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Abstract

Nontoxic nanodiamonds (NDs) have proven useful as a vector for therapeu-

tic drug delivery to cancers and as optical bioprobes of subcellular processes.

Despite their potential clinical relevance, an effective means of noninvasively

imaging NDs in vivo is still lacking. Recent developments in hyperpolarized

MRI leverage an over 10 000 times increase in the nuclear polarization of

biomolecules, enabling new molecular imaging applications. This work ex-

plores hyperpolarization via intrinsic paramagnetic defects in nanodiamond.

We present the results of MRI experiments that enable direct imaging of

nanodiamond via hyperpolarized 13C MRI and indirect imaging of nanodia-

monds via Overhauser-enhanced MRI. The construction of custom hardware

for these experiments is detailed and the path to future in vivo experiments

outlined. As nanodiamond has been established as a biocompatible platform

for drug delivery, our results will motivate further research into hyperpolar-

ized MRI for tracking nanoparticles in vivo.
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Chapter 1

Introduction

The last decade has seen enormous growth in the applications of nanotech-

nology to medicine. Advances in the synthesis of nanoparticles, in particular,

have driven the development of new tools for the isolation and treatment of

disease. Of the many nanoparticles available, nontoxic diamond nanopar-

ticles have attracted disproportionate attention in biomedicine, with their

surfaces being readily functionalized for applications including tissue growth

and the targeted delivery of chemotherapeutics. A popular dream for nan-

odiamond, is to extend its proven therapeutic potential to the realm of di-

agnostics, and use it to track the targeted delivery of drugs to disease sites.

Recent demonstrations, tracking nanodiamonds in subcellular environments

via fluorescent defects known as NV centers, have been promising. How-

ever, for nanodiamond to reach its full diagnostic potential, techniques must

be developed to noninvasively image nanodiamonds in regions that are not

optically accessible. In this thesis, we develop new modalities for nanodi-

amond imaging that are based on magnetic resonance imaging (MRI), the

gold standard of noninvasive imaging in the clinic.

The cornerstone of MRI is nuclear magnetic resonance (NMR), the phys-

ical mechanism by which nuclei, with non-zero spin, absorb and re-emit elec-

tromagnetic radiation (EMR) in the presence of an external magnetic field.

The frequency of this EMR corresponds to the energy difference between

Zeeman split nuclear spin states. In a typical NMR experiment, inductive
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techniques are used to measure nuclear magnetization via emitted EMR.

MRI is an extension of NMR, where images are generated by application of

magnetic field gradients that encode information on the spatial distribution

of nuclear spins via the frequency and phase of the received EMR. NMR is

reliant on thermal polarization of nuclear spins, given by a Boltzmann distri-

bution, as the induced signals measured are proportional to the population

differences between nuclear spin states. As the energy difference between nu-

clear spin states, ∼100 neV at 1 T, is significantly smaller than the thermal

energy available at room temperature, 26 meV, thermal spin polarization

of nuclei is very small. This means that there is a small population differ-

ence between the number of nuclear spins aligned and anti-aligned with the

magnetic field, for the spin-1/2 systems of interest in this thesis. This small

population difference, of order 0.001 % or lower, has limited the applica-

tion of conventional MRI to imaging of 1H nuclei, as the very high (∼80 M)

abundance 1H nuclei overcomes the limitations of low thermal polarization.

Nanodiamonds can in theory be directly imaged with conventional MRI

via spin-1/2 13C nuclei in the diamond lattice. This approach, however, is im-

practical in biological environments due to the sensitivity limitations of con-

ventional MRI and the relatively low numbers of 1.1% abundant 13C nuclei in

nanodiamonds. We begin this thesis by using dynamic nuclear polarization

(DNP) techniques to enable nanodiamond imaging with 13C MRI. These

DNP techniques allow us to achieve nuclear hyperpolarization, a situation

where nuclear spin polarization is far from thermal equilibrium, by transfer-

ring large electronic spin polarizations onto 13C nuclei. As MRI sensitivity

scales with nuclear polarization, using DNP to create large, non-equilibrium

polarizations enables the imaging of low-abundance, low-sensitivity nuclei

such as 13C.

The production of non-equilibrium polarizations with DNP is analogous

to generating population inversion in optical systems. Essential to the op-

eration of lasers, the generation of population inversion requires a quantized

system with at least three energy levels, between which exist a high energy

transition that can be externally ‘pumped’ as well as an alternate relaxation

pathway consisting of a ‘fast’ relaxation transition followed by a ‘slow’ re-
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Figure 1.1: Creating populations far from thermal equilibrium. (a)
Population inversion in three-level system. Boltzmann statistics dictate that,
at thermal equilibrium, the number of particles in the E1 state (n(E1)) is
greater than the number in the E2 state (n(E2)). However, if the relaxation
E3 → E2 (green) is significantly faster than E2 → E1 (red) and the tran-
sition E1 → E3 (blue) is pumped, a population inversion (n(E2) > n(E1))
can be achieved. (b) Energy level diagram of a coupled electron (e) and a
spin-1/2 nucleus (n) in an external magnetic field. In the solid effect, if the
w1 (red) transition probability is sufficiently low, when w2 transition (green)
or w0 transition (purple) is pumped, nuclei will accumulate in the |↑n〉 state
or |↓n〉 state, respectively. In the Overhauser effect, if the w1 (red) transition
probability is sufficiently low, and if w2 (green) > w0 (purple), when the
electron paramagnetic resonance transition w1e (blue) is pumped, a popu-
lation inversion of nuclear spins will occur, with nuclei accumulating in the
|↓n〉 state.

laxation transition (see schematic in Fig. 1.1(a)). When such a system is

pumped, the slow relaxation pathway acts as a bottleneck, and members

of the system accumulate at a higher energy state than the ground state,

allowing the creation of a non-equilibrium population distribution.

To hyperpolarize nuclear spins with DNP, we use transitions between

the four-level electron-nuclear spin system, shown in Fig. 1.1(b), that arises

from the Zeeman splitting of a coupled spin-1/2 nucleus and spin-1/2 elec-

tron in a magnetic field. In Chapter 3, we use a DNP technique known as

the solid effect to transfer spin polarization from intrinsic electronic defects

in nanodiamond to nearby 13C nuclear spins. Performing DNP at cryogenic

temperatures and high magnetic fields gives large electron spin polarizations,

hyperpolarizing the 13C polarization by up to 10 000 times over room tem-



15 Introduction

perature polarization. In implementing the solid effect, we pump either the

w0 or w2 transition, with fast relaxation occurring via the w1e transition.

Crucial to the success of DNP in nanodiamond is the up-to-hours-long spin-

lattice relaxation times of the 13C nuclei in diamond, which means that the

w1n transition acts as a very slow relaxation transition. After attaining high
13C polarizations in the core of the nanoparticles with DNP, the long spin-

lattice relaxation time of 13C nuclei in nanodiamond further allow transfer of

the hyperpolarized nanodiamonds from the cryogenic DNP environment to

an MRI scanner for subsequent imaging in a process known as dissolution-

DNP. We present this implementation of nanodiamond imaging, a key result

of this thesis, in Chapter 4.

After demonstrating 13C imaging of nanodiamond, we turn our attention

from nuclei in the core of nanodiamonds to nuclei at the nanodiamond sur-

face. In doing so, we show in Chapter 5 that dangling electronic bonds at

the nanodiamond surface can be used to hyperpolarize adsorbed 1H nuclei

via the solid effect at low magnetic field (∼330 mT). We extend this result

in Chapter 6, showing that at ultra low magnetic fields (6.5 mT) these same

surface dangling bonds can be used to hyperpolarize 1H nuclei in water so-

lutions via the Overhauser effect. In this demonstration of the Overhauser

effect we pump the w1e transition in Fig. 1.1(b) and, as the w2 rate is sig-

nificantly faster than the w0 rate, hyperpolarization of relatively long-lived
1H nuclear spins near the nanodiamond surface occurs. We find that when

we interleave pumping of the w1e transition with conventional 1H MRI, in a

technique known as Overhauser-enhanced MRI, we can image nanodiamond

in solution via a change in 1H MRI signal. Given that our ultimate goal is the

in vivo demonstration of nanodiamond imaging, we conclude our presenta-

tion of results in Chapter 7 with the demonstration of a homebuilt platform

developed for in vivo imaging of a rat model with Overhauser-enhanced MRI.

This work traverses two key results, describing the first demonstrations of

nanodiamond imaging via hyperpolarized 13C MRI and nanodiamond imag-

ing via Overhauser-enhanced MRI. Within this thesis, we detail the develop-

ment of homebuilt hardware and custom techniques that have been necessary

to enable hyperpolarized nanodiamond imaging. It is expected that the new
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approaches to nanoparticle imaging we have developed in the course of this

work will lead to new in vivo diagnostic applications of nanodiamond.



Chapter 2

Background

In this chapter, we begin by providing an overview of techniques used for

nanoparticle imaging in biomedicine to put our goal, of enabling nanodia-

mond as a hyperpolarized MRI contrast agent, in context. We then explain

the basics of hyperpolarized MRI, along with the current state of hyperpo-

larized nanoparticle imaging.

2.1 Theranostics and Nanoparticles in

Biomedicine

The buzzword ‘theranostics’ has become popular to describe efforts that aim

to combine diagnostic and therapeutic capabilities into a single agent [1].

Such a theranostic approach to medicine aims to improve treatment by pro-

viding personalized feedback on the efficacy of drug delivery to disease sites.

Information on the efficacy of a given theranostic agent would allow sub-

sequent medical decisions to be made on the response of the individual to

treatment, with the goal of improved health outcomes.

Nanoparticles present themselves as excellent candidates to unite diag-

nostics and therapy. Their large surface areas allow for functionalization with

high concentrations of therapeutic loads and imaging agents. Many nanopar-

ticles also have intrinsic properties that grant them diagnostic imaging ca-

pabilities without surface functionalization. For diagnostic applications, it
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is highly favorable if the nanoparticle itself is stable and nontoxic in vivo,

although a polymer coating can often be used to stabilize the nanoparticle

if necessary [2]. Further, to be effective theranostic agents, nanoparticles

must have long blood circulation lifetimes, evading the body’s immune sys-

tem for long enough to allow targeted delivery of therapeutics. Evading

immune clearance requires nanoparticles to be sized in a Goldilocks zone of

5-200 nm [3]. Below 5 nm, nanoparticles are rapidly cleared by the renal sys-

tem (kidneys) and above 200 nm they are cleared by the reticuloendothelial

system (white blood cells). For nanoparticles in this Goldilocks zone, cir-

culation lifetimes can be further improved with neutral surface coatings and

by avoiding functionalization with targeting ligands that trigger clearance by

macrophages.

As might be expected, designing nanoparticles and surface functional-

izations to fulfill the above criteria and effect drug delivery is inherently

nontrivial [4, 5]. However, for the purpose of this thesis we allow such ‘tar-

geting’ issues to remain a biochemistry problem and instead turn our focus

to the problem of how to image nanoparticles once they have reached their

destination of interest. Over the following few pages, I provide an overview

of some leading techniques for noninvasive imaging of nanoparticles. As we

shall see, there is no one ‘magic bullet’ for nanoparticle imaging, with each

technique presenting at least one major limitation and as such, the differing

techniques lend themselves to different theranostic applications. For detailed

reviews on the plethora of nanoparticle imaging techniques being developed,

the reader is encouraged to see References [6–11].

2.1.1 Magnetic Resonance Imaging

As the primary topic of this thesis, we begin the overview of nanoparticle

imaging techniques with a high level view of what is possible with MRI. In

Section 2.2, we will delve more deeply into the theory of NMR and how we

can create new forms of MRI contrast with hyperpolarization.

Magnetic resonance imaging is the gold standard of noninvasive clinical

imaging due to its high resolution, soft tissue contrast and depth of pene-
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tration. Widely used for anatomical imaging, conventional MRI signals arise

from the inductive detection of radio-frequency induced precession of 1H nu-

clear spin. Whilst the MRI technique is intrinsically insensitive, detecting

only 1 in 100 000 1H nuclei at 3 T (see Section 2.2.2), the in vivo concentra-

tion of detected aqueous 1H nuclei is extremely high (∼80 M), which results

in high clinical sensitivity in practice.

Direct MRI of Nanoparticles

Extending the successes of clinical 1H MRI to nanoparticle imaging has

proven challenging, largely because the maximum safe concentration of

nanoparticles in vivo is orders of magnitude smaller than the 1H nuclei con-

centration [12]. In fact, it is the case in general that MRI sensitivity is the

limiting factor when imaging spin-1/2 nuclei other than 1H. Nonetheless,

imaging of nanomaterials via alternate spin-1/2 nuclei is a subject of active

research, a leading example of which is the tracking of high gyromagnetic ra-

tio 19F nuclei in perfluorocarbon nanoemulsions [13–15]. Such direct imaging

of nanoparticles is favored for its background free signal, allowing unambigu-

ous visualization of nanoparticle location in co-registered 1H MRI scans, as

is shown in the example in Fig. 2.1. High-resolution imaging of such per-

fluorocarbon nanoemulsions is still, however, limited by sensitivity. Direct

imaging of other nanoparticles with MRI will require dramatic increases in

sensitivity, something that can occur thanks to new hyperpolarization tech-

niques that boost the size of MRI signals from nanoparticles by over a factor

of 10 000 [16]. We will delve into such techniques in detail in Section 2.2.

Indirect MRI of Nanoparticles

The high sensitivity of 1H imaging with clinical MRI has led to the devel-

opment of techniques that indirectly detect nanoparticles through changes

in the 1H MRI signal. In this section, we describe T1, T2 and PARACEST

contrast mechanisms, which are the most popular mechanisms for generating
1H contrast in nanoparticle theranostics.

Nanoparticles with magnetic cores, such as super-paramagnetic iron oxide
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Figure 2.1: Co-registered 1H:19F MRI of glioma cells in a mouse
flank. The glioma cells are labeled with 19F nanoemulsion and the 19F
signal plotted in colorscale, overlaying the 1H anatomy scan in gray-scale.
Reproduced with the permission of Macmillan Publishers Ltd from Ref. [15],
copyright 2016.

Figure 2.2: MRI of implanted tumors in a mouse brain with T2 con-
trast. (a) Without SPIONs the tumor (red circle) appears bright. (b)
With targeted SPIONs the tumor (red circle) appears dark. Reproduced
with permission from Ref. [18]. Copyright 2008 ACS.

nanoparticles (SPIONs), create local variations in magnetic field on the mi-

croscopic level [3]. These field fluctuations result in fast dephasing (short T2

or spin-spin relaxation time) of the spin precession of 1H nuclei in the vicin-

ity of nanoparticles and a corresponding reduction in the 1H MRI signal,

as shown in Fig. 2.2. Such T2 contrast effects, have been used for imaging

SPIONs for over 25 years [12], and are now often used for clinical diagnosis

of cancers of the liver and spleen [3]. The key limitation of T2-contrast ef-

fects is that detecting the presence of nanoparticles via a reduction in signal

intensity (negative contrast) is problematic in or near regions of low signal,

typically requiring the acquisition of lengthy pre-/post-comparison images,

during which various types of biological noise are introduced [17].
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Figure 2.3: MRI of Gd loaded nanoparticles in a mouse. Images for
the coronal orientation are shown without (a) and after (b) administration
of targeted Gd loaded nanoparticles. The signal intensity in the brain is ap-
proximately 1.5 times higher after nanoparticle administration. Reproduced
with permission from Ref. [24]. Copyright 2013 World Molecular Imaging
Society.

Another approach, useful for imaging nanoparticles that are not intrinsi-

cally magnetic, is to incorporate a heavy metal ion with multiple unpaired

electrons (traditionally Gd3+) into the nanoparticle. Such nanoparticles

can be synthesized by grafting gadolinium to the surface of the nanoparti-

cle [19,20] or by encapsulating gadolinium in the core of liposomal nanopar-

ticles [21]. For these Gd-enhanced nanoparticles, the unpaired electrons on

the metal ions shorten the time required for refreshment of the local 1H MRI

signal after radio-frequency perturbation (short T1 or spin-lattice relaxation

time) [22]. Over multiple acquisitions, the shorter signal refreshment time

leads to a larger signal intensity in the presence of nanoparticles, as can be

seen for the example in Fig. 2.3. Whilst the increase of signal intensity with

T1 imaging is preferred over the negative contrast of T2 imaging, its reliance

on detecting small changes against a large background 1H signal, and con-

cerns over the long term toxicity of gadolinium [23], are obstacles to increased

use.

In response to these limitations an alternative technique known as Para-

magnetic Chemical Exchange Saturation Transfer (PARACEST) is becom-

ing popular for nanomaterial imaging [25, 26] because of the ability to turn

nanoparticle contrast on and off. In this mechanism, exchangeable protons at

the nanomaterial surface experience a chemical shift, allowing local quench-
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ing of the 1H magnetization by a frequency selective radio-frequency pulse.

Whilst the contrast achieved when imaging nanomaterials with PARACEST

is strongly dependent on the chemistry of proton exchange, it is likely that

new theranostic applications of this young MRI technique will continue to

emerge [27].

2.1.2 Computed Tomography

Computed Tomography (CT) is an imaging technology based on the absorp-

tion and scattering of high energy photons. CT reconstructs 3D images of the

body’s internal structure by using computational algorithms on information

gathered by passing x-rays through the body at many different angles and

detecting the x-ray intensity as it exits the body. As the x-ray beam travels

through the body, it is primarily absorbed and scattered via the photoelectric

effect and Compton scattering, respectively. As such, contrast in CT arises

from differences in the electron density between materials, with materials of

high atomic number (Z), displaying a higher CT signal.

The sensitivity of CT to materials with high Z has led to the development

of nanoparticles synthesized from heavy elements as contrast agents for x-

ray imaging [28,29]. However, due to the general toxicity of heavy elements,

tracking of nanoparticles with CT has mainly been limited to a few types of

high Z nanoparticles that are nontoxic, such as micelles with iodine in the

core [30], barium nanoparticles [31], and gold nanoparticles [32]. The long cir-

culation times and uptake by macrophages of these CT-imageable nanopar-

ticles has made them popular for targeting of diseases such as atherosclerosis

and cancer, an example of which is shown in Fig. 2.4 [6]. Whilst the poor

soft tissue contrast of CT imaging is well known, new techniques, such as

spectral CT, which measures the energy dependence of x-ray absorption to

generate contrast, are rapidly overcoming contrast limitations with nanopar-

ticle CT [33]. However, the fundamental sensitivity limits of the nanoparticle

CT (estimated to be 5.9 mM for gold nanoparticles), and concerns over ra-

diation doses in the long term, are barriers to more widespread use [28]. For

further information on CT with nanoparticle contrast agents, see Refs. [28,29]
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Figure 2.4: CT imaging of the accumulation of gold nanoparticles
in the arteries of atherosclerotic mice. (a) Conventional CT images,
showing anatomical structure and gold nanoparticles as a whiter region in
the center of the image. (b) Spectral CT images, showing the location of
gold nanoparticles. (c) Overlay of conventional CT and spectral CT images.
Reproduced from Fig. 4 of Ref. [33] with permission from the RSNA.

for review articles.

2.1.3 Optical Fluorescence

Imaging of nanoparticles with biocompatible optical techniques has become

popular for the high resolution, high sensitivity and richness of contrast that

can be achieved [34]. Nanoparticles used with fluorescence techniques derive

their fluorescence either intrinsically, as is the case for some quantum dots,

or via fluorophore labeling. Optical tracking of such nanoparticles has been

applied with great success in subcellular imaging applications, revealing new

cellular processes related to interactions with nanomaterials [35,36]. Beyond

subcellular imaging however, biomedical applications are limited by the pen-

etration depth of light into soft tissue. To extend the biomedical applications

of fluorescence imaging, targeted nanoparticles that fluoresce in the near in-

frared, where penetration depths are greater than visible light, have been

developed [37]. Such nanoparticles have enabled successful imaging of tu-

mors in preclinical studies, as shown in Fig. 2.5.1 However, extending the

1ACS AuthorsChoice license: This is an unofficial adaptation of a figure from an article
that appeared in ACS Nano. ACS has not endorsed the content of this adaptation or the
context of its use.
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Figure 2.5: Fluorescence imaging of quantum dots in a tumor bear-
ing mouse at different time points. Circles indicate tumor locations.
Red color: quantum dot fluorescence. Reproduced from Ref. [37] under an
ACS AuthorsChoice License.

success of these preclinical studies on small animals to human applications

would appear impractical at present without invasive techniques or further

improvement in penetration depth [38].

2.1.4 Positron Emission Tomography

Positron emission tomography (PET) is a medical imaging technique pop-

ular for functional studies due to its high sensitivity, being able to detect

tagged molecules such as glucose at picomolar concentrations [39]. Images

are generated with PET by the detection of gamma ray pairs that are emit-

ted by positron-emitting radionuclides incorporated into tracer molecules.

The high sensitivity of PET stems from the fact that each gamma emission

event, which corresponds to decay of a single atom, can lead to a detectable

signal [7]. Labeling of functionalized nanoparticles with radionuclides, such

as 64Cu and 89Zr, have enabled PET imaging of diseases such as cancer [40].

The materials most popular as PET-nanoparticle tracers include polymers

and dextrans [9]. Such PET nanoparticle probes can be tracked for up to tens

of hours depending of the half life of the radionuclide used. Despite the high

sensitivity of nanoparticle tracking with PET approaches, spatial resolution

is still limited to a few mm by the fundamental resolution limits of PET [41].
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Figure 2.6: PET imaging of 89Zr-labeled dextran nanoparticles in
mice bearing flank tumors. (a,b) Two different mice with PET showing
nanoparticle accumulation in tumors. (c) 3D rendering of the animal in a
with PET-CT. Reproduced with permission from Ref. [46]. Copyright 2011
ACS.

One approach to overcoming these resolution limits is the development of

hybrid nanoparticles that can be imaged with PET and a higher resolution

imaging technique such as CT or MR [42, 43]. An example of this PET-CT

approach to tumor imaging is shown in Fig. 2.6. We also note that whilst

PET is a well established technique for imaging when there is a clinical need,

its repeated use has been linked to significantly increased rates of cancer due

to the radioactive nature of the modality [44]. For further details on the use

of PET in nanoparticle tracking, the reader is directed towards the reviews

found in Refs. [40,45].

Other Modalities

A variety of other modalities for noninvasive in vivo nanoparticle imaging

are also the subject of active research. Examples of such other modalities

are ultrasound [47], photoacoustic imaging [48, 49], single-photon emission

computed tomography [50], magnetic particle imaging [51, 52] and Raman

imaging [53]. Whilst many of these approaches show promise, for now, they

all suffer from limited penetration depth, limited sensitivity and/or a require-

ment to use ionizing radiation.
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2.2 MRI Gets a Boost

Having established the strengths and weaknesses of various nanoparticle tech-

niques we choose to focus now, and for the rest of this thesis, on nanoparticle

imaging with MRI. But why MRI?

Of all the leading imaging techniques we described in detail, MRI is the

only one to not be limited by penetration depth issues or concerns over the

use of ionizing radiation. Indeed the key limitation of MRI is its sensitivity.

However, recent developments in dynamic nuclear polarization (DNP) tech-

niques are redefining the imaging sensitivity possible with MRI. Dropping

the sensitivity limits of MRI creates opportunities for developing noninva-

sive, safe, high resolution forms of contrast.

So, why MRI? Because MRI’s future just became hyperpolarized.

In this section we provide background to the sensitivity limitations of

NMR and MRI. We then explain the physics behind hyperpolarization and

explain how it can be used.

2.2.1 Acquiring Signals in NMR and MRI

Signal acquisition in NMR and MRI occurs via the inductive detection of the

precessing magnetic moments of nuclear spins. We begin our discussion of

signal detection by considering the precession of a magnetic moment in an

external magnetic field [54].

When a magnetic moment ~µ, associated with the angular momentum of

a particle, is placed in a static magnetic field ~B, it experiences a torque ~τ

given by the cross product:

~τ = ~µ× ~B . (2.1)

Hence, if ~µ and ~B are not parallel, the particle will experience a torque and

resulting change in angular momentum. This torque causes the magnetic

moments of such particles to precess around the static magnetic field.

In NMR experiments, the magnetic moments of interest are associated

with nuclei of non-zero, typically one-half, nuclear spin. When placed in
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a magnetic field, these nuclei will, on average, align in parallel with the

magnetic field on a timescale known as the spin-lattice relaxation time or T1.

With excitation of the nuclei via a resonant radio frequency pulse, known as

a π/2 pulse, the resulting nuclear magnetization can be rotated such that it is

perpendicular to the magnetic field. After this π/2 pulse, the nuclear spins

will precess around the static magnetic field at a characteristic frequency,

known as the Larmor frequency, that is determined by the magnetic field

strength and the type of nucleus.

As nuclear magnetization reorients during nuclear precession, it gives rise

to a fluctuating magnetic field. If an open loop is placed around the nuclei,

oriented perpendicular to the static magnetic field, these magnetic field fluc-

tuations will induce a voltage across its ends due to Faraday’s law. Such

inductive detection techniques are the primary means of acquiring signals

in NMR experiments, with the induced voltage directly proportional to the

magnitude of the magnetic field fluctuations [55]. As the voltage induced in

a pickup coil by a precessing nuclear spin is extremely small, large ensembles

of nuclear spins must be measured in practice for a sufficient signal-to-noise

ratio (SNR). After a π/2 pulse, the magnetization of the nuclear spin en-

semble decays over a timescale known as the spin-spin relaxation time or T2.

Hence, the detected signal is known as a free induction decay (FID), where

T2 is determined by the rate at which nuclear spins in the sample lose phase

coherence.

Turning NMR signals into images with MRI requires the use of magnetic

field gradients. We explain this by considering the example, shown in Fig.

2.7a, where two test tubes containing water are placed in a 7 T magnetic field

with a linear magnetic field gradient applied in the direction of separation.

If a π/2 pulse is applied to this system, the resulting NMR signal can be

acquired (see Fig. 2.7b). Taking the Fourier transform of the NMR signal

(see Fig. 2.7c) reveals that the NMR signal has frequency components at

values corresponding to the Larmor frequencies of 1H at the locations of

test tubes containing water. In this way, a magnetic field gradient can be

used to create one-dimensional spatial information from NMR signals. In

practice, three-dimensional MRI images are acquired with sequences that
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Figure 2.7: Using magnetic field gradients to encode spatial infor-
mation. (a) Schematic of a linearly varying magnetic field in a 7 T MRI
scanner. Two test tubes containing water, and hence, 1H nuclear spins, are
placed in the positions shown. (b) The NMR signal acquired, from the sam-
ples in a magnetic field gradient shown in a, after a π/2 pulse has been
applied (c) Fourier transform of the NMR signal in b.
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leverage multiple NMR pulses to dynamically control the orientation and

phase properties of nuclear spins. Two additional magnetic field gradients,

in mutually orthogonal directions to the first, are also used to encode further

position information via a combination of phase and selective pulses that only

excite partial volumes of the nuclear spins being imaged, see Reference [56]

for further details.

Whilst MRI is highly effective at turning NMR signals into images, the

use of frequency to encode position means that significantly larger frequency

bandwidths are required for acquisition, reducing the comparative SNR of

MRI. For acceptable image quality, conventional MRI requires the nuclear

magnetization in each voxel to be the order of the magnetization of 1013

aligned 1H nuclei [56]. However, as the magnetic moments of nuclear spins are

rarely aligned by thermal polarization, we require much larger total numbers

of spins to image with conventional MRI. We now calculate the extent of

thermal polarization at conventional fields and temperatures as motivation

for hyperpolarization techniques.

2.2.2 Thermal Spin Polarization in an External Mag-

netic Field

The allowed states of a spin-1/2 particle placed in a static magnetic field are

quantized into an aligned, spin-up state |↑〉 and an anti-aligned, spin-down

state |↓〉 due to the Zeeman effect. In conventional NMR, MRI and Electron

Paramagnetic Resonance (EPR) experiments, ensembles of spin-1/2 particles

are placed in magnetic fields up to 23 T in strength. Spins then distribute

between the two states with the statistics of a Boltzmann distribution. This

leads a net polarization P of the ensemble given by:

P =
n|↑〉 − n|↓〉
n|↑〉 + n|↓〉

(2.2)

= tanh
γ~B0

2kBT
, (2.3)
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where n|↑〉 is number of nuclei in the aligned state, n|↓〉 is the number of

nuclei in the anti-aligned state, γ is the nuclear gyromagnetic ratio, ~ is the

reduced Planck constant, B0 is the magnitude of the external magnetic field,

kB the Boltzmann constant and T the temperature [54].

For a 13C nucleus (γ13C = 10.705 MHz/T), at 300 K and 3 T, thermal

polarization equates to 0.0002% or 500 002 nuclei aligned with the field for

every 500 000 nuclei aligned against the field. This means that, in our in-

ductive detection of nuclear precession, we only see 2 nuclei out of every

1 000 000, as inductively detected signals from the rest of the spins cancel.

Such low spin polarizations are the bane of NMR, especially for nuclei of

lower abundance and gyromagnetic ratio than 1H.

Electron spins have much higher gyromagnetic ratios than nuclei (γe ∼ 28

GHz/T), leading to spin polarizations that are orders of magnitude higher at

the same magnetic fields and temperatures. For an electron at 300 K and 3

T, the thermal polarization is 0.7%, leading to a much higher number of ob-

served spins in electron paramagnetic resonance (EPR) spectroscopy than in

NMR spectroscopy and hence, the much higher sensitivity of EPR. Thermal

polarization can also be further increased by lowering the temperature.

Transferring the high spin polarization of electron spins to coupled nu-

clear spins is at the heart of DNP and this thesis. In Fig. 2.8 we summarize

the thermal polarization of electrons and nuclei at various field strengths and

temperatures. In Chapters 3 and 4 we use the coupling between 13C nuclei

and electron spins at 4 K to hyperpolarize 13C nuclei. Then we use the cou-

pling between 1H nuclei and electrons at room temperature to hyperpolarize
1H nuclei at various field strengths (300-500 mT) in Chapter 5 and at 6.5

mT in Chapters 6 and 7.
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Figure 2.8: Thermal polarization of electrons and nuclei in a static
magnetic field as a function of temperature. Polarization is shown for
1H nuclei at 6.5 mT (red) and 13C nuclei at 2.88 T (green) as well as for
electrons at both these field strengths (blue).
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2.3 Hyperpolarization

The term hyperpolarization describes any of a range of techniques that move

a spin system to non-equilibrium polarizations that are larger than that found

at equilibrium after thermal polarization. In the quest to boost NMR and

MRI sensitivity, a range of hyperpolarization techniques have been developed,

including the notable examples of:

• Spin-Exchange Optical Pumping (SEOP) - Small amounts of alkali

metals are vaporized and atomic transitions are pumped with a laser,

leading to near unity polarization of electron spins. This electronic spin

polarization is then transferred to nuclear spins of noble gases such as
3He and 129Xe by atomic collisions in the gaseous phase [57].

• ParaHydrogen Induced Polarization (PHIP) - The proportion of the

spin isomer parahydrogen in molecular hydrogen can be enriched from

25% at room temperature to 50% at 70 K with the use of an iron-

oxide catalyst. Chemical reactions of hydrogen with, typically organic,

molecules then allow transfer of spin polarization to nuclei such as 13C.

A newer PHIP technique called Signal Amplification by Reversible Ex-

change (SABRE) allows transfer of polarization to a substrate molecule

without it chemically reacting with parahydrogen [58].

• Brute force hyperpolarization - Nuclear spins are cooled to extremely

low temperatures and placed in very high magnetic fields, increasing

their thermal polarization. The spin containing sample can then be

rapidly warmed and transferred to a different strength magnetic field

where it will remain in its hyperpolarized state for a characteristic

time [59].

• Dynamic Nuclear Polarization (DNP) - The thermal spin polarization

of an electron spin reservoir is transferred to a coupled nuclear spin

reservoir by high frequency, typically microwave, electromagnetic ra-

diation [60]. DNP processes can lead to a maximum enhancement of

the nuclear spin polarization given by the relative size of the electron
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Figure 2.9: The Overhauser Mechanism. (a) The Zeeman split, four-
level energy diagram of an electron-nucleus pair in a magnetic field. Double
quantum w2, zero quantum w0 and nuclear w1n transition rates are shown.
(b) Nuclear polarization versus the microwave pump frequency. When w2 >
w0, negative nuclear polarization accumulates when the system is pumped
at the electron spin resonance frequency (ωe).

and nuclear gyromagnetic ratios (γe/γI) . This factor gives a maximum

enhancement of 660 for 1H nuclei and 2,620 for 13C nuclei.

In this thesis, we achieve hyperpolarization of diamond nanoparticles and
1H via DNP techniques. Hence, we now explore mechanisms for performing

DNP with a focus on the Overhauser effect and solid effect mechanisms that

are of most importance in the results we present. For reviews and books on

the topic of hyperpolarization see Refs [58,60–64].

2.3.1 The Overhauser Effect

The Overhauser effect is a DNP technique that relies on cross-relaxation

mechanisms between electron and nuclear spins to build up nuclear hyper-

polarization when the electron spin transition is saturated [65]. Whilst orig-

inally demonstrated in metals [66, 67], the Overhauser effect has found its

main applications in the hyperpolarization of nuclear spins in solution, where

the necessary relaxation processes occur via time-dependent dipolar or scalar

interactions [63].

The energy level diagram describing the Overhauser effect is shown in Fig.

2.9. When the system is pumped at the electron spin resonance frequency ωe,
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the populations in |↑e〉 and |↓e〉 states are equalized. If the double-quantum

transition rate w2 is larger than the zero-quantum transition rate w0, as is the

case in systems where cross-relaxation is mediated by dipolar coupling [68],

and if the nuclear relaxation rate w1n is sufficiently slow, then nuclear spins

will become hyperpolarized in the |↓n〉 state.

Hyperpolarization via the Overhauser effect relies on the condition ωeτ <

1, where τ is the correlation time of electron and nuclear spins. Hence, the

Overhauser effect is typically performed at low magnetic fields (B0 < 500

mT) where the electron spin resonance frequency is small enough for the

inequality to hold [63,68].

2.3.2 The Solid Effect

The solid effect is a two-spin DNP process in which polarization transfer be-

tween electron and nuclear spins occurs via driven flip-flip or flip-flop tran-

sitions [60]. The energy level diagram describing the solid effect is shown in

Fig. 2.10(a). In the solid effect, a microwave field is used to directly drive the

transitions shown at energies of ωe − ωn or ωe + ωn, simultaneously flipping

both an electron and a nuclear spin. Such combined spin flips are known

as ‘forbidden transitions’ as they cannot occur through strictly first order

processes. However, mixing of the base states via the time independent spa-

tial hyperfine interaction in solids means that these processes become weakly

allowed via second order transitions [62]. Hence, when the microwave drive

field is sufficiently large and the nuclear spin-relaxation rate is sufficiently

slow, positive or negative nuclear hyperpolarization can be created, as shown

in Fig. 2.10(b). After a flip-flop or flip-flip transition is pumped, the elec-

tron spin, which has a very short spin-lattice relaxation time T1e, is rapidly

reinitialized via the ω1e transitions shown. This rapid relaxation allows the

same electron spin to be used for hyperpolarization of many nuclei. The

non-equilibrium spin polarization can then also spread to other nuclei in a

solid via nuclear spin diffusion, allowing hyperpolarization of nuclei that are

not coupled to electrons.

The solid effect requires the inhomogeneous electron linewidth ∆e and
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Figure 2.10: The Solid Effect. (a) The Zeeman split, four-level energy
diagram of an electron-nucleus pair in a magnetic field. Driving forbidden
transitions at ωe − ωn or ωe + ωn simultaneously flips nuclear spins. (b)
Nuclear polarization versus saturation frequency. Positive hyperpolarization
of nuclear spin occurs when driving at ωe−ωn and negative hyperpolarization
occurs when driving at ωe + ωn.

the homogeneous electron linewidth δe to be smaller than the nuclear Lar-

mor frequency ωI. For spin-1/2 nuclei in solids, these conditions are typi-

cally satisfied at low temperature when electrons with long spin lifetimes are

present [62]. If the conditions are not satisfied, simultaneous saturation of

both transitions can occur, leading to reduced enhancements in a process

known as the differential solid effect.

2.3.3 Other DNP Mechanisms

The Overhauser effect and the solid effect are of most interest for the hyper-

polarization that is described in this thesis. DNP can also be achieved by a

variety of other mechanisms, including:

• Cross effect - The cross-effect is a three-spin DNP mechanism in which

two dipolar coupled electron spins and one nuclear spin simultaneously

flip when driven with a resonant microwave field. For this process to

occur, the electron linewidth must be inhomogeneously broadened such

that the Larmor frequencies can satisfy the condition: ωn = ωe1 − ωe2,

and the electron linewidth satisfies the condition: ∆e > ωn > δe [63].

• Thermal mixing - Thermal mixing is similar to the cross effect but
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occurs when the electron linewidth is homogeneously broadened such

that ωn < δe. In this situation, the electron-nuclear system can be

thought of as three interacting spin baths: the electron dipolar system,

the electron Zeeman system and the nuclear Zeeman system. Off res-

onance saturation of the electron spin resonance creates a polarization

gradient across the electron dipolar system, which then cools the spin

baths in contact with it, leading to nuclear hyperpolarization [69].

• Pulsed DNP - A range of DNP techniques based on coherent microwave

pulses, rather than cw mechanisms, also exist. Such techniques, carried

out in the rotating frame, can lead to significantly larger transition

probabilities for the forbidden transitions, leading to larger nuclear

polarizations. Examples of pulsed DNP techniques include Nuclear

Orientation via Electron Spin Locking (NOVEL) [70], the integrated

solid effect [71] and the dressed-state solid effect [72].

For more information on DNP processes, see Refs [60,63,69,73].

2.4 Taking DNP to MRI

Approximately 25 years after the 1940s discovery of NMR [74, 75], Paul

Lauterbur introduced the concept of using magnetic field gradients to encode

position information by way of an NMR frequency shift and in doing so, took

the first ever images with MRI [76]. Extending DNP, first demonstrated only

a few years after NMR [54, 66, 67], to MRI took much longer. Despite DNP

being applied to enhance sensitivity or yield spectroscopic information in

NMR experiments [77], its application to MRI was largely impeded by high

electron frequencies. High electron frequencies, typically in the microwave

regime, limit the penetration depth of the resonant magnetic field required

for DNP and cause heating in liquid environments. In this section, we discuss

two methods that overcome these limitations to enable DNP MRI.
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2.4.1 Overhauser-enhanced MRI

Overhauser-enhanced MRI (OMRI) [78], also known as Proton-Electron Dou-

ble Resonance Imaging (PEDRI) [79], leverages polarization transfer, via the

Overhauser effect, from an unpaired electron present in a contrast agent

molecule to 1H nuclei in water. The Overhauser effect, driven by EPR satu-

ration and mediated by dipolar cross-relaxation, can lead to an enhancement

of the 1H nuclear spin polarization by up to − γe
2γ1H

= −330, which can then

be imaged with conventional MRI techniques. Note that in OMRI, the hy-

perpolarization occurs in situ, with interleaved hyperpolarization and MRI

acquisition. To overcome penetration depth and tissue heating issues that re-

sult from EPR saturation at high frequencies, OMRI is typically performed at

ultra low magnetic field (<10 mT), where the lowering of electron resonance

frequencies makes these issues manageable. This reduction in magnetic field

strength causes a significant drop in nuclear polarization and thus, MRI sen-

sitivity, which can be addressed through MRI hardware and sequence design,

as we discuss in the course of this thesis.

2.4.2 Dissolution-DNP

Dissolution DNP (d-DNP) is a technique that utilizes solid-state DNP ef-

fects to achieve near unity hyperpolarization of nuclear spins at cryogenic

temperatures (∼1 K) and magnetic fields of a few Tesla [80]. To perform

d-DNP, a radical species is mixed with a biomolecule enriched with a nuclear

spin-1/2 isotope (typically 13C), and then frozen inside a high field magnet.

Irradiation of the frozen sample with microwaves at ωe +ωn or ωe−ωn leads

to the buildup of high nuclear spin polarizations. The sample is then rapidly

melted and then transferred to the MRI scanner, with the hyperpolarized

contrast agent typically injected intravenously [81,82].

The combination of DNP and the brute force ‘temperature jump’ in

d-DNP allows the enhancement of 13C polarization by more than 10 000

times [64]. The availability of such large 13C polarizations in biomolecules

has seen the rapid translation of d-DNP applications such as metabolic imag-

ing [82], with the clinical application of d-DNP prostate cancer imaging re-
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T2 image + Lac/PyrAxial T2 image

Figure 2.11: Dissolution DNP images from a patient with prostate
cancer. The T2 weighted 1H image (left) shows a region of reduced sig-
nal intensity indicated by red arrows. The T2 weighted image with lac-
tate/pyruvate (right) shows voxels with a heightened concentration of 13C
signal from hyperpolarized [1-13C ]lactate/[1-13C ]pyruvate in pink. Repro-
duced with permission from Ref. [83]. Copyright AAAS 2013.

cently demonstrated (see Fig. 2.11) [83]. A key limitation of d-DNP is that

once in the liquid state, the T1 lifetime of the hyperpolarized 13C nuclei is

a minute at most, after which the nuclear polarization rapidly returns to

thermal equilibrium. Thus, the timescale over which metabolites can be im-

aged is limited to a couple of minutes at most. Further, as hyperpolarization

and imaging occur in separate systems, all imaging with d-DNP must be

single-shot. Despite these limitations, the release of a commercial polarizer

in 2014,2 making d-DNP widely available, has led to the discovery of new

applications for d-DNP across chemistry, biology and medicine [84].

2.5 DNP MRI with Nanoparticles

Tracking nanoparticles via d-DNP is particularly attractive for theranostic

applications, as when made of materials with dilute concentrations of spin-

1/2 nuclei, they can have spin-relaxation times of many hours [85]. Such

material candidates include nanodiamonds (NDs) [86] with 1.1% 13C and

silicon nanoparticles [87] with 4.7% 29Si. Being able to image nanoparticles

2The GE SPINlab MRI Hyperpolarizer, released in 2014, integrates quality control and
the ability to hyperpolarize numerous samples simultaneously, enabling the use of d-DNP
in clinical applications.
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with positive contrast over a time period of hours, using d-DNP, could enable

new modalities for drug tracking and delivery.

Extending the success of d-DNP to hyperpolarized nanoparticle imaging

has proven challenging as electronic defects must be embedded at concen-

trations optimized to give large DNP enhancements without shortening the

T1 lifetime of the hyperpolarized state [61]. Unlike d-DNP of liquid molecu-

lar compounds, where electron spin concentration can be easily adjusted by

addition of a radical solution known as ‘DNP juice’ [88], synthesizing solid

nanomaterials with different concentrations of embedded electronic defects

is typically nontrivial. Once such materials are synthesized for d-DNP, how-

ever, they do carry the significant benefit of not requiring the addition of

potentially toxic radicals to carry out the DNP process. However, even when

such nanoparticles can be highly spin polarized, sensitive MRI is still difficult

due to the short nuclear T2 of solids. A short T2 restricts the time available

for position encoding with magnetic field gradients during signal acquisition

and results in poor MRI resolution [56].

Here, we discuss the progress that has been reported on performing d-

DNP with silicon nanoparticles, before we explore nanodiamond in more

detail in Section 2.6.

2.5.1 Silicon

Hyperpolarization of silicon has been explored in the context of MRI via brute

force [59], DNP [89] and optical techniques [90]. The most promising in vivo

demonstration has been d-DNP with silicon microparticles, an example of

which is shown in Fig. 2.12 [16]. These 2 µm particles can be hyperpolarized

using DNP at 4 K and 2.9 T, with polarization being transferred via spin

diffusion from intrinsic electronic defects at the particle surface to 29Si nuclei

with long T1 times in the core. Rapid dissolution and injection of the particles

in the MRI scanner enables imaging of the silicon microparticles for up to 30

minutes. Transfer of the silicon particles between the polarizer and imager is

aided by the field independent T1 of 29Si in high purity silicon particles [91].

Further, fast spin refocusing techniques were shown to be useful for extending
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Figure 2.12: In vivo co-registered 1H:29Si MRI of hyperpolarized
silicon particles administered intragastrically to a mouse. 29Si signal
is shown as a false color overlay. Reproduced with permission from Macmillan
Publishers Ltd: Nature Nanotechology, Ref. [16], copyright 2013.

the nuclear T2 lifetimes into a regime that was useful for imaging [92].

A key challenge to further development of this silicon platform is that

reducing the particles to biologically relevant sizes shortens the T1 of the
29Si nuclei, presumably because relaxation of nuclei in the core via surface

impurities becomes more efficient. Whilst blocking this relaxation process

via passivation of surface defects has enabled the synthesis of 10 nm silicon

particles with 29Si lifetimes of 10 minutes, without surface defects, achieving

large polarizations via DNP becomes unlikely [93]. As the quest for the per-

fectly synthesized silicon nanoparticle continues [94], applications in catheter

tracking [95] and targeting [96] are also emerging.

2.6 Diamond

Having provided background on modalities for nanoparticle imaging in

biomedicine and on emerging hyperpolarized MRI techniques, in this section

we turn our attention to a particular material system - diamond. Nanodia-

monds (NDs), nanoparticles formed from sp3 hybridized carbon, are currently

of much interest in biomedicine. In this section, we explain reasons for this

biomedical interest and discuss techniques for nanodiamond imaging, laying

foundations for the new nanodiamond imaging techniques we introduce in

later sections of this thesis.
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2.6.1 NDs in Biomedicine

Diamond has attracted much attention in biomedicine as a carbon-based

material with properties that are tailorable on demand [97, 98]. This ver-

satility has enabled the fabrication of NDs with surfaces that are readily

functionalizable with targeting ligands [99] and therapeutic cargo [100]. In

combination with the extremely high in vivo stability [101] and demonstrated

non-toxicity [102–105], surface modification has seen ND find such applica-

tions as chemotherapeutic delivery to tumors [106–108], tissue engineering

and regenerative medicine [109,110].

Over the last decade, the optical tracking of nanodiamonds synthesized

with fluorescent nitrogen-vacancy (NV) centers, defects embedded in the

diamond lattice, has become an effective technique for subcellular imaging

[111, 112], an example of which is shown in Fig. 2.13. Unlike fluorescent

dyes, these NV centers do not photobleach, and thus allow long-term, high-

resolution nanoparticle tracking. The applications unlocked by NV tracking

are vast, including study of intraneuronal transport [113], determining the

regenerative capabilities of stem cells [114] and finding quiescent cancer cells

[115]. Beyond simple fluorescent tracking, resonant driving of spin-states in

the NV centers with microwaves is enabling particle orientation readout [112]

and magnetic field sensing [116].

Whilst fluorescence techniques have proven excellent for ND tracking in

optically accessible environments, the development of corresponding methods

for whole body, noninvasive ND tracking has been limited. Whole-body

imaging approaches have predominantly been based on MRI of NDs with

conventional T1 or T2 contrast agents, such as gadolinium and manganese,

grafted to their surfaces [117–121], an example of which is shown in Fig.

2.14. Similar methods have also been used to graft radioisotopes to ND

surfaces for PET imaging [122]. Whilst such grafting techniques can be

effective for imaging purposes, they compromise the versatility of the ND

surface and suffer from the drawbacks of a large background signal (MRI

T1/T2 contrast) and ionizing radiation (PET). Hence, the development of a

noninvasive imaging modality, free of ionizing radiation, that does not affect
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Figure 2.13: Optical Tracking of Nanodiamonds. (a) Energy levels
of the nitrogen-vacancy defect in diamond. Pumping nanodiamonds with
a green laser (532 nm) leads to red fluorescence (637 nm). (b) Overlay
of bright-field and confocal fluorescence images of cells, showing uptake of
nanodiamonds. NV fluorescence is shown in red and the nucleus is stained
blue. Adapted by permission from Macmillan Publishers Ltd. from Reference
[112].

the ND surface would be highly valued. Dissolution-DNP meets all of these

demands—in the next section we turn to address the properties of ND that

make it a DNP candidate.

2.6.2 Diamond DNP

Diamond presents itself as an excellent material for DNP due to the pre-

dominance of electronic defects through the crystal structure (see Fig. 2.15).

These defects have been used extensively to perform solid state hyperpolar-

ization of the 1.1% abundant 13C in bulk diamond samples, through both

DNP [123–125] and optical hyperpolarization techniques [126, 127]. Recent

efforts have seen large 13C polarizations achieved in nanodiamond samples via

DNP experiments that exploit P1-centers and carbon dangling bonds, spin-

1/2 defects that are commonly found in diamond (see Fig. 2.15) [128–131].

Given the exceptionally long 13C T1 times of diamond [132], the successful

demonstration of 13C DNP in nanodiamond raises the possibility of a new

nanodiamond imaging modality based on hyperpolarized MRI.

Over the following chapters we will explore the material properties of
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Figure 2.14: MR imaging of ND labeled with gadolinium. The mouse
being imaged bears a ND-Gadolinium labeled tumor (red arrows) and an
unlabeled tumor (white arrows). Images are shown 2, 14 and 26 days af-
ter engraftment. ND-Gadolinium tumor shows a darker signal than healthy
tissue due to T2 shortening. The unlabeled tumor has similar brightness to
healthy tissue. Reprinted (adapted) with permission from [118]. Copyright
2016 ACS.

Figure 2.15: The diamond unit cell and common defects. Carbon
atoms (white), nitrogen atoms (blue) and vacancy site (green) are shown.
(a) The diamond unit cell. (b) P1 center. P1 centers occur when a carbon
atom in the lattice is substituted by a nitrogen atom. The additional spin-
1/2 electron, that is bound to the nitrogen atom, is a source of polarization
for DNP. (c) Dangling bonds lead to unpaired spin-1/2 electrons. (d) NV
centers occur when a lattice vacancy and a substitutional nitrogen atom pair
up. NV centers are spin-1 electronic defects.
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nanodiamond in detail and explain our new approaches to imaging nanodia-

mond with MRI. In particular, we will show how the electronic and nuclear

spin properties of nanodiamond are linked to size and defect concentration,

finding that synthetic nanodiamond is a promising candidate for d-DNP ap-

plications in biomedicine. We also detail our surprise finding that synthetic

nanodiamond can act as a contrast agent in Overhauser-enhanced MRI as

a result its surface properties. Time is also spent explaining the hardware

developments that were necessary to enable these two new nanodiamond

imaging modalities. Come join us as we outline how nanodiamond imaging

with hyperpolarized MRI has become a reality.



Chapter 3

Hyperpolarized Nanodiamond

with Long Spin-Relaxation

Times

3.1 Abstract

The use of hyperpolarized agents in magnetic resonance (MR), such as 13C-

labeled compounds, enables powerful new imaging and detection modalities

that stem from a 10,000-fold boost in signal. A major challenge for the future

of the hyperpolarization techniques is the inherently short spin-relaxation

times, typically less than 60 seconds for 13C liquid-state compounds, which

limit the time that the signal remains boosted. Here, we demonstrate that

1.1% natural abundance 13C spins in synthetic nanodiamond (ND) can be

hyperpolarized at cryogenic and room temperature without the use of free-

radicals, and, owing to their solid-state environment, exhibit relaxation times

exceeding 1 hour. Combined with the already established applications of

NDs in the life-sciences as inexpensive fluorescent markers and non-cytotoxic

substrates for gene and drug delivery, these results extend the theranostic

capabilities of nanoscale diamonds into the domain of hyperpolarized MR.1

1This chapter is adapted from E. Rej, T. Gaebel, T. Boele, D. E. J. Waddington and D.
J. Reilly, Hyperpolarized nanodiamond with long spin-relaxation times. Nat. Commun.,
6, 9459 (2015).
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3.2 Introduction

Nanoparticles, having found use in the treatment of cancers [133], the study

of autoimmune diseases [134], and cardiovascular affections [135], are cur-

rently of interest as theranostic agents needed for the advent of personalized

medicine [136]. These nanoscale systems are expected to integrate imaging,

tracking, and monitoring capabilities with targeted delivery of compounds

to tumors, cellular functions and processes, or specific organs. Especially

powerful is the modality established by combining high-resolution magnetic

resonance imaging (MRI) with nanoparticles that have been hyperpolarized

to act as contrast agents, as has been achieved recently using silicon com-

pounds [16,137].

Nanodiamonds (ND) are well-suited to act as theranostic platforms, hav-

ing demonstrated an innate compatibility with biological environments and

low toxicity in comparison to other nanoscale structures [138,139]. The read-

ily modifiable surface, which is easily functionalized [140], has enabled NDs

to be conjugated to specific molecules [141], opening a plethora of biomedi-

cal applications that include pharmaceutical delivery [106,139,142,143] and

intracellular tracking [112] based on the unique optical properties of defects

in the diamond lattice [141]. A particular defect, the nitrogen-vacancy (NV)

color center, has also established a sensitive means of detecting minute mag-

netic fields on the nanoscale using methods pioneered in controlling quantum

devices [116, 144–148]. Beyond luminescence-based techniques however, ap-

proaches to non-invasively detect and image diamond nanoparticles in vivo

have to date, been lacking.

Standard MRI modalities (operating at magnetic fields of up to a few

Tesla) are not well suited to resolving weak concentrations of ND in vivo

since diamond is a dilute spin system (1.1% 13C) and carbon has a small

gyromagnetic ratio. This limitation can, in principle, be overcome using hy-

perpolarization techniques [149] which can result in a 10,000-fold boost in

signal over that from typical thermal polarization conditions [80,82]. Hyper-

polarized molecular compounds such as [1-13C]pyruvate, for example, have

recently been used to study tumor metabolism in humans by first transferring
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electron spin polarization to 13C nuclei at cryogenic temperatures [83].

In these liquid-state compounds, hyperpolarized 13C spins typically re-

lax to thermal equilibrium on timescales T1 less than 60 seconds [149]. In

contrast, bulk, high-purity diamond can exhibit 13C T1 times of many hours

[132], and recent work using optical techniques to manipulate NV centers

[127, 150–152] has produced significant polarization in large single-crystal

samples. The challenge therefore is to maintain these long spin lifetimes

even when diamond is produced in nanoparticle form and in sufficient quan-

tities to be of clinical relevance. Addressing this challenge requires a detailed

understanding of particle size effects, the structure of internal crystal defects,

contaminants, and spin-relaxation channels that arise from the nanoparticle

surface [128, 129, 153, 154]. Balancing these constraints, the hyperpolariza-

tion mechanism also requires the presence of unpaired electrons which, in the

case of liquid 13C compounds, are typically added to the agent in the form

of organic free-radicals.

In this chapter we extend the opportunity for deploying nanodiamond

in life-science applications by demonstrating its suitability as a MR marker

and contrast agent for MRI. Using electron spin resonance (ESR) we ob-

serve that inexpensive commercially available NDs, produced via the high

pressure high temperature (HPHT) process, exhibit a suitable balance of

paramagnetic centers from defects and surface dangling bonds to allow both

hyperpolarization and the preservation of long spin relaxation times. In com-

parison to previous results on detonation ND [153, 154], the 13C relaxation

data reported here exhibits a 1,000-fold extension in T1 together with signal

enhancements that compare favorably with hyperpolarized 13C liquid-state

compounds. Particle size is found to significantly affect both the relaxation

time and amount of achievable hyperpolarization, opening the possibility of

selectively detecting NDs of a particular size distribution.

In addition to showing significant hyperpolarization at T = 4 K, we

demonstrate that a sizable signal enhancement is also possible at liquid nitro-

gen (77 K) and room temperature using dynamic nuclear polarization (DNP),

alleviating the need for expensive liquid helium and potentially enabling new

in vivo modalities. Finally, we examine the spin dynamics of the ND core and
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its surface using hyperpolarized states to resolve new phenomena associated

with defects in this versatile material system.

3.3 Results

3.3.1 ESR spectra and nuclear spin relaxation

Turning to the experimental results, SEM images (see Fig. 3.1a-d) and the

ESR spectrum and simulation results (see Fig. 3.1e) for a representative

ND sample are shown. The ESR spectrum, which indicates the predom-

inant types of defects available for use in hyperpolarization, can be seen

to comprise three components that sum to produce the black simulation

curve in Fig. 3.1e. These are a broad spin-1/2 Lorentzian component (blue

trace) attributed to carbon dangling bonds near the surface of the ND, a

narrow spin-1/2 Lorentzian component (yellow trace) attributed to defects

within the diamond lattice, and a component associated with P1-color cen-

ters (green trace) which constitutes a substitutional nitrogen atom with the

extra electron hyperfine coupled to the 14N spin-1 nucleus. The number of

P1-center impurities, which lead to central (mI = 0) and hyperfine transitions

(mI = ±1), increases as ND size increases, while the number of spin-1/2 im-

purities (broad and narrow spectra) decreases as ND size increases [see Fig.

3.2].
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Figure 3.1: ND characterization. (a-d) Electron micrographs of various
sized NDs used in this work. (a) 2 µm ND, scale bar = 2 µm, (b) 210 nm
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Figure 3.2: ESR spectra of various NDs. (a) 25 nm ND (b) 210 nm
ND, and (c) 2 µm ND. Data (blue) is simulated (red) with three components:
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and a P1-center component (green). Fit parameters are linewidths, relative
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of spins in samples 25 nm:210 nm:2 µm is in the ratio 2.6:1.2:1.
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These defect sites also provide the primary mechanism for 13C nuclear spin

relaxation in ND. We find that the T1 relaxation time grows with increasing

particle size, as shown in Fig. 3.3. In determining these T1 times, the spin po-

larization build-up for smaller diamonds is well described by models [155,156]

in which the dipolar interaction of nuclear spins with paramagnetic impurities

dominates over nuclear spin diffusion, leading to polarization curves that fol-

low a stretched exponential form. Diamond particles with average diameter

approaching 1 µm however, are better characterized by a double exponential

in their polarization build-up with time, presumably due to distinct regions

within the diamonds of differing spin behavior. For 2 µm diamonds the longer

component of the double exponential yields a T1 time of 63 min [see Fig. 3.4

and methods in Section 3.5].
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Figure 3.4: T1 magnetization build up in ND measured at B= 7
T. (a) Comparison between a stretched exponential fit (solid black line)
and exponential fit (gray dashed line) to the saturation recovery build up
data (black dots) of 25 nm ND. The stretched exponential is a better fit for
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variation from the data than a stretched exponential fit, presumably due to
the presence of distinct regions within larger diamonds that have different
spin behavior.
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3.3.2 Brute-force hyperpolarization

The simplest method of increasing the MR signal from ND is to first cool the

system to low temperatures in a high magnetic field to increase the Boltz-

mann population difference in the nuclear spins, a process termed brute-force

polarization. If the NDs are subsequently moved to a different magnetic field

and temperature, the spin system can be considered hyperpolarized until it

thermalizes on timescale T1. Using the brute force method we hyperpolarize

2 µm ND at T = 35 mK and B = 4 T in a dilution refrigerator fitted with a

rapid sample exchange system that allows fast (< 1 min) transfer of the ND

sample to a room temperature B = 7 T spectrometer for detection. A π/2

pulse applied immediately after transfer produces a signal (see inset Fig. 3.5)

that is enhanced by an order of magnitude when compared to the signal from

2 µm ND at thermal equilibrium and B = 7 T. To measure the relaxation

time a series of small tip-angles is used to probe the polarization over 0.5

hours, as indicated by the decaying signal in Fig. 3.5. The decay is a combi-

nation of the T1 relaxation of spins in the ND (∼ 53 min) and polarization

lost from the tipping pulses [see methods in Section 3.5 for details].

3.3.3 Hyperpolarization via the solid effect

To achieve even higher polarizations and larger signals, DNP [54] can be

used to transfer electron polarization to the 13C nuclear spins in the diamond

[132]. As described above, the source of these unpaired electrons in ND are

paramagnetic centers in the lattice, dipolar coupled to a surrounding nuclear

spin bath. Application of a microwave magnetic field slightly below the

electron spin resonance frequency can drive spin flip-flops between nuclear

and electron spins associated with centers, leading to a net transfer of spin

polarization from the electrons to the nuclei near the impurities in a process

known as the Solid Effect (see Fig. 3.6a,b).

Turning to the main result of this chapter, we demonstrate that DNP

can be used to hyperpolarize commercially available NDs, which, as was

shown above, also exhibit long relaxation times. In the case of the largest

diameter diamonds (2 µm) a T = 4 K signal enhancement of ∼ 400 is achieved



55 Hyperpolarized Nanodiamond with Long T 1 Times
En

ha
nc

em
en

t

Frequency 

Time [min]

30

[kHz] 

10

0

2

8

6

5 10 15 20 250

4
0

8

4

En
ha

nc
em

en
t

35 mK brute force
π/2 pulse Small tip angle decay 

Small tip angle peaks

4-4 0

Figure 3.5: Brute force hyperpolarization. Enhanced signal following
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over thermal equilibrium, corresponding to a nuclear polarization of ∼ 8 %,

as shown in Fig. 3.6c,d,e. Comparing this 4 K hyperpolarized signal to

the thermal signal at room temperature gives an enhancement of 13,500;

similar to what has been demonstrated with isotopically labeled 13C liquid

compounds [149]. We estimate that for a ND concentration of 1 mg mL−1,

this amount of hyperpolarization leads to a spatial resolution better than 2

mm × 2 mm in a preclinical MRI scanner [see calculation in Section 3.6 for

details]. Note that ND exceeding this concentration has already been used

for therapeutic delivery in vivo [106].

It is possible that by hyperpolarizing the nuclear spin system using DNP,

new relaxation channels are created that shorten the relaxation time. We

test this possibility by first polarizing 2 µm ND for 1 hr and then allowing it

to decay for 1 hr at field. The resulting signal, shown in Fig. 3.7a, indicates

a T1 comparable to measurements performed at thermal equilibrium. As a

further demonstration of the potential for hyperpolarized ND, we show in

Fig. 3.7b that the enhanced polarization can be maintained during transfer
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Figure 3.6: Dynamic nuclear polarization of ND. (a,b) DNP via the
Solid Effect is used to hyperpolarize ND. (a) Energy level diagram for a
dipolar coupled electron spin-1/2 (e) and a nuclear spin-1/2 (n) system in a
magnetic field. The ESR at frequency ωe (green), NMR at frequency ωn (pur-
ple), flip-flop at frequency ωe − ωn (blue), and flip-flip at frequency ωe + ωn

(red) transitions are shown. Driven flip-flop transitions involve a mutual elec-
tron flip and a nuclear flop resulting in a positive nuclear polarization. Driven
flip-flip transitions result in a negative nuclear polarization. (b) Schematic
showing positive and negative nuclear polarization when driving flip-flop and
flip-flip transitions, respectively. (c) Hyperpolarized signal enhancement of
380 times for 2 µm ND at T = 4 K. Inset: Zoom of NMR signal taken at
thermal equilibrium (T = 4 K) with no microwaves. (d,e) NMR free in-
duction decay of 2 µm ND after a π/2-pulse at T = 4 K. (d) Signal after
hyperpolarization. (e) Thermal polarization signal. Zoom of the thermally
polarized signal is shown in the inset of e.
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Figure 3.7: Polarization Decay of Hyperpolarized ND. (a) Signal en-
hancement of 2 µm ND that was polarized for 1 hr and then allowed to decay
at field in the polarizer (T = 4 K, B = 3 T) for 1 hr. The signal decay
is comparable to that measured at B = 7 T and room temperature. (b)
2 µm ND signal enhancement after transfer from the polarizer to a B = 7 T
magnet for detection at room temperature. The signal is enhanced over that
measured for a sample thermally polarized at room temperature. The 2 µm
ND was polarized for 15 min at T = 4 K. The transfer took place in a field
of 730 mT and took approx. 15 s.

of the sample from a lower field polarizer to a high field MR detection system

[see methods in Section 3.5 for details].

Unlike hyperpolarized molecular compounds, the use of nanoparticles

opens a new modality that links MR signal strength (and relaxation time)

to particle size. For hyperpolarized ND, we determine a significant size de-

pendence to the signal enhancement, as shown in Fig. 3.8. This dependence

is most prominent for particle sizes below ∼ 300 nm, where the larger rate of

spin relaxation competes with the rate at which hyperpolarization from DNP

occurs. We suggest that this dependence on the diameter of NDs opens a

means of selectively tracking particles based on their size distribution, which

is potentially of use in determining the integrity of permeable barriers and

epithelium membranes.

For potential clinical use of hyperpolarized MRI, a major drawback of

the technique is the need for liquid helium to cool sample agents during the

polarization phase. This drawback is particularly significant for applications

that require MR in remote locations, for instance in battlefield MRI using
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Figure 3.8: Size dependent enhancement of ND. Signal enhancement as
a function of particle size and temperature at T = 4 K (blue), 77 K (yellow)
and 300 K (red). The enhancement is given by the hyperpolarized signal
divided by the thermal signal at each temperature.

ultra-low magnetic fields. In the case of hyperpolarized ND however, we find

that sizable enhancements are possible at liquid nitrogen temperatures (77 K)

(see Fig. 3.8), where cryogens are readily available. Extending this idea, Fig.

3.8 also shows that hyperpolarization is possible at room temperature, doing

away with cryogens altogether.

3.3.4 Hyperpolarization in the presence of water

Room temperature hyperpolarization, even for modest enhancements, opens

the prospect of new modalities that polarize and detect compounds in vivo.

The significant barrier to this technique is the heating of water and surround-

ing tissue during the application of microwaves needed to perform DNP.

Polarizing at low magnetic field and microwave frequency however, can sig-

nificantly reduce heating but requires sufficiently long T1 times to enable

magnetic field ramping between polarization and high-field detection condi-

tions [157]. Hyperpolarized nanodiamonds appear well suited to explore this

modality, since for example, the signal from 350 nm ND (as a dry powder)
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Figure 3.9: ND hyperpolarization in the precence of water. (a) The
combination of room temperature signal enhancement and long relaxation
times opens the possibility of in vivo hyperpolarization using a magnetic field
shuttling technique. With the ND agents already administered to the bio-
system, hyperpolarization (HP) is performed at low-field where microwave
heating is reduced. The field is then ramped on a timescale much shorter
than T1 to enable imaging and detection of the hyperpolarized ND without
sample shuttling. Schematic shows a repeated sequence with radio frequency
π/2 -pulses and acquisition window (ACQ). (b) Hyperpolarization in the
presence of water. Even at the high microwave frequency of 80 GHz, we
observe an enhanced signal (red) of ∼ 4 times compared to the thermal
polarization (blue).

can be enhanced by a factor of 40 at room temperature and exhibits a T1 of

several minutes (long enough for field ramping). Since the polarize and de-

tect sequence can be cycled many times in vivo (see Fig. 3.9a), background

noise can be averaged well below the limits imposed by one-shot polarize and

detect methods.

To test this modality we hyperpolarize a slurry of 125 nm ND and water

(200 µL water with ∼ 50 mg ND) at room temperature. Even in the presence

of ∼ 80 GHz microwaves, we observe a 4-fold enhancement of 13C MR signal

from the diamond with little discernible heating of the water when 2 W

of microwave power is incident on the DNP probe (see Fig. 3.9b). This

enhancement, which corresponds to a halving of the signal relative to the

case without water, suggests that such modalities may be possible for small

animals.
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3.3.5 ND impurity selection and surface modification

The results presented so far are for ND samples readily obtained commer-

cially, without further treatment or surface modification. We now turn to

examine the role that surface impurities play in both hyperpolarization and

relaxation, noting that there is significant scope to tailor the surface chem-

istry via passivation and treatment [158]. Our approach is to effectively

perform ESR spectroscopy at the magnetic field used for DNP (B ∼ 3 T),

by monitoring the NMR signal enhancement as a function of microwave fre-

quency [see Fig. 3.10a]. At room temperature we observe enhancement

spectra consisting of four peaks that are in agreement with the low-field ESR

data shown in Fig. 3.1e. The position of these peaks correspond to DNP

processes at ωe±ωn. As the temperature is lowered, these distinct peaks be-

come dipolar broadened. The high field DNP spectra are similarly broadened

as the particle size is increased, as shown in Fig. 3.10b.

Modifying the defects or the types of defects within the nanodiamonds

can change the DNP spectra, leading to enhanced polarization and longer

relaxation times. We find that burning off the outer layer of ND using air ox-

idation (AO) processes [159] removes some of the broad spin-1/2 component

associated with impurities near the surface of the ND. This can be seen in

Fig. 3.10c where we compare the hyperpolarization spectra of 25 nm AO ND

(black) with standard 25 nm ND (gray). The oxidation process leads to a

suppression of the two central lines (f2, f3) in the spectrum, consistent with

removing some of the surface impurities that would otherwise contribute to

the signal.

By adjusting the microwave frequency for DNP, we can select different

impurity sites for use in hyperpolarization. Polarization via the P1-centers,

for instance, can be selected by irradiating at the frequencies corresponding

to the outer peaks (f1, f4) in Fig. 3.10a. This is in contrast to irradiat-

ing at the inner peaks (f2, f3) which also comprise both narrow and broad

components from spin-1/2 sites (see discussion of Fig. 3.1e). We find that

hyperpolarization due to microwave driving at the inner peaks takes longer

to build up and is retained longer than when driving at the outer peaks as-
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Figure 3.10: ND impurity selection and surface modification. (a)
Hyperpolarized signal of 2 µm ND as a function of polarization frequency at
T = 4 K (black), 77 K (purple) and 300 K (blue). The arrows indicate the
four frequencies at which polarization build up and decay are examined: red
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visible as the particle size decreases. (c) Comparison of the hyperpolarized
signal amplitude as a function of frequency for 25 nm ND and 25 nm air
oxidized ND.
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sociated with the P1-centers. This behavior is seen in Fig. 3.11b, where

for 350 nm ND, we compare the decay of hyperpolarization established by

driving at peak f1 or peak f2 in Fig. 3.10a. These results suggest that nu-

clear spin diffusion is somewhat suppressed in these systems, since relaxation

appears dominated by the particular impurities selected for polarization via

the choice of microwave frequency.

Beyond examining the spin dynamics of ND, these results are of practi-

cal interest in optimizing conditions for maximum signal enhancement with

minimal relaxation. As an example, we compare the signal from 350 nm ND,

initially irradiated with microwaves at the four distinct frequencies indicated

in Fig. 3.10a and then subsequently transferred to a B = 7 T system for

detection. Following sample transfer, the relaxation data in Fig. 3.11c show

that a larger polarization is maintained if the nuclei were polarized using

the two central spectra peaks (f2 and f3), in comparison to the outer peaks

associated with the P1-centers (f1 and f4).

3.4 Discussion

There is significant scope to further enhance the degree of hyperpolariza-

tion in ND. In particular, by adding microwave capability to our brute force

hyperpolarizer at mK temperature (based on a dilution refrigerator), much

larger polarizations appear possible. Eliminating isolated defects via surface

passivation techniques [158] will also likely result in longer relaxation times.

Another direction is to work with isotopically enriched 13C NDs to increase

the number of spins that contribute to the signal and enhance spin diffusion

from polarization sites on the surface to the spins in the core. Finally, we

mention the possibility of using NDs for long time storage of nuclear polar-

ization that is transferred to the hydrogen nuclei in an aqueous environment

using cross-polarization sequences [160,161]. Although the efficiency for po-

larization transfer is yet to be experimentally explored, this modality may

enable life-science applications in which nanodiamond is tracked and imaged

using standard MRI technology [161].



63 Hyperpolarized Nanodiamond with Long T 1 Times

Depolarization time [min]

Si
gn

al
 a

m
pl

itu
de

 [A
U

]

0 10 20 30 40 50 60

8

12

0

4

16

20
b

Si
gn

al
 a

m
pl

itu
de

 [A
U

]

Depolarization time [s]

30

20

10

0

-10

-20

200 400 600 8000

f1 
f2 
f3
f4

c

decay
Transfered pol 

0 3010 20

200

100

0

-100

-200

En
ha

nc
em

en
t

Polarization time [min]

a

0 15

1.2

0.8

0.4

0.0
MW o�

f1
f2
f3
f4

50 6030 40
0

1 f1 
f2 

Polarization decay

Figure 3.11: Hyperpolarization and depolarization of NDs. (a) Hyper-
polarization build up in 350 nm ND at T = 4 K. Enhancement as a function
of polarization time, normalized to the saturated magnetization taken with
no microwave power (inset) in ND. We see a difference in the buildup times
of the red (f1, T1 = 0.8 min, 5.2 min), yellow (f2, T1 = 0.7 min, 4.2 min),
green (f3, T1 = 1.4 min, 14 min), blue (f4, 1.0 min, 6.0 min) and black
(microwaves off, T1 = 4 min). (b) Depolarization of the hyperpolarized signal
of 350 nm ND at T = 4 K using a small tip angle pulse sequence (θ = 3.5◦,
TR = 15 s). The ND was hyperpolarized for 180 minutes before the depo-
larization measurement. Fits to the data (solid lines) are double-exponential
decay curves. We see a difference in the decay times of the red trace (f1, T1
= 12 s, 2.1 s) and the yellow trace (f2, T1 = 16 s, 2.5 s). (c) Depolarization
of the signal from 350 nm ND after hyperpolarization for 15 min at T = 4
K and transfer to a T = 7 T magnet for detection. The decay was examined
using a small tip angle sequence (θ = 8◦, TR = 15 s). Data is shown in red
(f1, T1 = 157 s), yellow (f2, T1 = 250 s), green (f3, T1 = 190 s) and blue
(f4, T1 = 157 s). Microwaves for DNP were at f1 = 80.870 GHz (red), f2 =
80.925 GHz (yellow), f3 = 80.990 GHz (green), and f4 = 81.050 GHz (blue).
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3.5 Methods

Nanodiamonds. The nanodiamonds used in these experiments were pur-

chased from Microdiamant. The diamonds are synthesized using the HPHT

technique. The sizes of the NDs are given as a distribution and a median

size. We refer to the diamonds by their median size. Measurements were

made on MSY 0-0.030, (0-30 nm, median 18), MSY 0-0.05 (0-50 nm, median

25 nm), MSY 0-0.1 (0-100 nm, median 50 nm), MSY 0-0.15 (0-150 nm, me-

dian 75 nm), MSY 0-0.25 (0-250 nm, median 125 nm), MSY 0-500 (0-500

nm, median 210 nm), MSY 0.25-0.5 (250 nm-500 nm, median 350 nm), MSY

0.25-0.75 (250 nm-750 nm, median 500 nm), MSY 0.75-1.25 (750-1250 nm,

median 1000 nm), and MSY 1.5-2.5 (1500 nm-2500 nm, median 2000 nm).

SEM images. SEM measurements were made using a Zeiss Ultra Plus

Gemini SEM spectrometer working in transmission mode. Suspensions were

made of these NDs in water and a small amount of the suspension was placed

upon a TEM grid. The ND size distributions measured were consistent with

those provided by the manufacturer.

ESR measurements. ESR measurements were made using a Bruker

EMX-plus X-Band ESR Spectrometer. The cavity Q ranged between 5,000

for small ND particles and 10,000 for large ND particles. ESR spectra were

taken at 0.25 µW, (within the linear regime of the saturation curves of the

impurities) at a modulation amplitude of 1 Gs and a modulation frequency

of 100 kHz. Each of the three components were simulated separately using

Easyspin [162] and added together to make the final spectrum. Linewidth,

signal amplitude and g-factor were varied. The best fit to the data was

performed using a least squares analysis.

T1 relaxation. NMR measurements to determine the T1 relaxation times

at B = 7 T were made using a saturation recovery pulse sequence that

involved 64 × π/2 saturation pulses to null any initial polarization followed

by a varied time for polarization to build up, and then a π/2 detection pulse.

Time domain signals were acquired using a Redstone Tecmag system. Either

a stretched exponential (smaller particles) M = M0(1 − exp(−(t/T1)
α) or a

double exponential (larger particles) was fitted to the curve [see Fig. 3.4].
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Each ND size was measured 3 times and the average of the T1 times is plotted.

Brute force T1 measurements. The decay of brute force hyperpo-

larization in Fig. 3.5 (red dots) was measured using a small tip angle

detection sequence (θ = 17◦, TR = 15 s). The solid red line is a fit to

M = M0cos(θ)n−1e−(n−1)TR/T1 resulting in a T1 of 53 min. The decay is a

combination of the T1 decay of the particles and the signal lost due to rf

induced polarization loss with tip angle θ where n is the nth pulse and TR

is the repetition time. Every fifth peak is shown in black.

Hyperpolarization measurements. Measurements were made at a

field of 2.88 T with a Redstone Tecmag system and a in-house constructed

NMR probe (design details can be found in Ref [163]) inside an Oxford Instru-

ments flow cryostat. The microwave source was a tunable Gunn Oscillator

(80.5 - 81.5 GHz) combined with a power amplifier. Microwaves were coupled

to the sample using a waveguide. Polarization transfer measurements were

determined using an in-house constructed NMR spectrometer based upon a

National Instruments system and an NMR probe at a field of 7 T. Before

polarization the signal was saturated with 64 × π/2 pulses to null any sig-

nal. Enhancement measurements were made by hyperpolarizing the ND at

f = 80.855 GHz (4 K, 77 K) and 80.85 GHz (300 K) and then detecting

the signal with a π/2 pulse. The hyperpolarized signal was compared to the

NMR signal with no microwaves and the same polarization build up time.

Frequency sweeps: The frequency was swept between 80.78 and 81.12 GHz

in discrete steps of 5 MHz and polarization was measured at every point.

The 2 µm ND was polarized for 30 s, 3 min and 3 min at T = 4 K, 77 K,

and 300 K, respectively. The spectra have been normalized to 1 for ease of

comparison.

Depolarization. Measurements at B = 7 T: the ND was polarized for 15

minutes at four frequencies (f = 80.87, 80.925, 80.99 and 81.05 GHz in suc-

cessive experiments) and then transferred to a B = 7 T magnet for detection.

The transfer was performed in a field of B ∼ 0.7 T, created from rare-earth

permanent magnets and took ∼ 20 s. A small tip angle pulse sequence with

8° pulses was used to detect the signal. Enhancement is compared to ND at

thermal equilibrium at B = 7 T. Measurements at B = 2.88 T: The ND was
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polarized for 180 minutes at two frequencies and the decay was monitored

with small tip angle pulses (every 15 s). Depolarization data was multiplied

by cos(α)(n−1) to take into account rf induced depolarization. The resulting

data was fitted with a double exponential.

3.6 Feasibility of imaging with hyperpolar-

ized nanodiamonds

We expect to perform hyperpolarized ND imaging with a small tip angle

2D Fast Spin Echo (FSE) sequence, with 1H-13C co-registration. Overlaying
13C images of functionalized nanodiamonds on high resolution 1H anatom-

ical images would provide information in a similar format to those seen in

PET/MRI [164]. Here, we present calculations estimating a pixel signal-to-

noise ratio (SNR) of ∼ 11 for a nanodiamond concentration of 1 mg mL−1.

This SNR value is for 2 mm × 2 mm sized pixels in a 5 mm slice assuming sig-

nificant polarization loss during transfer from polarizing cryostat to imager.

We note that nanodiamond concentrations of 2 mg mL−1 have previously

been used in vivo [106].

First, we consider the fundamental limit to MRI resolution set by the

observed transverse coherence time T ∗2 , which is reached when the frequency

line-width of the signal is approximately equal to the frequency separation

between each pixel [165]:

dz ∼ 1

γGπT ∗2
, (3.1)

where dz is the pixel length, γ the nuclear gyromagnetic ratio and G is the

peak gradient strength. Our nanodiamond samples have T ∗2 ∼ 250 µs, which

corresponds to a fundamental resolution limit of 0.25 mm in a preclinical

scanner or 2.5 mm in a whole body MRI scanner (assuming typical peak

gradient strengths for these systems of G = 500 mT m−1 and G = 50 mT m−1,

respectively).

Next, we consider the pixel SNR that would be possible from our hyper-
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polarized nanodiamond samples in an imaging experiment. Our 2 µm ND

samples have a polarization after DNP at 4 K, PDNP, of ∼ 8%. The thermal

polarization, Pthermal, at B0 = 7 T and T = 300 K, is 0.0006%, as given by

the Boltzmann distribution:

P =
hγB0

2kBT
, (3.2)

where γ is the gyromagnetic ratio and kB is Boltzmann’s constant. The

free induction decay (FID), after a π/2 pulse, from a 0.1 g, thermally polar-

ized, 2 µm ND sample was acquired in our 7 T spectroscopic probe under the

matched filter condition, tacq/T
∗
2 = π/2, where tacq is the acquisition time.

The Fourier transform of this FID has SNRπ/2-thermal = 35. Preliminary trans-

fer measurements between the hyperpolarizer and 7 T detection magnet have

shown a sample transfer efficiency, η, of 10%. Hence, we predict that, after

sample transfer of a hyperpolarized sample to our 7 T spectrometer, we will

have an SNR post transfer, SNRπ/2-PT, of 45 000, as given by:

SNRπ/2-PT = η SNRπ/2-thermal PDNP/Pthermal . (3.3)

Scaling this SNR value to give an expected sensitivity in an imaging

experiment is inherently nontrivial due to the difficulty of estimating noise

associated with coil resistance and losses arising from the sample [166–168].

Here we make an SNR estimate for a preclinical scanner on the assumption

that our SNR is limited primarily by coil resistance, which is generally true

at B = 7 T for mouse coils [169].

The SNR of a pickup coil scales as:

SNR ∝ Br

Ir

1√
4kBTRc

, (3.4)

where Br

Ir
is the magnetic field strength of the pickup coil per unit current, T

is the coil temperature and Rc is the coil resistance. Br

Ir
at the center of an
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optimized saddle coil is given by:

Br

Ir
=

√
3µ0N

πd

l√
l2 + d2

, (3.5)

where N is the number of turns in the coil, µ0 is the permeability of free

space, l is the coil length and d is its diameter [170]. If all power dissipation

occurs in the coil, then we can estimate the coil resistance from:

Q =
ω0Lc

Rc

, (3.6)

where Lc is the coil inductance and ω0 is the resonance frequency. Typically

Q is ∼100 at 75 MHz for preclinical imaging and spectroscopic NMR probes.

Assuming a homogeneous field across the saddle coil, we estimate from Fara-

day’s law that the coil’s inductance scales approximately as [170,171]:

Ic ∼
Nl2√
l2 + d2

. (3.7)

Assuming a 1 turn 40 mm diameter, 60 mm long saddle coil is used for

mouse imaging, the ratio Br

Ir
is reduced by 95% compared to the 2 turn 6 mm

diameter, 13 mm long coil in our spectroscopic NMR probe. Therefore, the

expected SNR after DNP and transfer to the imager is SNRπ/2-imager = 2100.

This result is very similar to that obtained when the resistance is simply

scaled by the ratio of the wire lengths in the coils.

We envision using a small tip angle 2D FSE sequence, similar to that used

in Ref. [16], to image 13C. When using a CPMG sequence, our nanodiamond

samples have demonstrated T2 values of approximately 100 ms, which would

then allow for many echoes, making a FSE sequence feasible. Based on

previous calculations for a 2D gradient-recalled echo (GRE) sequence, we

estimate the pixel SNR of a 2D FSE imaging sequence to be [172,173]:

SNRpixel =
N

N2
0

(
SNRπ/2-imager

)
sin θ . (3.8)

Where N is the number of pixels across an N ×N image, N0 is the num-
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ber of pixels across the object, θ is the tip angle (setting the acquisition time

tacq ∼ T ∗2 ). If the 0.1 g of nanodiamond powder in our sample is uniformly

distributed through a 40 mm × 40 mm × 5 mm phantom there is a nanodi-

amond concentration of 16 mg mL−1. For a 32 × 32 pixel image with 2 mm

× 2 mm resolution and 5 mm slice thickness, N = 32, N0 = 20. For tip an-

gles 10◦ and 90◦, this gives SNRpixel = 30 and SNRpixel = 170, respectively.

Normalizing this value, we predict SNRpixel = 11 at 1 mg mL−1 for a 90◦ tip

angle.

Hence, we estimate that there will be sufficient SNR for hyperpolarized

nanodiamond imaging. In practice, the measured SNR will deviate from

these values depending on the actual sensitivity of the detection coil and

polarization lost during sample transfer. We have also not considered the loss

of spin coherence due to T2 effects during the acquisition sequence. These

effects will cause some degradation of the SNR at higher spatial frequencies.

A range of linewidth narrowing sequences developed for solid imaging may

also help to improve image quality [165].



Chapter 4

Phase-Encoded Hyperpolarized

Nanodiamond for MRI

4.1 Abstract

Surface-functionalized nanomaterials can act as theranostic agents that de-

tect disease and track biological processes using hyperpolarized magnetic

resonance imaging (MRI). Candidate materials are sparse however, requir-

ing spinful nuclei with long spin-lattice relaxation (T1) and spin-dephasing

times (T2), together with a reservoir of electrons to impart hyperpolarization.

Here, we demonstrate the versatility of the nanodiamond material system

for hyperpolarized 13C MRI, making use of its intrinsic paramagnetic de-

fect centers, hours-long nuclear T1 times, and T2 times suitable for spatially

resolving millimeter-scale structures. Combining these properties, we en-

able a new imaging modality that exploits the phase-contrast between spins

encoded with a hyperpolarization that is aligned or anti-aligned with the

external magnetic field. The use of phase-encoded hyperpolarization allows

nanodiamonds to be tagged and distinguished in an MRI based on their spin-

orientation alone, and could permit the action of specific bio-functionalized

complexes to be directly compared and imaged.1

1This chapter is adapted from the preprint D. E. J. Waddington et al., Phase-Encoded
Hyperpolarized Nanodiamond for Magnetic Resonance Imaging. arXiv, 1709.0185 (2017).
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4.2 Introduction

Diamond is a remarkable material with outstanding thermal, mechanical,

optical, and electrical properties, which have given rise to a diverse array of

technologies since it was found to be readily synthesizable in the 1950s. In the

context of nanomedicine, synthetic nanodiamond can act as a bright, fluores-

cent marker [174] of use in sub-cellular tracking of biological processes [175],

in vivo sequestering of migratory cell populations [134] or as a non-toxic sub-

strate for the delivery of chemotherapeutic payloads [9, 176–178]. Further,

the extremely weak nuclear magnetism in diamond makes the material inter-

esting for hosting quantum information [179] and for constructing quantum

sensors that exploit its long-lived nuclear [180] or electron [181] spin-states.

The long lifetime of these spin-states has recently motivated the devel-

opment of new nanodiamond-based theranostic agents that are detectable

with magnetic resonance imaging (MRI) by acquiring signal from their 13C

nuclei [130, 182]. In natural abundance carbon however, spin-1/2 13C nu-

clei comprise only 1.1% of the diamond lattice, rendering their signal unde-

tectable using conventional MRI. The presence of paramagnetic centers in

diamond offers a means of boosting the weak signal from 13C using hyperpo-

larization to transfer the much larger thermal polarization of the centers to

the 13C nuclei, by driving spin transitions optically [152], or with microwaves

at cryogenic temperatures [128–131]. Conversely, the presence of paramag-

netic centers also shortens the nuclear spin relaxation time (T1), limiting the

timescale over which hyperpolarized nuclei can be put to use [16,93]. Beyond

simply detecting the boosted signal from 13C, constructing spatially-resolved

images requires that the nuclear dephasing time (T2) is sufficiently-long rela-

tive to the timescale set by the strength of practical magnetic field gradients.

For this reason, solid-state compounds with short T2 times have always pre-

sented a major challenge for imaging.

Here we address these challenges by demonstrating the use of nanodi-

amond for hyperpolarized-13C MRI. Via electron paramagnetic resonance

(EPR) measurements, we first show that synthetic nanodiamond contains a

concentration of impurities and dangling-bonds that is well suited to hyper-
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polarization (see Fig. 4.1a), without significantly degrading the long nuclear

T1 time. In a major advance over previous work [130], we highlight how

hyperpolarization via paramagnetic centers in nanodiamond opens up new

avenues for preparing spin-populations with unique MRI contrast signatures.

Reasoning that spatially-resolved imaging requires suitably long spin coher-

ence, data characterizing the dephasing times for 13C nuclei is presented,

demonstrating the use of dynamical decoupling pulse sequences that preserve

coherence and offer a means of improving image resolution. Testing the vi-

ability of hyperpolarized nanodiamond for MRI, we first acquire image data

as a function of time, nanoparticle concentration, and size, before deploying

the technique in a setting relevant to preclinical applications, acquiring a

co-registered 13C - 1H image in a mouse post mortem.

Taken in combination, the properties of the nanodiamond spin-system

enable a new, phase-encoded imaging modality not possible using hyperpo-

larized liquid compounds with short T1 relaxation times [183]. Extending the

repertoire of nanodiamond for MRI [118,184,185], we show how this method

provides an in situ control, such that nominally identical nanoparticles can

be tagged and distinguished in an MRI by the direction of their nuclear

hyperpolarization alone. Finally, we speculate on the use of phase-encoded

hyperpolarized MRI for addressing common challenges faced with targeted

nanoparticle theranostics.

4.3 Intrinsic Defects as a Source of Polarized

Spins

Turning to the details of our experiments, we begin by comparing synthetic

nanodiamond produced via the high-pressure high-temperature method

(HPHT), to natural nanodiamond (NAT) samples, highlighting the suitabil-

ity of each for hyperpolarized MRI. Both kinds of nanodiamond exhibit a

series of intrinsic electronic defects, immediately apparent in their X-band

EPR spectra, shown in Fig. 4.1b. The generic features in the spectra

can be attributed to a convolution of a hyperfine-split P1 center associated
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with substitutional nitrogen atoms [186], a narrow single-line component

from vacancy sites, and a broad single-line that stems from dangling car-

bon bonds [187, 188]. We find that P1 center concentration in the HPHT

diamonds (95 ppm) is more than an order of magnitude higher than the P1

center concentration in the NAT nanodiamonds (4 ppm) [see Section 4.10.1

for details of particle size dependent effects].

In the presence of an external magnetic field (B = 2.88 T), these paramag-

netic defects provide a platform for nuclear hyperpolarization via microwave

driving of the manifold of hyperfine transitions, shown in Fig. 4.1c. Although

room temperature hyperpolarization is possible [130], the most significant en-

hancements occur when microwaves are applied at cryogenic temperatures (4

K or below), transferring the large Boltzmann polarization of the electronic

defects to closely coupled 13C nuclei. For spins in nanodiamond, hyperpolar-

ization occurs via a mixture of the solid-effect and cross-effect and leads to a

polarized nuclear population of order 8% at saturation [see Section 4.10.1 for

discussion of polarization mechanism]. Detuning the microwave frequency

below or above the central EPR line drives hyperfine transitions that build

a positive or negative enhancement in the 13C signal (see Fig. 4.1c,d). The

sign of the signal indicates nuclear hyperpolarization that is aligned or anti-

aligned with the external magnetic field. Hyperpolarizing HPHT and NAT

nanodiamond yields the 13C signal enhancements shown in Fig. 4.2a and

4.2b, for a mean particle diameter d = 2 µm and d = 210 nm, respectively.

We draw attention to the variation in signal enhancement with particle size

and when using nanodiamonds with different concentrations of paramagnetic

defects (HPHT versus NAT).

4.4 Spin Relaxation and Spin Dephasing

The concentration and configuration of paramagnetic centers in nanodia-

mond carry-over into the characteristic times for (electron-mediated) nuclear

spin relaxation, limiting the time for which hyperpolarization can be usefully

deployed. In their readily available synthetic form, HPHT nanodiamonds

are well-optimized for hyperpolarization applications, retaining up to 11 %
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Figure 4.1: Hyperpolarization of diamond via intrinsic defects. (a)
Diamond particles (blue) are host to spin-1/2 defects such as charged vacancy
sites (1), dangling bonds (2) and substitutional nitrogen atoms (3). Reso-
nant microwaves can be used to drive spin polarization from these defects
to 13C nuclei in the lattice. (b) X-band EPR spectra of 2 µm HPHT (blue)
and 2 µm NAT (orange) diamonds. The HPHT and NAT nanodiamonds
have substitutional nitrogen impurities present at 95 ppm and 4 ppm, re-
spectively. Other spin-1/2 defects are present at concentrations of 115 ppm
in the HPHT nanodiamonds and 28 ppm in the NAT nanodiamonds. A
representative EPR absorption signal is also shown (inset, bottom right).
Hyperfine splitting (A) of the EPR line results from nitrogen impurities. (c)
Energy level schematic of Zeeman split electrons (e) and nuclei (n), showing
possible flip-flip and flip-flop transitions in diamond. Transitions are num-
bered in order of increasing energy (1-6). (d) Hyperpolarization spectra of
13C as a function of microwave frequency for HPHT 210 nm (green) and
HPHT 2 µm (blue) diamond particles. Signals are normalized to 1. Transi-
tions shown in c are indicated by arrows (1 - 80.81 GHz; 2 - 80.84 GHz; 3 -
80.87 GHz; 4 - 80.94 GHz; 5 - 80.97 GHz; 6 - 81.0 GHz).
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Figure 4.2: Hyperpolarization of different nanodiamond types. (a)
13C NMR spectra of HPHT (blue) and NAT (orange) 2 µm diamonds after
20 minutes of hyperpolarization, normalized to the NMR signal from ther-
mal polarization (HPHT - black; NAT - brown). (b) 13C NMR spectra of
HPHT (green) and NAT (purple) 210 nm nanodiamonds after 20 minutes of
hyperpolarization, normalized to the NMR signal from thermal polarization
(HPHT - black; NAT - brown).

of their polarization two hours after being transferred to an imaging platform

see Fig. 4.3a. Decay rates for the smaller 210 nm particles are faster but still

sufficient for imaging applications, with 10 % of hyperpolarization remaining

after a period of 20 minutes [see Fig. 4.3b].

Comparing the relaxation data to the hyperpolarization spectra reveals

that driving at select microwave frequencies leads to polarization that relaxes

with a distinct nuclear T1 (colored arrows in Fig. 4.1d correspond to colored

curves in Fig. 4.3a). This dependence likely arises due to the microwave fre-

quency selecting particular paramagnetic centers to act as hyperpolarization

lattice sites for their surrounding nuclei. The same centers then dominate

nuclear spin relaxation, such that different types of centers and their concen-

tration will lead to different relaxation rates in presumably distinct magnetic

micro-environments.

Examining the decay of the hyperpolarized state shows that the data

is bi-exponential, containing short and long characteristic relaxation time

components. Further, as a function of magnetic field, both components vary
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Figure 4.3: Slow decay of nuclear polarization post-transfer. (a)
Signal decay of hyperpolarized 2 µm diamond particles at T = 293 K and
B0 = 7 T. Decay curves are shown for NAT 2 µm diamonds hyperpolarized
at 80.87 GHz (purple) and HPHT 2 µm diamonds hyperpolarized at various
frequencies (red - 80.81 , yellow - 80.87 GHz, green - 80.94 GHz and blue
- 81.0 GHz). Lines are double exponential fits to the data (see Table 4.1
for fit values). (b) Signal decay of hyperpolarized 210 nm HPHT ND at
T = 293 K and B0 = 7 T. Decay curves are shown for hyperpolarization
at 80.87 GHz (yellow) and 80.81 GHz (red). Lines are double exponential
fits (see Table 4.1 for fit parameters). (c) T1 versus magnetic field for 2 µm
diamond particles. Circular markers show the HPHT long (red), NAT long
(black), HPHT short (blue) and NAT short (green) components of a double
exponential fit to the hyperpolarized decay curve. Lines are a guide to the
eye. (d) Signal decay of hyperpolarized 2 µm HPHT ND at T = 293 K
and 126 mT (purple), 270 mT (green) and 603 mT (blue). Decay curves are
shown for ND hyperpolarized at 80.87 GHz. Double exponential fits to the
curves are shown (Fit values are the markers in b). (e) Magnitude of echoes
in a hyperpolarized 2 µm diamond sample. CPMG traces are shown with
various echo spacings (Echo time (TE) = 0.5 ms - blue; TE = 1 ms - red;
TE = 2.1 ms - green). The fit to a Hahn echo experiment performed with
thermally polarized 2 µm diamond is also shown (black dotted line; data is
shown in Section 4.10.2).
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Diamond Freq. (GHz) a T1,short (s) T1,long(s)
HPHT 2 µm 80.81 0.69±0.03 349 ± 28 3253±248
HPHT 2 µm 80.87 0.66±0.03 521± 46 5058±358
HPHT 2 µm 80.94 -0.63±0.02 589± 45 6330±327
HPHT 2 µm 81.0 -0.67±0.02 394±26 2966±181
NAT 2 µm 80.87 0.54±0.03 1570±145 12282±618

HPHT 210 nm 80.81 0.85±0.06 207±21 1426±332
HPHT 210 nm 80.87 0.82±0.05 278±38 3150±1188

Table 4.1: Fit parameters for hyperpolarized decays curves. Hy-
perpolarized decay curves were fit with a two-component model: Mz =
ae−t/T1,short + (1− a)e−t/T1,long , where Mz is the measured signal (proportional
to the z-component of 13C magnetization), T1,short is the relaxation time of
the short component, T1,long is the relaxation time of the long component
and a is a ratio accounting for the relative contributions of the different
relaxation-time components. Fit parameters shown here are for the decay
curves in Fig. 4.3a,b of different ND types hyperpolarized at various DNP
frequencies.

by nearly two orders of magnitude as the field is increased from B = 130 mT

to 7 T, as shown in Fig. 4.3c. We attribute this field dependence to the

presence of electron and three-spin mediated processes [189], characteristic

of nitrogen impurities. Rapid decay of hyperpolarization at low-field presents

a practical challenge to the implementation of hyperpolarized nanodiamond

imaging, requiring the use of magnetized sample shuttles [190] [see Section

4.10.3 for details].

Moving from detecting hyperpolarized nanodiamond to imaging clinically-

relevant concentrations of the material brings new challenges. In particular,

since the short T2 dephasing times of solids can limit the spatial resolu-

tion that is possible using typical scanner gradient magnetic field strengths.

However, we find the 13C nuclear spins in HPHT nanodiamond fortuitously

possess T2 times already suitable for demonstrating the technique, with sub-

stantial scope for improving spatial resolution using dynamical decoupling

sequences [191]. To see this, in Fig. 4.3e we compare the signal decay from

a standard Hahn-echo sequence (dotted-line) to the signal produced by the

use of a Carr-Purcell-Meiboom-Gill (CPMG) decoupling sequence, after the
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sample has been transfered from the polarizer to a 7 T imaging platform.

Although the T2 seen with Hahn-echo is already suitable for sub-millimetre

imaging (see Section 4.10.4 for discussion of resolution limits), we find that

spin-coherence is preserved for a significantly longer time by decreasing the

inter-pulse spacing in the CPMG sequence. This enhancement in spin coher-

ence is likely due to nulling of the dipolar term in the internal spin Hamilto-

nian by the repeated π-pulses [192]. This significant line-narrowing achieved

with this technique could improve the imaging resolution of hyperpolarized

nanodiamond [193].

4.5 MRI with Hyperpolarized Nanodiamond

Having established nanodiamond as a viable material for hyperpolarization

applications, we now turn to the main result of our work, the demonstra-

tion of nanodiamond imaging with hyperpolarized 13C MRI. We restrict our

imaging experiments to the HPHT diamonds due to their larger signal en-

hancement. We begin our study by preparing the “half-moon” phantom

shown in Fig. 4.4a, which consists of one chamber filled with water and one

with an aqueous mixture of 2 µm diamond particles that have been hyper-

polarized for 2 hours. The magnetic field that the diamond particles were

exposed to was maximized at all times during the transfer and dissolution

process in order to retain hyperpolarization [see methods in Section 4.9].

Once transfer of the phantom to the MRI system is complete, 13C imag-

ing is performed immediately with a centrically-ordered, ultrafast gradient

echo (GRE) sequence operating at B = 7 T. Sequences such as GRE allow

for very short echo times with small tip angles, making them well suited to

imaging hyperpolarized dipolar systems such as diamond, where T2 is short

and polarization is nonrenewable between phase encoding steps.

Immediately following the acquisition of the 13C signal we perform con-

ventional 1H MRI in order to generate a co-registered water-nanodiamond im-

age, shown in Fig. 4.4b. The 1H component (gray-scale) of the co-registered

image clearly shows the location of water and structure of the phantom, with

the 13C component (red-orange) indicating the location of the hyperpolarized
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Figure 4.4: Hyperpolarized Diamond Imaging. (a) Phantom
schematic. One side of the “half-moon” phantom was filled with a mixture of
hyperpolarized diamond and water (orange). The other half of the phantom
is filled with water (blue). (b) Hyperpolarized 2 µm microdiamonds were
imaged after dissolution in a 120 mg/mL water mixture, using the phantom
described in a after 0 minutes and 30 minutes in the scanner. (c) Hyperpo-
larized 210 nm nanodiamonds in a teflon tube at 200 mg/mL concentration
were imaged after transfer from the polarizer after 0 minutes and 5 minutes
in the MRI scanner. (d) Images of hyperpolarized 2 µm microdiamonds in a
teflon tube immediately after transfer from the polarizer at various concen-
trations. The colorscale in all images indicates 13C signal magnitude in units
of the noise floor. All scale bars are 3 mm in length.
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nanodiamond solution. We repeat the experiment, now with a delay of 30

minutes between transfer of the phantom to the MRI system and subsequent

imaging. Although the image taken after 30 min shows a significant reduction

in 13C signal (down to ∼25%, of the image that was acquired with no delay),

we note that it still contains sufficient contrast to be able to identify the

presence of nanodiamond. Switching to the smaller 210 nm nanodiamonds

yields images with a reduced signal-to-noise (SNR) (comparable to 30% of

the 2 µm solution), with the images decaying more rapidly in keeping with

the size dependence of T1 [see Fig. 4.4c].

Evaluating the sensitivity of 13C MRI in our current setup, we acquire

images for aqueous solutions of hyperpolarized nanodiamonds in a range of

concentrations from 20 - 200 mg mL−1, as shown in Fig. 4.4d. For the larger

2 µm particles, concentrations as low as 20 mg mL−1 continue to yield an

acceptable SNR ∼ 11, corresponding to 57 µg of diamond per pixel. This

particle mass sensitivity is similar to other particle imaging techniques based

on hyperpolarization [16,185].

4.6 Animal Imaging

Aware that MRI phantoms can artificially enhance image quality, we demon-

strate hyperpolarized nanodiamond imaging in a setting that is more realis-

tic to the clinic by acquiring a co-registered 13C:1H MRI of a post mortem

three-week old laboratory mouse (mus musculus). Using 2 µm HPHT nan-

odiamond, the sample was hyperpolarized for 2 hours before rapid dispersion

into a syringe incorporating a 450 mT Halbach array to retain hyperpolariza-

tion. The mouse was positioned on a stage within an open-access permanent

magnet and the hyperpolarized bolus then injected into the thoracic cavity.

Transfer of the mouse to the 7 T MRI system again made use of a custom

Halbach array. The total time between removal of the sample from the hy-

perpolarizer and insertion of the mouse in the MRI system was ∼ 60 seconds.

Co-registered 1H:13C images of nanodiamond in the mouse are shown

in Fig. 4.5. The 1H image reveals anatomical features within the chest

at sub-millimeter resolution. The 13C diamond image then clearly shows
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Figure 4.5: Animal Imaging. Co-registered 1H:13C MRI of a mouse thorax
following intrathoracic injection of hyperpolarized 2 µm diamond particles.
The colorscale indicates 13C signal magnitude in units of the noise floor.
Scale bars is 3 mm in length.

that the nanodiamond is confined to a region around the lungs. We would

expect this localization to occur after injection into the thoracic cavity as

the 2 µm particles are too large to cross membranes into other regions of the

mouse [16,96].

4.7 Phase-Encoded Hyperpolarization

The use of nanoparticles for future theranostic applications hinges on the

effectiveness of their functionalized surfaces, which, for instance, can enable

targeted up-take of particles by binding to specific cells and localizing at

specific disease foci. Accompanying these active targeting mechanisms are

passive biological responses to nanoparticles based on their size, morphol-

ogy, or particle composition [194–197]. Having demonstrated hyperpolarized

nanodiamond MRI, we now look to the future and present a new imaging

modality enabled by the material properties of nanodiamond and which aims
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to directly address the challenge of resolving passive response mechanisms

from the active targeted delivery of nanoparticles. The goal of distinguish-

ing actively targeted vectors from a passive uptake is illustrated in Fig. 4.6,

where the yellow particles feature surfaces with receptor molecules in con-

trast to the bare nanoparticles shown in green. The challenge then is to

establish an imaging modality that enables contrast between nominally iden-

tical nanoparticles, based on a labeling mechanism that does not require a

difference in particle size, composition, morphology, or physical state.

A means of tagging nanodiamond populations is evident in the data pre-

sented in Fig. 4.7a [reproduced from Fig. 4.1d], which shows the preparation

of hyperpolarized states with equal magnitude, both aligned, or anti-aligned,

with the external magnetic field by selecting the frequency of microwave driv-

ing. In each case the populations of 13C spins are prepared predominantly

in their ground or excited state, relaxing back to thermal equilibrium on a

timescale T1, as indicated in Fig. 4.7a.

Imaging contrast between the ground and excited state populations is

thus encoded in the opposing phases, rather than in the amplitudes of nuclear

magnetization. Demonstrating this modality, we hyperpolarize two identical

samples of 2 µm nanodiamond, the first at frequency f = ωe − ωn and the

second at f = ωe + ωn, flipping the phase of the magnetization as indicated

in the phantom shown in Fig. 4.7b. Following adiabatic transfer to the

imaging platform, we acquire co-registered 1H:13C magnitude and 13C phase

images, as shown in Fig. 4.7c. Conventional images constructed from the

magnitude of the 13C signal clearly show the location in the phantom of

the hyperpolarized nanodiamond samples, but without appreciable contrast

between them. Alternatively, significant contrast is apparent in the phase

response of the 13C signal, reflecting the phase-labeling of the hyperpolarized

states and enabling the nominally identical nanodiamond populations to be

readily distinguished.

Simultaneous administration of positively-polarized nanodiamonds, func-

tionalized with active targeting ligands, and negatively-polarized, untargeted

diamonds, opens the prospect of tracking and imaging nanodiamonds accom-

panied by an in vivo control. Such a control would also be useful for identify-
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Figure 4.6: Active targeting versus passive targeting. Schematic rep-
resentation of functionalized nanoparticles targeting tumors both actively
and passively. Active targeting in the vasculature relies on specific interac-
tions between ligands on the nanoparticle surface and receptors expressed
on the surface of endothelial cells adjacent to tumors. Passive targeting is
nonspecific to nanoparticle functionalization and can occur via the enhanced
permeability and retention effect in regions of leaky vasculature at tumor
sites. Potentially, phase-contrast imaging could distinguish between these
two regimes.
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Figure 4.7: Distinguishing identical particles with phase contrast.
(a) Direction of hyperpolarized 13C magnetization versus the pump fre-
quency. (b) Phantom schematic showing two 2 µm diamond samples (yellow
and green) in a tube of water (blue). Teflon walls of the tubes containing
diamond are also shown (pink). The sample shown in yellow was hyperpolar-
ized at 80.87 GHz (f = ωe−ωn) for 20 minutes before transfer to the imager.
The diamond sample shown in green was subsequently hyperpolarized at
80.94 GHz (f = ωe +ωn) for 4 minutes before transfer to the hyperpolarizer.
(c) Imaging of the phantom described in b. Overlaid 13C magnitude (left)
and phase (right) colormaps are shown with masks applied to regions with
less than 8 times the root mean square value of the background signal. Small
black spots in gray-scale 1H magnitude image are bubbles adhered to surfaces
in the phantom. Scale bar is 3 mm in length.
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ing cases where targeting agents bind in undesired locations. As the targeting

ability of functionalized nanoparticles can often disappear when placed in a

biological environment [198,199], the ability to non-invasively verify, via MRI

phase, that nanoparticle accumulations are due to active targeting appears

useful.

4.8 Discussion

Opportunities exist to significantly improve the concentration sensitivity of

nanodiamond MRI reported here. At present, transfer of the sample from

hyperpolarizer to imaging platform results in a substantial loss of polariza-

tion, stemming from the rapid relaxation that occurs in a low-field (< 380

mT) environment. The use of high-field sample-shuttles during transfer can

likely increase the signal by a factor of 10 or more [see Section 4.10.3 for

discussion]. Further, we draw attention to the use of dynamical decoupling

pulse sequences in preserving coherence in dilute spin systems such as dia-

mond, as shown in Fig. 4.3c. Whilst CPMG based imaging sequences have

displayed similar sensitivity in our scanner, they offer strong potential for

improving spatial resolution and sensitivity when used in conjunction with

appropriate gradient-field protocols [see Section 4.10.2 for details]. Develop-

ing a single-shot sequence based on quadratic echo imaging [193], for instance,

would allow rapid pulsing and high-resolution imaging via the long echo tails

observed in the hyperpolarized nanodiamond system.

Perhaps the most impactful opportunity for improving the performance

of nanodiamond MRI is in isotopic engineering of the precursor carbon. En-

riching the 13C content, from the 1.1% that occurs in natural abundance, to

a few percent will lead to a proportional increase in MRI sensitivity [182,200]

with limited impact on relaxation times [see Section 4.10.5 for discussion]. A

further avenue for improvement is in optimizing the type and concentration

of paramagnetic centers in an effort to lengthen spin dephasing times [201]

and suppress low-field relaxation [91, 189]. This will be particularly impor-

tant in extending the applications for smaller nanodiamonds. The use of

photo-excited radicals, such as those that persist at low temperatures but
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recombine on warming the sample [202], may further provide a means of

achieving long-lived hyperpolarization.

In conclusion, we have demonstrated 13C magnetic resonance imaging

using nanodiamonds, including the introduction of a new imaging modal-

ity based on phase-encoded hyperpolarization, exploiting the long relaxation

times inherent to the diamond material system. Future improvements in ma-

terials, hardware, and sequence design will likely see the nanodiamond plat-

form emerge as a valuable theranostic tool for multimodal imaging, combin-

ing MRI and optical fluorescence to span sub-cellular to whole-body scales.

4.9 Methods

Diamond Particles: The nanodiamonds used in this work were purchased

from Microdiamant (Switzerland). Specific nanodiamond types were

monocrystalline, synthetic HPHT and NAT particles. Both types were used

in sizes of 210 nm (0-500 nm, median diameter 210 nm) and 2 µm (1.5-

2.5 µm, median diameter 2 µm). The 2 µm HPHT diamonds used here are

well suited to injection as they have a zeta potential of -38±7 mV in water.

This zeta potential shows that they are aggregation-resistant, a characteristic

important to benefiting fully from the surface of nanodiamond in biological

applications [99]. The 2 µm particles display sedimentation on the timescale

of hours, as is to be expected for diamond particles larger than 500 nm,

which is the point at which gravitational forces overcome Brownian motion.

210 nm HPHT nanodiamonds have a near identical zeta potential of -39

± 8 mV with limited sedimentation observed over a period of weeks. For

details of dynamic light scattering measurements and calculation of particle

stability, see Section 4.10.6.

EPR Characterization: EPR spectra were measured using a Bruker

EMX EPR Spectrometer operating at 9.735 GHz and room temperature.

Resulting spectra were fit using Easyspin to a three spin component model

[130, 162]. Defect concentrations were calculated relative to the signal from

an irradiated quartz EPR standard [203].

Hyperpolarization of diamond: Hyperpolarization is performed in a
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2.88 T superconducting NMR magnet with a homebuilt DNP probe [163].

80-82 GHz microwaves are generated via a frequency multiplier (Virginia

Diodes) and 2 W power amplifier (Quinstar) before being directed to the

sample via a slotted waveguide antenna. A helium flow cryostat (Janis)

was used to cool the sample to 4.5 K. NMR measurements in the polarizer

were taken with a custom saddle coil tuned to the 13C Larmor frequency of

30.912 MHz. All hyperpolarization events begin with a 13C NMR satura-

tion sequence (64 × π/2 pulses) to zero the initial polarization. Individual

points in the frequency sweeps of Fig. 4.1d correspond to unique hyperpo-

larization events, showing the 13C NMR signal from a π/2 pulse after 60 s

of microwave saturation at a constant frequency. NMR enhancement plots

in Fig. 4.2e,f show the 13C signal magnitude after 20 minutes of microwave

saturation compared with the signal seen after an identical period of thermal

polarization. Absolute polarization values are calculated from the thermally

polarized 13C signal at equilibrium and the expected Boltzmann polariza-

tion [130]. Diamond samples were hyperpolarized in teflon tubes, chosen for

their transparency to microwaves and robustness to thermal cycling.

Transfer and dissolution: All post-transfer NMR signals were acquired

in the same 7 T superconducting NMR magnet used for imaging. Adiabatic

sample transfer between the DNP probe and the MRI scanner occurs via

a series of “magnetic shields” based on permanent magnets and Halbach

arrays (see Sections 4.10.3 and 4.10.7 for further detail). Halbach arrays are

especially useful for transferring samples between superconducting magnets

as they experience no net translational force in external magnetic fields.

Depolarization at 7 T was measured via small tip angle for 2 µm and

210 nm samples hyperpolarized for 2 hours and 1 hour, respectively. Data

were divided by (cosα)n−1, where α is the tip angle and n the pulse number,

to account for RF-induced signal decay.

T1 versus magnetic field strength was measured in the stray field of the

imaging magnet with samples hyperpolarized for 20 minutes. Small tip angle

measurements of the 13C signal magnitude were taken at 7 T before and after

shuttling the sample to a lower field region for repeated periods of 30 s.

The phantom in Fig. 4.4a was prepared in an approximately 200 mT
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permanent magnet by rapid thawing of a 13C hyperpolarized 2:1 mixture of

nanodiamond and water. The hyperpolarized mixture was then mixed with

additional water to give a 120 mg mL−1 concentration. Transfer to the MRI

system occurred via a 110 mT Halbach array.

MRI Experiments: All MRI was performed in a 7 T widebore, mi-

croimaging system with 1H and 13C Larmor frequencies of 299.97 MHz and

75.381 MHz, respectively. The microimaging gradient set produces gradient

fields up to 250 mT m−1. Phantoms were imaged using a 10 mm, dual res-

onance 1H:13C NMR probe. 1H phantom images were acquired with a GRE

sequence with 60 µm × 60 µm pixel size and 6 mm slice thickness. 13C slice

thickness was restricted to 20 mm by the active region of the detection coil.

Concentration phantoms contained 140 µL of diamond and water mixture.
13C GRE image data in Fig. 4.4b-d and 4.7c were acquired with a 64 × 32

matrix and pixel resolution of 0.7 mm × 0.6 mm. The refocusing time (TE)

of 1.22 ms was minimized by ramping gradients to full strength and using

short, 60 µs, excitation pulses (see Fig. 4.8 for complete timing parameters).

Centrically-ordered phase encoding with a constant flip angle of 20° was used

to increase SNR by 1.96 times at the expense of limited blurring in the phase

encode direction [204].

All images displaying 13C data only were interpolated to 128 × 128 res-

olution by zero-filling and Gaussian filtering in k-space. Co-registered 13C

images were interpolated to the resolution of the accompanying 1H image and

values smaller than 3 times (Fig. 4.4b) or 5 times (Fig. 4.5, Fig. 4.7c) the

SNR made transparent to reveal the underlying structure in the 1H image.

Animal Imaging: A 150 mg sample of 2 µm nanodiamonds was hy-

perpolarized for 2.5 hours in a 1:1 mixture with water with 0.2 mL of hot

water added during dissolution. Small tip angle characterization showed that

hyperpolarizing in water or ethanol gave the same 13C enhancement seen for

dry samples. The resulting 0.5 mL bolus was injected into the thoracic cavity

of a three-week old female mouse post mortem (11 g, mus musculus) with a

21G needle and syringe before transfer to the MRI system. Hyperpolarized

nanodiamonds were magnetically shielded with custom magnets when not in

the polarizer or imager (further details in Section 4.10.3). The total time for
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Figure 4.8: Pulse timing diagram for GRE sequences. (a) Gradient
Refocused Echo (GRE) sequence used for 13C imaging. Relative timing of
NMR pulses, readout gradient (GRO) and phase encode gradient (GPE) are
shown. Imaging parameters were: repetition time (TR) = 100 ms, echo
time (TE ) = 1.2 ms, acquisition time (Tacq) = 0.64 ms, phase encode time
(TPE) = 0.4 ms and α = 20°. No crusher gradients were required as the 100
ms repetition time is sufficient to spin dephasing with negligible spin-lattice
relaxation. TE and TPE were adjusted to 0.9 ms and 0.12 ms, respectively
for mouse experiments.
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dissolution, injection and transfer to the imager was approximately 60 s.

A 1H:13C double resonance microimaging probe with 18 mm bore size was

used for imaging the mouse torso. 13C SNR of this probe was measured to

be one third of the 10 mm probe used for phantom imaging. A conventional
1H spin-echo sequence was used for high-contrast anatomical imaging. 1H

images were acquired with 1 mm slice thickness with a 256 × 256 matrix

and pixel resolution of 230 µm × 176 µm. The same 13C GRE sequence was

used as in Fig. 4.4b-d but with a gradient echo time of 0.90 ms and pixel

size of 2.1 mm × 1.9 mm. Slice thickness was limited to less than 18 mm by

the sensitive region of the probe.

Phase-contrast Imaging: To demonstrate phase-contrast imaging, a

2 µm HPHT sample was positively polarized with 80.87 GHz microwaves

for 20 minutes and transferred to the MRI scanner. A second, nominally

identical sample was then negatively polarized with 80.94 GHz microwaves

for 4 minutes and transferred to the MRI scanner.

4.10 Additional Results

4.10.1 Hyperpolarization Mechanism and

Nanodiamond Characterization

Establishing the precise mechanism of 13C hyperpolarization in diamond par-

ticles at B0 = 2.88 T is complicated by the very similar g-factors of the

electronic defects and the spin-1 14N nucleus induced hyperfine splitting of

substitutional nitrogen defects (for defect concentrations and EPR spectra of

all diamond samples used in this chapter, see Table 4.2 and Fig. 4.9, respec-

tively). The similarity of g-factors means that the 13C hyperpolarization we

observe at 80.87 GHz and 80.94 GHz results from unresolved, overlapping

positive and negative DNP peaks from multiple EPR lines. For example, at

80.87 GHz we are observing positive hyperpolarization at ωe − ωn from the

broad component, narrow component and mI = 0 line of the P1 centers plus

negative hyperpolarization at ωe + ωn resulting from the mI = -1 line of the

P1 centers. The hyperpolarization behaviour at the outer two frequencies of



91 Phase-Encoded Hyperpolarized Nanodiamond for MRI

Diamond Defect Concentration (ppm)
Total P1 Broad Narrow

HPHT 2 µm 210±10 95±5 108±5 7±1
HPHT 210 nm 380±20 35±2 300±20 41±2

NAT 2 µm 32±2 4.3±0.2 25±1 3.3±0.2
NAT 210 nm 190±10 6.8±0.3 169±9 14±1

Table 4.2: Defect concentrations. Concentrations of defects extracted
from the fits shown in Fig. 4.9. The defect concentration was calculated
relative to an irradiated quartz standard [203,207].

80.81 GHz and 81.0 GHz is simpler, each being dominated by only one line

of the P1 centers.

At 2.88 T, the 13C nuclear frequency ωn is 31 MHz, approximately twice

the 0.6 mT (17 MHz) inhomogeneous linewidth ∆ of P1 centres we expect

at such field strengths [205]. These values are significantly larger than the

homogeneous linewidth δ of the electronic defects, which for P1 centers is on

the order of 600 kHz [206]. Hence, given that δ and ωn are smaller than ∆,

we expect that hyperpolarization via P1 centres, and the component of our

EPR spectra with similar linewidth, occurs via the solid effect [63]. As the

solid effect occurs via the interaction of one electron and one nucleus, this

would also explain the roughly linear scaling of DNP enhancement with defect

concentration that we observe between HPHT and NAT samples. However,

we also note that the broad component of our EPR spectra is expected to have

an inhomogeneous linewidth of 2.0 mT (56 MHz) at 2.88 T, larger than the

nuclear Larmor frequency, raising the possibility of 13C hyperpolarization via

the cross effect. Other studies of diamond hyperpolarization have suggested

there could also be a very small contribution to hyperpolarization from the

Overhauser effect [131]. Synthesis of diamond with carefully controlled defect

composition will help reveal the details of these complex DNP mechanisms

and the variation in spin-relaxation properties shown in Table 4.3.
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Figure 4.9: Fitting EPR spectra. EPR spectra of HPHT 2 µm (a), HPHT
210 nm (b), NAT 2 µm (c) and NAT 210 nm (d) diamond particles. Spectra
are fit by a spin-1/2 model comprising three components: a broad single-
line, a narrow single-line and a hyperfine split P1 center. Narrow single-line
(linewidth 0.2 mT) and broad single-line (linewidth approximately 0.8 mT)
components likely correspond to vacancy sites and dangling bonds in the
diamond lattice, respectively [187, 188]. The hyperfine-split component is
attributed to P1 centers (linewidth 0.1 mT), substitutional nitrogen atoms
in the diamond lattice [186].
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Diamond T1,short (s) T1,long(s) a T2 (ms)
HPHT 210 nm 12±5 152±40 0.42±0.09 2.1±0.1
HPHT 2 µm 77±18 6441±2220 0.59±0.05 1.2±0.1
NAT 210 nm 23±7 359±67 0.33±0.06 2.7±0.1
NAT 2 µm 491±202 9672±1607 0.29±0.06 3.1±0.1

Table 4.3: T 1 and T 2 relaxation times of thermally polarized di-
amond particles. The 13C T1 relaxation times of the various diamond
particles were measured using saturation recovery at T = 293 K and B0

= 7 T. The resulting data were fit with a two component model: Mz =
1− ae−t/T1,short − (1− a)e−t/T1,long , where Mz is the measured signal (propor-
tional to the z-component of 13C magnetization), T1,short is the relaxation
time of the short component, T1,long is the relaxation time of the long compo-
nent and a is a ratio accounting for the relative sizes of the two components.
The 13C T2 relaxation times of the various diamond particles were measured
at T = 293 K and B0 = 7 T via a Hahn-echo experiment. The normalized
data at various echo times were fit to an exponential model: Mx = e−t/T2 ,
where T2 is the spin-spin relaxation time.

4.10.2 RARE Imaging

CPMG sequences can be used to extend the T2 coherence times of 13C nuclei

in nanodiamond, as measured via Hahn echo techniques [see Fig. 4.10a,b]. To

leverage these extended coherence times for imaging we use a custom imag-

ing sequence based on Rapid Acquisition with Refocused Echoes (RARE)

MRI [16, 208], which integrates phase encode steps and readout between π

pulses. Such RARE sequences are popular for their high sensitivity but

require accurate calibration to prevent artifacts. In Fig. 4.10c,d we show

RARE images of 2 µm and 210 nm hyperpolarized samples. A short pulse

width of 40 µs and 2.1 ms echo time was used to acquire these images with a

resolution similar to that used in GRE images in Fig. 4.4. Complete RARE

timing parameters are provided in the caption of Fig. 4.11. To prevent ar-

tifacts due to rapid initial signal decay, centrically ordered phase encoding

begins with the third CPMG echo and post-processing was used to weight

the amplitude of phase encodes by the gradient-free long tails acquired in

4.10b.

The SNR of the RARE images shown here should be multiplied by 2.5×
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Figure 4.10: Spin-echoes in diamond. (a) 13C T2 characterization of
HPHT diamonds in a Hahn-echo experiment at B = 7 T and T = 293 K.
Data is shown for 2 µm (red) and 210 nm (blue) samples. Solid lines are a fit
to the experimental data with fit parameters shown in Table 4.3. The 2 µm
fit is shown in Fig. 4.3. (b) Signal magnitude of hyperpolarized echoes in a
CPMG experiment with 2.1 ms echo spacing. Traces for hyperpolarized 2 µm
(green) and 210 nm (black) HPHT samples are shown. (c) Rapid Acquisition
with Refocused Echoes (RARE) acquired image of hyperpolarized HPHT
2 µm diamonds at 200 mg/mL. (d) RARE acquired image of hyperpolarized
HPHT 210 nm diamonds at 200 mg/mL. All RARE data were acquired
with a 64 × 32 matrix and pixel resolution of 0.7 mm × 0.5 mm resolution.
Scale bars are 3 mm in length. The colorscale in all images indicates signal
magnitude in units of the noise floor.
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Figure 4.11: Imaging sequence with refocused echoes. Rapid acquisi-
tion with refocused echoes (RARE) sequence used for 13C imaging. Relative
timing of NMR pulses, readout gradient (GRO) and phase encode gradient
(GPE) are shown. Imaging parameters were: repetition time (TR) = 75 ms,
echo time (TE ) = 2.1 ms, acquisition time (Tacq) = 0.8 ms and phase en-
code time (TPE) = 0.4 ms. Gradient amplitude was set to zero for the first
2 signal acquisition steps so that imaging began after the long tail echo was
established.

for a fair sensitivity comparison with GRE images shown in Fig. 4.4 (to take

account of variations in pixel size and the expected SNR with a variable flip

angle GRE sequence). After this SNR correction, we find that the RARE

and GRE sequences have near equivalent sensitivity for 2 µm particles, whilst

RARE is approximately 70 % higher sensitivity when imaging 210 nm par-

ticles. As RARE has optimal sensitivity for long spin-coherence times, we

expect this difference is due to the intrinsically longer T2 of 13C nuclei in the

210 nm NDs [see Supp. Table 4.3 for T2 values].

Whilst the sensitivity of GRE and RARE sequences, as applied here, are

nearly equivalent, with higher strength gradients it should be possible to

shorten the 2.1 ms echo time used for RARE imaging. This would allow us

to leverage the significantly larger 13C signal tail that appears for a 0.5 ms

echo time in Fig. 4.3c for significantly higher SNR in RARE imaging.
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4.10.3 Retaining Polarization with Magnetic Shielding

The hyperpolarized T1 of nanodiamond drops by orders of magnitude as the

external magnetic field becomes small, as was shown previously in Fig. 4.3.

Hence, for spectroscopic experiments, we have developed magnetic tunnels

and sample shuttles for sample transfer between the hyperpolarizer and MRI

scanner, as shown in Fig. 4.12a-c. These tunnels and shuttles keep the hy-

perpolarized samples at magnetic fields above 300 mT for the majority of

the transfer path, as is shown in Fig. 4.12d. However, there in one extreme

point where the magnetic field strength drops below 5 mT. This point corre-

sponds to the neck on the cryostat we use to achieve low hyperpolarization

temperatures.

The hyperpolarized signal post-transfer is enhanced by a factor of nearly

200 compared with room temperature values, as shown in Fig. 4.13a, cor-

responding to a post-transfer 13C polarization of ∼0.1%. This means that

the post-transfer 13C polarization is reduced by nearly 99% from the pre-

transfer 13C polarization. We attribute this reduction to the low-field region

the sample passes through on exiting the cryostat. This low-field relaxation

may be arising from a three-spin relaxation process being favored when the

nuclear Larmor frequency is of a similar magnitude to the hyperfine splitting

in P1-centers. Such a scenario occurs at magnetic fields below a few hundred

mT.

To determine the characteristic magnetic field that we need to retain po-

larization during transfer, we shuttled the hyperpolarized sample between the

detection coil at 7 T and lower field regions for 30 second periods, collecting

the retained polarization data shown in Fig. 4.13b. The retained polariza-

tion curve implies that construction of a polarizer that keeps the sample at

a field strength of above 300 mT at all times would enable transfer of hy-

perpolarized nanodiamond samples, whilst retaining more than 50% of the
13C polarization. The construction of such polarizers is a subject of active

research [190] and could see an improvement in MRI sensitivity of 50 times

that seen in Fig. 4.4.

Aware of the added complexity of performing in vivo experiments with
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Figure 4.12: Magnetic transfer apparatus and field profile (a) A mag-
netic tunnel is used to keep the sample at high magnetic field when entering
the bore of the 7 T MRI. The tunnel is lined with neodynium magnets in a
simplified Halbach arrangement. (b) Magnetic shuttle. Cutout shows slots
for 5 mm x 5 mm x 60 mm neodymium magnets. (c) Magnetic field simu-
lations of the magnetic field in a cross-section of the sample shuttle. Simu-
lations were performed with Comsol Multiphysics for N38 grade neodymium
magnets. Red arrows indicate orientation of magnets. (d) Magnetic field
strength at the diamond sample during direct transfer between the hyper-
polarizer and MRI. Solid circles indicate field strength with the magnetic
tunnel in place. Open circles indicate the stray field from the MRI magnet
when the magnetic tunnel is not in place.
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Figure 4.13: Polarization loss at low magnetic field. (a) Hyperpolar-
ized NMR spectra in the 7 T imager at room temperature after transfer of
2 µm diamond particles hyperpolarized for 20 minutes at 80.81 GHz (red) and
80.87 GHz (yellow). Magnitude is normalized to the thermal signal after 5
hours buildup at 293 K and 7 T (black). Average hyperpolarized signal mag-
nitudes were 192±63 and 176±38 for samples hyperpolarized at 80.81 GHz
and 80.87 GHz, respectively. Magnitude values quoted are the average of 3
consecutive transfers with errors. (b) 13C magnetization retained after 30
seconds at various field strengths for 2 µm HPHT diamond hyperpolarized
at 80.87 GHz. Solid line is intended as a guide to the eye.
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Figure 4.14: Transfer hardware for animal imaging. Various magnet
assemblies used to maximize the magnetic field at hyperpolarized samples.
(a) Two 100 mm × 100 mm neodynium magnets create a 50 mm × 50 mm ×
50 mm working space with a magnetic field greater than 200 mT. (b) Syringe
with simplified Halbach array for injection of hyperpolarized diamonds. (c)
Microimaging probe with a sliding collar that integrates a Halbach array.
(d) Simulations (Comsol Multiphysics) of the magnetic field strength inside
simplified Halbach array with an inner diameter of 30 mm.

constraints on minimum magnetic fields, we developed the hardware shown in

Fig. 4.14 for our animal experiments. The permanent magnet shown in Fig.

4.14a is integrated with a mouse bed, allowing injection of hyperpolarized

NDs from the shielded syringe shown in Fig. 4.14b. The mouse is then

loaded into a microimaging probe. The hyperpolarized NDs in the mouse are

magnetically shielded on transfer to the MRI scanner by the sliding Halbach

array shown in Fig. 4.14c.
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4.10.4 Effect of T 2 relaxation times on resolution.

Even in cases of high polarization, short spin-spin coherence times limit the

time available for position encoding with magnetic field gradients, limiting

the achievable MRI resolution. For conventional MRI sequences, the funda-

mental MRI resolution limit is reached when the NMR linewidth is approxi-

mately equal to the frequency separation between each pixel [165]:

dz ∼ 1

γGπT ∗2
, (4.1)

where dz is the pixel length, γ the nuclear gyromagnetic ratio, G is the

peak gradient strength, and T ∗2 is the transverse coherence time. Our nan-

odiamond samples have T ∗2 ∼ 1 ms, which corresponds to a resolution limit of

0.4 mm in our microimager (250 mT/m peak gradient strength). Increasing

the resolution beyond this point will require the use of more complex MRI

sequences incorporating such features as multipulse line narrowing [193].

4.10.5 13C Enrichment

Isotopic enrichment of the concentration n of spin-1/2 nuclei in nanoparticles

is attractive for the proportional increase in MRI signal. Whilst increased

MRI signal alone is valuable, if electron lifetimes are sufficiently short, the

increase of the spin diffusion rate [189, 209] in enriched samples may also

reduce the duration of DNP required to reach high nuclear polarizations.

These improved properties may be achieved whilst maintaining long nuclear

T1 times, with studies of 99% 13C enriched bulk diamond having shown spin-

lattice relaxation times of several hours [209]. However, in enriched samples,

the dipolar coupling strength between spins increases due to decreased in-

terspin spacing, giving an NMR linewidth δ1/2 that is proportional to n.

Thus, increasing n carries an inversely proportional reduction in T ∗2 and cor-

responding reductions in imaging sensitivity. In light of these considerations,

we believe isotopic enrichment of spin-1/2 nuclei up to 10% abundance will

reveal the ideal compromise between high magnetizations and long spin-spin
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relaxation times.

4.10.6 Stability of nanodiamond solutions

Dynamic light scattering (DLS) measurements showed that the 2 µm HPHT

diamonds used in this work have a zeta potential of -38±7 mV in water.

The 210 nm HPHT NDs have a near identical zeta potential of -39 ± 8

mV. DLS measurements of particle size and zeta potential were performed

in a Zetasizer Nano ZS. Nanoparticle dispersions were prepared by sonica-

tion. DLS size measurements agreed with specifications provided by the

manufacturer. Such a large, negative zeta potential means that these HPHT

diamonds are highly aggregation-resistant in aqueous solution, making them

well suited to injection and biological applications that require surface func-

tionalization [99]. The 2 µm particles display sedimentation from aqueous

solution on the timescale of hours, whilst little sedimentation was observed

in solutions of 210 nm HPHT NDs over a period of weeks. This difference

in sedimentation phenomena occurs due to the relative size of gravitational

forces and Brownian motion as we show through a calculation of the Péclet

number Pe. The Péclet number is a dimensionless measure of the relative

effects of flow and thermal diffusion [210] and, for a particle in suspension,

is given by:

Pe = mRga/kBT , (4.2)

where mR is the buoyant mass of the particle (mass of particle minus mass

of displaced solvent), g is acceleration due to gravity, a is the particle radius,

kB is the Boltzmann constant and T is the temperature. For Pe � 1, gravity

dominates over Brownian forces, leading to sedimentation in the absence of

other hydrodynamic forces.

We can calculate a Pe of 0.003 for our 210 nm particles if we assume

spherical particles, diamond density of 3510 kg m−3 and water density of

1000 kg/m3. Similarly, we can calculate a Pe of 25 for the larger 2 µm

diamond particles. Of interest is the critical diamond size of 504 nm where

Pe = 1, such that Brownian forces and gravitational forces are balanced.
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These values explain the sedimentation of the 2 µm diamond particles.

4.10.7 Conditions for adiabatic transfer

Moving hyperpolarized samples through changing magnetic fields during

sample transfer from the polarizer to MRI system results in fluctuation of the

Zeeman energy between spin-up and spin-down states. If the rate of change

of the magnetic field is comparable to the Larmor frequency the polarization

state may change. To ensure this does not occur, the adiabatic parameter A

must be much less than one at all times during the transfer process. We can

calculate the adiabatic parameter from [190]:

A =
1

γn

∣∣∣ ~B∣∣∣3
∣∣∣∣∣ ~B × d ~B

dt

∣∣∣∣∣ , (4.3)

Where γn is the nuclear gyromagnetic ratio, ~B is the magnetic field and
d ~B
dt

the rate of change of the magnetic field. When d ~B
dt

and ~B are parallel, as

is the case when the sample enters and exits a superconducting magnet, the

cross-product in Eq. 1 is zero and adiabaticity is maintained. This means

that transfer is adiabatic when the sample exits the hyperpolarizer and enters

the MRI system. However, we must also consider the situation where the

sample enters the 380 mT Halbach array used for sample transfer, as the

magnetic field in this array is perpendicular to B0 of the superconducting

NMR magnets. From an analysis of our transfer process, we estimate a

minimum
∣∣∣ ~B∣∣∣ = 5 mT perpendicular to a maximum d ~B

dt
= 4 T s−1. For a

13C nucleus, these values give A = 0.09, confirming the adiabatic nature of

our transfer process.



Chapter 5

Hyperpolarized Nanodiamond

Surfaces

The widespread use of nanodiamonds as a biomedical platform for drug-

delivery, imaging, and sub-cellular tracking applications stems from their

non-toxicity and unique quantum mechanical properties. Here, we extend

this functionality to the domain of magnetic resonance, by demonstrating

that the intrinsic electron spins on the nanodiamond surface can be used to

hyperpolarize adsorbed liquid compounds at low fields and room tempera-

ture. By combining relaxation measurements with hyperpolarization, spins

on the surface of the nanodiamond can be distinguished from those in the

bulk liquid. These results are likely of use in signaling the controlled release

of pharmaceutical payloads.1

5.1 Introduction

Bio-functionalized nanoparticles are emerging as highly versatile platforms

upon which to develop the new theranostic and tailored imaging modali-

ties needed in the era of personalized medicine [136, 211]. These nanoscale

agents, smaller than most subcellular structures, open the prospect of detect-

1This chapter is adapted from E. Rej, T. Gaebel, D. E. J. Waddington and D. J. Reilly,
Hyperpolarized Nanodiamond Surfaces. J. Am. Chem. Soc, 139, 193-199 (2017).
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ing and imaging a spectrum of diseases with enhanced sensitivity, and offer a

means of targeting the delivery and controlled release of pharmaceutical pay-

loads [133,177]. Enabling such advanced applications will require a detailed

understanding of the chemical interface of a nanoparticle in vivo, configuring

its complex interaction with, for instance, the extracellular matrix, disease

processes, or the tumor microenvironment.

Magnetic resonance (MR) techniques are well-suited for probing bio-

chemical reactions involving nanoparticles in vivo, but challenging in the

limit of small concentrations, where interactions at the nanoparticle inter-

facial surface lead to only fractional changes in the dominant signal arising

from the surrounding fluid [212, 213]. The difficulty in isolating signals that

are derived specifically from the nanoparticle surface has led to new tech-

niques based on hyperpolarization to enhance the sensitivity of MR spec-

troscopy, mostly via the use of surface-bound radicals [214–219]. These tech-

niques have been extended to dynamic nuclear polarization (DNP) of liquids

using both extrinsic [220–224] and intrinsic [137] nanoparticle defects. In

the case of nanodiamond (ND), a biocompatible nanoscale allotrope of car-

bon [138, 139, 225], the rich surface chemistry [140] is ideally suited to bind-

ing small molecules such as proteins, ligands, antibodies, or therapeutics,

making it a promising substrate for loading and targeted delivery applica-

tions [100, 106, 142, 143, 226]. Further, cellular imaging and tracking of NDs

is also possible using fluorescent color centers [112, 141], and future devel-

opments may combine imaging with nanoscale magnetic and electric fields

sensing capabilities [116, 144]. Complementing these attributes, the detec-

tion of hyperpolarized 13C nuclei in the ND core [128–130, 227] has recently

opened the prospect of new MRI modalities based on ND.

Here, we demonstrate that 1H nuclear spins from liquid-state compounds

including water, oil, acetic acid, and glycerol mixtures can be hyperpolarized

using X-band microwaves at room temperature via contact with free-electron

impurities on the surface of ND. Rather than the Overhauser mechanism usu-

ally seen in the polarization of liquids, we observe a DNP frequency spectrum

that is indicative of the solid-effect, in which the polarized 1H spins are those

that are adsorbed on the ND surface. Further, by combining low field (B <
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1 T) spin relaxation measurements and hyperpolarization, we demonstrate

that it is possible to determine the extent to which the ND surface is sat-

urated by its liquid environment. In combination with modalities based on

hyperpolarized 13C in the ND core [130], these results are likely of use in en-

abling in vivo approaches to monitor the binding and release of biochemicals

from the functionalized ND surface.

5.2 Results

5.2.1 Nanodiamond Surfaces

The NDs used in these experiments are manufactured using the high pres-

sure high temperature (HPHT) technique [228] and purchased from Micro-

diamant. A micrograph showing NDs with an average size of 125 nm is shown

in Fig. 5.1a. Measurements were made on diamonds in a size range between

18 nm and 2 µm. Adsorption of the compounds onto the ND surface occurs

passively when diamonds are mixed and sonicated with various liquids.

Using Raman spectroscopy, we observe that our NDs comprise two phases

of carbon, sp2 hybridized, attributed to carbon on the surface of the ND, at

wavenumber ν = 1580 cm−1, and sp3 hybridized, attributed to carbon in the

core of the ND, at ν = 1332 cm−1, as shown in Fig. 5.1b. The sp2 carbon

phase results in free electrons and provides a surface for liquid adsorption.

We observe more sp2 hybridized carbon in smaller NDs than larger NDs, due

to the much higher surface to volume ratio. Air oxidation [159] of the NDs

etches away some of the surface, removing sp2 hybridized carbon and surface

electrons.

Much of the functionality of ND, including its fluorescence, magnetic

field sensitivity, and use as an MRI contrast agent stems from the presence

of impurities and unbound electrons in the crystal lattice or nanoparticle

surface. For DNP applications these intrinsic free-radicals provide a means

of hyperpolarizing nuclear spins [130], but also open pathways for spin re-

laxation [155,229]. For the smaller NDs, the dominant electronic defects are

carbon dangling bonds on the surface, contributing a broad spin-1/2 compo-
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Figure 5.1: Characterizing ND surfaces. a) Electron micrograph of 125
nm ND. b) Comparison of Raman spectra for HPHT ND (black) and air
oxidized (AO) ND (red). Raman spectra show sp2 hybridized carbon from
the surface of the diamond and sp3 hybridized carbon from the core of the
diamond. The sp2 Raman cross section is ∼150 times larger than the sp3

Raman cross section leading to a comparatively larger peak. The fluores-
cence of the diamond has been subtracted using a baseline correction, and
spectra have been normalized to the sp3 hybridized peak. c,d) Comparison
of the ESR spectrum of 25 nm HPHT ND and 25 nm AO ND. The data
(red), simulation (blue), and broad spin-1/2 Lorentzian component (black)
are shown. e) The 1H T1 relaxation time of water in water-ND mixtures as
a function of ND size and concentration at B = 330 mT. Data points are fits
to the 1H T1 build up performed using an inversion recovery sequence, and
error bars represent the uncertainty in the fit. The solid lines are fits to the
relaxivity equation [see methods in Section 5.4]. Smaller NDs (25 nm ND,
blue dots, relaxivity: R= 0.17 mg−1 mL s−1) have a larger effect upon the T1
relaxation time of water than larger NDs (2 µm ND, purple dots, relaxivity:
R = 0.003 mg−1 mL s−1).
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nent in an electron spin resonance (ESR) spectrum, (see black dashed trace in

Fig. 5.1c). Air oxidation of the NDs removes some of these surface electrons,

resulting in a decrease in the broad spin-1/2 component in the spectrum,

as shown in Fig. 5.1d. Other components of the ESR spectrum include a

narrow spin-1/2 component, attributed to defects in the core of the ND, and

a P1 center component which results from a substitutional nitrogen atom

with the electron hyperfine coupled to the 14N spin [187, 205]. Increasing

the diameter of the NDs shrinks the surface to volume ratio and reduces

the relative amplitude of the broad and narrow spin-1/2 components. At

the same time, the larger NDs have more P1-centers in the core. Typical

defect concentrations are 1018 - 1019 spins/cm3 in HPHT ND [129,205]. This

equates to an average distance of 5 - 15 nm between defects on the particle

surface (assuming spherical particles, equally distributed spins, and taking

into account the relative number of spins in the broad component of the ESR

trace).

We first examine whether the presence of these free electron spins on the

diamond surface can be identified by mixing the nanoparticles with various

liquids containing 1H spins at B ∼ 330 mT. In this configuration, the pres-

ence of free electrons on the ND surface enhances the spin relaxation (with

characteristic time T1) of the surrounding 1H from the liquid, as shown for

the case of water in Fig. 5.1e. Consistent with the ESR measurements, we

find that this relaxivity effect is more prominent for small NDs, which have

a larger surface to volume ratio, and a higher number of surface spins. We

note that although the relaxivity effect is small when compared to commonly

used contrast agents based on metal conjugates [117], it is significant enough

to enable T1-weighted imaging when using concentrations of order 1 mg/mL,

as is demonstrated in Appendix B.

5.2.2 Nanodiamond as a Hyperpolarizing Agent

Turning now to a key result of the paper, we make use of room temperature

hyperpolarization as a means of further probing and identifying the spins at

the liquid-ND interface. In contrast to high-field hyperpolarization modali-
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ties [63] that aim to increase the MR signal for enhanced contrast, our focus

here is the hyperpolarization spectrum, which enables different hyperpolar-

ization methods to be distinguished. The Overhauser effect, for instance, is

commonly observed when polarizing liquid compounds comprising molecules

that undergo rapid translational or rotational diffusion. This mechanism

relies on scalar and dipolar relaxation pathways to build up a nuclear po-

larization when driving at the electron Larmor frequency, f = ωe, resulting

in positive or negative enhancement depending on the electron-nuclear cou-

pling. In contrast, in a system with static dipolar interactions, where the

nuclear and electron spins are bound such that the primary mode of nuclear

spin relaxation in the adsorbed liquid is via the same electrons used for polar-

izing [230–232], hyperpolarization can occur via the solid-effect, cross-effect,

or thermal-mixing mechanism, see Fig. 5.2a and 5.2b.
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Figure 5.2: Solid effect enhancement of adsorbed liquids on NDs.
a) Energy level diagram for a dipolar coupled electron and nuclear spin-1/2
system in a magnetic field. The ESR (blue), NMR (grey), flip-flop (green)
and flip-flip (red) transitions are shown. For the solid effect, driven flip-flip
transitions (red) at a frequency f = ωe − ωn involve a mutual electron and
nuclear flip resulting in a positive nuclear polarization, shown in b. Driven
flip-flop transitions (green) result in a negative nuclear polarization. For
Overhauser effect hyperpolarization, saturating the ESR transition can lead
to positive or negative enhancement (shown in b), through relaxation via the
zero quantum (green) or double quantum (red) transitions, respectively. b)
Theoretical enhancement spectra for the solid effect (black) and Overhauser
effect (grey) hyperpolarization mechanisms. c) 1H signal enhancement as a
function of driving microwave frequency at B = 458 mT (black dots). The
fit to the data (grey line) is based on the ESR trace linewidths for the broad
and narrow spin-1/2 impurities in the ND. The hyperpolarization spectrum
is consistent with that given by the solid effect. Enhancement is given by
the hyperpolarized signal divided by the signal with microwaves off.
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Using the naturally occurring electrons on the surface of NDs, we are

able to hyperpolarize the 1H spins in a range of liquid-ND compounds in-

cluding water, oil, acetic acid, and glycerol mixtures, despite their variation

in chemical polarity. The data presented in Fig. 5.2c is representative of

the effect, showing in this case 1H hyperpolarization from oil (Sigma O1514)

mixed with 25 nm ND. The data clearly exhibits the signature of hyperpolar-

ization via the solid-effect, with a positive signal enhancement when driving

at f = ωe − ωn and a negative signal enhancement at f = ωe + ωn. No

enhancement is seen at f = ωe, as would be expected if the Overhauser ef-

fect was contributing to the hyperpolarization, and there is no enhancement

in liquid solutions without NDs. The presence of the solid-effect provides

a strong indication that the signal enhancement stems from hydrogen spins

that are adsorbed at the ND surface. A contribution from thermal mixing

and the cross effect is also expected given the ESR spectrum contains a broad

spin-1/2 component that is wider than the nuclear Larmor frequency. Similar

behavior is observed when hyperpolarizing other liquid-ND mixtures (see Fig.

5.3). We also note that the highest enhancements occur for small nanopar-

ticles (see Fig. 5.4), a further indication that DNP is mediated via spins on

the ND surface and consistent with the relaxivity measurements presented

in Fig. 5.1e. We believe the absolute enhancements currently achieved are

limited by heating effects, see Fig. 5.5.

We further examine the hyperpolarization spectrum as a function of mag-

netic field over the range B= 300 mT - 500 mT, as shown in Fig. 5.6a. The

position of the enhancement peaks follow f = ωe− ωn and f = ωe + ωn with

a peak splitting of f = 2ωn (black dashed lines) at low magnetic fields, see

Fig. 5.6b. Surprisingly, we also observe that the 1H signal enhancement in-

creases with magnetic field, as shown in Fig. 5.6c. This dependence with field

is currently not understood, given that the solid- and cross-effect enhance-

ments are expected to scale in proportion to 1/B2 and 1/B, respectively [63].

Field-dependent spin relaxation of electrons and nuclear spins, as well as a

narrowing of the ESR line with increasing field, may lead however, to more

efficient hyperpolarization as both the solid effect and cross effect/thermal

mixing mechanism scale with the nuclear relaxation time T1n and the inverse



111 Hyperpolarized Nanodiamond Surfaces

0

10

-10

0

10

-10

0

10

-10

0

10

-10

En
ha

nc
em

en
t [

%
]

MW frequency [GHz]
12.72 12.76 12.80 12.84 12.88

0

10

-10

0

10

-10

0

10

-10

0

10

-10

En
ha

nc
em

en
t [

%
]

Polarization time [ms]
0 100 200 300

125 nm ND 
and oil

125 nm ND 
and acetic acid

125 nm ND 
and glycerol

125 nm NAT ND 
and oil

 ωe- ωn  ωe+ ωn ωe

τ = 57 ms 

τ = 28 ms

τ = 24 ms

τ = 45 ms 

a b

Figure 5.3: Solid effect enhancement in liquid-ND mixtures. a) 1H
signal enhancement as a function of driving microwave frequency and b) po-
larization build up at B= 458 mT for 125 nm HPHT ND mixed with oil
(blue), acetic acid (red), and glycerol (yellow), and for 125 nm natural ND
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f =ωe+ωn, and no enhancement at f = ωe. Data points are the enhancement
after 300 ms of microwave radiation and solid lines are double Lorentzian fits.
Polarization build up was measured when driving at f = ωe−ωn and is fitted
with a single exponential (solid lines), with τ as the fit parameter.

of the ESR line width δ. To obtain an increasing enhancement over the

range B = 300 mT - 500 mT, T1n and δ would have to collectively increase
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Figure 5.4: 1H enhancement in oil-ND solutions. The 1H NMR en-
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a fraction of the NMR signal at thermal equilibrium (which is normalized to
1). Error bars represent the error in the signal amplitude. We see the largest
enhancement for the two smallest NDs used, moderate enhancement for NDs
in the range 50 nm - 1000 nm, and no enhancement for 2 µm ND.

by a factor of 3. The T1n of protons can increase with magnetic field [54]

and we observe an increase in T2e of NDs with field. We also note that as

the magnetic field increases we move from the differential solid effect hy-

perpolarization spectrum to the well-resolved solid effect hyperpolarization

spectrum. The underlying mechanism for the increase in enhancement is

likely a combination of all these factors.
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enhancement after 35 dBm of power. We attribute this to heating effects,
rather than electron-nuclear spin properties.
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a) The hyperpolarized 1H NMR signal in oil adsorbed onto 25 nm ND as
a function of driving microwave frequency at magnetic fields between B =
300 mT and B = 500 mT (B = 300 mT in green, 340 mT in blue, 370 mT in
yellow, 400 mT in red, and 500 mT in grey). The solid lines are bi-Lorentzian
fits to the data [see methods in Section 5.4]. The positions of the peaks (black
dots) follow the lines f = ωe−ωn and f = ωe+ωn (black dashed lines). We see
no hyperpolarization at f = ωe (blue dashed line). The microwave detuning
is given by ∆ = f - ωe. The traces have been offset by the magnetic field
scaling for clarity. b) The frequency splitting between the maximum and
minimum 1H signal from oil adsorbed on the ND surface for 18 nm ND
(red), 25 nm ND (blue), 50 nm ND (green), 210 nm ND (yellow), and 500
nm ND (grey). The splitting follows the predicted value for the solid effect
of f = 2ωn (dashed lines). Errors are extracted from the peak positions of
the Lorentzian fit, which results in a 10% error in the peak splitting. Traces
are offset for clarity. c) The 1H signal enhancement as a percentage of the
non-polarized signal at magnetic fields between B = 300 mT - 500 mT for
a 25 nm ND and oil mixture. Positive enhancement at f = ωe − ωn is
shown in red and negative enhancement at f = ωe + ωn is shown in blue.
Data points are the signal after 1 s of polarization divided by the signal with
detuned microwaves. Error bars are the noise in the signal amplitude.
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5.2.3 Hyperpolarization at the Nanodiamond Surface

Mixing ND with a significant amount of liquid leads to behavior indicative

of a system with two independent spin baths. In our ND-water illustration

shown in Fig. 5.7a, the 1H spins in the bulk of the liquid comprise one bath,

with the other being those spins that are adsorbed on the surface of the

ND, in contact with free electrons. We isolate the independent contribution

to the signal from each bath by comparing spin relaxation as a function of

water concentration and in the presence of hyperpolarization using the pulse

sequences shown in Fig. 5.7b and Fig. 5.7c. Consistent with the behavior

expected for two spin baths, the relaxation decay exhibits a bi-exponential

dependence with a short T1 and long T1, as shown by the black curve in Fig.

5.7d. We attribute the short T1 (green shading) to spins adsorbed on the

ND surface, where the presence of electrons can rapidly relax nuclear spins

in close proximity. When the ND-water mixture is sufficiently diluted (> 60

µL, or a ND concentration < 1.16 mg/µL), a longer tail in the decay appears

(blue shading) that likely stems from spins in the bulk liquid, decoupled from

the ND surface. Reducing the amount of water, Fig. 5.7e shows that the

long time component is suppressed since all spins can then be rapidly relaxed

by the ND surface. The ND concentration ∼1.2 mg/µL corresponds to a

solution where all the space between loosely packed ND has been filled with

liquid. At lower concentrations, the ND is dispersed in the liquid, and at

higher concentrations, the liquid wets the ND surface. We note that the ND

concentrations used here are much higher than the concentrations in Fig.

5.1e.

Inserting a microwave pulse (for hyperpolarization) in place of the usual

inversion recovery sequence leads to a small enhancement of the signal that

rapidly decays, irrespective of the concentration of water in the system. This

behavior, taken together with the relaxation measurements, suggests that

hyperpolarization is again limited only to those nuclear spins adsorbed on

the ND surface, consistent with DNP occurring via the solid-effect. Fur-

ther, this data puts a bound on the extent to which diffusion can transport

hyperpolarized spins from the ND surface to the bulk of the liquid. Since
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Figure 5.7: T1 relaxation in hyperpolarized liquids. a) Schematic of
a ND-water mixture. NDs (grey), with surface electrons (e), are suspended
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occurs. b, c) Pulse sequences used to measure 1H spin relaxation. b) Inver-
sion recovery sequences probing both spins in the bulk and adsorbed water.
c) Hyperpolarization (HP) for 300 ms followed by a π/2 pulse probes the
relaxation of spins close to the ND surface. d, e) Relaxation of a water-ND
mixture (18 nm ND) at B0 = 460 mT, measured by the pulse sequences
outlined in b, c. Lines are exponential and double exponential fits. d) We
observe a double exponential behavior in the inversion recovery experiment
(black) at low ND concentration (< 1.16 mg/µL), whilst the HP relaxation
(red) shows only single exponential decay. e) At high ND concentration
(> 1.75 mg/µL), we observe fast single exponential decay in both the hy-
perpolarization (red) and inversion recovery (black) experiments. f) 1H T1
relaxation times in water-ND mixtures as a function of water concentration.
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to relaxation experiments: inversion recovery (black), positive enhancement
then relaxation (red), negative enhancement then relaxation (yellow), posi-
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then inversion recovery (green). Error bars are the fit uncertainties. Data
points are separated horizontally for clarity.
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no signal enhancement is ever observed in the long-time component of the

relaxation, we conclude that the hyperpolarized spins that are bound to the

surface are unable to diffuse into the bulk before relaxing. In further support

of this picture, Fig. 5.7f shows that relaxation (without hyperpolarization),

switches from a single exponential to bi-exponential decay when the amount

of water exceeds 60 µL (ND concentration < 1.16 mg/µL) (black dots). This

behavior is symptomatic of any sequence that contains an inversion recov-

ery pulse (black, green, or blue dots), since the pulse acts on both the spins

on the surface and those in the bulk. Hyperpolarization without inversion

recovery however, acts only on ND-surface spins and always leads to fast,

single-exponential decay independent of the amount of water.

A complementary picture emerges when ND is mixed with oil. We again

conclude that the system comprises two distinct baths with different spin

dynamics, in this instance by examining how the signal is enhanced by hy-

perpolarization beyond the thermal contribution, ∆S = SHP - STh, shown

in red in Fig. 5.8a. In the limit of no oil, Fig. 5.8b shows that there is

no enhancement in the signal since the electrons on the ND surface cannot

hyperpolarize 1H spins elsewhere in the system. Increasing the amount of

oil has two effects. Firstly, more oil leads to a steady increase in the num-

ber of spins in contact with electrons on the ND surface, thus increasing

the hyperpolarized signal and ∆S. Secondly, the additional oil in the mix-

ture also increases the signal from spins in thermal equilibrium STh, either

at the surface or in the bulk of the liquid. To account for both the hyper-

polarized and thermal contributions to the signal, Fig. 5.8b also shows the

enhancement ε = ∆S/STh as a function of the amount of oil (blue). Similar

to the case of the ND-water mixture, we observe a transition in behavior,

around a ND concentration of 1.25 mg/µL, where the contribution from hy-

perpolarization begins to saturate and adding further liquid simply leads to

dilution. We speculate that the liquid concentration at which this transition

occurs provides information about the packing density of ND, viscosity, and

extent of diffusion present in the mixture. Future efforts may exploit such

identifiers to signal the adsorption and desorption of ND payloads such as

chemotherapeutics.
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The combined data-sets for water and oil ND mixtures suggest that hy-

drogen spins become attached to the ND surface and remain there for times

that are long compared with hyperpolarization and relaxation processes. To

test this picture further, we examine lastly how the signal enhancement de-

pends on the time over which microwaves are applied to produce hyperpo-

larization. The signal is observed to grow mostly between 10 and 100 ms of

hyperpolarization, saturating for longer times, as shown in Fig. 5.8c. This

saturation is consistent with the surface adsorbed 1H spins undergoing lit-

tle diffusion into the bulk liquid and thus blocking the surface from being

further replenished with new, unpolarized spins. In this regime, the surface

bound spins will reach a steady-state enhancement that is determined by the

rates of hyperpolarization and relaxation. NDs below 50 nm in size exhibit

this saturation in signal, but then undergo a slight further enhancement for

hyperpolarization times longer than 1 second. This surprising behavior could

be partially explained by diffusion in the oil-ND mixture that becomes en-

hanced for small diamonds. A further possibility is that the timescale over

which 1H spins remain adsorbed on the surface is reduced for NDs below a

certain size. This proton exchange in ND solutions is likely to be pH depen-

dent [233, 234], which may provide a means of linking the MR properties of

ND to pH changes in surrounding solutions.

5.3 Discussion and Conclusion

The use of NDs in a biological context is now widespread [141], given they

are essentially non-toxic, exhibit a readily functionalized surface as well as

attributes that enable new imaging and tracking modalities. Here, we have

focused on the spin interactions of the ND surface and liquid interface at

room temperature, making strong use of nuclear hyperpolarization to uncover

aspects of the dynamics that are otherwise challenging to observe. Beyond a

new means of characterization, the use of such hyperpolarization techniques

offer a means of detecting the presence or absence of adsorbed compounds,

of use in targeted delivery and release of chemotherapeutics. Extending this

approach into the high field spectroscopic domain, where limitations set by



120 Hyperpolarized Nanodiamond Surfaces

signal to noise and resolving chemical shifts are easier to overcome, would

enable the possibility of distinguishing local environments and compounds

interacting with the ND surface.

Given the long relaxation times and significant 13C hyperpolarization that

is possible with ND [130], the surface spin interactions investigated here open

the prospect of transferring polarization from the ND-core to the surface. In

this mode, intrinsic surface electrons can act to mediate polarization trans-

fer between 13C storage and 1H spins for detection. Such an approach is

amenable to techniques based on microfluidics [235].

In conclusion, we have examined the use of ND and its surface in es-

tablishing polarized states of various liquids at low fields and room tem-

perature. The presence of ND leads to enhanced relaxation of 1H spins in

solution, opening a means of generating ND-specific contrast for MRI. The

application of microwaves near the resonance frequency of the surface elec-

trons leads to hyperpolarization of 1H spins, consistent with dynamic nuclear

polarization via the solid-effect and cross-effect. Finally, the combined use

of hyperpolarization and relaxation measurements allow for spins on the ND

surface to be distinguished from those in the bulk liquid, opening a means

to probe the local environment of ND in vivo.

5.4 Methods

Nanodiamonds. In these experiments HPHT NDs purchased from Micro-

diamant were used. We refer to the diamonds by their median size. Mea-

surements were made on MSY 0-0.030, (0-30 nm, median 18 nm), MSY 0-0.05

(0-50 nm, median 25 nm), MSY 0-0.1 (0-100 nm, median 50 nm), MSY 0-0.15

(0-150 nm, median 75 nm), MSY 0-0.25 (0-250 nm, median 125 nm), MSY

0-500 (0-500 nm, median 210 nm), MSY 0.25-0.75 (250 nm-500 nm, median

350 nm), MSY 0.25-0.75 (250 nm-750 nm, median 500 nm), MSY 0.75-1.25

(750 nm-1250 nm, median 1000 nm) and MSY 1.5-2.5 (1500 nm-2500 nm, me-

dian 2000 nm). All experiments were performed on HPHT ND unless other-

wise stated.

Air Oxidation. HPHT NDs were spread in a thin layer and placed in
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a furnace at 550◦C for 1 hr (with 1 hr of heating to reach 550◦C and 20 min

to return to room temperature).

Adsorption. Initially NDs were heated on a hot plate to remove any

adsorbed water. Loosely packed NDs were mixed with various liquids and

ultrasonicated. Adsorption occurred passively. The ND remained suspended

in solution for the duration of the experiments. We estimate a ND packing

density of ∼0.3 based on volume measurements.

Experimental setup. Signals were acquired with a single spaced

solenoid coil in a home built NMR probe in a magnetic field range of B =

300 mT - 500 mT provided by either a permanent magnet (B = 460 mT) or

an electromagnet. X-band microwave irradiation was amplified to a power of

10 W and coupled to the sample using a homebuilt horn antenna and reflector

that we describe the details of in Appendix A. NMR signals were measured

by initially polarizing the sample, then detecting the polarized signal using

either a π/2 pulse or an echo (π/2 − τ − π) sequence, and finally waiting

for the polarization to return to thermal equilibrium. Data was acquired

using either a Redstone NMR system (Tecmag) or a Spincore NMR system.

Feedback control in the microwave hyperpolarization frequency was used to

compensate for magnetic field drifts caused by temperature variations and

inhomogeneity in both the permanent magnet and electromagnet.

SEM images. SEM images were taken on a Zeiss Ultra Plus Gemini

SEM spectrometer working in transmission mode.

Raman spectra. Raman spectra were acquired with a Renishaw inVia

Raman Microscope at λ = 488 nm and P = 50 µW.

ESR measurements. ESR measurements were made using a Bruker

EMX-plus X-Band ESR Spectrometer. The cavity (Bruker ER4102ST rect-

angular cavity) Q-factor ranged between Q = 5 000 - 10 000 for small and

large ND particles, respectively. ESR power was P = 0.25 µW, modulation

amplitude was Bmod = 0.1 mT, the modulation frequency was fmod = 100

kHz, the conversion time was ct = 15.06 ms, and the time constant was tc =

0.01 ms. Simulations of the ESR spectra were performed in Easyspin [162].

Fit parameters were linewidth, signal amplitude and g-factor for each spin

species.
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Relaxivity Measurements. The T1 polarization build up curves were

fitted with an exponential fit M/M0 = 1− 2e−t/T1 , where M is the magneti-

zation, M0 is the equilibrium magnetization, T1 is the spin lattice relaxation

time and t is the polarization build up time. Relaxivity data was fitted with

T1 = 1/(1/T01 + RC) where C is the concentration of ND, T01 is the T1

relaxation time of pure (undoped) water and R is the relaxivity. The water

had a T1 relaxation time of T01 = 2.6 s measured at B = 300 mT.

Hyperpolarization spectra of ND-liquid mixtures. For the ND-oil

mixtures, approximately 50 mg of ND was mixed with 60 µL of oil. The

mixtures were polarized for 300 ms, at B= 458 mT and for 1 s at other fields

in the range B= 300 mT - 500 mT. Solid lines are double Lorentzian fits to

y = y0 + a1
(x−x1)2+B1

+ a2
(x−x2)2+B2

.

Enhancement as a function of oil concentration. 75 mg of 125 nm

ND was mixed incrementally with oil. Polarization build up was measured

out to 1 second and fitted with an exponential curve. All the curves reached

saturation.

Polarization build up. 70 mg of ND was mixed with 40 µL of oil. With

off-resonant microwaves, a signal decrease of 6% due to heating effects was

seen after 1 second of polarization. Data with on-resonant microwaves was

corrected to account for this heating effect.



Chapter 6

Nanodiamond-enhanced MRI

via in situ Hyperpolarization

6.1 Abstract

Nanodiamonds are of interest as nontoxic substrates for targeted drug deliv-

ery and as highly biostable fluorescent markers for cellular tracking. Beyond

optical techniques however, options for noninvasive imaging of nanodiamonds

in vivo are severely limited. Here, we demonstrate that the Overhauser effect,

a proton-electron double resonance technique, can enable high contrast mag-

netic resonance imaging (MRI) of nanodiamonds in water at room tempera-

ture and ultra-low magnetic field. The dynamic nuclear polarization (DNP)

technique transfers spin polarization from paramagnetic impurities at nan-

odiamond surfaces to 1H spins in the surrounding water solution, creating

MRI contrast on-demand. We examine the conditions required for maxi-

mum enhancement as well as the ultimate sensitivity of the technique. The

ability to perform continuous in situ hyperpolarization via the Overhauser

mechanism, in combination with the excellent in vivo stability of nanodi-

amond, raises the possibility of performing noninvasive in vivo tracking of

nanodiamond over indefinitely long periods of time.1

1This chapter is adapted from D. E. J. Waddington et al., Nanodiamond-enhanced
MRI via in situ Hyperpolarization. Nat. Commun., 8, 15118 (2017).
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6.2 Introduction

Nanoparticles are rapidly emerging as powerful theranostic substrates [236]

for the targeted delivery of vaccines [237], chemotherapy agents [238], im-

munotheraputics [176] and as a means of tracking tumor distribution on

whole-body scales [239, 240]. Biocompatible nanodiamonds (NDs) are ideal

examples, featuring surfaces that are readily functionalized to enable tissue

growth and their selective uptake by disease processes [106, 107, 241, 242].

Imaging NDs in vivo, however, has been to date, mostly limited to sub-

cellular environments that are optically accessible [105,112]. Without imag-

ing modalities beyond optical florescence, realization of the full theranostic

potential of ND to track and investigate complex disease processes, such as

metastatic disease, is unlikely.

Magnetic resonance imaging (MRI) is the gold standard for noninvasive

high-contrast imaging of disease in radiology, but has proven ineffective for

directly detecting NDs in vivo due to the low abundance and small gyro-

magnetic ratio of spin-active 13C nuclei that comprise the carbon lattice.

Dynamic nuclear polarization (DNP) of the 13C nuclei at cryogenic temper-

atures can, in principle, overcome the inherently weak signal from diamond

by boosting it some 10,000 times to enable MRI contrast from nanoparticle

compounds [128–131]. Despite these prospects, hyperpolarized nuclei always

relax to their thermal polarization in a time that, for the smaller sub-micron

particles, is currently short enough to limit the usefulness of the method in

an imaging context [16,130].

An alternative approach to tracking ND relies on functionalizing the ND

surface with paramagnetic Gd(III)-chelates to create complexes for imaging

with conventional T1-weighted MRI [117]. However, this approach faces the

challenges of a large background signal, and concern for the long-term toxicity

of gadolinium-based compounds [243].

Here, we demonstrate a different means of imaging and tracking water-ND

solutions using Overhauser magnetic resonance imaging (OMRI) [244–247].

Operation at ultra-low magnetic field (ULF) enables efficient Overhauser

polarization transfer between electronic and nuclear spins in an RF regime
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compatible with in vivo use. RF pulsing of the electron paramagnetic reso-

nance (EPR) transition between MRI signal acquisitions continually transfers

spin polarization from the paramagnetic centers at the surface of ND to 1H

nuclei in the surrounding water [248]. The presence of ND in the solution

thus leads to an enhancement in the 1H MRI signal that can readily produce

images with contrast sensitive to ND concentrations. The ability to perform

in situ hyperpolarization overcomes the limitations imposed by short spin

relaxation times of smaller particles and enables switchable tracking of ND

solutions with no polarization transport losses over indefinite timescales. In

addition to producing images to demonstrate this new approach, we inves-

tigate the conditions that lead to maximum sensitivity to the presence of

ND, presenting data characterizing the efficiency of the Overhauser mecha-

nism as a function of particle concentration and size. These results signif-

icantly enhance the theranostic capabilities of non-toxic, bio-functionalized

ND, opening the possibility that MRI can be used to monitor and track

ND-compounds in vivo.

6.3 Results

6.3.1 The Overhauser effect in nanodiamond solutions

Various types of ND were used in this study, including high-pressure high-

temperature (HPHT), natural (NAT) and detonation (DET) NDs in sizes

from 4 nm - 125 nm. We focus on results obtained from HPHT 18 nm and

HPHT 125 nm NDs as typical representatives of the general behaviour ob-

served. An air oxidization process, known to etch the ND surface, produces

additional variants of NDs for comparison with the commercially sourced

varieties [159]. Aqueous solutions of ND in deionized (DI) water were pre-

pared using high power probe sonication, with HPHT NDs exhibiting the

most stability in solution. HPHT 125 nm solutions show no aggregation over

a period of months and a zeta potential of -55 mV [see methods in Section

6.5 for further details on ND preparation and additional results in Section

6.6.1 for zeta potential measurements].
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Figure 6.1: Hyperpolarizing solutions via the Overhauser effect.
(a) Schematic of the Overhauser effect at the nanodiamond-water interface.
(b) X-band electron paramagnetic resonance (EPR) spectra of high-pressure
high-temperature (HPHT) 18 nm nanodiamonds (NDs) in 100 mg mL−1

solutions of deionized water (blue). Two-spin model fit (dark blue) is the
sum of a broad spin-1/2 component (green) and a narrow spin-1/2 component
(brown). (c) X-band EPR spectra of air oxidized HPHT 18 nm NDs in 100
mg mL−1 solutions of deionized water (orange). Two-spin model fit (dark
blue) is the sum of a broad spin-1/2 component (green) and a narrow spin-1/2
component (brown). The broad component is reduced by air oxidation.
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The basis for detecting and imaging ND in solution is shown in Fig.

6.1(a). Image contrast arises from the Overhauser effect, which as a starting

point, requires a reservoir of partially polarized electron spins [65]. Driving

these electrons with a resonant AC magnetic field transfers spin polariza-

tion to the interacting 1H nuclei in the surrounding solution [249,250]. NDs

provide such a reservoir in the form of paramagnetic impurities such as ni-

trogen vacancy centers, substitutional nitrogen (P1) centers, and unpaired

electrons at the nanoparticle surface [229,251]. We first characterize our NDs

using EPR spectroscopy, determining their impurity content and suitability

for Overhauser imaging.

The EPR spectra of our HPHT 18 nm ND solution is shown in Fig. 6.1(b)

and fits a two-component spin-1/2 model comprising a broad (1.2 mT) com-

ponent and a narrow (0.2 mT) component (solid lines in figure) [162]. Air

oxidation of NDs reduces the amplitude of the broad component in the spec-

tra, as shown in Fig. 6.1(c), presumably by removing the paramagnetic

centers at the surface. Our results are consistent with previous studies sug-

gesting that the broad component is due to disordered dangling bonds at the

surface of the ND with the narrow component arising from lattice defects

in the crystalline core [205]. Other types of ND studied here demonstrate

similar spectral components [see Section 6.6.2 for EPR data from solutions

of all nanodiamond types used in this chapter].

Having established that ND provides a paramagnetic reservoir suitable for

the Overhauser effect, we turn now to address the additional conditions that

must be satisfied to enable imaging. In Fig. 6.2(a) we show the energy level

diagram of a system comprising an electron coupled to a 1H nucleus in an ex-

ternal magnetic field. When the EPR transition is pumped, the relative sizes

of the cross relaxation transitions w 0 and w 2 will cause nuclei to accumulate

in spin up or down states. This accumulation gives a nuclear enhancement ε,

defined as the ensemble average of the z -component of the nuclear magnetiza-

tion Mz over the nuclear magnetization under thermal equlibrium conditions

M0, that is ε = 〈Mz〉 /M0. The enhancement generated by the Overhauser

mechanism is a function of four parameters [62]:
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ε = 1− ρfs |γe|
γn

(6.1)

where ρ is the coupling factor between electron and nuclear spins, f the

leakage factor, s the saturation factor, and γe and γn are the electron and

nuclear gyromagnetic ratios. Addressing first the coupling factor ρ, we note

that, when there is dipolar coupling but no hyperfine contact interaction

between spins, ρ takes a positive value determined by the correlation time

of the two spins, diffusion coefficients and the EPR frequency. Relatively

long correlation times are expected at ND surfaces due to the formation of

a nanophase of water with 1 nm thickness at the ND-water interface [252].

Assuming free diffusion of water at a distance of 1 nm from the ND surface,

we follow refs. [22, 223, 253, 254] and plot the field dependence of ρ for a

calculated correlation time of 430 ns, as shown in Fig. 6.2(b) [see Section 6.6.3

for details of calculation]. Not surprisingly, given the long correlation time

between spins, increasing the magnetic field above a few milli-Tesla rapidly

suppresses the mutual flip-flip of dipolar coupled electron and nuclear spins

and thus the nuclear enhancement possible via the Overhauser effect. Our

choice of magnetic field for Overhauser imaging is thus constrained to the

ULF regime, where serendipitously, the frequency of the EPR field produces

minimal heating from dielectric loss associated with water at 20°C [255]. Fig.

6.2(b) also explains why previous DNP studies of ND solutions at 340 mT

did not show Overhauser enhancement of freely diffusing water molecules in

the bulk solution [184]. Instead they showed solid effect DNP of 1H nuclei

adsorbed to the ND surface.

To demonstrate that NDs can be detected via the Overhauser effect at

ULF, we set B0 = 6.5 mT and apply an RF magnetic field at the EPR

frequency of 190 MHz to a HPHT 125 nm, 100 mg mL−1 sample. The 1H

signal from the water surrounding the ND is then detected through standard

inductive NMR techniques after the 1H system has reached equilibrium [see

methods]. Under these conditions we observe an enhancement of -4.0 in the
1H spin polarization when EPR power is applied, as shown in Fig. 6.3(a).

Examining the enhancement produced by different types of ND, Fig.
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Figure 6.2: Transition probabilities in the Overhauser effect. (a)
Zeeman split electron and nuclear spin levels in a magnetic field. Zero-
quantum (w 0), single-quantum (w 1) and double-quantum transitions (w 2) are
shown. If the w 2 transition dominates, when the EPR transition is pumped
with a radiofrequency (RF) field, there is a net movement to the |↓e↓1H〉 state.
(b) Coupling factor ρ as a function of magnetic field (B0) for a translational
correlation time (τc) of 430 ns.

6.3(b) shows the sensitivity of the Overhauser technique to nanoparticle con-

centration. We draw attention to the data for the HPHT 18 nm NDs, which

indicates that at concentrations of 1 mg mL−1, a 33 % change in 1H po-

larization of the solution can be observed. Natural NDs produce a small

enhancement relative to HPHT NDs, probably due to a relatively low con-

centration of paramagnetic defects, as seen in their EPR spectra [spectra of

these NDs are included in Section 6.6.2].

Having demonstrated that Overhauser enhancement is possible with ND,

we return to Eq. 6.1 to further consider the conditions needed for opti-

mal imaging. The saturation factor s describes the proportion of the EPR

linewidth that is driven and takes a maximum value of 1 when the electron

transitions are completely saturated at high RF power. To measure the EPR

linewidth at ULF we sweep B0 while driving electron transitions at 140 MHz.

As shown in Fig. 6.4(a), HPHT 18 nm and HPHT 125 nm solutions show a

linewidth for the enhancement of approximately 0.3 mT at a frequency con-

sistent with the gyromagnetic ratio of a free electron. This result indicates

that the paramagnetic centers responsible for the Overhauser effect can be
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Figure 6.3: Overhauser effect in nanodiamond solutions. (a) Over-
hauser enhancement of 1H polarization in a high-pressure high-temperature
(HPHT) 125 nm 100 mg mL−1 nanodiamond (ND) solution. The hyperpo-
larized 1H spectrum (red) is enhanced by -4.0 over the thermal 1H spectrum
(blue). The enhanced spectrum was acquired after the electron paramag-
netic resonance (EPR) transition had been driven for 1.5 s with 49 W of RF
power at 190 MHz. (b) 1H saturation enhancement versus concentration for
ND solutions at 49 W, 6.5 mT and 190 MHz. The Overhauser effect was
observed for HPHT (blue - 18 nm, yellow - 125 nm), natural (NAT) 125 nm
(green), detonation (DET) (red) and air oxidized HPHT 18 nm NDs (or-
ange). Solid lines are included as a guide to the eye. Arrow indicates the
change in enhancement after air oxidation.



131 Nanodiamond-enhanced MRI via in situ DNP

(a) (b)

T 1 (s
)

3

2

1

B0 Field (mT)
4.3 4.6 4.9 5.2 5.5

En
ha

nc
em

en
t

0

0.2

0.4

0.6

0.8

1

HPHT 125
HPHT 18

0
0 20 40 60 80 100

Concentration (mg mL-1)

HPHT 125
HPHT 18

DET
NAT 125

HPHT 18 air ox.

Figure 6.4: Overhauser linewidth and spin-lattice relaxation rates.
(a) 1H enhancement versus B0 with EPR pumping at a constant frequency
of 140 MHz with 24 W of power. 1H NMR detection was performed on reso-
nance. Aqueous solutions of HPHT 18 nm (blue) and HPHT 125 nm (yellow)
at 50 mg mL−1 concentration were used. Solid lines are included as a guide
to the eye. (b) T1 relaxation times of ND solutions at 6.5 mT. Solid lines
are a fit to the concentration dependent relaxivity equation. The fit error on
individual T1 measurements is smaller than the marker size. Arrow indicates
the change in relaxivity after air oxidation. The T1 relaxivity coefficients
are 4.5±0.2 × 10−2 mL s−1 mg−1 for HPHT 18 nm (blue), 1.9±0.2 × 10−2

mL s−1 mg−1 for HPHT 125 nm (yellow), 5.2±0.2 × 10−2 mL s−1 mg−1

for NAT 125 nm (green), 1.0±0.1 × 10−1 mL s−1 mg−1 for DET (red) and
2.3±0.2× 10−1 mL s−1 mg−1 for air oxidized HPHT 18 nm (orange).

fully saturated with a resonant AC magnetic field of magnitude 1 mT, which

is easily achieved in our spectroscopic probe [170]. Accordingly, we observe

that, for EPR powers above 30 W, the Overhauser enhancement saturates

[data is shown with further details of enhancement buildup in Section 6.6.1],

and the maximal saturation factor is reached.

The remaining parameter in Eq. 6.1 is the leakage factor f which de-

scribes how effectively electrons relax the nuclear spin environment, taking a

maximum value of 1 when all nuclear spin relaxation is via the paramagnetic

solute. The leakage factor of a given solution can be calculated from [65]:

f = 1− T1
T01

(6.2)
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where T1 is the spin-lattice relaxation time of 1H spins in ND solution, shown

in Fig. 6.4(b), and T01 is the spin-lattice relaxation time of the undoped sol-

vent. We note that ND solutions with shorter T1, and hence larger f , do not

necessarily give a higher Overhauser enhancement as Eq. 6.1 would predict.

For example, NAT 125 nm NDs show a T1 relaxivity more than double that

of HPHT 125 nm NDs, despite showing a much smaller enhancement in Fig.

6.3(b). Presumably, ρ is suppressed in the quasistatic nanophase by slow

diffusion of water molecules and the increased paramagnetic nuclear relax-

ation rate [184]. 1H nuclei ‘trapped’ in the nanophase will experience rapid

spin-lattice relaxation, giving the f we observe and an overall enhancement

that depends on the specifics of each ND surface. A detailed understanding

of dynamics in the nanophase compared to freely diffusing bulk water is thus

crucial to calculation of the factors in Eq 6.1 [see Section 6.6.4 for further

discussion].

Solutions prepared with air oxidized ND consistently exhibit reduced en-

hancements and higher T1 relaxivity, as shown for 18 nm HPHT air oxidized

NDs in Figs. 2(b) and 2(d). The increased nuclear spin-lattice relaxation

rate will contribute to a reduction in Overhauser enhancement and we spec-

ulate that the enhancement is further reduced due to a lower concentration

of paramagnetic centers after removal of surface impurities by air oxidation.

6.3.2 Overhauser-enhanced MRI with Nanodiamond

With conditions that lead to a significant Overhauser enhancement now

established, we demonstrate this approach as the basis for detecting ND

solutions using ultra-low field MRI. Imaging is performed using a custom

proton-electron, double resonant probe in an open-access, low-field, human

MRI scanner operating at a B0 of 6.5 mT [256]. To display the MRI con-

trast possible between a ND solution and water we make use of the phantom

illustrated in Fig. 6.5(a), which consists of glass vials filled with 500 µL of

either DI water or aqueous solutions of HPHT 125 nm ND at 100 mg mL−1

and is organized in a diamond-shaped pattern.

MRI at ultra-low field of the phantom was performed using a high-
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Figure 6.5: ND imaging with Overhauser-enhanced MRI at 6.5
mT. (a) Imaging phantom. Vials of deionized water (blue) and vials of
high-pressure high-temperature (HPHT) 125 nm nanodiamond (ND) at 100
mg mL−1 (orange) were arranged in the pattern shown. Scale bar is 30 mm
in length. (b) Standard balanced steady-state free precession (bSSFP) MRI
of the phantom shown in a. (c) Overhauser-enhanced MRI (OMRI) bSSFP
image of the same phantom. The Overhauser effect generates contrast be-
tween ND solution and water. The phase of the acquired signal is inverted
in the ND solution. (d) The difference of MRI and OMRI acquisitions. The
background signal is suppressed, showing signal only where ND is present.
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efficiency balanced steady-state free precession (bSSFP) MRI sequence in

which 1/3 of the imaging time is spent acquiring signal [see methods for

details] [257]. Although good spatial resolution is achieved, no discernible

contrast is evident between ND solution vials and water vials, as shown in

Fig. 6.5(b). This is not surprising given that contrast using the bSSFP se-

quence is produced via 1H concentration weighted by the ratio T2/T1, which

is approximately equal for all vials in the phantom [see Fig. 6.4(b) for T1 and

Fig. 6.7(c) for T2]. We note that obtaining relaxation-contrast with bSSFP

at ULF is usually challenging, as when B0 → 0, it is a general result that

T2/T1 → 1 [258]. Such changes in T1 and T2 times may, however, be useful

for ND imaging with conventional spin echo sequences at high magnetic field,

a possibility that we investigate in Appendix B.

After the MRI scan, the phantom was then imaged with an OMRI bSSFP

sequence, as shown in Fig. 6.5(c). The OMRI bSSFP sequence is equivalent

to the regular bSSFP sequence except the EPR transition of the ND solution

is driven during the phase encode period [248]. The maximum time period

without Overhauser saturation in our OMRI bSSFP sequence is 28 ms. As

this is much shorter than the T1 and T2 of the ND solution, the polarization

approaches a steady state during OMRI bSSFP, ensuring that hyperpolar-

ized signal is continually present for acquisition. The appearance of water

vials in the OMRI bSSFP image is unchanged from the regular bSSFP image.

However, the ND solutions demonstrate significant relative contrast, with a

change in magnitude and inversion of signal phase, as a result of the nega-

tive enhancement from the Overhauser effect. The switchable nature of the

Overhauser contrast allows us to take the difference of the signal in MRI and

OMRI images to generate the image in Fig. 6.5(d). Such a difference image

suppresses the background signal, clearly showing the spatial distribution of

NDs.

Having demonstrated ND imaging with OMRI, we now consider the sen-

sitivity of the technique in our current Overhauser setup. We calculate the

signal to noise ratio (SNR) as the magnitude of the MRI signal in a region

of interest divided by the average root mean square value of the background

signal. In Fig. 6.6(a) we show the schematic of a phantom containing vials
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Figure 6.6: Sensitivity of Nanodiamond Imaging. (a) Phantom
schematic. A vial of deionized water (blue) and vials of high-pressure high-
temperature (HPHT) 18 nm nanodiamond (ND) at concentrations of 10
mg mL−1 (yellow), 3 mg mL−1 (red) and 1 mg mL−1 (purple) were mounted
in the phantom as shown. The surrounding volume was then filled with water
(blue). Scale bar is 20 mm in length. (b) Standard balanced steady-state
free precession (bSSFP) MRI of the phantom shown in a. (c) Overhauser-
enhanced MRI (OMRI) bSSFP image of the same phantom. The phase of
the MRI signal is uniformly positive across the image. (d) The difference
of MRI and OMRI acquisitions. The water signal is suppressed and all ND
vials clearly visible.
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with various concentrations of HPHT 18 nm ND in a container of water.

This phantom is imaged with bSSFP, as shown in Fig. 6.6(b). The vials in

this image have an SNR of 43, with the glass vial walls clearly outlining their

positions. Next we define the contrast to noise ratio (CNR) as the difference

in signal between MRI and OMRI scans in a region of interest divided by the

average root mean square value of the background signal. Taking the subse-

quent Overhauser scan, shown in Fig. 6.6(c) and resulting difference image,

shown in Fig. 6.6(d), clearly shows the presence of ND at concentrations of

10 mg mL−1, 3 mg mL−1 and 1 mg mL−1 with CNR values of 27, 18 and 9,

respectively.

Images of the 1 mg mL−1 vial in Fig. 6.6 were acquired with 23 µg of

ND per pixel, or a particle molar sensitivity of 150 nM for 18 nm particles.

We note that this particle mass sensitivity is equivalent to that reported for

other hyperpolarized MRI particle imaging modalities [16].

6.4 Discussion

NDs are non-toxic at high concentrations and resist in vivo degradation for

periods of over a month [101]. Thus, the results presented here illustrate

the potential of nanodiamond OMRI as a practical methodology for long-

term biological imaging providing new types of contrast and functionality.

All imaging was performed on systems designed for in vivo OMRI with RF

powers acceptable for use in vivo [259], raising the possibility of biological

applications. In particular, NDs may be of diagnostic use for diseased organs

where nanoparticle accumulation can be an effective marker of pathology,

such as the brain [260], liver [261] and lymph nodes [237]. Current diag-

nostic methodologies, using the T ∗2 properties of iron oxide nanoparticles [3],

suffer from the long biodistribution times of nanoparticles as the precompari-

son scan is taken before nanoparticle administration. In the resulting interval

before a postcomparison scan various types of biological noise are introduced

that make difference imaging infeasible [17]. The ability to perform inter-

leaved MRI and OMRI scans with ND could overcome this limitation.

We have demonstrated sensitivity to ND at concentrations as low as
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1 mg mL−1. An upgraded version of our scanner with higher strength imag-

ing gradients will enable slice selection without compromise to the bSSFP

acquisition protocol. Hence, we now anticipate sensitivity changes from the

implementation of slice selection. The SNR in a slice selected image is given

by SNR = κVvoxel
√
tacq, where Vvoxel is the volume of a voxel, tacq is the to-

tal acquisition time and κ is a constant that depends on the magnetic field

strength, hardware sensitivity, imaging sequence, acquisition parameters as

well as the composition and spin-relaxation properties of the material being

imaged [56]. Hence, based on the measurements in Fig. 6.6, for the same

acquistion time and slice selection in a 5 mm slab with 1 mm × 1 mm pixel

size, we calculate that HPHT 18 nm ND at 1 mg mL−1 will be on the thresh-

old of detectability with a CNR of 2. For higher nanoparticle concentrations,

imaging times could be significantly accelerated. For example, HPHT 18 nm

ND at 10 mg mL−1 will have a CNR of 2 with 5 mm3 voxels and a total MRI

and OMRI acquisition time of 2.5 minutes.

The long term clearance of nanoparticles is of interest for assessing bio-

compatibility. Studying the retention of nanodiamonds in the liver at present

requires organ harvesting, which limits long term studies [101,102]. We esti-

mate that for NDs to be present at 1 mg mL−1 in a 3 mL mouse liver [262]

would require injection of 5 mg of ND into a 20 g mouse, assuming 60%

accumulation in the liver [262, 263]. This dose is significant as it is a factor

of 30 lower than that used in a recent in vivo demonstration of hyperpolar-

ized silicon microparticle imaging [16]. Nanoparticle accumulation could be

noninvasively imaged at this concentration with 5 mm3 voxels in the 3000

mm3 liver. This would provide a long term probe of the fate of nanoparticles

in the liver, with significant scope for increasing the voxel size or acquisition

time if increased sensitivity is required.

Given that nanoparticles about 25 nm in size are known to preferentially

accumulate only in healthy lymphatic tissue [237], the ability to detect and

image ND with OMRI may also enable isolation of disease in swollen lymph

glands, avoiding the need for biopsy [264–266]. Such a technique could prove

useful for the diagnosis of lymph node tumors, which is vital to the treatment

of metastatic prostate cancer [240].
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The 1H enhancement we observe with the Overhauser effect is approx-

imately two orders of magnitude larger, when accounting for ND concen-

tration, than seen with solid effect hyperpolarization of water molecules ad-

sorbed to ND surfaces [184]. Further, there is potential to increase the Over-

hauser enhancement towards the theoretical maximum of -330 [65], over 80

times larger than seen here, by modification of the ND surface. Tailored NDs

with impurities selected to remove alternate spin-lattice relaxation mecha-

nisms could be surface treated to increase diffusion of water at the nanosolid-

liquid interface [99,267], maximizing the coupling and leakage factors in Eq.

6.1. Likely, other nanoparticles that display the Overhauser effect in solu-

tion also exist. However, identification of these nanoparticles is nontrivial

due to significant variation in the surface defects and the hydrophilicity of

nanoparticles.

As Overhauser contrast arises via interactions at the nanoparticle surface,

we recognize that surface functionalization for targeted molecular imaging

must complement the observed enhancement. In this way therapeutic agents

attached to the surface could suppress the Overhauser effect by increasing

the distance between radicals at their surface and free water, leaving them

‘dark’ in OMRI scans [268]. After targeted drug release, the Overhauser

effect could return to normal, showing up ‘bright’ with OMRI and enabling

effective tracking of the site of drug delivery. The dependence of Overhauser

enhancement on diffusion may also allow the technique to be used as a probe

of localized hydration dynamics [223]. The OMRI approach may also en-

able the hyperpolarization of fluids flowing across the surface of diamond

nanostructures [221,235,269].

In conclusion, we have used recent advances in ULF MRI to extend the

usefulness of OMRI to nanoparticle imaging. The ability to noninvasively

image biocompatible NDs with switchable contrast at biologically relevant

concentrations is promising for a range of diagnostic applications. Switch-

able contrast allows suppression of the background signal present in other

T1 and T2 based nanoparticle MRI modalities [111, 117, 270]. Furthermore,

the long term biological stability of nanodiamonds in vivo, as well as the un-

limited repeatability of the hyperpolarization sequence, raises the possibility
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of imaging metabolic processes over dramatically longer timescales than is

possible with ex situ hyperpolarization techniques [16,130].

6.5 Methods

Nanodiamond Solution Preparation. NDs used in this study were

sourced from Microdiamant, Switzerland. Nanodiamond types used were;

monocrystalline, synthetic HPHT NDs in 18 nm (0-30 nm, median diameter

18 nm) and 125 nm (0-250 nm, median diameter 125 nm) sizes; monocrys-

talline, 125 nm NAT NDs (0-250 nm, median diameter 125 nm); and poly-

crystalline DET ND (cluster size 250-1000 nm, median 500 nm; individual

particle size 4-8 nm). Size specifications were provided by the manufacturer.

Air oxidized NDs were prepared by placing them in a furnace at standard

pressure for one hour at 550 °C after an initial temperature ramp [159].

ND samples were mixed with DI water and sonicated with a Branson probe

sonicator at 120 W and 50% duty cycle for 40 minutes to disaggregate ND

clusters.

Particle size and zeta potential measurements were performed on ND

solutions in a Beckman Coulter Delsa Nano C Particle Analyzer. Particle

size measurements confirmed that monocrystalline NDs were well dispersed in

water after sonication. Particle sizes of monocrystalline NDs were found to be

consistent with manufacturer specifications. DET NDs still displayed some

clustering and inconsistent particle size in solution after probe sonication.

EPR Measurements. CW EPR measurements were performed on 100

mg mL−1 ND samples in a Bruker ElexSys E500 EPR system. Modulation

frequency was 100 kHz at an amplitude of 0.1 G and incident microwave

power of 0.6725 mW. Sample volumes in the cavity were kept consistent to

allow comparison of relative peak heights. Individual EPR components were

simulated in EasySpin [162] and a least squares analysis was used to find the

best fit to the data while varying g-factor, linewidth and amplitude.

Spectroscopic measurements at 6.5 mT. The 1H enhancement of

ND solutions was measured by saturating the EPR transition at 190 MHz

for a period of 5T1 using 31 W of RF power before a standard NMR FID
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acquisition. The enhancement is given as the ratio of the magnitude of the

hyperpolarized FID to the magnitude an FID taken at thermal equilibrium

with no EPR power. A high filling factor Alderman-Grant Resonator was

used for EPR with a solenoid producing orthogonal B1 used for NMR de-

tection. T1 relaxation times were measured using a conventional inversion

recovery acquisition and fit with a least squares analysis.

DNP Linewidth Measurements. The linewidth of the Overhauser

effect was studied by measuring the 1H enhancement at various magnetic field

strengths whilst driving the EPR resonator at a frequency of 140 MHz and

25 W. The EPR frequency was lowered from 190 MHz in order to capture the

enhancement profile either side of the peak without exceeding the maximum

field accessible in our ULF magnet. 1H enhancement was measured as the

magnetic field was stepped between 4 mT and 7 mT. NMR detection was

performed at the 1H resonance for any given field strength, with a low Q

solenoidal coil.

Overhauser-enhanced MRI. Imaging was performed at 6.5 mT in our

ultra-low field MRI scanner [256] using a bSSFP Overhauser-enhanced MRI

(OMRI) sequence at room temperature [248]. The homebuilt imaging probe

consists of an Alderman-Grant resonator (EPR: 190 MHz) and a solenoid

(1H: 276 kHz). The EPR resonator was pulsed on during the phase encode

steps, with 69 W delivered to the EPR resonator at a duty cycle of 52%. Gra-

dient strength was a maximum of 1 mT m−1 [further details on the imaging

sequence and probe used are provided in Section 6.6.5]. Images in Fig. 6.5

and Fig. 6.6 were acquired with a 256 x 40 matrix size and cropped. Data

was acquired in 2D with a pixel size of 1.0 mm x 0.76 mm over a 30 mm x

30 mm field of view and interpolated by zero-filling and Gaussian filtering in

k -space to give 0.25 mm x 0.19 mm pixels. The phantom thickness was 20

mm and 30 mm in Fig. 6.5 and Fig. 6.6, respectively. The standard MRI

images were acquired with 200 averages (11 minutes 24 seconds). The OMRI

images in Fig. 6.5(c) and Fig. 6.6(c) were acquired with 80 averages (4

minutes 14 seconds) and 200 averages (11 minutes 24 seconds), respectively.

Image magnitude was scaled for an accurate comparison.
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6.6 Additional Data and Information

6.6.1 Additional characterization of Nanodiamond So-

lutions and the Overhauser Effect

Nanodiamond (ND) solutions were prepared using high power probe soni-

cation and analyzed by dynamic light scattering (DLS). In Fig. 6.7(a) we

present the DLS size distribution obtained for a solution of high-pressure,

high-temperature (HPHT) 125 nm ND which shows a median particle size

of 125 nm. We note that particle sizes measured with DLS were consistent

with manufacturer specifications.

To quantify saturation of the electron paramagnetic resonance (EPR)

transition, the nuclear magnetic resonance (NMR) signal enhancement of ND

solutions was measured as a function of EPR power. As shown for HPHT

18 nm in Fig. 6.7(b), the enhancement begins to saturate at approximately

30 W. Thus, the Overhauser enhancement is maximized in the spectroscopic

measurements presented in Fig. 6.3, where 49 W of RF power was applied

to the EPR resonator.

The relaxivity of ND in water solutions was measured in terms of the lon-

gitudinal relaxivity (1/T1) and the transverse relaxivity (1/T2). The relaxiv-

ity of various ND types was measured by fitting to the relaxivity equation:

1/T1,2 = 1/T 0
1,2 +R1,2[ND] , (6.3)

where T1,2 is the 1H relaxation time of the solution with ND, T 0
1,2 is the 1H

relaxation time in the absence of ND, R1,2 is the relaxivity coefficient, and

[ND] is the concentration of ND.

In Fig. 6.4(b) we present T1 relaxation data of ND solutions. In Fig.

6.7(b) we present the corresponding T2 characterization data, obtained in a

conventional Hahn echo experiment. T1 and T2 values for our stock deionized

(DI) water were 2.87 s and 2.60 s, respectively.

Enhancement measurements on ND solutions were made using the se-

quence shown in Fig. 6.8(a). The 1H enhancement in ND solution was

observed to saturate when ∼ 30 W of power was applied to the EPR res-
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Figure 6.7: Further characterization of nanodiamond solutions. (a)
Dynamic light scattering characterization of high-pressure, high-temperature
(HPHT) 125 nm nanodiamond (ND) sample. The median particle size is
125 nm and the ζ potential in deionized water is -55 mV. (b) T2 relax-
ation times of ND solutions. Solid lines are a fit to the concentration de-
pendent relaxivity equation. The fit error on individual T2 measurements is
smaller than the marker size. The T2 relaxivity coefficients are 6.5±0.4×10−2

mL s−1 mg−1 for HPHT 18 nm (blue), 2.9±0.1 × 10−1 mL s−1 mg−1 for air
oxidized HPHT 18 nm (orange), 2.3±0.4× 10−2 mL s−1 mg−1 for HPHT 125
nm (yellow), 3.2±0.5 × 10−2 mL s−1 mg−1 for air oxidized HPHT 125 nm
(purple), 5.8±1.1 × 10−2 mL s−1 mg−1 for natural (NAT) 125 nm (green),
1.3±0.2 × 10−1 mL s−1 mg−1 for air oxidized NAT 125 nm (light blue) and
1.4±0.1× 10−1 mL s−1 mg−1 for detonation (DET, red).
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Figure 6.8: Measuring Overhauser Enhancement. (a) Spectroscopic
sequence used for measuring saturation Overhauser enhancement at 6.5 mT.
The resonant EPR transition at 190 MHz was saturated with 31 W of power
for a time TEPR before immediate application of a π/2 pulse to the 1H NMR
channel. The NMR FID is then acquired to measure the 1H polarization.
(b) 1H enhancement of ND solution as a function of electron paramagnetic
resonance (EPR) power. Enhancement is shown for a 100 mg mL−1 solution
of HPHT 18 nm after a 500 ms EPR pulse at 190 MHz (blue markers). Dotted
line is intended as a guide to the eye. (c) 1H enhancement of an HPHT 18
nm ND sample with concentration of 100 mg mL−1. The NMR amplitude
was measured for various values of TEPR (blue dots) using the sequence shown
in panel a and the enhancement calculated by dividing the signal amplitude
by the value measured at TEPR = 0. A period of 5T1 was allowed to pass
between subsequent measurements. The 1H polarization buildup is well fit
by a single exponential curve (red) with a characteristic buildup time of 139
ms. (d) Solutions of HPHT 18 nm (blue) and HPHT 125 nm (yellow) show
that the characteristic buildup time, measured as in panel b, decreases as
ND concentration increased. Solid lines are intended as a guide to the eye.
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onator, as shown in Fig. 6.8(b). The buildup time of 1H enhancement in ND

solutions was measured by incrementing the time EPR power was applied for

(see Fig. 6.8(c)). As might be expected from the dependence of maximum

Overhauser enhancement on T1, the enhancement buildup time of ND solu-

tions was longer for ND solutions with longer 1H T1 times, as we illustrate

in a comparison of HPHT 18 nm and HPHT 125 nm buildup times in Fig.

6.8(d).

6.6.2 EPR Spectra of Nanodiamond Solutions

X-band EPR spectra of all nanodiamond solutions used in this chapter are

shown in Fig. 6.9. All spectra can be fit by a model employing broad

and narrow spin-1/2 components, with the exception of the HPHT 125 nm

sample, which shows an additional component due to P1 centres. These

P1 centres are known to be due to substitutional nitrogen atoms in the

crystalline core of the ND [205] and we expect that their interaction with

water molecules will be much smaller than that of surface defects. We note

that detonation ND only shows the broad component from our two spin fit

and that natural ND shows a much smaller defect concentration compared

to other ND types.

6.6.3 Calculation of the coupling factor

In Fig. 6.2(b) we present calculations of the dipolar coupling between 1H

nuclei in water and paramagnetic impurities, assumed to be at the ND sur-

face. This calculation is based on a translational Brownian diffusion model,

which assumes that the spins are on hard, noninteracting spheres (FFHS -

force-free hard sphere model) [22,223,253,254].

The dynamics of the ND surface and water molecule can be described by

the translational correlation time τt, defined as:

τt =
d2

DI +DS

, (6.4)

where d is the distance of closest approach and DI and DS are the diffusion
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Figure 6.9: X-band EPR Spectra of Nanodiamond Solutions. Elec-
tron paramagnetic resonance (EPR) spectra of nanodiamonds (NDs) in 100
mg mL−1 solutions of deionized water. High-pressure, high-temperature
(HPHT) 18 nm (blue), air oxidized HPHT 18 nm (orange), HPHT 125 nm
(yellow), air oxidized HPHT 125 nm (purple), natural (NAT) 125 nm (green),
air oxidized NAT 125 nm (light blue) and detonation (DET, red). Spectra
are offset for clarity.
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coefficients for the nuclear spin and electron spin, respectively.

Hydration models of ND in aqueous solution show that free diffusion of

water occurs at distances greater than 1 nm from the ND surface for particles

of sizes up to 200 nm and that within 1 nm of the surface, water diffusion

becomes much slower due to the formation of a nanophase of water [252].

Hence, we assume a distance of closest approach between free water molecules

and the ND surface of 1 nm and use the diffusion coefficient (DI) of water

at room temperature 2.3×10−9 m2 s−1 [271]. With dynamic light scattering

(DLS) we measured DS of our 125 nm NDs to be 3.4×10−12 m2 s−1, consistent

with other reported values [272]. These values give a translational diffusion

time of τt = 430 ps.

The coupling factor ρ can be expressed in terms of the reduced spectral

density function j, [223,253]:

ρ =
5j (ωS, τt)

7j (ωS, τt) + 7j (ωI, τt)
(6.5)

We use Equation 6.5 to calculate ρ as a function of ω0Sτt. We then plot

ρ as a function of magnetic field in Fig. 6.2(b), by calculating the electron

spin resonance frequency ω0S for ge = −2.002 and using τt = 430 ps.

This calculation assumes that the dipolar interaction is not limited by

the relaxation time of the electron, that is T1e, T2e � τt. A typical spin-spin

relaxation time for electrons in the surface shell of ND is T2 = 300 ns [273],

much greater than τt.

We have also considered the possibility of the Overhauser effect mediated

by rotational diffusion of the nanoparticle. The rotational diffusion coefficient

of a spherical particle in solution can be estimated as:

τr =
4πηr3

kBT
(4)

Where r is the particle radius, η is the dynamic viscosity of the solution, kB

is the Boltzmann constant and T the temperature. For an 18 nm particle

in water this gives τr = 2.3 µs for η = 1.002×10−3 kg m−1 s−1 at T = 293

K [274]. This timescale, scaling as the cube of radius, suggests that rotational
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diffusion will play a much smaller role than translation diffusion in mediating

the Overhauser effect in our nanoparticle solutions, however we cannot rule

out a contribution, especially for our smaller detonation NDs.

6.6.4 Impact of the nanophase on the Overhauser ef-

fect

For HPHT 125 nm ND at 100 mg mL−1 we can calculate a leakage factor of

f = 0.87 from the spin-lattice relaxation measurements in Fig. 6.4(b) and

Eq. 6.2. However, if we take ε = −4.0 from Fig. 6.3(a), s = 1, from Fig.

6.8(b), and ρ = 0.42 from Fig. 6.2(b), then we calculate f = 0.02 from Eq.

6.1. The difference between these two results is indicative of water molecule

exchange between the nanophase at the ND surface and free water outside

this layer. We expect that ρ, which we calculated for freely diffusing water

in Fig. 6.2(b), is suppressed in the quasistatic nanophase by slow diffusion of

water molecules. Meanwhile, 1H nuclei in the nanophase are rapidly relaxed

by proximate paramagnetic centers before exchange out of the nanophase,

giving the high leakage factor we observed and suppressing the coupling factor

observed in freely diffusing water.

Further, we have assumed that the saturation factor in ND solutions takes

a maximal value of 1. We note that in systems with multiple components in

the EPR spectrum, such as ND, the saturation factor can take values lower

than 1 even at high EPR saturation powers [65,275].

6.6.5 Probes and Imaging

All dynamic nuclear polarization (DNP) experiments were performed with

one of three double resonant probes. All probes are based on orthogo-

nal solenoid (NMR) and Alderman-Grant (EPR) resonators. Spectroscopic

probe A is optimized for a large electron drive field (B1e), with a high fill

factor Alderman Grant resonator at 190 MHz and external solenoid at 276

kHz and was used for all spectroscopic measurements at 6.5 mT. Spectro-

scopic probe B, used for field sweeps was optimized for high NMR sensitivity
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over a wide range of frequencies, with an Alderman Grant resonator at 140

MHz. An imaging probe with a 33 mm diameter sample region, shown in Fig.

6.10(a) was built for ND Overhauser-enhanced MRI (OMRI) at B0 = 6.5 mT

(fH = 276 kHz, fEPR = 190 MHz). A photograph of the phantom used for

imaging in Fig. 6.5 is shown in Fig. 6.10(b) All imaging was performed in our

6.5 mT open-access, human imaging scanner [256] with the OMRI balanced

steady-state free precession (bSSFP) sequence shown in Fig. 6.10(c) [248].
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Figure 6.10: Details of OMRI setup. (a) Double resonant Overhauser-
enhanced MRI (OMRI) imaging probe. The external solenoid was used for
nuclear magnetic resonance (NMR) acquisition at 276 kHz. An internal
Alderman-Grant resonator was used to saturate the electron paramagnetic
resonance (EPR) resonance at 190 MHz. (b) Phantom with vials of ND
solution and vials of water, used for imaging in Fig. 6.5. Scale bar is 20
mm in length. (c) Balanced steady-state free precession (bSSFP) OMRI
imaging sequence used for imaging. Relative timing of NMR pulses, EPR
pulses, readout gradient (GRO) and phase encode gradient (GPE) are shown.
Imaging parameters were: repetition time (TR) = 86 ms, echo time (TE ) =
43 ms, acquisition time (Tacq) = 28 ms, phase encode time (TPE) = 22.5 ms
and α = 70°.



Chapter 7

A Platform for in vivo

Overhauser-enhanced MRI

7.1 Abstract

Overhauser-enhanced Magnetic Resonance Imaging (OMRI) is an electron-

proton double resonance imaging technique of interest for its ability to non-

invasively measure the concentration and distribution of free radicals. In vivo

OMRI experiments are typically undertaken at ultra-low magnetic field, as

both RF power absorption and penetration issues—a consequence of the high

resonance frequencies of electron spins—are mitigated. However, working

at ultra-low magnetic fields causes a drastic reduction in MRI sensitivity.

Here, we report on the design, construction and performance of an OMRI

platform optimized for high NMR sensitivity and low RF power absorbance,

exploring challenges unique to probe design in the ultra-low magnetic field

regime. We use this platform to demonstrate dynamic imaging of TEMPOL

in a rat model. The work presented here demonstrates improved speed and

sensitivity of in vivo OMRI, extending the scope of OMRI to the study of

dynamic processes such as metabolism.1

1Material in this chapter related to the rat head probe is adapted from
D. E. J. Waddington et. al., An Overhauser-enhanced MRI platform for dynamic free
radical imaging in vivo, NMR Biomed., 31, e3896 (2018).
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7.2 Introduction

Free radicals play crucial roles in the maintenance of tissue health and in

the pathogenesis of diseases including diabetes [276], ischemia-reperfusion

injuries [277] and cancer [278]. Improvements to accurate diagnosis and ap-

propriate treatment of diseases in which free-radicals play a role require

the development of noninvasive methods for mapping the distribution of

free radicals in vivo. Electron paramagnetic resonance (EPR) is the gold

standard of direct free radical detection, enabling unambiguous identifica-

tion of the unpaired electrons inherent to radical species, but short elec-

tronic spin-spin lifetimes (T2e) limit resolution in EPR-based imaging ap-

proaches [279,280]. Overhauser-enhanced MRI (OMRI) overcomes the reso-

lution limits of EPR imaging by indirectly imaging free radicals with high-

resolution MRI [78, 79, 281]. In OMRI, the Overhauser effect is used to

transfer large spin polarizations from radical electrons to dipolar-coupled 1H

nuclei, with subsequent 1H MRI used to image the free radical distribution

via enhanced 1H spin polarizations.

While progress in OMRI has seen free radicals used as bioprobes of tissue

oxygenation, metabolism and viscosity [250,282–285], sensitivity limits have

prevented widespread use. The sensitivity of OMRI is limited in comparison

to clinical MRI, as the high gyromagnetic ratio of electrons (28 GHz/T)

means that OMRI is typically performed at ultra-low magnetic fields (ULF,

< 10 mT) to reduce the specific absorbance rate (SAR) to safe levels during

the application of RF EPR saturation pulses [157, 286]. Overcoming the

tradeoff between SAR and nuclear magnetic resonance (NMR) sensitivity has

thus been a focus of OMRI development [287]. OMRI probes based on single-

loop surface coil resonators minimize SAR by restricting the size of the EPR

coil but necessarily result in an inhomogeneous Overhauser enhancement

profile due to spatial variation in B1e [288, 289]. Volume resonators built

for EPR saturation can yield high B1e homogeneity, but compromises often

need to be made to minimize SAR and maintain the quality factor (Q-factor)

of the NMR detection coil [289–291]. With another approach, field-cycled

OMRI, the applied magnetic field is rapidly ramped to allow EPR saturation
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at ULF followed by high efficiency NMR acquisition at near-clinical field

strengths [157]. These field-cycled scanners improve OMRI sensitivity at the

cost of significantly more complex hardware, but are slowed by the need to

refresh the Overhauser-enhanced signal between acquisitions.

Recent advances in balanced steady-state free precession (bSSFP) MRI

sequences at ULF have increased the speed and sensitivity of OMRI [246,

248,256,292,293], raising the possibility of in vivo radical imaging with high

temporal resolution. A stable radical species of interest for dynamic track-

ing with OMRI is TEMPOL (4-hydroxy-TEMPO). TEMPOL is a neuropro-

tective antioxidant [294] whose permeability across the blood brain barrier

increases in cases of oxidative stress [295, 296]. As TEMPOL reduction has

previously been used to monitor redox status in animal models, dynamic

tracking of exogenously administered TEMPOL may prove a valuable tool

for monitoring neurological diseases in which oxidative stress plays a key role,

such as ischemia-reperfusion injury and Alzheimer’s disease [297].

Here we report on an OMRI platform designed for dynamic imaging of

TEMPOL in a rat model at ULF. Simulations and experimental results are

presented to evaluate the performance of a custom OMRI probe based on

a modified Alderman-Grant resonator and designed for high sensitivity, en-

hancement, homogeneity, and low SAR. Further, we leverage a highly efficient

3D bSSFP OMRI sequence to image TEMPOL in vitro at concentrations as

low as 10 µM. We conclude this work with an in vivo demonstration of our

platform, presenting brain images of TEMPOL in a rat model. This platform

will enable tracking of exogenously administered radicals to study the role of

oxidative stress in neurological diseases.

7.3 Materials and Methods

7.3.1 OMRI Scanner

Experiments were performed in a custom built, ULF MRI scanner consisting

of a biplanar 6.5 mT electromagnet with biplanar gradients (Fig. 7.1(a))

[172,256]. A Redstone NMR Spectrometer (Tecmag Inc., Houston TX, USA)
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was used for data acquisition, RF pulse generation and gradient control. A

100 W CW amplifier (BT00100- DeltaB-CW) was used for EPR irradiation

at 141 MHz and a 500 W pulsed power amplifier (BT00500-AlphaS) for NMR

pulses at 276 kHz (TOMCO Technologies - Stepney SA, Australia). Techron

7780 gradient amplifiers (Elkhart IN, USA) were used to drive orthogonal

gradients to a maximum strength of 1 mT/m.

The custom built OMRI probe shown in Fig. 7.1 was used for all imaging.

This probe consists of an internal solenoid used for transmit and receive of the
1H NMR signal and an external, modified Alderman-Grant (MAG) resonator

used for EPR saturation. The design of this probe is now described in detail.

7.3.2 NMR Design

In ULF MRI, noise from the intrinsic resistance of the NMR receive coil dom-

inates over sample noise [298]. Hence, for optimal sensitivity, the Q factor of

the NMR coil should be increased to the point that the resonator bandwidth

is slightly larger than the required imaging bandwidth [299]. The required

bandwidth in our probe is given by ∆fim = γHGmax∆d = 1.9 kHz, where

γH is the proton Larmor frequency (42.576 MHz/T), Gmax is the maximum

gradient strength (1 mT/m), and ∆d is the maximum desired field of view

(45 mm).

A 35-mm long solenoidal NMR coil was wound on a 3D-printed 45 mm

diameter polycarbonate former using 5/39/42 litz wire (New England Wire

Technologies, Lisbon NH, USA), as shown in Fig. 7.1(b). The specifications

of this Litz wire were chosen to minimize AC resistance at 276 kHz. An exter-

nal resonator board was used to parallel-tune and series-match the solenoid

to 276 kHz with non-magnetic ceramic chip capacitors (Voltronics, Cazen-

ovia NY, USA). Construction with 85 turns of litz wire in a double layer

gave an NMR resonator bandwidth of 2.5 kHz (Q = 109). Coil dimensions

were chosen to maximize the fill factor when imaging a rat’s head. The NMR

geometric fill factor, and resulting 1H receive sensitivity, was prioritized over

the EPR fill factor, as lower EPR fill factors can be overcome by using higher

EPR transmit power.
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Figure 7.1: Hardware for OMRI at ULF. (a) Ultra-low field 6.5 mT
MRI scanner with rat probe on the imaging table between electromagnet and
gradient coils. (b) NMR solenoid coil wound on a polycarbonate former.
The coil is tuned and matched to 276 kHz with an external resonator board
(not shown). (c) Modified Alderman-Grant EPR (141 MHz) resonator. (d)
NMR/EPR rat head probe assembly. High voltage variable capacitors on
EPR tuning board are used for fine-tuning and matching.
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Figure 7.2: Overhauser NMR spectroscopy of a 2 mM TEMPOL
solution. The MAG resonator was temporarily tuned to 131 MHz to acquire
this data. The B0 field was swept and a conventional NMR FID acquired at
data points shown (blue). At each of these points, 15 W of resonant power
was applied to the EPR resonator for 0.5 s and then an enhanced NMR FID
acquired. Enhancement shown is the ratio of the magnitudes of these two
FIDs. Red line is the fit of three Lorentzian profiles to the enhancement
data and is intended as a guide to the eye. Inset: Chemical structure of the
TEMPOL radical.

7.3.3 EPR Design

Effective OMRI probe design maximizes the B1e field that can be applied

while minimizing SAR that arises from inductive and dielectric heating ef-

fects during EPR saturation. Inductive power deposition occurs when the

alternating B1e field induces currents that dissipate energy in a conductive

sample, and is proportional to ωe
2B2

1e [56]. Dielectric power deposition re-

sults from a quasi frictional force, as electric dipole moments of molecules in

the sample align with the alternating electric field E in the EPR resonator,

and is proportional to ωeE
2ε′′(ωe), where ε′′(ωe) is the imaginary component

of the dielectric constant of the sample.

To reduce both heating effects, the EPR frequency ωe is minimized by
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driving the lowest frequency transition of the TEMPOL spectral triplet,

which is at 141 MHz in our ULF scanner (see Fig. 7.2 for Overhauser en-

hancement spectrum identifying the three resonant lines). We also used a

70 mm length, 57 mm diameter and 2.4 mm thick piece of Pyrex tubing

(Chemglass, Vineland NJ, USA) as the EPR former for its close fit around

the NMR coil (see Fig. 7.1(c)), as maximizing the EPR fill factor confines E

and B1e fields, and resultant heating, to the region of interest.

The Alderman-Grant resonator, originally designed to reduce heating of

conductive samples in proton decoupled NMR experiments at high magnetic

fields [170,300], is a popular choice for minimizing SAR. Compared to alter-

natives such as a saddle coil, capacitive segmentation of the AG resonator

reduces sample losses caused by the E field as voltage only accumulates over

half the inductance before reversal at the segmentation capacitor [169]. Fur-

ther, quadrupolar symmetry reduces the average value of the E field in the

sample.

Here, we construct a modified Alderman-Grant (MAG) resonator by af-

fixing two pieces of 0.07 mm thick adhesive copper tape (3M, Maplewood

MN, USA) to the Pyrex EPR former along with four 12 pF bridging capaci-

tors (Fig. 7.1(c)). The MAG resonator assembles around the NMR coil (Fig.

7.1(d)). The copper tape is shaped such that the MAG resonator has the ge-

ometry of an AG resonator with additional split guard rings and “windows”

in the copper foils that form the sides of the resonator (described in Sec-

tion 7.4.1). B1e is oriented in the vertical direction (i.e perpendicular to the

coronal plane for the rat), orthogonal to the axial B1H of the solenoid. High-

voltage variable capacitors (NMAJ40HV - Voltronics, Cazenovia NY, USA),

in a balanced series-match, parallel-tune configuration, are used to connect

the resonator to the EPR drive amplifier. A conventional AG resonator with

the same geometry and internal guard rings made from continuous loops of

copper tape was also constructed for comparison.

Finite element analysis simulations of EPR resonators were performed in

COMSOL Multiphysics (COMSOL Inc., Burlington MA, USA). Copper foils

were simulated as perfect electrical conducting surfaces (a 3D rendered model

is included in Fig. 7.3). Simulated resonators were tuned to 141 MHz with
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Figure 7.3: (a) The complete NMR/EPR assembly as simulated in COM-
SOL. (b) Magnitude of the simulated impedance between resonator halves.
Simulations were performed at 141 MHz for different values of the fixed ca-
pacitance C0.

fixed capacitors modeled as lumped elements. Field values were normalized

to 1 mT B1e field in the center of each resonator.

7.3.4 Overhauser-enhanced MRI

Imaging was performed with a 3D OMRI bSSFP sequence that has been

described previously [248]. The efficiency of this sequence is improved over

conventional OMRI sequences by using EPR saturation pulses coincident

with phase encoding, allowing steady-state signal acquisition during more

than one-third of the imaging time. Images were acquired with

TE/TR = 25.4/50.7 ms, TPE = 16.3 ms, readout time TRO = 17.1 ms, a

128 × 35 × 11 matrix (Readout (RO) × Phase Encode 1 (PE1) × Phase

Encode 2 (PE2)), and 1.1 × 1.6 × 8 mm3 voxel size. A transmit power of 8

mW was used for NMR pulses 240 µs in length and a tip angle α of 70°. A

sequence timing diagram is provided in Fig. 7.4. Phantom images were fully

sampled (sampling factor (SF) = 1). Image reconstruction was performed

via conventional Fourier reconstruction in Matlab (Mathworks, Natick MA,

USA). The magnitude colorscale in all images is normalized to the signal

without Overhauser enhancement.
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Figure 7.4: 3D OMRI bSSFP imaging sequence with EPR pulses
embedded in the phase encode. Acquisition parameters were TE/TR =
25.4/50.7 ms, TPE = 16.3 ms and FID acquisition time TRO = 17.1 ms. The
tip angle α was 70°. Data were acquired in a 128 × 35 × 11 matrix (Readout
(RO) × Phase Encode 1 (PE1) × Phase Encode 2 (PE2)).
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Probe homogeneity was measured with a 60 mL vial of 2 mM TEMPOL

solution. TEMPOL sensitivity was tested using vials of various TEMPOL

concentrations. Image signal-to-noise ratio (SNR) was measured as the av-

erage signal magnitude in a region of interest (ROI) divided by the standard

deviation of the signal in a signal-free region at the edge of the field of view.

The number of averages (NA), and resulting total acquisition time (AT), was

chosen independently for the various images acquired.

7.3.5 Animal Preparation

All experiments were performed in accordance with our Institutional Animal

Care and Use Committee guidelines.

Under anesthesia (2%-isoflurane), a 450g Sprague-Dawley male rat was

prepared for TEMPOL injection while rectal temperature was continuously

monitored. Buprenorphine 0.08 mg/kg was given subcutaneously 30 minutes

before surgery. After dissection of the common carotid artery and the carotid

bifurcation, ligation of pterygopalatine artery and external carotid artery, a

polyethylene catheter (PE10) filled with 0.9% saline and heparin 50 U/mL,

connected to a Genie Touch infusion pump (Kent Scientific, Torrington CT,

USA), was inserted via the external carotid and advanced into the right

carotid artery bifurcation.

After surgery, the animal was transferred to the flat animal bed of the

OMRI scanner. The NMR and EPR coils of the OMRI probe sit within a

recessed slot in the animal bed. A sliding polycarbonate bite bar with in-

tegrated anesthesia nose cone was incorporated into the probe assembly to

position the rodent in the isocenter of the scanner and to anesthetize it dur-

ing imaging. A sealed glass sphere containing 2 mM TEMPOL was located

on the contralateral side with respect to the catheter placement and used

as a fiducial. An optical fiber temperature sensor (Osensa FTX-301-PWR,

Burnaby BC, Canada) was used for continuous rectal temperature measure-

ment while the animal was in the scanner. Cardiac and respiratory rates,

as well as pO2 were continuously monitored with a Model 1025T Monitoring

and Gating System (Small Animal Instruments, Inc, Stony Brook, NY).
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7.3.6 In vivo Overhauser-enhanced MRI

In vivo imaging is performed with the 3D bSSFP sequence described above,

additionally accelerated by 50% random Gaussian undersampling in the phase

encode direction (SF = 0.5) as described in Ref. [248]. A reference image

was acquired using NA = 30, corresponding to AT = 4.5 minutes. Following

the reference scan, 1 mL of 150 mM TEMPOL was injected into the internal

carotid artery (ICA) over 2 minutes with the infusion pump. A dynamic

OMRI sequence, consisting of 16 independent 3D OMRI acquisitions spaced

at 15 s intervals, was started at the same time as the injection. Each OMRI

scan had NA = 1 (AT = 9 s) and 24 W of power for EPR saturation pulses.

Zero-filling was used for in vivo image processing to increase the acquired

voxel resolution of 1.1 × 1.6 × 8 mm3 to the interpolated resolution of 0.4

× 0.4 × 8 mm3.

The animal was euthanized at the completion of the experiment.

7.3.7 Specific absorbance rate

To measure the SAR of our OMRI system, the probe was loaded with a

25 mL solution of Phosphate Buffered Saline (PBS-10X) and the dynamic

OMRI sequence with 12 dynamics scans, NA = 1, SF = 0.5 and 18 W EPR

power was run. The temperature increase of the solution was measured via

optical fiber. The sample was wrapped in insulating closed cell foam to

prevent heat transfer to the local environment. PBS-10X was used for its

high conductivity, which results in easily measurable temperature changes

when subjected to RF power.

7.4 Results

7.4.1 EPR Resonator Design

The NMR coil has a bandwidth of 2.1 kHz which is broadened to 5.1 kHz

upon assembly of the NMR coil with a conventional AG resonator with guard

rings. This broadening corresponds to a 59% reduction in NMR Q-factor.
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Introducing small splits in the guard rings (see Fig. 7.5(a)) reduces mutual

inductance between the guard rings and the NMR coil, reducing the NMR

bandwidth in the assembly by 0.5 kHz. Further modifying the AG resonator,

by removing copper from the center of the resonator walls (see Fig. 7.5(b)),

minimizes losses occurring due to the proximity of wires in the NMR solenoid

and the conducting planes that form the walls of the AG resonator, reducing

the NMR bandwidth in the probe assembly to 2.9 kHz (Q = 94). Thus, these

modifications give the OMRI probe with MAG resonator a near factor of two

increase in NMR Q-factor when compared to the traditional AG resonator.

The Q-factor of the EPR resonator is 31 at 141 MHz.

To evaluate the changes in E-field and B-field that occur from resonator

modifications, we performed finite element analysis simulations of an AG

resonator and a MAG resonator, as shown in Fig. 7.5(c,d). We find that in

the center of an AG resonator, there is high B1e homogeneity and exclusion

of the E field, properties that have made the AG resonator popular for use

in high-field bioimaging. Reduction of B1e homogeneity in the new MAG

resonator is minimized by removing the conducting walls of the AG resonator,

which are the regions of lowest current density in the AG resonator [170]. We

see that in the B0 direction, the orthogonal B1e component falls to 50% of

its maximum value at 26 mm from the center of the AG resonator, and at

20 mm from the center of the MAG resonator. Our simulations indicate

that the split guard rings in the MAG resonator are effective at shielding

the large electric fields at the ends of the AG resonator. We note that the

guard rings were split at the four points furthest from the fixed capacitors,

where the E-field is expected to be at a minimum. Additionally, simulations

also show that the B1e homogeneity of the MAG resonator is improved by

increasing the angle subtended between rungs in the B1e direction. The MAG

resonator homogeneity is increased at a subtended angle of 60°, the optimal

angle for homogeneity in saddle coils [301], but with much less effective E-

field exclusion than seen in the resonator with the 90°subtended angle used

here (supporting simulations are provided in Fig. 7.6).
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Figure 7.5: EPR resonator design. (a) MAG resonator schematic. A
traditional AG resonator with guard rings is modified by splitting the guard
rings (shown in blue) and cutting windows in the sides of the slotted tube
(shown in grey). Directions of mutually orthogonal B0, B1H and B1e fields are
indicated. The fixed capacitor locations are marked in red (one is hidden from
view). (b) Shape and dimensions of copper foil pieces cut for EPR resonator.
The region shaded in grey was removed to build the MAG resonator. (c)
Field simulations (B1e - left, E - right) of AG resonator. (d) Field simulations
(B1e - left, E - right) of MAG resonator.
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Figure 7.6: Simulations of a MAG resonator with a 60° angle subtended
between rungs in the B1e direction. B1e (left) and E field profiles are shown.

7.4.2 Probe performance

Images acquired with no EPR power and NA = 32, of a uniform TEMPOL

phantom (see Fig. 7.7(a)), show that the NMR coil sensitivity is highly homo-

geneous across an axial slice, as would be expected from the axial symmetry

of the solenoid. OMRI, taken with an EPR power of 15 W and NA = 8, of

the same phantom (Fig. 7.7(b)) shows uniform inversion of MRI signal phase

due to negative enhancement of the 1H polarization via the Overhauser ef-

fect. There is spatial variation of Overhauser enhancement, with a reduction

of intensity towards the horizontal edges of the FOV. Simulations of the EPR

resonator that include a model of the NMR coil (Fig. 7.8(a)), indicate that

these hypointense areas of enhancement correspond to regions of lower B1e.

These simulations also show that inclusion of the NMR solenoid has little

effect on B1e field, but does result in increased penetration of the E-field

into the center of the imaging volume (Fig. 7.8(b)) when compared to the

simulations shown in Fig. 7.5. This increased E-field penetration is to be

expected, given the proximity of EPR and NMR coils, and close spacing of

solenoid turns.

To test for in vivo changes in E- and B1e-field profiles, simulations were

also performed for the EPR probe when loaded with a 30 mm diameter sphere

of the same conductivity and relative permittivity as brain grey matter [302].

These “in vivo” simulations showed E- and B1e-field distributions nearly

identical to those presented in Fig. 7.8 (supporting data included in Fig. 7.9).
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Figure 7.7: Overhauser enhancement in the complete NMR/EPR
probe assembly. (a) Axial slice of a 2 mM TEMPOL solution acquired
with conventional bSSFP MRI. Magnitude (left) and phase (right) images are
displayed. (b) Axial slice of a 2 mM TEMPOL solution acquired with bSSFP
OMRI. Magnitude (left) and phase (right) are displayed. (c) Simulations of
the B1e profile in coronal and axial cross sections of our MAG resonator
assembly. (d) Simulated E field profile of the MAG resonator assembly.
Scale bars (white) are 10 mm in length. In c,d the NMR coil was modeled
as a 40-turn helix with a perfect electrically conducting surface.
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Figure 7.8: Simulations of the complete NMR/EPR probe assembly.
(a) The B1e profile in coronal and axial cross sections of our MAG resonator
assembly. (b) E field profile of the MAG resonator assembly. Scale bars
(white) are 10 mm in length. The NMR coil was modeled as a 40-turn helix
with a perfect electrically conducting surface.

Figure 7.9: Simulations of a loaded MAG resonator. The dotted line
shows the boundary of a 30 mm diameter sphere with relative permittivity
and conductivity values of 100 and 0.8 S/m, respectively. B1e (left) and E
(right) field profiles are shown. Relative permittivity and conductivity values
were chosen to match values expected in a rat brain.
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To assess the sensitivity of our OMRI probe to TEMPOL concentration,

a reference image of vials containing high concentrations of TEMPOL (Fig.

7.10(a)) was acquired with EPR off and NA = 32 (AT = 9.5 min.), as shown

in Fig. 7.10(b). No significant contrast is apparent between different vials in

this reference image.

Afterwards, images were acquired with EPR pulses enabled (24 W) and

NA = 1 (AT = 18 s), as shown in Fig. 7.10(c). Slices from this OMRI dataset

show clear contrast between TEMPOL vials of different concentration, with

a maximum image enhancement of -17 observed in the 2 mM TEMPOL

solution. OMRI scans were also acquired from low concentration vials of

TEMPOL with NA = 64 (AT = 19 min.) as shown in Fig. 7.10(d). In our

system at 24 W EPR power, below TEMPOL concentrations of 0.1 mM, the

OMRI signal is no longer inverted by the Overhauser effect but instead is

reduced in magnitude compared to the MRI signal. In this low concentration

regime, TEMPOL detection can be performed by comparison of the OMRI

signal with the unenhanced MRI signal. Voxels of 50 µM, 20 µM, 10 µM and

5 µM TEMPOL have average signal magnitudes of 0.05, 0.65, 0.85 and 0.88,

respectively, compared to the unenhanced water value of 1. As the water

vial has an SNR of 21 (noise = 0.05), voxels corresponding to 10 µM and 5

µM concentrations are just on the detection threshold with an OMRI signal

change of 2-3 times the noise floor.

7.4.3 In vivo Overhauser-enhanced MRI

We begin our in vivo experiments by acquiring reference bSSFP MRI im-

ages of the rat head immediately following surgery (see Fig. 7.11(a)). The

2 minute, 1 mL injection of 150 mM TEMPOL is started and a 3D OMRI

scan acquired every 15 s for a total of 4 minutes. These OMRI scans show

negative 1H signal enhancement in the ipsilateral hemisphere of the brain,

as well as in the fiducial (see Fig. 7.11(b). Absolute signal enhancement

decreases for the remainder of the scans (see Fig. 7.11(c)) following the end

of the injection. The mean signal in regions of interest within ipsilateral and

contralateral hemispheres of the brain show that signal changes are predom-
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Figure 7.10: Sensitivity of TEMPOL imaging. (a) Photograph of phan-
tom containing 2 mL vials of TEMPOL. (b) Magnitude (left) and phase
(right) images of a high concentration TEMPOL phantom acquired with
conventional bSSFP MRI. Phantom schematic is the same as shown in c.
(c) OMRI of a high concentration TEMPOL phantom. Schematic shows
vial concentrations. (d) OMRI of a low concentration TEMPOL phantom.
Schematic shows vial concentrations. All signal magnitudes are normalized
to the unenhanced water value. All images were acquired at 6.5 mT. Scale
bars (white) are 10 mm in length.
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inantly confined to the ipsilateral cerebral hemisphere (see Fig. 7.11(c,d)).

Although, other regions including the eye, and contralateral anterior cerebral

artery territory, which is supplied by a single confluent vessel contributed by

the ipsilateral internal carotid, also appear to be labeled. Furthermore, the

signal magnitude in the ipsilateral hemisphere peaks at the end of the injec-

tion with the 1H enhancement halving in the 2 minutes after injection.

Rectal temperature remained at 37.8±0.2 °C throughout the experiment.

The respiration rate remained within 64± 6 breaths per minute (bpm) at all

times, averaging 60 bpm when the rat was at rest and increasing to a max-

imum of 70 bpm during TEMPOL injection. The cardiac rate was steady

at 310± 10 beats per minute (bpm) when the rat was at rest and decreased

to a minimum of 118 bpm during TEMPOL injection, likely due to Cushing

reflex, which is a physiological nervous system response to increased intracra-

nial pressure [303]. The cardiac rate recovered to 290 bpm by the end of the

dynamic imaging sequence. An OMRI sequence run without TEMPOL injec-

tion showed no significant change in the monitored physiological parameters.

7.4.4 Specific absorbance rate

Having demonstrated the in vivo use of our OMRI platform, we now quantify

SAR, which is critical to determining limits on RF power use in future OMRI

applications. The RF power absorbed during EPR pulses can be estimated

from:

Pabs = PEPR
∆Q

Qunloaded

, (7.1)

where PEPR is the power to the EPR resonator, Pabs is the absorbed

RF power, Qunloaded is the Q-factor of the unloaded EPR resonator and ∆Q

is the change in EPR resonator Q-factor on loading [56]. During in vivo

experiments, PEPR was 24 W and loading with the rat ∆Q = 0.9, giving

Pabs = 0.8 W.

To test the accuracy of this SAR estimate, we loaded the OMRI probe
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Figure 7.11: MRI and OMRI dynamics in a rat model. An anatomy
scan was acquired with MRI before injection of 1 mL of 150 mM TEMPOL
into the ICA over 2 minutes. The rat head was imaged with OMRI once every
15 s from the beginning of the injection. Each 9 second acquisition captured
a full 11 slice dataset. (a) The MRI anatomy scan. The five central slices
are shown. (b) OMRI bSSFP images acquired 150 s after the beginning of
the TEMPOL injection. The 5 central slices are shown. Arrows indicate
regions of the eye and contralateral anterior cerebral artery (C-ACA). (c)
Dynamic imaging of TEMPOL with OMRI during the injection. The OMRI
signal from the central slice is shown at the indicated time points during and
after injection. (d) The average real OMRI signal is plotted over time for
regions of interest in the ipsilateral hemisphere (orange) and contralateral
hemisphere (blue) of the central slice. Scale bars (bottom right of subfigures,
white) are 10 mm in length.
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with a 25 mL vial of PBS 10X. An OMRI sequence with 16 dynamic scans

and PEPR = 18 W heated the solution by 5.6 °C. This heating corresponds to

Pabs = 6.7 W, based on a calculation including the EPR duty cycle, specific

heat of the solution and assuming no heat loss from the solution. The PBS

solution gives a loaded EPR Q-factor of 23.4 corresponding to a Q of 7.1 and

an estimated Pabs of 4.1 W from Eq. 7.1. Considering that our measured

value of RF power absorption in the PBS solution is a factor of 1.6 larger

than our estimated value, we calculate a revised upper estimate for in vivo

RF power absorption during EPR pulses of 1.3 W.

7.5 Discussion - Rat brain imaging

The OMRI platform presented here has enabled dynamic in vivo imaging

of TEMPOL with 1.1 × 1.6 × 8 mm3 voxel size. Our imaging studies in

phantoms demonstrate that the phase inversion of the 1H MRI signal can be

used to detect free radical presence at TEMPOL concentrations above 100

µM. Considering the sensitivity of phantom imaging in Fig. 7.10(d) and,

assuming that SNR scales with the number of averages (NA) as
√

NA, we

calculate that signal reduction from 50 µM TEMPOL is more than double

the noise floor in our NA = 1 dynamic OMRI sequence. Hence, 50 µM is the

minimum TEMPOL concentration detectable in our dynamic in vivo images.

Comparing the in vivo enhancement 150 s after the beginning of the injection

(see Fig. 7.11(b)) to that observed in our concentration phantoms, we es-

timate the maximum TEMPOL concentration in the ipsilateral hemisphere

to be 300 µM. We note that this value will differ from the actual TEM-

POL concentration due to sample specific spin relaxation times. The long

lifetime of enhancement in the ipsilateral hemisphere post-injection suggests

that TEMPOL may have entered the brain parenchyma. We believe that

temporally resolved OMRI with our system will be useful for tracking redox

status via the rate of appearance and disappearance of TEMPOL, especially

in cases of oxidative stress where brain tissue may be permeable [296].

Increasing B1e, voxel size and acquisition time are straightforward ap-

proaches to improving the concentration sensitivity of our platform. How-
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ever, significantly increasing in vivo acquisition times would require the use of

radicals with longer term in vivo stability [185]. Alternatively, enhancement

would be increased with use of a narrower linewidth radical [250,304]. How-

ever, we note that as EPR saturation occurs during the phase encode step

in our bSSFP OMRI sequence, the magnitude of the phase encode gradient

is restricted by the radical linewidth. NMR sensitivity would be further im-

proved by reducing coil noise, either by implementing a cryocooled coil [305]

or active feedback [306].

Our custom OMRI probe has been designed for a high Q-factor in the

NMR resonator and low SAR from the EPR resonator. While the homogene-

ity of our volume EPR resonator is highly favorable for imaging, as inductive

heating scales as the fifth power of sample radius [166], the use of surface

EPR coils for B1e confinement will be necessary for samples much larger than

a rat’s head [288,307,308].

In addition to the low-SAR design considerations of our EPR resonator,

we have in this study restricted ourselves to 24 W of EPR power to further

minimize SAR concerns. An EPR power of 24 W in our resonator corre-

sponds to a peak SAR in the rat model of 2.9 W/kg when averaged over the

mass of the entire rat or 52 W/kg when averaged over the mass of the head

(approximately 25 g). The EPR duty cycle over the entire dynamic imaging

sequence is 40%, resulting in an even lower SAR value when averaged. OMRI

studies report incident EPR powers as high as 90 W and SAR values as high

as 300 W/kg averaged over the whole body [259, 309, 310]. Therefore, in

future in vivo studies there is significant scope to increase B1e in our OMRI

probe, via increased EPR power, without concern for animal safety.

7.6 Conclusion - Rat brain imaging

We have detailed the design of an optimized OMRI platform that significantly

mitigates the sensitivity challenges of ULF MRI and restricts RF power ab-

sorbance to levels that are safe for preclinical application. We have routinely

used this apparatus to make repeated measurements on more than 50 an-

imals. This platform for TEMPOL imaging in the rat brain will motivate
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further use of OMRI to study the role of radicals in ischemic stroke.

7.7 A Probe For Whole Body OMRI in a Rat

Model

In this chapter, the development of an OMRI probe for rat head imaging

has been described in detail. In this section, we describe the development

of another OMRI probe built to image TEMPOL throughout the rat body.

Whilst the ultimate experimental goal of our OMRI platform is to probe

the redox status of the rat brain, study of the spatial distribution of the

exogenous radicals used in our studies is of scientific interest. Whole body

imaging studies with OMRI have largely been confined to mice [311], as their

small size significantly reduces inductive heating effects, mitigating SAR.

OMRI in the abdomen of larger animals, such as rats, is typically performed

using surface coils [288]. Localization of B1e with surface coils is effective at

reducing SAR, OMRI scans taken with surface coils do not allow imaging of

free radicals on whole body length scales. The body probe we present here is

designed to mitigate SAR issues while producing a homogeneous B1e through

the rat body during OMRI scans, thus enabling noninvasive measurement of

TEMPOL distribution on whole body scales.

7.7.1 Body Probe Design

For whole body imaging, a combination of an Alderman-Grant based EPR

resonator and orthogonal solenoidal NMR coil that we found so effective for

imaging with the OMRI rat head probe is used. A photograph of the assem-

bled whole body probe is shown in Fig. 7.12(a). A 90 mm outer diameter,

200 mm long, Pyrex tube was used as a former for the EPR resonator. A

conventional AG resonator, 130 mm in length, was constructed on the for-

mer with copper tape.2 The angle subtended by the ‘windows’ in the EPR

resonator was chosen to be 90° for maximal B1e homogeneity over the large

2The whole body probe described here was constructed before we discovered the sen-
sitivity advantages of using the modified Alderman-Grant resonator described earlier.
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imaging volume. Segmentation capacitors (C0) with a fixed value of 8.2 pF

each were used with an external resonator board to resonate the EPR coil

at 140 MHz, with a Q of 86.3 The external resonator circuit consists of

three 1-20 pF variable capacitors in a balanced “series-match, parallel-tune”

configuration.

A 75 mm outer diameter length of Pyrex tubing was used as a former for

the internal NMR solenoid. The AG resonator and NMR former of the body

probe have an imaging volume suitable for OMRI that is 65 mm in diameter

and 110 mm in length. Given this imaging volume, the target bandwidth of

the NMR solenoid in the body probe is 4.7 kHz, per the calculation described

in Section 7.3.2. A 45 turn solenoid, 110 mm in length, was thus wound on

the NMR former with AWG 15 enameled-copper wire. When resonated to

276 kHz in the OMRI assembly (with capacitors in series-match, parallel-tune

configuration), this NMR solenoid had a bandwidth of 7.4 kHz (Q = 35). To

reduce SAR at the ends of the EPR resonator, guard rings made of copper

tape were added to AG coil [170]. This modification increased the NMR

bandwidth to 55 kHz (Q = 5), presumably due to mutual inductance between

the solenoid and continuous loops of the guard rings. Splitting the guard

rings, as was described in Section 7.3.3, reduced the NMR bandwidth to its

final value of 9.0 kHz (Q = 30). While this NMR bandwidth is increased from

the value without guard rings, the modification was deemed an acceptable

tradeoff for the reduction in SAR.4

7.7.2 Imaging Performance of the Body Probe

To evaluate the performance our OMRI body probe in realistic conditions, it

was loaded with a 60 mm diameter, 120 mm long, bottle of 2 mM TEMPOL.

3When selecting the segmentation capacitance (C0), care should be taken to ensure
that the probe does not resonate in the ‘end ring’ mode, which occurs at slightly higher
frequency than the desired mode (30 MHz higher for the geometry and capacitance pre-
sented here). The end ring mode is characterized by a B1e node in the center of the
resonator and hence, will quickly show up in phantom imaging tests due to no Overhauser
enhancement in the center of the probe.

4After the measurements described in this thesis, the NMR coil in this body probe was
rewound with a single layer of 5/39/42 Litz wire, which reduced the NMR bandwidth to
5.9 kHz.
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Figure 7.12: OMRI Body Probe. (a) Photograph of the assembled probe.
The external Alderman-Grant resonator for EPR and internal solenoid for
NMR are visible. EPR tuning is performed via the variable capacitors affixed
to the top of the probe. A nose cone is used to administer anesthesia for in
vivo studies. (b) Image enhancement in the center of a 2 mM TEMPOL
phantom when imaged with a 3D OMRI bSSFP sequence and various EPR
powers. Blue line is intended as a guide to the eye. (c) Conventional bSSFP
MRI of a bottle of 2 mM TEMPOL. (d) bSSFP OMRI of a bottle of 2
mM TEMPOL with 62 W of RF power applied during EPR pulses. The
bottle phantom used in c and d is 60 mm in diameter and 120 mm in length.
Image slice thickness is 6 mm. Acquisition time for each image dataset was
approximately 80 s.



175 A Platform for in vivo Overhauser-enhanced MRI

A modified version of the 3D OMRI bSSFP sequence described in Section

7.3.4 was used to image the bottle. Data in the modified sequence were ac-

quired with a 64 ×64 ×11 matrix and NA = 2 such that the total acquisition

time was approximately 40 seconds and voxel sizes were 2 mm × 2 mm × 6

mm.

A sagittal image dataset, taken with conventional bSSFP MRI and shown

in Fig. 7.12(b), reveals the shape of the bottle phantom but has a relatively

low SNR of 3.3. Acquiring the same image dataset with OMRI and 62 W

of EPR power (see Fig. 7.12(c)), boosts the image SNR to 56, correspond-

ing to an image enhancement of -17. The OMRI data shows enhancement

throughout the bottle and the improved images reveal features such as the

cap. Increased enhancement is seen in slices 2 and 10, likely because these

slices lie in the same plane as the segmentation capacitors in the AG res-

onator, where B1e is maximal (see Fig. 7.8(a) for a similar B1e field profile).

Reduced brightness is also seen at the bottom of slices 9 and 10, which is

likely a banding artifact, common in bSSFP MRI [312], occurring due to

lower magnetic field homogeneity at the edge of the FOV. OMRI scans taken

with varying EPR power showed that absolute image enhancement fell with

the use of lower EPR powers (see Fig. 7.12(d)).

7.7.3 Cretaceous OMRI

Having established the homogeneity of our body probe, in this section a

more complex phantom is used to demonstrate the strength of our platform

in revealing anatomical detail. For this purpose, a plastic triceratops toy was

sourced from Amazon.com with free 2-day delivery, see Fig. 7.13(a,b). As

one of the most widely recognized dinosaurs, triceratops are attractive for

increasing the appeal of science to a broad audience.

As is the case for its fossilized cousins, direct MRI of the plastic triceratops

is impractical due to the absence of liquid-state 1H nuclei. To overcome the

solid nature of plastic, the triceratops was placed in a sealed container filled

with a 2 mM TEMPOL solution rich in 1H nuclei. This container enables

triceratops imaging to occur via negative contrast OMRI (see Fig. 7.13(c)),
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Figure 7.13: Cretaceous OMRI. (a) Stock image of the plastic triceratops
figurine sourced from Amazon.com Inc. (b) Photograph of the triceratops
toy. (c) Coronal slice from a 64 × 64 × 99 (Readout × Phase Encode 1
× Phase Encode 2) negative contrast 3D OMRI bSSFP dataset. (d) 3D
surface rendering of the triceratops figurine generated in MATLAB from
negative contrast OMRI data. Rendering was constructed from the same 64
× 64 × 99 dataset used in c.
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in which the colorscale is inverted such that bright voxels (e.g. TEMPOL

solution) are dark and dark voxels (e.g. triceratops) are bright. Masking

and thresholding of the negative contrast images enable rendering of the 3D

triceratops model shown in Fig. 7.13(d). The images and rendering show the

characteristic horns, frill and quadrupedal form of the triceratops. Posterior

and anterior ends of the triceratops extend beyond the sensitive region of

the NMR solenoid, giving rise to artifacts at the far left and right of the

images. Magnetic field inhomogeneities caused by iron oxides in the figurine

paint likely give rise to the banding artifact indicated in Fig. 7.13(c). Other

‘zipper’ like artifacts appear at the extreme horizontal edges of the images

due to low SNR in these regions.

7.7.4 In vivo Whole Body OMRI

To demonstrate in vivo OMRI, a 310 g male Sprague-Dawley was anes-

thetised (2% isofluorane) and a tail vein catheter placed. The rat was con-

nected to the animal monitoring and injection systems described in Section

7.3.5 and then placed in the body probe alongside a fiducial containing 2 mM

TEMPOL.

The anatomy scan shown in Fig. 7.14(a) contains coronal slices through

the abdomen of the rat. In these anatomy images, regions of low proton

density, such as the bladder and stomach, are readily visible. However, con-

trast between other organs is limited to proton density as voxel brightness in

bSSFP MRI is weighted by the ratio T1/T2 [257] and T2 → T1 at ULF [258].

A 1.5 mL tail vein injection of 150 mM TEMPOL was started, and then

an OMRI acquisition with 31 W of EPR power begun. The 80 s OMRI ac-

quisition and 90 s injection finished at the same time. The OMRI magnitude

and phase data (Fig. 7.14(b) and Fig. 7.14(c), respectively) shows a nega-

tively enhanced signal in the location of kidneys, indicating that TEMPOL

clearance is occurring via the renal system. To increase the sensitivity of

the OMRI data, we create a difference image (see Fig. 7.14(d)) by subtract-

ing the real part of the OMRI data from the real part of the MRI anatomy

data. This difference image shows a wider region of signal enhancement in
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Figure 7.14: In vivo whole body OMRI. (a) bSSFP MRI magnitude images,
NA = 160, showing the anatomy of a rat. (b) bSSFP OMRI magnitude
images, NA = 4, of the rat following tail vein injection of TEMPOL. (c)
bSSFP OMRI phase images for the magnitude data shown in b. (d) Differ-
ence image showing the change in real valued signal between MRI and OMRI
scans. All images were acquired in a 128 ×35 ×11 matrix with SF = 0.5 and
FOV 130 mm ×70 mm ×70 mm for a voxel resolution of 1 mm ×2 mm ×6
mm. The two central slices of the eleven slice datasets, interpolated to 128
×128 resolution, are shown in this figure. 1 average takes approximately 20
seconds. Hence, total acquisition time of a given scan is given by NA × 20 s.
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the vicinity of the kidneys, suggesting that TEMPOL is also present in the

liver.

In addition to the in vivo results, we note that the OMRI image enhance-

ment of the 2 mM TEMPOL fiducial is -6 in Fig. 7.14(b). This enhancement

is only 50 % of what would be expected with 31 W of applied EPR power

when compared to body probe characterization data in Fig. 7.12(d). This

reduction in TEMPOL enhancement is likely due to the drop in B1e that oc-

curs when the EPR coil is loaded with the rat. Loading with the rat causes

the Q of the EPR coil to drop from 86 to 13. As the EPR coil loading effect

is so large, we can also assume that nearly all of the applied EPR power

is absorbed by the rat. By further assuming that EPR power is absorbed

uniformly across the rat body, we calculate a peak SAR of 100 W/kg and an

average SAR of 67 W/kg when allowing for the EPR duty cycle.5

Before the TEMPOL injection, the rat had a respiratory rate of 45 breaths

per minute, a pulse rate of 339 beats per minute and a temperature of 38.1

°C. After the scan, the rat’s temperature had increased to 39.2 °C, indicating

that SAR in this body probe is much higher than in the rat head probe

described previously. After the injection, the pulse rate decreased to 70

beats per minute and continued to decline afterwards, with the rat dying a

few minutes later. We note that this TEMPOL injection was the third that

the rat had received in the space of an hour, as part of separate OMRI scans.

Physiological parameters recovered to normal values shortly after the first

two scans of the rat.

7.7.5 Conclusion - Whole body imaging

The rat body probe we have presented in this section complements the rat

head coil shown in earlier sections of this chapter. Combined, these two

5Consideration was also given to using pulsed DNP to reduce average SAR, as has
been proposed in References [313–315]. We were, however, unable to reduce SAR via
this technique, and would draw the reader’s attention to subsequent work published in
Ref. [316] that states for excitation of a single-line of a radical: “cw -pumping always
gives a higher [Overhauser] enhancement”. We suggest that the reason for discrepancies
between Ref. [316] and Ref. [315] is that assumptions made in calculating saturation of
the EPR linewidth in Ref. [315] were not realistic.
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probes will act as a platform for studying the whole body pharmokinetics

of TEMPOL without invasive dissection and histology. Such a platform will

prove useful for our studies of ischemic stroke in a rat model and could also

enable the in vivo imaging of alternative, longer-lived, Overhauser contrast

agents such as nanodiamond.



Chapter 8

Conclusion

Biocompatible nanodiamonds are of much interest in biomedicine, having

surfaces that are readily functionalized for targeted delivery of therapeu-

tics and fluorescent centers that enable tracking in subcellular environments.

The work presented in this thesis outlines the creation of two new modal-

ities for imaging nanodiamonds with hyperpolarized MRI. The creation of

these new modalities, based on dissolution DNP (d-DNP) and Overhauser-

enhanced MRI (OMRI) extends the capabilities of nanodiamond as a ther-

anostic probe, promising to enable nanodiamond as a vector for targeted

drug delivery that can be tracked optically over subcellular lengthscales and

noninvasively imaged on whole body scales with MRI. Such biomedical appli-

cations of nanodiamond will be determined by the minimum concentrations

detectable with MRI, which is currently of order 1 mg mL−1 with both our

imaging techniques in phantom experiments. Whilst this concentration is

relatively high in a medical context, we note that it is also at the threshold

of intratumoural concentrations that have been observed in vivo with tar-

geted nanoparticles [317] and as such, we believe that, with expected future

increases to imaging sensitivity, hyperpolarized MRI with nanodiamond will

find applications in theranostics.

To increase the sensitivity of nanodiamond imaging with d-DNP, a new

DNP probe is currently being constructed in our laboratory. This new DNP

probe minimizes polarization losses by keeping the hyperpolarized nanodi-
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amonds at magnetic fields of above 300 mT at all times during transfer

between the polarizer and MRI scanner, and is likely to improve imaging

sensitivity by more than an order of magnitude. We also believe that the

long echo tails we observed in Chapter 4 could be leveraged for another order

of magnitude improvement in sensitivity if new single-shot acquisition proto-

cols based on the quadratic echo sequence are created [193]. Currently, there

is also significant commercial interest in d-DNP due to its ability to detect

tumours via 13C metabolic imaging. This commercial interest saw the release

of the SPINLab MRI Hyperpolarizer by GE in 2014 and has coincided with

a dramatic expansion of research being conducted into d-DNP. The improve-

ments in hardware and sequences that come from this research expansion are

fully applicable to our nanodiamond imaging technique, and are expected to

further improve the prospects for nanodiamond imaging with d-DNP.

The use of d-DNP for tracking of targeted nanodiamonds will also ben-

efit from advances in materials science, such that the size of nanodiamonds

suitable for hyperpolarized 13C imaging can be reduced. In our work, we

have found that the smaller nanodiamonds, most useful for in vivo targeting

due to their long circulation times, have significantly reduced T1 relaxation

times, presumably due to higher concentrations of surface defects. Recent

work on DNP of silicon nanoparticles suggests that the synthesis of small

nanodiamonds, with defect concentrations optimized for long T1 relaxation

times, and large DNP enhancements, is possible [93,94]. Any development of

materials should also consider the shape of nanodiamonds produced, as grow-

ing evidence suggests that spherical nanoparticles are significantly less toxic

than those with jagged edges [318–320]. Alternative nanoparticles, beyond

diamond and silicon, may also be useful for hyperpolarized MRI. One such

nanoparticle candidate, also popular for fluorescence imaging, is nanoruby,

with its 100% abundant 27Al nuclei (see Appendix C for further discussion).

The results of hyperpolarization at nanoparticle surfaces we presented

in Chapters 5 and 6 were completely unexpected at the beginning of this

PhD work but, with the benefit of hindsight, perhaps this should not have

been so. Reflecting on my own studies, and others, it seems to be a general

result that a student working on spin physics in the core of nanoparticles
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will find interesting phenomena at the nanoparticle surface [163, 321]. The

reason for this is simple — as nanoparticles become smaller, their surface

area to volume ratio increases dramatically and meanwhile, they often also

lose the properties of bulk solids. This leads to experiments that are much

more sensitive to surface phenomena than effects in the core. Looking for

new physics in the core of a nanoparticle is an uphill battle, looking for new

physics at a surface is the low hanging fruit.

Discovering these new hyperpolarized surface phenomena allowed us to

establish OMRI as a new technique for nanoparticle imaging. A significant

appeal of the OMRI technique lies in its simplicity, requiring inexpensive

hardware, modest magnetic fields and no cryogens. Further, unlike d-DNP,

we have already demonstrated the efficacy of the OMRI technique for imaging

nanodiamonds 18 nm in diameter, which is an ideal size for avoiding detection

and clearance by the immune system. As our development of the platform in

Chapter 7 suggests, we are looking to perform an in vivo demonstration of

OMRI with nanodiamond in the near future. The sensitivity of nanodiamond

imaging in these in vivo experiments will be improved over that seen in

Chapter 6 due to our continuing efforts to improve the sensitivity of ultra-low

field MRI (see Appendix D for details), with an upcoming scanner upgrade to

reduce the gradient noise floor. We are also planning to introduce low noise

cryocoils for an improved signal to noise ratio, in addition to undertaking

nanodiamond surface modifications to increase the size of the Overhauser

enhancement.

Over the timespan of this PhD work, hyperpolarized MRI with 13C com-

pounds has progressed from a preclinical research tool to a modality for

cancer imaging in humans. Given continuing interest in nanoparticle track-

ing, we expect that similar progress will be made in hyperpolarized MRI

of nanodiamonds, as improvements to materials, hardware and sequences

that we have outlined here enable sensitivity to be increased by orders of

magnitude. With such improvements, one day hyperpolarized MRI may be

routinely used to see diamonds on the inside.



Appendix A

Home-built apparatus for

X-band Hyperpolarization

The availability of DNP at magnetic fields above 1 T is limited by the expense

of superconducting magnets, the cost of high-frequency microwave sources

and the complexity of performing experiments at cryogenic temperatures.

Lowering the magnetic field to below 1 T dramatically reduces the price of

the hardware required to perform DNP. Whilst the drop in magnetic field

brings a corresponding drop in NMR sensitivity, this can be compensated

by the DNP signal enhancement. Further, at low magnetic fields, DNP is

typically more efficient [63] and larger resonant magnetic fields can be used

due to reduced electromagnetic absorption, potentially offsetting sensitivity

reductions altogether. In this section we describe the design and construction

of an inexpensive, homebuilt horn-reflector cavity built for DNP at room

temperature and X-band microwave frequencies.

A.1 DNP Probe Design

In designing our X-band DNP probe we sought to maximize both the NMR

sensitivity and the efficiency of coupling microwave power into the sample

being hyperpolarized. We began our design process by considering various

microwave cavity options, finding that whilst commercial EPR cavities and
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Figure A.1: X-band Horn-Reflector Cavity. (a) Simulations of B1e field
profile in our horn-reflector cavity with a 12 GHz excitation frequency. The
NMR pickup coil profile is modeled as a conductive helix. The cavity was
tuned to the mode shown by adjusting the reflector position. (b) Photograph
of the horn-reflector cavity. Simulations were performed using Ansys HFSS.

dielectric resonators can generate very high B1e fields, they are also noto-

riously difficult to tune as sample size increases [322]. Hence, we opted to

design our DNP probe as a horn-reflector cavity, which allows DNP to be

performed over a wide frequency range and for a variety of sample load-

ings [323–325]. In such a horn-reflector cavity, the horn antenna, a piece of

flared metal waveguide that matches the impedance of the waveguide to that

of free space, directs the microwaves into a beam that is reflected back at the

sample by a microwave reflector. We designed our horn-reflector probe with

an adjustable reflector position to allow movement of the cavity antinode to

the sample position, as shown in the simulations in Fig. A.1a. The use of an

NMR solenoid 5 mm in diameter, wound with gaps between turns equivalent

to the wire width, allows the saturating microwave field (B1e) to penetrate

into the sample space. A photograph of the constructed horn-reflector cavity

is shown in Fig. A.1b.
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For experiments, the horn-reflector cavity was designed to insert be-

tween the poles of a watercooled electromagnet (B0 = 150-500 mT, Model

EM4-HVA, Lakeshore). Microwaves were generated with a USB controlled,

8-16 GHz source (Model LMS-163 Lab Brick, Vaunix) and fed through a

high power (45 dB gain, 10 W maximum output), X-band microwave am-

plifier (Model QPJ-06184045, Quinstar Technology). To perform NMR, a

Spincore NMR System (ispin-NMR-mini) was used in combination with a

TOMCO Power Amplifier (BTM00250-AlphaS) and a homebuilt transmit-

receive switch.

A.2 Probe Performance

The readily available, stable free radical TEMPO is commonly used in aque-

ous solutions to test the efficiency of DNP platforms. In Fig. A.2, we present

DNP data acquired in our horn-reflector probe of a 15 mM TEMPO sample

in a conventional 5 mm NMR tube. In Fig. A.2a we see that at 40 dBm

of applied microwave power, absolute 1H NMR enhancements of almost 10

times can be achieved in the TEMPO sample. Simulations of our cavity

showed an expected B1e field of 50 µT at the sample with the maximum 10

W power from our amplifier. We expect this B1e field to change with sample

loading. We also note that our DNP platform was also tested with a com-

mercial Bruker TM110 Electron Nuclear Double Resonance (ENDOR) cavity

in the place of the horn-reflector probe. This commercial cavity displayed 1H

enhancements of up to 30 times but the sample volume had to be restricted

to ∼5% of the volume in our horn-reflector probe for matching, reducing

NMR sensitivity by 20 times.

Turning to the NMR signals shown in Fig. A.2b, we see that our 1H

linewidth is ∼10 kHz due to inhomogeneity of the B0 provided by the elec-

tromagnet. This linewidth corresponds to a fractional inhomogeneity in the

magnet of 500 ppm (parts per million), orders of magnitude larger than

the sub-ppm inhomogeneities observed in superconducting NMR magnets.

Whilst such a broad linewidth reduces NMR sensitivity, this is offset by the

high fill factor of the solenoidal NMR coil used. Next, we turn to demon-
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Figure A.2: Enhancement of TEMPO solution in the horn-reflector
cavity. (a) Enhancement of the 1H signal for various powers applied to the
horn-reflector cavity. Enhancement was calculated by dividing the absolute
signal magnitude of an FID acquired after 1 s of DNP at 12.79 GHz by
the thermally polarized signal. Solid line is a guide to the eye. DNP was
restricted to 1 s as the sample began to boil after this time when microwaves
were applied at maximum power. (b) The 1H NMR signal from a 15 mM
aqueous solution of TEMPO was measured with a π/2 pulse at 450 mT. The
1H signal from thermal polarization is shown in red. The absolute value of
the hyperpolarized 1H signal acquired after 1.5 W of power was applied at
12.79 GHz to the horn-reflector cavity for 1 s is shown in blue. (c) 1H NMR
signal of a 15 mM TEMPO solution after 1 s of microwave saturation versus
DNP frequency. Signals are normalised to a thermally polarized NMR signal.
Fit is the sum of three Lorentzian curves separated in frequency by 50 MHz
steps.
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strate the wide bandwidth of the horn-reflector cavity, showing that all three

hyperfine line of the TEMPO radical are readily visible in a microwave fre-

quency sweep across 250 MHz, as shown in Fig. A.2c. We note that as

Overhauser enhancement with TEMPO occurs via dipolar coupling, the 1H

signal is enhanced with negative polarization.

A.3 Conclusion

We have developed an inexpensive horn-reflector probe for hyperpolarizing

samples at room temperature. This probe was used successfully to acquire

all the DNP data shown in Chapter 5. Whilst improvements must be made

to the homogeneity of the external magnetic field for this probe to reach its

full potential, its robustness to sample loading and wide bandwidth will make

it useful for investigation of DNP phenomena into the future.
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1H MRI of of Nanodiamond

Solutions at 7 T

Many approaches to nanodiamond (ND) imaging are based on spin-echo
1H MRI techniques. In these techniques, as was discussed in Section 2.6.1,

conventional T1 or T2 contrast agents are grafted to the ND surface [118,

120], enabling tracking of the nanodiamond in biological environments via

its impact on the spin relaxation times of surrounding 1H nuclei. Whilst

these grafting techniques are effective for nanodiamond imaging, the toxicity

of conventional MRI contrast agents such a gadolinium is of concern for

future applications in the clinic. In this section we show that, for suitably

small nanodiamonds in aqueous solution, the bare ND surface reduces 1H

relaxation times sufficiently to enable imaging of nanodiamond via spin-echo

techniques at 7 T without the introduction of additional contrast agents.

Contrast in spin-echo 1H MRI arises from the differences in proton density

and spin-relaxation times between tissues. Assuming other parameters are

held constant, tissues with long T2 will give a relatively large signal in spin-

echo MRI, as there is little signal decay during the echo time TE (see Fig

B.1). Meanwhile, for sufficiently short repetition time TR, tissues with long

T1 will give a relatively small signal, as the 1H nuclei do not have enough time

to fully polarize between acquisition of sequential lines of k-space. Proper

adjustment of the spin-echo sequence parameters TE/TR thus allows us to
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Figure B.1: Timing Parameters in Spin-Echo Imaging. During a spin
echo MRI acquisition, N lines of k-space must be acquired to reconstruct an
N ×N resolution image, each with a different magnitude of phase-encoding
gradient. The echo time TE represents the time between the initial π/2 NMR
pulse and the peak in the refocused signal for each spin-echo acquisition.
The repetition time TR is the delay between subsequent k-space acquisitions
and represents the time period over which spin-lattice relaxation mediated
recovery of polarization can occur.

take 1H MRI scans where the signal is T1-weighted (long T1 - dark) or T2-

weighted (long T2 - bright) [56].

We find that adding untreated high-pressure, high-temperature (HPHT)

NDs to deionized water reduces the spin-lattice relaxation times of 1H nuclei

at 7 T, as shown in Fig. B.2. Presumably, 1H nuclei in solution are rapidly

relaxed when they come in close proximity to electronic defects on the ND

surface, as we found to be the case at 6.5 mT in Section 6.3.1. This would

also explain why the T1 shortening effect is more pronounced for the smaller

NDs that have a higher surface area to volume ratio and resulting higher

effective concentration of surface defects in solution.

Having established that nanodiamond has an effect on the proton T1 of

aqueous solutions, we turn to image the phantom shown in Fig. B.3a in

our 7 T microimager. A T1-weighted image of the phantom is shown in Fig.

B.3b. As expected, the highest concentration 18 nm ND sample, which has

the shortest T1 relaxation time, appears brightest, with a signal intensity

approximately 10 times that seen in the deionized water. A T2-weighted

image of the same phantom is shown in Fig. B.3c. Interpreting the signal

intensities in this T2-image is complex, as the TR time of 2 s is insufficiently
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Figure B.2: 1H spin-lattice relaxation of aqueous nanodiamond solu-
tions. The T1 of 1H nuclei in aqueous nanodiamond solutions was measured
as a function of concentration at 7 T via inversion recovery techniques. Data
is shown for solutions of HPHT 18 nm (green), HPHT 125 nm (yellow) and
HPHT 2000 nm (black) nanodiamonds in deionized water. Solid lines are fits
to the relaxivity equation (see Eqn. 6.3), with relaxivity values for individual
curves being 0.12 mg−1mL−1s−1 (18 nm), 0.023 mg−1mL−1s−1 (125 nm) and
0.0021 mg−1mL−1s−1 (2000 nm). All data in this figure is reproduced from
Ref. [321].
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Figure B.3: Spin-echo imaging of nanodiamond solutions at 7 T. (a)
Phantom Schematic showing the location of 2 mL vials of deionized water
(blue), HPHT 18 nm NDs (green) and HPHT 125 nm NDs (pink). (b) T1
weighted image acquired with TE/TR = 20/100 ms, 100 averages, a resolution
of 256 × 256 and a slice thickness of 1 mm. (c) T2 weighted image acquired
with TE/TR = 250/2000 ms, 1 average, a resolution of 128 × 128 and a slice
thickness of 1 mm. The field of view in both images is 40 mm × 40 mm.
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Figure B.4: Spin-echo imaging of a nanodiamond-gelatine phantom.
(a) Photograph of nanodiamond-gelatine phantom. (b) T1 weighted image
acquired with TE/TR = 13/70 ms, 20 averages, a resolution of 64 × 64 and
a slice thickness of 0.5 mm. (c) T2 weighted image acquired with TE/TR =
120/2000 ms, 1 average, a resolution of 128 × 128 and a slice thickness of
0.5 mm. The field of view in both images is 45 mm × 45 mm.

long to allow all 1H nuclei to fully polarize between acquisitions (T1 in the

deionized water sample is ∼3 s). As such, the highest concentration ND

samples, with short T2, appear darker than the water sample but the low

concentration 125 nm ND solutions appear brighter than the water sample

due to their shorter T1.

Now that we have shown how spin-echo MRI can be used to create 1H

contrast between ND solutions, we turn to demonstrate the technique in

more realistic gelatin-based phantoms. Gelatin is commonly used to simu-

late soft tissue in MRI phantoms due to its low cost, widespread availability

and ease of use. The gelatin phantom shown in Fig. B.4a was made by

mixing McKenzie’s gelatin powder into hot water at 75 mg/mL. HPHT 18

nm NDs were then mixed into a portion of the gelatin mixture at 50 mg/mL.

The ‘tadpole’ shaped drops of black ND-gelatin-water mixture were dripped

into the gelatin-water mixture as it cooled. Subsequent T1-weighted and

T2-weighted imaging of the phantom, as shown in Figs. B.4b and B.4c re-

spectively, demonstrates clear 1H MRI contrast due to the presence of ND.

Next, we repeat this experiment in a setting more relevant to preclinical en-

vironments, imaging ND in a rat brain phantom, a 3D rendering of which

is shown in Fig. B.5a. This phantom was created by filling a 3D-printed,
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Figure B.5: Imaging of nanodiamond inside a rat brain phantom.
(a) 3D rendering of the rat brain phantom, as reconstructed from a high-
resolution 3D gradient-echo sequence. (b) T1 weighted image acquired with
TE/TR = 13/100 ms, 40 averages, a resolution of 256 × 256 and a slice
thickness of 1 mm. (c) T2 weighted image acquired with TE/TR = 100/1000
ms, 1 average, a resolution of 128 × 128 and a slice thickness of 1 mm. The
field of view in both images is 40 mm × 25 mm. The 3D-printed rat brain
phantom was supplied courtesy of Will Ryder.

plastic rat brain cast with ND and gelatin mixture as already described.1

Again, ND was detected with clear contrast in T1-weighted and T2-weighted

images shown in Figs. B.5b and B.5c respectively.

The results presented in this section demonstrate that ND can be im-

aged with conventional 1H MRI techniques. Whilst the relaxivity of ND

is relatively low compared to that observed for heavy metal ions such as

gadolinium [117], it is likely that the relaxivity at 7 T would be increased by

air-oxidation of the NDs, as we observed at 6.5 mT in Section 6.3.1. Such

NDs with surfaces treated for high-relaxivity could prove useful for 1H MRI

co-registration of NDs in hyperpolarized 13C imaging studies.

1Rat brain cast was designed and 3D printed by Will Ryder.



Appendix C

Spin-Relaxation Properties of

Ruby Microparticles

Beyond diamond and silicon, another potential nanoparticle candidate for

hyperpolarized MRI is ruby (Al2O3:Cr3+). Ruby’s suitability for hyperpo-

larized MRI stems from its 100% abundant, spin-5/2 27Al nuclei that can be

hyperpolarized via cryogenic DNP with substitutional Cr3+ ions [326, 327].

In this section, we present data from our initial NMR investigations into ruby

for hyperpolarized MRI applications.

We begin our NMR investigation of ruby by measuring the T1 of 27Al in

45 µm ruby particles with an inversion recovery experiment (see data in Fig.

C.1a). To fit the inversion recovery data, we use a two component double

exponential fit given by:

Signal = 1− ae−
t

T1,short − be−
t

T1,long (C.1)

Where T1,short and T1,long are the spin-lattice relaxation times of short and

long fit components respectively and the parameters a/b reflect the rela-

tive magnitudes of the components. From this fit, we find that the ruby

microparticles have a long T1 component of 627 ms, which is similar to T1

values reported elsewhere for bulk ruby [328].

Next, we turn to investigate the spin-spin relaxation times of our ruby

microparticles in a Hahn-echo experiment (see data in Fig. C.1b). To fit the
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Figure C.1: Spin relaxation in Ruby particles. (a) Inversion recovery
was used to measure T1. Data points (black) are fit by Eq. C.1 (red line).
Fit parameters are a = 1.60± 0.15, T1,short = 41± 5 ms, b = 0.45± 0.04 and
T1,long = 627± 57 ms. (b) Hahn-echo was used to measure T2. Data points
(black) are fit by Eq. C.2 (red line). Fit parameters are c = 0.81 ± 0.04,
T2,short = 220± 24 µs, d = 0.51± 0.05 and T2,long = 1377± 117 µs. Synthetic
45 µm ruby particles (Cr2O3 content: 0.1%) were sourced in powder form
from Goodfellow for these experiments. NMR experiments were conducted in
a wide bore 2.88 T magnet, where the central 27Al resonance was at 32.0419
MHz, with NMR pulses 10 µs in length at 293 K.
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Hahn-echo data data, we use a two component double exponential fit given

by:

Signal = ce
− t

T2,short + de
− t

T2,long (C.2)

Where T2,short and T2,long are the spin-spin relaxation times of short and long

fit components respectively and the parameters c/d reflect the relative mag-

nitudes of the components. From this fit, we find that the ruby microparticles

have a long T2 component of 1.4 ms, which is similar to the 13C T2 of the

NDs we imaged with hyperpolarized 13C MRI in Chapter 4.

The T1 and T2 value presented in this section have been measured only for

the 27Al: −1
2
↔ 1

2
transition, as only the central component of the extremely

broad ruby NMR line was accessible in the liquids probe used for the exper-

iment [329]. We further note, that given the spin-5/2 characteristic of 27Al

and the powder nature of ruby nanoparticles, it is unlikely that the NMR sen-

sitivity would be high enough to measure signals resulting from transitions

between other states with thermal polarization alone at room temperature.

Whilst the T1 of 27Al in ruby appears too short for imaging with disso-

lution DNP techniques, the ability to shorten T1 by increasing Cr3+ content

raises the prospect of imaging nanoruby with similar techniques to that used

for MRI of short-T1
19F compounds (described in Section 2.1.1). Further,

we have recently gained access to a wideline NMR probe and a microwave

source with sufficient bandwidth to saturate the EPR transitions of Cr3+

(g ∼1.98) [330]. We look forward to exploring the possibilities for nanoruby

in the field of hyperpolarized MRI.



Appendix D

Coil Development for Low-Cost

High-Performance MRI

MRI is unparalleled in its ability to visualize soft tissue with high-resolution

and high-contrast in a clinical setting. However, access to MRI is limited

by its high costs. Contemporary MRI scanners cost in excess of one mil-

lion dollars per tesla of magnetic field strength and require regular supply

of expensive liquid helium to maintain the superconducting magnet. Fur-

ther, applications of MRI are limited by siting requirements, with reinforced,

shielded rooms required to hold scanners weighing many tonnes.

One approach to increasing the availability of MRI is to use ultra low field

(ULF, < 10 mT) magnets [331]. Such ULF magnets can be constructed at a

fraction of the price and weight of superconducting magnets [172]. However,

performing MRI at ULF means accepting a drastic reduction in signal-to-

noise ratio (SNR) due to smaller 1H polarizations and a reduction in the

electromotive force induced in detection coils at low frequency. In MRI, as

with any imaging technique, there is a minimum quantity of material that

is required to generate a signal larger than sources of background noise.

Maximizing SNR is thus important to increasing resolution and ultimately,

enabling clinically useful information to be acquired in an ULF MRI scan

[332].

In this section, we outline our design of a high sensitivity coil for human
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head imaging at ULF. We then explain why high efficiency sequences such

as balanced steady-state free precession (bSSFP) are well suited to ULF and

how they can compensate for reduced SNR. We conclude this section with

results from human head imaging experiments at ULF.1

D.1 Coil Design

Here, we describe how we maximize the SNR of our human head coil. We

define the instantaneous signal in an MRI scan as the voltage induced across

the end of a pickup coil by precessing nuclear spins. Meanwhile, the noise

voltage, measured across the ends of the pickup coil, arises from three fun-

damental sources: coil noise, body noise and receiver noise [55].

We begin our description of human head coil design by reducing the

problem to optimization of two parameters: η the fill factor and the Q-factor.

D.1.1 Noise in ULF MRI

In conventional MRI scanners, which operate at fields above 1 T, the largest

contribution to noise is typically body noise [333]. Body noise results from in-

ductive coupling to the detection coil of tiny currents generated by brownian

motion of electrolytes in the body [170]. However, as inductive body noise

scales as ω2
0 [56], at ULF we move to a unique regime where the dominant

source of noise is from the detection coil itself.

Noise in the pickup coil is Johnson noise, arising from thermal agitation

of charge carriers and giving a noise voltage:

VN =
√

4kBTrδf (D.1)

where kB is the Boltzmann constant, T is the temperature, r is the resistance

of the pickup coil and δf is the frequency bandwidth over which the noise is

measured.

1This section contains material adapted from M. Sarracanie, C. D. LaPierre, N.
Salameh, D. E. J. Waddington, T. Witzel and M. S. Rosen, Low-Cost High-Performance
MRI. Sci. Rep., 5, 15177 (2015).
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To minimize coil resistance r, and hence VN , at our design frequency of

276 kHz we construct coils with 40/38 Litz wire, which is 1 mm thick wire

made of 40 individual 100 µm insulated wire strands. At 276 kHz, copper

wire carries electric current down to a skin depth of 124 µm. Hence, at 276

kHz, 40/38 Litz wire has minimal resistance as electric current is carried

through the entire width of the conductor’s individual strands.

D.1.2 Signal and SNR

The voltage δVS induced across the ends of a detection coil, immediately after

a π/2 pulse, by 1H nuclei precessing in an elementary volume of magnetization

δVe is:

δVS =
B1

I0
N0

γ3H~2

2kBT
B2

0(sin θ)δVe (D.2)

Where B1 is the magnetic field in the rotating frame, I0 is the current induced

in the coil, γH is the gyromagnetic ratio of 1H nuclei and N0 is the number

of nuclei per unit volume [170]. Comparing equations D.1 and D.2, we find

the following relation for SNR:

SNR ∝ B1

I0r
(D.3)

Which, following Ref. [170], can be replaced by:

SNR ∝
√
ηQ (D.4)

where η is the filling factor of the coil and Q is the Q-factor. Maximizing

these two parameters maximizes the coil SNR.

D.1.3 Coil Geometry

Maximizing η is a coil geometry challenge. For our coil we 3D printed a

close fitting former for the head, as shown in Fig. D.1. Grooves were printed

to allow easy winding of an archimedean spiral for uniform coverage of the
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Figure D.1: 3D rendering of the single channel head coil for imaging
at ULF. (a) Isometric, (b) back and (c) side views are shown. Reproduced
from [256].

region to be imaged with a single NMR channel.

D.1.4 Q-factor

Increasing the Q-factor of an NMR coil at ULF requires sacrifice of imaging

bandwidth, as was described in detail in Section 7.3.2. For the geometry of

our ULF head coil, we require ∆f (see Fig. D.2a) to be a minimum of 9.5 kHz

for sensitivity across the head. This corresponds to a target Q = f/∆fmin of

29.

Assuming extremely high quality factors for tuning capacitors, the Q-

factor of a loaded radiofrequency probe, coupled to 50 Ω via a series-match,

parallel-tune, coupling network is given by:

Q =
ω0L

2r
(D.5)

where L is the inductance of the coil.

To find the L of our head coil we performed inductance simulations with

the Biot Savart application (Ripplon Software Inc). Our head coil was mod-

eled as a spiral of N turns on the surface of half an ellipsoid as shown in Fig.

D.2b. Simulations of a 16 turn head coil gave L = 23 µH for a predicted Q
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Figure D.2: Coil design in ULF MRI. (a) The head coil is tuned to
resonate at 276 kHz, which is the Larmor frequency fL of 1H at 6.5 mT.
The bandwidth ∆f of the coil is designed to be approximately equal to the
expected frequency spread across the field of view, thus ensuring uniform
sensitivity across the head. (b) Biot Savart simulations of the magnetic field
and inductance of the archimedean spiral conductor used to simulate the
head coil. Turns of copper are shown in blue and magnetic field contours are
shown in yellow.

of 58 at 276 kHz, where the resistance of the Litz wire is calculated to be

0.06 Ω per metre of wire used.2 On construction of an N = 16 turn head coil

we measured its inductance to be 30 µH, close to the simulated inductance

of 23 µH. Despite, the accuracy of the inductance simulations, the Q of the

constructed 16 turn head coil was only 20, two-thirds of the target. Presum-

ably this difference in Q between simulations and experiment is due to coil

resistance being higher than expected as a result of the proximity effect. To

compensate for the unexpected resistance, N was increased to 30 in simula-

tions, increasing the predicted L to 75 µH. The final head coil construction,

shown in Fig. D.1 is a 30-turn archimedean spiral and has a Q of ∼30.

2Note that the total length of wire used in constructing an NMR coil should be less
than λ/20 to prevent canceling of signal induced at different phases in the pickup coil [55].
Luckily, obeying this condition at 276 kHz, where λ = 1.1 km, is not hard.
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D.2 Imaging Sequences at ULF

To acquire images at ULF we use 3D balanced-steady state free precession

(bSSFP) techniques. Originally introduced as technique for maximizing SNR

in NMR [334], bSSFP dynamically refocuses spins, eliminating the need to

wait for T1 recovery. As a result, bSSFP MRI has the highest SNR per unit

time of all imaging sequences [257].

A drawback of bSSFP MRI is its sensitivity to the amount of spin dephas-

ing that occurs, due to magnetic field inhomogeneities, between consecutive

RF pulses. However, at ULF, the fractional homogeneity requirement for

bSSFP is three orders of magnitude lower than in a conventional MRI scan-

ner, allowing acquisition with a relatively long TR = 22.5 ms.

Given its already high SNR and the requirement of high absolute mag-

netic field homogeneity, easily satisfied at ULF, bSSFP is well suited to help

overcome the low SNR inherent to ULF MRI.

D.3 Human Imaging

After design and construction, the head coil was incorporated into the imag-

ing platform we described in Chapter 7. Images were acquired in humans,

as shown in Fig. D.3, with SNR values of 15, 21 and 16 measured in axial,

coronal and sagittal orientations respectively. The sinuses, as well as the

skull, are easily recognizable as black features in all images. Surrounding the

brain, we can identify the dura in bright grey on the coronal and sagittal im-

ages (Fig. D.3(b,c)). In the brain, the two hemispheres and the cerebellum

are distinct, and cortical tissue can be distinguished from white matter. A

slight reduction in signal intensity can be seen at the extreme edges of some

images due to the restricted bandwidth of the imaging probe.

D.4 Conclusion

The images presented here were acquired with the highest SNR per unit

time achieved in ULF MRI to date. The sensitivity improvements are due
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Figure D.3: 3D images of the human head. Images are shown for (a)
axial, (b) coronal and (c) sagittal orientations. Matrix size: 64 ×75 ×15,
voxel size: a - 2.5 ×3.5 ×8.5 mm3, b - 2.5 ×3.5 ×11.5 mm3 and c - 2.5 ×3.5
×14.4 mm3. Each dataset acquired in 6 min. Reproduced from [256].
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to the combined application of a custom detection coil and high-efficiency

bSSFP acquisition strategies. ULF MRI scanners such as this one could

be constructed for $50k and provide useful clinical information in situations

where conventional MRI scanners are impractical or unavailable.

Next steps to increase the sensitivity of the detection coil would be to

design a probe with active loading [335] that operates at low temperatures.

Conventional low temperature ‘cryocoils’ are not popular in ULF MRI for

the added complexity they involve. As a partial solution, we propose that

an ultra high-Q coil could be wound for operation at room temperature and

then resistively broadened via an external resistor that sits in a cryogenic

bath separate to the patient bed. An SNR increase as high as a factor of

9 for liquid helium, or 2 for liquid nitrogen, could be expected in such a

scenario.
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