration into the target tissue has been shown. After investigation of biological and MR 

properties of this CA, application of the iPLLA-labeled Mesenchymal Stromal Cells 

(MSCs) was evaluated in a rat model. Two ways of in vivo delivery were tested. The skin 

wound model revealed the potential of the iPLLA particles to efficiently label MSCs for 

MRI monitoring of ~20,000 to 40,000 injected cells at 11.7T. Chemically defined silicone 

carrier was tested as a novel cell substrate for facilitating the delivery of the iPLLA-labeled 

stem cells in a rat skin wound model. iPLLA nanoparticles are a promising tool for further 

studies of the in vivo biodistribution of MSCs. While the topical delivery on chemically 

defined silicone carriers holds enormous potential, secure attachment of cultured cells to 

wound beds in the animal experiments remains challenging and needs to be further 

investigated. 

Quantification of 
1
H CAs still remains inexact because these CAs are detected only 

indirectly via its influence on the relaxation times of the surrounding water protons, what 

makes translation to in vivo especially difficult. 
19

F markers, in contrast, are detected 

directly because they have their own signal, which is proportional to the concentration of 

the 
19

F marker. However, inhomogeneities of the coils used to excite the spins and to 

acquire the MR signal lead to errors in quantitative imaging. Chapter 5 dealt with the 

quantification of the fluorine contrast agent using 
19

F MRI. Reference Region Variable 

Flip Angle (RR-VFA) method was applied in this thesis to generate the transmit B1
+
 field 

map. Modified to account additionally for the receive field B1
- 

sensitivity, method was 

successfully applied for B1
+
/B1

- 
mapping and relative quantification of 

19
F signal in 

PerFluoro-15-Crown-5-Ether (PFCE) phantom. Hollow Mesoporous Silica Spheres 

loaded with PFCE (HMSS-PFCE) were used afterwards for in vivo quantification of the 

19
F signal using B1

+
/B1

-
-correction. Two multislice B1

+
 imaging protocols of duration ~13 

min per flip angle could be successfully accomplished within ketamine/xylazine anesthesia 

time. The pronounce 
19

F signal could be detected 24 h post-injection in the liver. The B1
+
 

mapping performed at this time point allowed correction of intensity images, leading to 

improvement of quantification up to 27%. 
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To summarise, this thesis adresses major issues of quantification in 
1
H and 

19
F 

MRI. In particular, the T2/T2
*
 relaxation-based quantification of the CAs based on SPIO 

nanoparticles conventionally used for dark spot imaging in 
1
H MRI is introduced, whereas 

the importance of the proper choice of the fitting algorithm for deriving the relaxation time 

constants T2/T2
*
 is discussed. Whereas localization based on contrast modulation is 

possible, quantification of CA concentration is difficult because it is affected by several 

factors including a nonlinear relation between concentration and relaxation constants and a 

strong reliance on the imaging sequence and parameters used [209]. “Hot-spot” imaging 

using 
19

F nucleus enables direct detection without any background signal and 

quantification of CA concentration using 
19

F MRI/MRS. However, nonuniformity of the 

transmit/receive fields leads to errors in quantified signal, thereby B1
+
/B1

-
 variations have 

to be carefully adressed for any quantitative imaging. 
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